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Editorial on the Research Topic
 Neural Prostheses for Locomotion



During the last decade, we have seen a rapid development of neural prostheses, the systems that connect the brain to external assistive and rehabilitation devices. While this work was dominated by the research on neural prostheses that enable sensorimotor functions of the arm and hand, there has also been a growing interest in neural prostheses that restore locomotion, the ability to move in space. Brain-controlled wheelchairs and exoskeletons represent examples of such neural prostheses.

The collection of articles in this Research Topic present and discuss available evidence, conceptual frameworks, neuroprosthetic designs and practical questions concerning application of neural prostheses to gait assistance and rehabilitation. The Research Topic covers a range of issues such as control schemes, robotic aspects, effectiveness, characteristics of motor performance, neural underpinnings, ethics, significance for neurological disorders, motor learning, and recovery of locomotor function. The contributions are summarized below in 7 thematic categories: (i) reviews and perspectives, (ii) animal studies, (iii) balance control, (iv) prostheses for locomotion, (v) myoelectric control, (vi) electroencephalography (EEG)-based systems for lower limb prosthesis control, and (vii) combined effects of spinal cord neuromodulation and exoskeleton gait training in paralyzed individuals.


REVIEWS AND PERSPECTIVES

Two review articles included in the Research Topic assess the current state of assistive devices for locomotion and their perspectives for development. The review by Tariq et al. discusses a number of key features of the EEG-based activity mode recognition and the potentials of EEG-based brain computer interfaces for enabling locomotion and improving its rehabilitation. The authors consider incorporation of neural technologies in various devices for locomotion, such as wearable lower-limb exoskeletons, orthoses, prostheses, wheelchairs, and assistive-robot devices. The performance of these devices could be improved by BCIs that recognize user intent and provide a communication channel. The EEG communication signals employed by these BCIs are sensorimotor rhythms, event-related potentials and visual evoked potentials. The authors develop a framework for such neural technologies and suggest using this framework for the development of the next generation of intent-based multifunctional controllers for individuals suffering from neuromotor disorders, trauma to nervous system, or limb amputation.

In an opinion article, Bissolotti et al. discuss the limiting factors and evaluate some ethical questions regarding the domestic use of robotic exoskeletons for gait assistance in people affected by spinal cord injury (SCI). While the literature supports the effectiveness of different types of exoskeletons used in a clinical setting to treat such conditions as spasticity, balance impairment and abnormal blood pressure, multiple issues arise when such gait training systems are adapted for the home environments. These issues include high cost of the device and related inequality in the access to health care services, level of competence reached after training to use the device, risk of cardiovascular and metabolic diseases, high risk of osteoporosis of the paretic limbs, skin lesions, deep venous thrombosis and pelvic floor impairment. The article discusses the countermeasures to counteract the negative effects that could increase therapeutic efficacy and decrease inequality in the access to health care services and devices.



ANIMAL STUDIES

Several articles report testing neural technologies in animal models of locomotion. In a rabbit amputation model, Millevolte et al. tested and demonstrated the potential for the housing and engagement of a sieve electrode within the medullary canal of long bones as part of an osseointegrated neural prosthesis. Mottaghi et al. investigated cortico-basal ganglia beta oscillations in a rat model of unilateral Parkinson's Disease (PD) and analyzed the effects of deep brain stimulation. They concluded that this model accurately represents many of the motor and electrophysiological symptoms of PD, which makes it a useful tool for pre-clinical testing of new treatments. Park et al. developed a prototype of a powered transtibial prosthesis for the use in a feline model of prosthetic gait. In this prosthesis, the linear actuator operates the prosthetic ankle joint with the control signals that emulate myoelectric activity of muscles; there is a close match between the locomotor patterns produced by the prosthesis and by cats during level walking.



BALANCE CONTROL

Three articles address the issue of improving balance control. Buettner et al. describe a virtual balancing apparatus that can modify gravity (e.g., for patients who are unable to balance their full body weight), damping, inertia. The apparatus can be also used to examine the effects of support surface perturbations. It may be well-suited to simulate conditions which could otherwise only be realized in space experiments and to examine the potential benefit for patients of virtual balance training. Sozzi et al. report the effects and the time-course of stabilization produced by a haptic cue provided by a walking cane. They argue that this type of haptic information has many of the features of the direct fingertip contact. They also suggest that the processing time of haptic input from a walking aid should be taken into consideration when designing prostheses for locomotion. Furthermore, Sozzi et al. assess balance improvement in subjects with low vision by adding the haptic input from a cane or fingertip. The authors discuss the ways visual and haptic information could be integrated in in the devices for balance training.



PROSTHESES FOR LOCOMOTION

Three articles analyze available evidence for using robotic devices for the benefit of patients with gait impairments. Malcolm et al. use a biomimetic approach to design prostheses with bi-articular actuation components. In their study, the effect of a bi-articular and spring configuration were tested that mimicked the m. gastrocnemius action; this design was compared to the mono-articular configuration and configuration without a spring. The authors discuss the specific effects of different exoskeleton configurations on metabolic cost and muscle activation that could be useful for providing customized assistance for specific gait impairments. Jayaraman et al. describe the impact of using powered knee-ankle prostheses in two transfemoral amputees. The participants gained the ability to walk with gait kinematics similar to normal gait patterns observed in a healthy limb. These results indicate that powered prosthetic components have a considerable potential to provide safe and efficient gait for individuals with above-the-knee amputation. Finally, van Dijsseldonk et al. report a framework for measuring the effects of training with the Rewalk exoskeleton on the ability to perform basic and advanced skills in people with complete spinal cord injury.



MYOELECTRIC CONTROL

Myoelectric control of neuroprostheses for walking is a prominent theme in this Research Topic. This is a biologically inspired approach, where electromyography (EMG) feedback from lower-limb muscles assists walking in an exoskeleton or contributes to hybrid rehabilitation systems that combine functional electrical stimulation (FES) and a robotic exoskeleton.

Grazi et al. report a novel assistive control strategy for a robotic hip exoskeleton that relies on the use of the gastrocnemius medialis EMG signal instead of a hip flexor muscle, to control the hip flexion torque and improve the reliability of the control system. Since the presence of moderate to severe spasticity can significantly impair gait kinematics and prevent such individuals from walking in an exoskeleton, Ekelem and Goldfarb applied peroneal stimulation (timed with the exoskeleton swing phase) to acutely suppress extensor spasticity in SCI subjects through the recruitment of the flexion withdrawal reflex. While the common peroneal stimulation had only acute effects (it did not have a significant effect on modified Ashworth scores), it suppressed extensor tone, significantly aided flexion in the hip and ankle joints and enabled improved exoskeletal walking for persons with severe spasticity.

Zhang et al. propose a novel cooperative control strategy, which could realize arbitrary distribution of torque generated by functional electrical stimulation and exoskeleton. Two muscle groups (quadriceps and hamstrings) were stimulated to generate active torque for knee joint in synchrony with torque compensation from the exoskeleton. Experimental evaluation of the hybrid FES-exoskeleton system was conducted in five healthy subjects and four paraplegic patients. The system enabled cooperative control of torque distribution, trajectory tracking, and phase synchronization. Furthermore, Alibeji et al. describe a hybrid neuroprosthesis for walking that combines FES with a powered lower limb exoskeleton. This system has an electrical actuator at the hip and knee joints. The control framework mimics muscle synergy, where FES of the hamstrings and quadriceps muscle group of each leg restores walking in patients with paraplegia. The system was tested in an able-bodied subject and a patient with an incomplete SCI. Another article on myoelectric control (Karunakaran et al.) reports the orthotic and therapeutic effects due to continuous use of a foot drop stimulator (using FES to stimulate the peroneal nerve) in children with foot drop and hemiplegia secondary to brain injury. The authors report that this treatment improves spatial gait asymmetry and increases dorsiflexion and toe displacement during swing. These are a potentially long-lasting effects.

Several articles evaluate the efficiency of the Hybrid Assistive Limb (HAL) exoskeleton, a unique device that performs real-time collection of bioelectric signals from the patient to support and enhance voluntary gait. HAL exoskeletons are equipped with surface EMG electrodes that percutaneously detect minimal bioelectric signals generated by the patient's muscles (hip and knee flexors and extensors). Additionally, floor reaction force signals could be detected caused by patient's intended weight shifts. Sczesny-Kaiser et al. assess the effects and safety of body-weight supported treadmill training with the use of the HAL exoskeleton in patients with limb-girdle muscular dystrophy. All patients involved in this study benefitted from the training. Sczesny-Kaiser et al. report a crossover clinical trial comparing conventional physiotherapy and HAL supported treadmill therapy in chronic stroke patients with hemiparesis. The authors demonstrate the efficiency of individualized therapy based on this approach. Puentes et al. report the effects of HAL therapy in myelopathy (caused by ossification of the posterior longitudinal ligament) patients by performing the principal component analysis of the kinematic data. In this study, HAL therapy improved walking and gait coordination in patients by reshaping their gait pattern. Furthermore, Puentes et al. report an improvement in the intersegmental coordination (assessed by planar covariation of elevation angles) for the paretic and non-paretic side after early HAL intervention in hemiparetic stroke patients. Tan et al. show that muscle synergy analysis can be used as a tool to quantify the change and improvements in neuromuscular coordination of lateral symmetry during gait training in stroke patients with the help of the HAL exoskeleton. Finally, Shimizu et al. describe a case of voluntary ambulation triggered by upper limb activity using the HAL exoskeleton in patients with complete paraplegia after spinal cord injury. The HAL electrodes for the hip and knee flexion-extension were placed on the anterior and posterior sides of the upper limbs contralaterally corresponding to each of the lower limbs. The results suggest that an upper-limb-triggered HAL ambulation is a feasible option for rehabilitation of patients with complete quadri/paraplegia caused by chronic SCI.



ELECTROENCEPHALOGRAPHY (EEG)-BASED SYSTEMS FOR CONTROLLING LOWER LIMB PROSTHESES

A group of articles report and analyze the usage of EEG signals for the control of prostheses for locomotion. Murphy et al. assess the benefits of using an EEG-based BCI for lower-limb prostheses. The feasibility of such systems is supported by the implementation of a reliable knee-locking switch based on a EEG rhythm-feedback training for swing phase during walking and for sitting down in a transfemoral amputee. Ortiz et al. describe a new tool based on the Stockwell transform for the analysis of the EEG signals during gait cycle. Extraction of instantaneous EEG characteristics with this method was successfully tested in healthy individuals and patients with lower limb disabilities. Mejia Tobar et al. examine the classification of ankle flexion and extension movements from cortical current sources estimated by a hierarchical variational Bayesian method they use EEG and fMRI recordings. The presented method is also applicable to real-time BCIs and has the potential to identify neural patterns to control exoskeletons, prostheses and functional electrical stimulators. Wei et al. investigate the feasibility of gait phase recognition based on EEG combined with EMG using the corticomuscular interaction analysis and the time–frequency cross mutual information method. They report good recognition for three different walking speeds and discuss a theoretical basis for gait recognition based on EEG and EMG recordings during patient rehabilitation with lower limb exoskeletons.



COMBINED EFFECTS OF SPINAL CORD NEUROMODULATION AND EXOSKELETON WALK TRAINING IN PARALYZED INDIVIDUALS

Finally, a promising approach is based on neuromodulation of the spinal circuitry during walking in the exoskeleton. This method is particularly beneficial for gait rehabilitation after SCI. This approach makes use of the activation of central pattern generation circuits that largely depend on the presence of a sustained excitatory drive (as it can be elicited by non-invasive transcutaneous electrical spinal cord stimulation either without or with specific pharmacological neuromodulation) combined with the over-ground step training in an exoskeleton. In particular, Gad et al. in a case study report that spinal cord stimulation combined with pharmacological treatment enhanced the level of effort and improved the coordination patterns of the lower limb muscles, resulting in a continuous stepping motion in the exoskeleton along with the improvements in autonomic functions including cardiovascular and thermoregulation. In a large cohort of SCI patients, Shapkova et al. show that percutaneous electrical stimulation of the lumbar enlargement and exoskeleton-induced walking work together well to assist walking in SCI patients. Particularly, anti-spastic stimulation at high frequency enabled individuals with severe spasticity to be able to use the exoskeleton for walking. Overall, this study showed that the 2-week intensive synergistic effect of exoskeleton-assisted walking and the simultaneous spinal cord stimulation improve gait and neurological signs in chronic SCI, including complete paralysis.

Taken together, this Research Topic demonstrates the growth of interest to using neural prostheses for the restoration of locomotion in patients with neurological disorders that impair gait.



AUTHOR CONTRIBUTIONS

All authors listed have made a substantial, direct and intellectual contribution to the work, and approved it for publication.



FUNDING

This work was supported by the Russian Science foundation Grant 21-75-30024, USA National Science Foundation (NSF) Grant # 1912557, and the Italian Ministry of Health (Ricerca Corrente, IRCCS Fondazione Santa Lucia).



ACKNOWLEDGMENTS

We would like to thank all authors and reviewers for their contributions to this Research Topic. The editors also thank Frontiers team for professional help with this Research Topic.

Conflict of Interest: The authors declare that the research was conducted in the absence of any commercial or financial relationships that could be construed as a potential conflict of interest.

Publisher's Note: All claims expressed in this article are solely those of the authors and do not necessarily represent those of their affiliated organizations, or those of the publisher, the editors and the reviewers. Any product that may be evaluated in this article, or claim that may be made by its manufacturer, is not guaranteed or endorsed by the publisher.

Copyright © 2021 Ivanenko, Ferris, Lee, Sakurai, Beloozerova and Lebedev. This is an open-access article distributed under the terms of the Creative Commons Attribution License (CC BY). The use, distribution or reproduction in other forums is permitted, provided the original author(s) and the copyright owner(s) are credited and that the original publication in this journal is cited, in accordance with accepted academic practice. No use, distribution or reproduction is permitted which does not comply with these terms.












	
	CASE REPORT
published: 08 June 2017
doi: 10.3389/fnins.2017.00333






[image: image2]

Weight Bearing Over-ground Stepping in an Exoskeleton with Non-invasive Spinal Cord Neuromodulation after Motor Complete Paraplegia


Parag Gad1, Yury Gerasimenko1,2, Sharon Zdunowski1, Amanda Turner1, Dimitry Sayenko1, Daniel C. Lu3,4 and V. Reggie Edgerton1,3,4,5,6*


1Department of Integrative Biology and Physiology, University of California, Los Angeles, Los Angeles, CA, United States

2Pavlov Institute of Physiology, St. Petersburg, Russia

3Department of Neurosurgery, University of California, Los Angeles, Los Angeles, CA, United States

4Brain Research Institute, University of California, Los Angeles, Los Angeles, CA, United States

5Department of Neurobiology, University of California, Los Angeles, Los Angeles, CA, United States

6Institut Guttmann, Hospital de Neurorehabilitació, Institut Universitari adscrit a la Universitat Autònoma de Barcelona, Barcelona, Spain

Edited by:
Mikhail Lebedev, Duke University, United States

Reviewed by:
Wiktor Sieklicki, Gdańsk University of Technology, Poland
 Giuseppe Carbone, University of Cassino, Italy
 Yury Ivanenko, Fondazione Santa Lucia (IRCCS), Italy

* Correspondence: V. Reggie Edgerton, vre@ucla.edu

Specialty section: This article was submitted to Neuroprosthetics, a section of the journal Frontiers in Neuroscience

Received: 20 March 2017
 Accepted: 29 May 2017
 Published: 08 June 2017

Citation: Gad P, Gerasimenko Y, Zdunowski S, Turner A, Sayenko D, Lu DC and Edgerton VR (2017) Weight Bearing Over-ground Stepping in an Exoskeleton with Non-invasive Spinal Cord Neuromodulation after Motor Complete Paraplegia. Front. Neurosci. 11:333. doi: 10.3389/fnins.2017.00333



We asked whether coordinated voluntary movement of the lower limbs could be regained in an individual having been completely paralyzed (>4 year) and completely absent of vision (>15 year) using two novel strategies—transcutaneous electrical spinal cord stimulation at selected sites over the spine as well as pharmacological neuromodulation by buspirone. We also asked whether these neuromodulatory strategies could facilitate stepping assisted by an exoskeleton (EKSO, EKSO Bionics, CA) that is designed so that the subject can voluntarily complement the work being performed by the exoskeleton. We found that spinal cord stimulation and drug enhanced the level of effort that the subject could generate while stepping in the exoskeleton. In addition, stimulation improved the coordination patterns of the lower limb muscles resulting in a more continuous, smooth stepping motion in the exoskeleton along with changes in autonomic functions including cardiovascular and thermoregulation. Based on these data from this case study it appears that there is considerable potential for positive synergistic effects after complete paralysis by combining the over-ground step training in an exoskeleton, combined with transcutaneous electrical spinal cord stimulation either without or with pharmacological modulation.

Keywords: spinal cord injury, exoskeleton, spinal cord stimulation, non-invasive neuromodulation, neural prostheses for locomotion, locomotion rehabilitation


INTRODUCTION

The mammalian spinal cord is capable of generating locomotor output independent of any input from the brain using locomotor related neuronal circuitries. After complete mid-thoracic transection of the spinal cord, paralyzed cats can stand, and step when appropriate proprioceptive input is provided to the lumbosacral networks that contain the pattern generator circuitry (Rossignol et al., 2007; Rossignol and Frigon, 2011). The animals can learn to fully support their hindquarters, and to step at a range of speeds and loads (de Leon et al., 1999a,b). Adult paralyzed rats can relearn to step with a combination of neuromodulatory strategies including locomotor training, pharmacological intervention, and epidural stimulation (Courtine et al., 2009; Musienko et al., 2012; Gad et al., 2013, 2015). Paralyzed rats can step forward, sideways, backwards as well as climb stairs voluntarily (Shah et al., 2012). Recently we have suggested a novel neuromodulation strategy of motor control using non-invasive transcutaneous spinal cord stimulation combined with administering a monoaminergic agent. We have demonstrated that transcutaneous spinal cord stimulation at lumbosacral segments can induce coordinated stepping like movements in paralyzed individuals when their lower limbs are suspended in a gravity neutral device (Gorodnichev et al., 2012; Gerasimenko Y. et al., 2015). Also this strategy has enabled voluntary control of stepping-like motions in 5/5 individuals with chronic complete motor paralysis (Gerasimenko Y. P. et al., 2015).

Here, we use this non-invasive stimulation technology, painless cutaneous enabling motor control (pcEmc) to determine the feasibility of re-establishing functional brain spinal cord connectivity that enables a subject with complete motor paralysis to move upon volitional intent and perform work that can assist a robotic exoskeletal device in generating over-ground stepping.

The use of robotic-like devices to improve locomotion in patients with paralysis has been tested with mixed results (Ferris et al., 2005; Esquenazi et al., 2012; Strausser et al., 2012; McDaid et al., 2013). In experimental studies in animals, we developed an assist-as-needed (AAN) robotic treadmill device with arms to move the legs in a step-like trajectory so that the mice could be trained with an allowable variation in window diameter and temporal pattern controlled with a graded force field (Cai et al., 2006). Several Exoskeleton devices have been developed to allow human subjects to step over-ground with varying efforts from the subject including some that are approved by FDA such as the ReWalk, Indego, EKSO Bionics and others that are still experimental (Esquenazi et al., 2012; del-Ama et al., 2012). Some of the experimental units include a brain computer interface (Lebedev and Nicolelis, 2011; Onose et al., 2016) or muscle stimulators (del-Ama et al., 2014), however, each of these units bypass the automaticity that is intrinsic to the spinal networks and do not allow voluntary effort from the subjects and the inter-step variability to allow the spinal networks to relearn stepping (Ziegler et al., 2010).

EKSO Bionics is a battery powered wearable bionic suit with motors at the hips and knees which enables individuals with lower extremity motor impairment to stand and voluntarily step over-ground with weight-bearing and alternating gait. The EKSO GT robotic exoskeleton is a class I medical device (United States FDA) which provides functional rehabilitation in the form of over-ground weight bearing stepping in subjects with spinal cord injuries (complete and incomplete) and stroke. The device works in two modes namely the “max assist” and “variable assist.” In max assist, the pilot (patient) has to initiate a step by unweighting one leg which triggers the motors on the EKSO to move the entire limb in a step like trajectory. In this mode, 100% assistance is offered during the entire step cycle. However, the variable assist mode actively allows the subject to voluntarily assist, even when the subject exerts minimal voluntary influence on the robot.

Thus, the objective of the study was to test the combinatorial effects of non-invasive electrical spinal cord stimulation, pharmacological neuromodulation with a robotic device that allows one to voluntarily assist the robot during over-ground stepping. We hypothesized that tonic pcEmc can modulate the paralyzed spinal networks so that the subject can voluntarily engage these networks to assist stepping, as observed in spinal mice, when training in the EKSO. The present results demonstrate that locomotor spinal networks can be neuromodulated with pcEmc to physiological states, similar to that observed in paralyzed mice with epidural stimulation that enables sensory input to serve as a source of neural control to generate stepping. Based on our previous observation with epidural stimulation we also hypothesized that the plasticity occurring in the spinal cord would re-enable improved voluntary control of lower limbs other than during stepping, as well as cardio-vascular function.



METHODS


Clinical Status

The subject was an adult between the age of 35 and 40 years at the time of the study. The subject was diagnosed with a detached retina at the age between 20 and 25 years leading to complete blindness. In 2010 the subject fell from a 2nd story balcony hitting a concrete floor causing a spinal cord injury at T9 and L1 vertebral levels. The subject was initially (immediately after the injury), 24 months post injury and immediately before the study was initiated, was diagnosed as American Spinal Injury Association Impairment Scale (AIS) A (no sensation or movement below the level of injury) motor complete injury and had no motor function of trunk or leg muscles and used a suprapubic catheter to enable bladder emptying. Despite being diagnosed as AIS A, the spinal locomotor circuitry in the lumbosacral spinal cord was active and responsive to stimulation (Figure 1A) that was varied based on the site of stimulation with the generation of late responses (latency > 100 ms) and increased muscle activity while voluntarily attempting dorsiflexion or plantarflexion (Figures 1B,C). The subject had been training (inconsistently) with the EKSO Bionics suit for over 24 months and had completed ~180,000 steps prior to the experiment. The subject used crutches while stepping in the EKSO during the entire period of the study. The subject signed an informed consent form which was approved by the Institutional Review Board (IRB) at the University of California, Los Angeles (UCLA).
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FIGURE 1. (A) Average motor evoked potentials (n = 5) at 200 mA while stimulating the T11, L1, and Co1 vertebral levels with the subject in supine position from the multiple lower limb muscles. (B) Average motor evoked potentials (n = 3) from the MG muscles with the subject in supine position at T11 (110 mA) vertebral level during control conditions (No Voluntary Effort, NVE) or with the subjects voluntarily attempting to maximally dorsiflex (Voluntary Dorsiflexion, VD). Box inset: zoomed in view during NVE and voluntary dorsiflexion 1 s before the stim pulse (gray) and 1 s after the stim pulse (red). Note the black arrow marks the stimulation pulse. (C) Normalized mean+SD integrated EMG for the duration highlighted in (B). Inset represents the zoomed in view of the region marked by black dotted line. Each of these data were collected at PreStim time point.





Experimental Procedures

Training: Walking in the EKSO Bionics

The study was divided into four phases, baseline, stim only, drug only, and drug+stim (1 week each). EMG and EKSO robot data were collected at the end of each phase of the study. Further, self-scored data from the subject were collected everyday (see below for details).

To establish and define a functional baseline the subject walked in the EKSO for a period of 4 weeks without pcEmc in variable assist mode for 1 h/day, 5 days/week. Each 1-h session was divided into blocks of 15 min with 5 min break in between. At the end of the 4-week period, EKSO training with neuromodulation was initiated. Neuromodulation consisted of 1 week of pcEmc only followed by 1 week of pharmacological enabling motor control (fEmc) followed by 1 week of pcEmc and fEmc. Each day of training consisted of 5–10 min warm up block, followed by three 20 min blocks with or without pcEmc based on the phase of the study. Blood pressure and heart rate readings were recorded at the end of each block.



Neuromodulation Parameters

Non-invasive spinal cord stimulation at T11 and/or Co1 was administered using a specific stimulation waveform that minimizes discomfort, even when used at energies required to transcutaneously reach the spinal cord (Gerasimenko Y. P. et al., 2015). pcEmc was delivered using a 2.5 cm diameter electrode (Lead Lok, Sandpoint, United States) placed midline on the skin between spinous processes T11–T12 (simply T11) or over Co1 as a cathode and two 5.0 × 10.2 cm2 rectangular plates made of conductive plastic (Ambu, Ballerup, Germany) placed symmetrically on the skin over the iliac crests as anodes. pcEmc was delivered at Thorasic T11 – 30 Hz and/or Coccyx bone segment (Co1) – 5 Hz, the intensities of stimulation were determined based on optimum efficacy and feedback from the subject. fEmc was administered with 10 mg tablets twice a day (prescribed by the MD on the study).



Testing

Baseline (pre-train) data were collected after 4 weeks of training. An external pressure sensor (FSR 1 sq. inch) was attached to the right heel at the same site as the internal pressure sensor on the EKSO. This FSR pressure sensor was connected to the EMG system (Delsys System) allowing us to synchronize the data generated by the EKSO and the EMG system. At the end of each phase, ability to step in the EKSO was tested both with and without pcEmc. Data were synchronized, band pass filtered and analyzed using custom scripts written in Matlab (Mathworks). 30 consecutive steps when the subject was stepping was chosen to perform the data analysis including calculating mean assistance data from the EKSO, mean integrated EMG from proximal, and distal muscles. Similarly, ability to flex specific joints was tested at the end of each phase with and without pcEmc.



EKSO Bionics

The EKSO device can work in two modes namely the “max assist” and “variable assist.” In max assist, the pilot (patient) has to initiate a step by unweighting one leg which triggers the motors on the EKSO to move the entire limb in a step like trajectory. In this mode, 100% assistance is offered during the entire step cycle. However, in the variable assist mode actively allows the subject to voluntarily assist, even when the subject voluntarily exerts minimal influence on the robot.

During training, the EKSO device was operated in variable assist mode enabling the subject to generate voluntary effort to move forward and maintain a predetermined trajectory. During the course of each step, if the subject's voluntary effort was not sufficient to maintain the trajectory, the onboard computer provided the required assistance to complete the step as planned. The EKSO device contained multiple position sensors (hip, knee, torso) that prevented the subject from falling and recorded 74 parameters (sampled at 500 Hz) including the assistance provided and current drawn by the motors which are directly related to the subjects' efforts to enable weight bearing stepping.



Kinematics and EMG Recordings

Bipolar surface electrodes were placed bilaterally on the soleus, medial gastrocnemius (MG), tibialis anterior (TA), medial hamstring (HM), and vastus lateralis (VL) muscles as described previously (Gerasimenko Y. P. et al., 2015). Electromyography (EMG) signals were amplified differentially (bandwidth of 10 Hz to 10 kHz) and acquired at 10 KHz using a 16-channel hard-wired A/D board and customized LabVIEW software (National Instruments, Austin, TX) acquisition program. To minimize artifacts from the stimulation, the EMG signals were passed through a band-pass filter using a six-order band-pass Butterworth filter (30–1,000 Hz). The filtered EMG signals were analyzed off-line to compute the amplitude, duration, and timing of individual bursts. Angular displacements at hip and knee joints in both legs were recorded with goniometers.



Self-Scoring by Subject

The subject self-scored on various parameters including (1) muscle tone during stepping, (2) sensation during stepping, (3) sensation in legs every morning, (4) body perspiration during stepping, (5) hand to leg coordination: This scores the perception of the subject's ability to move the upper and lower extremity as a synchronous in a smooth and synchronous manner rather than indiscreet interrupted components.




RESULTS


Active vs. Passive Stepping

Stepping passively (in variable assist mode) or in max assist in the EKSO resulted in minimal activation of lower extremity muscles and autonomic function (perspiration etc) over the course of the entire period of testing each day as well as weeks of training. Active voluntary effort during stepping resulted in increased EMG activity especially in proximal muscles, heart rate and blood pressure along with decrease in assistance provided by the EKSO. The decreased assistance was accompanied by increased EMG activity in proximal and distal muscles (Figure 2). Further, in the presence of stimulation, active stepping resulted in less assistance and higher levels of EMG activity (Figure 3A). The changing mean assistance, motor current and activation patterns of muscles varied with the site of stimulation (Figures 3B,C). However, the most effective pattern of stimulation (least mean assistance and maximum EMG activity) was observed during a combination of T11 and Co1 stimulation (Figures 3D,E). fEmc alone, on the other hand, required a higher level of assistance by the EKSO compared to pcEmc and voluntary effort. A combination of pcEmc and fEmc resulted in lowest levels of robotic assistance (Figure 3C). The mean step cycle duration in the presence of stim only reduced from 2.13 s (baseline) to 2.03 s (stim only). However, in the presence of drug the mean step cycle increased to 2.07 s and decreased to 2.00 s with stim+drug. The profile for assistance provided during the course of an average step cycle resulted in a unique pattern of activation of the EKSO compared to when the subject exerted a voluntary effort. These patterns of assistance were consistent with the mean assistance provided. In summary, the absence of pcEmc required higher levels of assistance by the EKSO compared to presence of pcEmc.
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FIGURE 2. (A) Raw EMG from multiple leg muscles while stepping in the EKSO without (passive) and with (red highlight) voluntary effort (active) (B) Average percent effort (n = 30 steps) during either active or passive stepping during a normalized step cycle. (C) Mean+SD (n = 30 steps) robotic work during stepping in the EKSO (%). (D) Mean+SD (n = 30 steps) integrated EMG in rectus femoris (RF) and tibialis anterior (TA) while stepping in the EKSO in active (red) or passive (black) modes.
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FIGURE 3. (A) Average robotic assistance (n = 30 steps) during a complete normalized step cycle during baseline (black), stim (red), drug (blue), and stim+drug (green) phases while stepping in active mode. (B) mean+SD (n = 30 steps) knee current in the conditions mentioned above. (C) mean+SD (n = 30 steps) robotic assistance in the conditions mentioned above. (D) Average (n = 30 steps) linear envelope for the RF and TA muscles while stepping in the EKSO, (E) Mean+SD (n = 30 steps) integrated EMG while stepping in the EKSO in active mode for the conditions mentioned above. RF, Rectus Femoris; ST, Semitendinosus; TA, Tibialis Anterior; MG, Medial Gastrocnemius.





Voluntary Control While in Supine

At the end of each test session, we tested the subject's ability to voluntarily flex his knee with and without pcEmc while lying in a supine position. Without pcEmc, the subject was not capable of flexing his knee but bursting activity was sometimes observed in distal (TA, soleus, and MG) but not in the proximal muscles (VL, RF, and ST). However, in the presence of pcEmc at T11 (30 Hz) and Co1 (5 Hz), the subject was capable of flexing his knee on command (Figure 4) with an alternating bursting pattern corresponding to flexion and extension of proximal muscles with little activity in distal muscles. In the presence of fEmc only, however, the subject was not capable of successfully flexing his knee but generated robust bursting pattern in proximal muscle with little activity in the distal muscles. Further, a combination of pcEmc and fEmc resulted in robust bursting pattern with little change in knee angle.
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FIGURE 4. EMG activity and knee angle excursion when attempting voluntary knee flexion when the subject is in a supine position with and without Stim and/or drug. RF, Rectus Femoris; ST, Semitendinosus; TA, Tibialis Anterior; MG, Medial Gastrocnemius.



The changes in stepping patterns were accompanied by changes in cardiovascular function (recorded via BP and HR during every training session). The average systolic BP and HR during a single session increased with each phase and was maximum during the combination of pcEmc and fEmc (Figure 5A). Along with changes in EMG patterns and robotic assistance, the subject self-reported changes in muscle tone, sensation, perspiration both during stepping as well as during the rest of the day and hand to leg coordination during stepping. Each of the above variables were higher during either pcEmc or pcEmc+fEmc phases as compared to fEmc only and lowest during baseline (Figure 5B). Further, the trends in the self-reported scores followed the same patterns as the robotic assistance demonstrating the integrated nature of the subject's efforts and the assistance offered by the robot.
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FIGURE 5. (A) Average cardiovascular function (Blood pressure and Heart rate) during the different phases of training. (B) Average score (self-scored by subject, 0 = low, 5 = high) on various parameters during the course of various phases of training.






DISCUSSION

Using completely non-invasive interventions, we have demonstrated the ability to neuromodulate the lumbosacral spinal cord to enable function of locomotor networks of a human subject that has been completely paralyzed for more than 4 years. This is consistent with our previous findings with five subjects (Gerasimenko Y. P. et al., 2015). The interventions tested included a combination of non-invasive spinal cord stimulation, pharmacological activation via a monoaminergic agonist (Buspirone), and over-ground weight bearing stepping in an exoskeleton. It has been shown that activation of the lumbar enlargement via transcutaneous electrical stimulation facilitates passive locomotion and robust patterns of EMG activity in lower extremity muscles in SCI patients (Minassian et al., 2007; Hofstoetter et al., 2013, 2015). Recently we have shown that transcutaneous spinal cord neuromodulation (pcEmc) can be used to both initiate oscillatory movement and enable voluntary oscillatory movements in motor complete subjects. These oscillatory movements were further amplified with a combination of pcEmc and fEmc over the course of 18 weeks (Gerasimenko Y. P. et al., 2015).

Stepping in the EKSO Bionics device provides a unique opportunity for subjects with spinal cord injuries to experience over-ground weight bearing stepping (Strausser et al., 2012). However, a unique and perhaps essential advantage of the EKSO Bionics device is the ability to voluntarily engage the lower limbs while stepping, by engaging both supraspinal and spinal networks in a synergistic manner. The EKSO Bionics is capable of functioning in two modes, the maximum assistance mode in which the subject is expected to initiate a step cycle (by shifting his weight to the contralateral side) with the EKSO completing the step cycle with the parameters provided, i.e. step cycle, toe height, swing time etc. while maintaining the decided trajectory. In contrast, while stepping with the variable assistance mode, once the subject initiates a step, the EKSO only provides assistance during the swing phase based on the amount of effort the pilot applies. However, if and when various joints of the active limb falls out of the window of error that is allowed, assistance is provided to ensure the trajectory is maintained and the swing phase is completed as planned. This “assist as needed” paradigm allows the subject to engage the lumbosacral spinal networks to control one limb at a time to complete a swing phase while the contralateral limb goes through a passive stance phase. In addition, pcEmc can modulate the excitability of the spinal neural networks to a state of higher state of excitability that enables re-connectivity of cortical networks to spinal networks projecting to the appropriate motor pools with a relatively high level agonist-antagonistic coordination that supports the generation of standing and stepping.

We have reported similar changes in modulating the physiological state of the lumbosacral spinal cord in four out of the first four subjects diagnosed as AIS A, tested with epidural implants over the L1-S1 spinal levels within weeks of implantation (Harkema et al., 2011; Angeli et al., 2014). The results show continuous recovery in voluntary motor control as a result of daily motor training, but only in the presence of epidural stimulation. In a study of 564 human cadavers with SCI, Kakulas (1999) reported that many of the cadavers had axons within the spinal cord white matter remaining across lesion site even though they were clinically assessed as motor complete. The changes in both locomotor and autonomic systems that we observed in this study provides further evidence that spinal networks of individuals clinically diagnosed at AIS A can be physiologically neuromodulated to a higher and more functional state even with non-invasive neuromodulatory procedures.

Three important aspects of over-ground training in the exoskeleton vs. locomotor training with a body weight support come to light. Firstly, while stepping in an exoskeleton, only one person is needed to spot the subject to avoid falls as compared to 3–4 trainers while stepping on a treadmill. Secondly, while walking in the EKSO Bionics device, the subjects are capable of using their upper bodies, trunk muscles, arms to further enhance their locomotor abilities. Thirdly, over-ground stepping in the EKSO challenges the system to a higher degree compared to stepping with a body-weight support system since the patient has to actively balance the upper body and generate coordinated movements between the arms, trunk and lower limbs. Obviously, the unique feature of the EKSO is that it generates overground stepping kinematics that can be influenced by the subject's effort. The overhead support allowing overground mobility has no means for assisting the limb kinematics. The overhead support devices on a treadmill either imposes uniform kinematics which is markedly non-physiological or relies on multiple skilled therapists. It should be noted that multiple robotic suits are being developed for overground stepping (experimental and FDA approved) with unique sets of built in features (Lebedev and Nicolelis, 2011; del-Ama et al., 2012; Esquenazi et al., 2012; McDaid et al., 2013). Comparing the various features of the different robotic exoskeletons is an important question but that is beyond the scope of the current report.

The present data also demonstrates that the interneuronal spinal networks that normally generates a largely random-stochastic bursting pattern of excitation of the motoneurons can be neuromodulated using a non-invasive mode of stimulation as can occur with epidural stimulation after complete paralysis (Angeli et al., 2014). Convergence of somatosensory and descending motor inputs in combination with spinal cord stimulation and pharmacological activation of interneurons, and perhaps to some degree motoneurons, results in the re-emergence of not only some level of “automated” locomotor movements but also those that can be under more voluntary control (Gerasimenko Y. P. et al., 2015). Once the functionally non-responsive neural networks become electrically responsive, it appears that they can be transformed to a physiological state which is sufficient for them to be re-engaged and even be controlled with the presentation of proprioceptive and cutaneous ensembles of sensory input normally linked to a motor task. It is this new dynamic physiological state which enables it to learn with training.

A more general point to be derived from the present data, when combined with other similar observations (Rejc et al., 2015), questions the validity of several dogmatic concepts, namely, (1) there is limited plasticity after more than a year after a spinal-complete lesion, thus, precluding significant levels of functional recover and (2) with a clinically complete spinal lesion there are no viable cellular components intrinsic to the lesion that can provide a means for supraspinal-spinal re-connectivity. These results in conjunction with our recent report of five subjects with motor complete spinal injuries greater than a year post lesion regaining voluntary influence of lower limb movements within one treatment session with pcEmc raise new and critical questions about the biology of the lesion of a “complete” spinal injury (Gerasimenko Y. P. et al., 2015). The question becomes, to what extent can spared but perhaps functionally incompetent descending axons within the lesion site be transformed to electrically competent networks below the injury using non-invasive painless spinal cord stimulation. If this transformation can be achieved, it appears that descending supraspinal input, proprioception and neuromodulatory inputs projecting to interneuronal networks projecting to different motor pools can generate the appropriate EMG and behavioral response. With long term training, there appears to be an emergence of improved synaptic connections among the spinal interneurons projecting to motoneurons resulting in more “normal stochastic and coordinated bursting patterns” from agonist and antagonistic motor pools compared with dormant networks before training that seems to have formed aberrant functional connections in response to an extensive “denervation” phenomenon within and among spinal networks distal to the lesion.
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Purpose: Exoskeletons have been developed for rehabilitation of patients with walking impairment due to neurological disorders. Recent studies have shown that the voluntary-driven exoskeleton HAL® (hybrid assistive limb) can improve walking functions in spinal cord injury and stroke. The aim of this study was to assess safety and effects on walking function of HAL® supported treadmill therapy in patients with limb-girdle muscular dystrophy (LGMD).

Materials and Methods: Three LGMD patients received 8 weeks of treadmill training with HAL® 3 times a week. Outcome parameters were 10-meter walk test (10 MWT), 6-minute walk test, and timed-up-and-go test (TUG). Parameters were assessed pre and post training and 6 weeks later (follow-up).

Results: All patients completed the therapy without adverse reactions and reported about improvement in endurance. Improvements in outcome parameters after 8 weeks could be demonstrated. Persisting effects were observed after 6 weeks for the 10 MWT and TUG test (follow-up).

Conclusions: HAL® treadmill training in LGMD patients can be performed safely and enables an intensive highly repetitive locomotor training. All patients benefitted from this innovative method. Upcoming controlled studies with larger cohorts should prove its effects in different types of LGMD and other myopathies.

Keywords: muscular dystrophy, exoskeleton, locomotor training, walking, rehabilitation


INTRODUCTION

Limb girdle muscular dystrophies (LGMD) are rare neuromuscular diseases with an estimated prevalence ranging from 0.43 per 100,000 for subtype 2I (LGMD 2I) and 0.94 per 100,000 for subtype 2A (LGMD 2A; Fanin et al., 2005; Narayanaswami et al., 2014; Thompson and Straub, 2016). They are a pathophysiologically diverse group of degenerative myopathies with the common feature of floppy para- or quadriparesis with proximal pronouncement and muscular atrophy. Basically, LGMDs and divided into two groups due to different modes of inheritance. The LGMD1 group has an autosomal dominant inheritance, whereas LGMD2 are autosomal recessive. Involvement of cardiac and respiratory muscles, joint contractures and extramuscular anomalies occur irregularly depending on the subtype, the underlying genetic defect and affected structural protein (Thompson and Straub, 2016). For example, cardiac involvement is observed often in LGMD 2B whereas has not yet been reported for LGMD 2A, suggesting different pathophysiological mechanisms in both diseases. Different genetic mutations have been identified as the cause of fiber degeneration and strength loss. Intensive genetic and proteomic research over the last 10 years helped to understand the disease and clinical manifestations. Another nomenclature of LGMDs can be done depending on the specific protein function that is defective. So, different pathways and subcellular structures can be involved, e.g., dystrophin-glycoprotein complex, sarcomere, glycosylation, signal transduction, nuclear function, and trafficking. These pathological mechanisms may lead to loss of sarcomere integrity, error in glycosylation of alpha-dystroglycan, defects in muscle repair and dissociation of the sarcomere. For example, LGMD 2A is the most frequent LGMD worldwide. Underlying mutations are located in the Calpain-3-gene that encodes a muscle-specific nonlysosomal protease that is supposed to be mainly involved in disassembly of the sarcomere and muscle cytoskeleton to allow for proper protein turnover during muscle remodeling (Taveau et al., 2003; Kramerova et al., 2007a,b). The clinically manifestations can vary and the phenotypic spectrum is broad; cardiac involvement has not been reported yet and stands in great contrast with other types of LGMD (Kramerova et al., 2007a). In contrast, LGMD 2I is caused by a mutation in the fukutin-related protein gene (FKRP) at chromosome 19. It leads to secondary laminin alpha2 deficiency and an abnormal glycosylation of alpha-dystroglycan (Brockington et al., 2001a,b). The clinical spectrum of this subtype ranges from severe and Duchenne-like phenotypes to mild dystrophies with mild elevated creatine kinase (CK) levels (Mercuri et al., 2003). However, genetic and protein defects for all subtypes are still not yet known. Today, LGMD1 A–H and LGMD2 A–W are described (Nigro and Savarese, 2014) today. Clinically, muscle weakness is usually slowly progressive over years. Resultant reduced endurance and cardiovascular fitness, fatigue, exercise intolerance and a more sedentary lifestyle are common symptoms of patients with LGMD. Sooner or later but depending on subtype, most patients need physical assistance for walking and activities of daily living.

Inspite of growing and innovative pharmaceutical investigations for degenerative and even hereditary neurological disorders, disease-specific therapy for LGMD is not yet available (Thompson and Straub, 2016). A few study groups still try to find therapies that start at genetic level. Initial laboratory approaches have been undertaken for precise genetic therapy in LGMD 2B and 2D (Turan et al., 2016). Other study groups have tried to diminish secondary effects of muscle degeneration like inflammation with immune suppressive therapies or to prevent cardiac involvement (Chen et al., 2016; Heydemann, 2016). None of these approaches are established and safe medical therapies, today. Nonetheless, patients suffering from LGMD cannot profit from these new investigations. Therefore, exercise therapies play an important role in patients with LGMD (Siciliano et al., 2015).

Even many studies have been conducted in this area, little is known about the best and most effective physiotherapy for each different myopathy. Standard rehabilitation therapy programs could not be established yet. Most studies struggle with the problem of small case numbers, unclear subtype of LGMD, unclear genetic mutation and heterogeneous causes of myopathy that has been included to the study. One should be very careful in extrapolating training effects from one disease to another, since the molecular defects are so different, which warrants many more investigations of individual muscle diseases.

Generally, two different types for physical therapy can be divided: (a) strength training and (b) aerobic exercise training (Siciliano et al., 2015). Strength training programs aiming at certain target muscles report transient increase in muscle strength, but without knowing the optimal resistance needed (Lindeman et al., 1995; Sveen et al., 2013). Strength exercise should be supervised because of possible long-lasting myalgia and increase of (CK) indicating therapy-induced muscular injury (da Luz et al., 2011). Studies examining various exercise protocols are limited because of small sample sizes and wide clinical heterogeneity, again. Several studies showed that walking rehabilitation programs with aerobic endurance training can improve muscle strength and self-assessed muscle function (Ansved, 2003; Vissing et al., 2014). For example, Vissing et al. investigated 6 patients with LGMD 2L, so called anoctamin 5 myopathy (Vissing et al., 2014). They performed systematically aerobic training with a bicycle ergometer for 10 weeks. The authors could show improvement of oxidative capacity and muscle strength without further increase of CK or muscle soreness. Further studies from the same scientific group have demonstrated similar positive results for aerobic training in Becker's dystrophy (Sveen et al., 2008), LGMD 2I (Sveen et al., 2007), and facioscapulohumeral muscular dystrophy (Olsen et al., 2005). However, aerobic training seems to play a useful and safe effect in some subtypes of LGMD.

Today, treadmill training (TT) is a very useful tool to enhance locomotor function in diseases presenting with walking disturbance, e.g., stroke and spinal cord injury (SCI; Protas et al., 2001; Srivastava et al., 2016). It requires partially preserved stability of the trunk and residual active muscle innervation of the lower extremities. Combined with a body weight support (BWSTT), it is a regularly used and safe tool to applicate an aerobic endurance training. BWSTT can be assessed also in patients with impaired cardiac and pulmonary function. Its advantage is a very high repetition frequency of gait cycle that can lead to more intensive learning and training effect (Daly and Ruff, 2007). BWSTT can especially improve the stance phase of gait, i.e., the symmetrical weight shift (Visintin and Barbeau, 1994), symmetrical activation of the quadriceps muscles during limb loading (Trueblood, 2001) and faster walking (Visintin et al., 1998; Daly and Ruff, 2004, 2007). Because BWSTT has some lacks of results in some gait training studies considering brain plasticity and for the swing phase of gait, it is reasonable to combine BWSTT with other interventions. Daly et al. combined BWSTT with functional electrical stimulation (FES) in stroke survivors. They showed that the combination offered the capability of practice of the greatest number of gait components for which two motor learning principles associated with CNS plasticity could be satisfied: practice of close-to-normal movement and repetition of that practice (Daly and Ruff, 2007). Some studies using BWSTT/TT in myopathies can be found in literature. In particular, Taivassalo used TT in patients with metabolic and non-metabolic myopathies performing a short-term aerobic training at low intensity. Both groups benefited (Taivassalo et al., 1998, 1999). Controlled studies aiming on the effect of BWSTT/TT compared to other training methods on different types of myopathy are not available so far. Clear recommendations on BWSTT/TT application and other types of training methods in myopathies do not exist today.

In the last decades, BWSTT has been combined with neurorobotic devices also (Blaya and Herr, 2004; Pohl et al., 2007; Michmizos et al., 2015). All of these devices provide repetitive, accurate and reproducible practice and represent task-specific training. A new generation of robotics are exoskeletons. They are wearable mobile machines with a frame and actuators on hip and knee joints. One commercially available exoskeleton is the hybrid assistive limb® (HAL®; Kawamoto et al., 2013, 2014). It detects electromyographic signals via surface electrodes from the ventral and dorsal thigh (Cyberdyne Inc., Japan). In contrast to other robotic devices that provide automatic passive motion, HAL® enables gait training with voluntarily driven by muscle activity. Today, it used as a training tool only, not as an aid for domestic field. In studies, it used in combination with BWSTT throughout. Studies on patients with SCI and stroke have demonstrated beneficial effects on walking function and on neuronal plasticity (Kubota et al., 2013; Aach et al., 2014; Cruciger et al., 2014; Sczesny-Kaiser et al., 2015). Aach et al. showed in a pilot study and in a larger study including 55 patients with chronic SCI that BWSTT with HAL® led to functional improvement assessed by walking tests like 10-meter walk test and 6-minutes walk test. The authors used an intensive training program with 5 sessions per week over 12 weeks. An improvement of ~50% could be expected (Aach et al., 2014; Grasmücke et al., 2017). Even a cortical reorganization indicating neuronal plasticity could be observed. Using electrophysiological methods, unused leg representations in the postcentral gyrus were activated even after years post ictus (Sczesny-Kaiser et al., 2015). Similar results have been reported for chronic stroke patients (Yoshimoto et al., 2016). Walking speed increased about 56%. A comparison with other rehabilitation programs like Bobath has not been performed so far. Past experience with HAL® training in patients with chronic gait impairment demonstrated that this exoskeleton and training program can induce additional functional improvements. Because patients with chronic myopathy rely on physiotherapy only, HAL® might be a new training tool for exercise training. Looking for HAL® training in myopathies, only one case has been reported using HAL® in a patient with ocularpharyngodistal myopathy (Hasegawa et al., 2015). Authors stated that no adverse events occurred and that patient's walking parameters were stable. Further application of HAL®-training in myopathies or muscular dystrophies does not exist. Because HAL® exoskeleton is a promising and novel rehabilitation tool utilizing patients' active and voluntarily driven muscular activity, we evaluated the effect on walking functions in three LGMD patients before and after an 8-week period of HAL®-supported treadmill training. By means of the results of this small study, upcoming studies with larger groups should be planned. We want to establish a novel and innovative therapy program for patients with myopathies.



MATERIALS AND METHODS


Subjects

Three outpatients of our neuromuscular center with LGMD were enrolled. Clinical details are shown in Tables 1A,B. Inclusion criteria were a clinically, histopathologically, or genetically determined LGMD with para- or quadriparesis and proximal pronouncement and muscular atrophy, and sufficient stability of the trunk. The patients were required to present preserved motor function of hip and knee extensor and flexor muscle groups in order to be able to trigger the exoskeleton (medical research council scale for muscle strength = MRC ≥ 1/5). Exclusion criteria were plegia (MRC 0/5), instability of the trunk, severe limitations of range of motion regarding hip and knee joints (i.e., leading to functional contractures), body weight >100 kg, non-consolidated fractures and severe heart insufficiency. All patients provided written informed consent (ethic approval no. 4733-13, Medical faculty, Ruhr University Bochum). The study was performed in accordance with the Declaration of Helsinki. The clinical assessment and muscle strength score were evaluated before the protocol by a skilled operator.



Table 1. A and B: Clinical data of LGMD patients.
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The Exoskeletal Training

All patients underwent an 8-week training period of body-weight supported treadmill training (BWSTT) with HAL® exoskeleton. Each patient was scheduled 3 times a week resulting in 24 sessions. The actual time of walking with HAL® was max. 30 min. The exoskeleton was voluntarily triggered by EMG-signals from the extensor and flexor muscles of hip and knee detected via surface EMG electrodes. Voluntary motion was magnified and adjusted the muscle activity in accordance with the patient's intention. During therapy, the velocity of the treadmill (Woodway USA, WI, USA) was set individually between comfortable and maximum speed tolerated by the patient. Initially, the bodyweight support was individually pre-set at up to 50% of patient's body weight and individually reduced in subsequent training sessions (see Figure 1).


[image: image]

FIGURE 1. Training setting. The patient is performing body-weight supported treadmill training with the HAL® exoskeleton. The physiotherapist supervises the session. Left picture: Copyright V. Daum, Bergmannsheil Bochum; with informed and written consent obtained from both, the patient and the therapist; right picture: Copyright and courtesy of Cyberdyne Care Robotics GmbH, Bochum, Germany. Appropriate permissions have been obtained from the copyright holders for the publication of both images.





HAL®-Supported Treadmill Parameters

Some treadmill-bounded parameters were assessed. The distance on treadmill in meters for each session, the velocity on treadmill and the time on treadmill were recorded and documented by the therapist.



Primary Outcome Measurements

To assess the training effect, all tests were performed without HAL® exoskeleton. We used the 10-meter walk test (10 MWT) at each daily training session (Bohannon et al., 1996). Data from the first and the last day have been taken for baseline and end of the training data. We took it daily in order to give a feedback to the patient, to motivate her/him. The 10 MWT measured the time needed to walk a 10 m distance. The timed-up-and-go test (TUG) describes the time and assistance required for standing up from the wheelchair, walk 3 m, turn around, walk back and sit down (Podsiadlo and Richardson, 1991). The 6-minute walk test (6 MWT) evaluates the distance covered when walking for 6 min (Balke, 1963). TUG test and 6 MWT were done at the beginning and at the end of the 8-week training period. If possible, all three tests were assessed 6 weeks after the end of the training period again (follow-up assessment, see Figure 2).
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FIGURE 2. Study design. Three measurements: pre-, post-, and follow-up assessments. Additionally, 10 MWT was performed before and after each training session. Follow-up assessments were done 6 weeks after completion of HAL® training period.





Secondary Outcome Measurements

To assess motor and balance functions, the motor-related section of the Functional Independence Measure (FIM) (Keith et al., 1987) and the Berg Balance Scale (BBS) (Berg et al., 1992) were documented at baseline and after the 8-week training period (Ottenbacher et al., 1996; Ravaud et al., 1999; Bérard et al., 2005). Both scales were tested by a physical therapist with long-time experience in neurological disorders and myopathies.



Self-Reported Changes in Condition and Symptoms, Adverse Events

Before and after each training session, patients were asked if they had any negative symptoms and adverse events. Furthermore, after the whole training session, patients completed a modified questionnaire grading changes in physical endurance, leg muscle strength, and physical activity (Sveen et al., 2007).




RESULTS


Exoskeletal Training

All three patients completed 24 sessions each. Patients #2 and #3 performed follow-up assessment after 6 weeks. Patient #1 was lost to follow-up. Adverse reactions did not occur. Assessed data can be divided into two categories: (a) HAL®-supported treadmill parameters and (b) primary outcome parameters without HAL®. Treadmill parameters were recorded online and demonstrate the velocity on treadmill, how long the patients could perform the exercise on the treadmill and the distance walked on treadmill. These parameters should improve, otherwise the training has to be considered not suitable for this patient. Improvement in treadmill bounded parameters are the basis of a successful training.



HAL®-Supported Treadmill Parameters

All patients showed increased distance covering on treadmill, increased training time with a maximum of 30 min and increased velocity on treadmill (see Figures 3A–C). A five-fold distance, four-fold increase of velocity and a maximum time on treadmill (30 min) have been reached in all patients.
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FIGURE 3. Treadmill parameter with HAL® exoskeleton at baseline and after 24 training sessions (A–C).





Primary Outcome Parameters

Figures 4A–C show the results of all walking parameters 10 MWT, TUG test, and 6 MWT. At baseline 10 MWT showed similar impairment at a mild stage for all 3 patients. Six MWT and TUG test demonstrated different degree of impairment reflecting different subtypes of LGMD. But, assessed without HAL® exoskeleton, all patients showed clearly decreased time in 10 MWT, increased distance in 6 MWT and decreased time in TUG test after 24 training sessions. In the follow up assessments, 10 MWT and TUG test data revealed preserved training effects in both patients compared to baseline data. This effect could not be observed for 6 MWT data. Statistical analysis was not performed due to small data.
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FIGURE 4. Walking abilities at baseline, after 24 HAL® training sessions and follow up 6 weeks later. Ten MWT, 10-meter walk test (A); TUG, timed-up-and-go (B); 6 MWT, 6-minute walk test (C).





Secondary Outcome Measurements

Patient #2 showed increased BBS-score of 5 points after training period. BBS-scores of patients #1 and #3 varied only by 1 point. Considering the motor section of FIM, patient #3 increased by 6 points after HAL® therapy whereas patient #2 did not exhibit any change (see Figures 5A,B). Patient #1 could increase his performance by 3 points.
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FIGURE 5. Berg-Balance Scale (A) and FIM motor part (B) at baseline and after HAL® training. FIM, functional independence measure.





Self-Reported Improvements and Adverse Events

Patient #1 and #2 did not report any adverse events. Patient #3 felt general weakness for about 1–2 h after the training session without myalgia or stiff muscles. Furthermore, all three patients told about better physical endurance after 8 weeks of HAL® training (see Table 2).



Table 2. Self-reported training-induced changes of physical fatique, endurance, muscle strength and walking distance.
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DISCUSSION

This study shows that HAL®-assisted BWSTT is a safe and effective method for aerobic exercise training in ambulatory patients with LGMD. All patients showed increased treadmill-bounded and HAL®-dependent walking parameter, i.e., walking distance, velocity on treadmill and time on treadmill. No patient reported about sustained worsening of symptoms. These results indicate a good acceptance of this new robotic training method and give the basic for an effective therapy. HAL® supports the patients efficiently to complete treadmill training sessions and to improve walking distances on treadmill. HAL®-training enables a highly repetitive and intensive locomotor training in LGMD-patients with mild to severe impaired walking functions. Like previously described, TT cannot cover all parts of gait phases; TT is more effective when combined with other training methods. In our study, we combined with a voluntarily driven exoskeleton. In this combination, more importantly, we found improved HAL®-independent walking parameters (10 MWT, 6 MWT, TUG) which were paralleled by self-reported improvements. Compared to other HAL® BWSTT studies, we found similar improvements with ~30–50% for walking speed. The effects on TUG test were in two patients (#1, #3) smaller; patient #2 clearly improved in TUG test ~30%. Again, we can see different effects on different types of myopathy. The effects on 6 MWT were smaller. These results indicate different effects of HAL®-supported BWSTT on different aspects of gait, too. Ten MWT mainly reflects walking speed and an efficient sequence of gait phases whereas TUG test aims on safety, balance and functional mobility. Six MWT includes cardiopulmonary fitness. Parameter of pulmonary and cardiac functions were not assessed in this study. One might speculate only about the possible reason for the lack of improvement in 6 MWT. A comparison with aerobic exercise studies on LGMD patients assessed by Sveen (Sveen et al., 2007) and Vissing (Vissing et al., 2014) is not available. Sveen and Vissing used parameters for cardiopulmonary fitness like VO2 and plasma lactate levels. These parameters were not collected in our study. Taivassalos' studies on metabolic and non-metabolic myopathies using TT assessed different parameters, too phosphorus magnetic resonance spectroscopy (Taivassalo et al., 1998, 1999). Thus, our study results cannot be compared with previous studies dealing in this field.

Remarkably, training effects measured with 10 MWT and TUG persisted for at least 6 weeks. The effect on 6 MWT could not be detected at follow-up. The reason for this observation remains unclear. Maybe a short-time factor like motivation might play a role. Missing effects on cardiopulmonary functions might be another reason. Since cardiopulmonary parameters like VO2 were not revealed, this question remains unanswered.

In order to answer the question whether HAL® training effects are limited to walking function or can also lead to better motor and balance functions in daily living, FIM and BBS were assessed. The results of both parameters were inconsistent and have to be tested in a larger cohort. The observed score changes are small and do not exceed the required minimal detectable change. One might see a tendency for patient #2 in BBS. The patient also improved in TUG test that includes balance functions also. So, both values (BBS and TUG test) might be considered as a concordant result. Patient #2 reported about frequent falls that reduced after training period for a time. Whether this can be a systematic result, upcoming studies have to investigate this issue.

This is the first HAL® study specifically focused on patients with LGMD. Patients with this disease present with proximal paresis. Because HAL® robot suit supports proximal joints and muscle groups, these patients might benefit the most from this therapy. As mentioned above, two single case reports have been published including one distal and one proximal pronounced myopathy (Asai et al., 2014; Hasegawa et al., 2015). Like the patient with BMD and proximal pronounced paresis, all our LGMD patients improved in HAL®-independent walking parameters. In contrast to this, the OPDM patient's walking function did not improve whereas treadmill associated parameters increased. These two single cases underline that HAL® training is more effective in patients with proximal paresis. So, from our point of view, it is necessary to adapt HAL®-training and take into account the physical condition and pattern of paresis. Another critical point is the training frequency and training time. The whole training session lasted about 90 min, the net walking time 30 min. Coming up from our previous SCI study and to take possible myalgias into account, we reduced the frequency from 5 times a week to 3 times a week (Aach et al., 2014; Nilsson et al., 2014). The question which frequency might be optimal should be tested in upcoming systematic studies.

Considering that these patients suffer from chronic degenerative and dystrophic myopathy, these results are encouraging, offering the possibility to use a novel approach of symptomatic therapy. Even though our study does not allow conclusions on interference with natural course of LGMD or potential long-term effects as compared to conventional physiotherapy, the results are encouraging for upcoming controlled HAL®-studies in larger groups of patients with muscular dystrophy. The anatomical or pathophysiological origins of positive effects on walking functions remain unclear. Different effects on muscular and neuronal systems can be discussed but were not investigated in detail in this study.

Instead of our positive results, some limitations should be discussed. This study is based on only three LGMD patients without a control group. All patients were ambulatory patients of our neuromuscular center and are not representative of the disease with respect to age, gender, and clinical aspect, thus the findings cannot be generalized to the whole LGMD population. Specific measurements looking for increased endurance capacity (lactate, respiratory function, cardiovascular measurements) and serum CK levels were not collected. In future studies, these parameters should be implemented.

We can conclude that our study investigating HAL®-assisted body-weight supported treadmill training in patients with LGMD showed feasibility and safety. Moreover, for the first time, our data show that this voluntarily driven exoskeleton can improve walking functions. With respect to the limited data of three patients only, it encourages us to undertake further studies with larger cohorts and different types of LGMD.
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Postural control during free stance has been frequently interpreted in terms of balancing an inverted pendulum. This even holds, if subjects do not balance their own, but an external body weight. We introduce here a virtual balancing apparatus, which produces torque in the ankle joint as a function of ankle angle resembling the gravity and inertial effects of free standing. As a first aim of this study, we systematically modified gravity, damping, and inertia to examine its effect on postural control beyond the physical constraints given in the real world. As a second aim, we compared virtual balancing to free stance to test its suitability for balance training in patients who are not able to balance their full body weight due to certain medical conditions. In a feasibility study, we analyzed postural control during free stance and virtual balancing in 15 healthy subjects. Postural control was characterized by spontaneous sway measures and measures of perturbed stance. During free stance, perturbations were induced by pseudorandom anterior-posterior tilts of the body support surface. In the virtual balancing task, we systematically varied the anterior-posterior position of the foot plate where the balancing forces are zero following a similar pseudorandom stimulus profile. We found that subjects' behavior during virtual balancing resembles free stance on a tilting platform. This specifically holds for the profile of body excursions as a function of stimulus frequencies. Moreover, non-linearity between stimulus and response amplitude is similar in free and virtual balancing. The overall larger stimulus induced body excursions together with an altered phase behavior between stimulus and response could be in part explained by the limited use of vestibular and visual feedback in our experimental setting. Varying gravity or damping significantly affected postural behavior. Inertia as an isolated factor had a mild effect on the response functions. We conclude that virtual balancing may be well suited to simulate conditions which could otherwise only be realized in space experiments or during parabolic flights. Further studies are needed to examine patients' potential benefit of virtual balance training.

Keywords: virtual, postural control, balancing, inverted pendulum, model


INTRODUCTION

Free stance is controlled by the central nervous system (CNS) using sensory signals derived from visual, vestibular and proprioceptive afferent information (Dichgans et al., 1976; Lestienne et al., 1976; Nashner and Berthoz, 1978; Freyler et al., 2014; Ritzmann et al., 2015). Stabilization of the center of mass of the human body resembles balancing an inverted pendulum (Ritzmann et al., 2015). Muscle forces are used to provide an appropriate torque (Dichgans et al., 1976), which counteracts gravitational and inertial forces.

The ability to stand freely is often characterized by analyzing spontaneous sway (Prieto et al., 1996; Qu et al., 2009). Spontaneous sway reflects the small fluctuations of body position during standing. These fluctuations show similar patterns in free stance as well as when balancing an external weight through a moveable platform (Fitzpatrick et al., 1992; Fitzpatrick and McCloskey, 1994; Loram and Lakie, 2002). The similarity covers many features of spontaneous sway, like, e.g., amplitude, velocity, and major frequency content. The diagnostic value of spontaneous sway for evaluating stance behavior has been repeatedly questioned. In contrast, studying postural reactions to external perturbations seem to provide a deeper inside into the mechanisms of stance (Peterka, 2002; Maurer and Peterka, 2005; Masani et al., 2006; Lockhart and Ting, 2007; Welch and Ting, 2009; Vette et al., 2010; Davidson et al., 2011; van der Kooij and Peterka, 2011; Nishihori et al., 2012; Engelhart et al., 2014; Pasma et al., 2014). However, whether postural reactions subsequent to external perturbations are similar between free standing and balancing an external weight, is unknown as yet.

The virtual balance paradigm introduced here allows for analyzing both, spontaneous fluctuations and motor reactions to external perturbations. Instead of a physical weight which is balanced through a foot plate, we simulated balancing a weight through a foot plate by measuring the platform to body position, i.e., the ankle joint angle, and calculating the appropriate torque signal, which is then fed back into the system as an ankle torque. We hypothesize that free standing postural reactions could be well mimicked by a virtual balance paradigm after optimizing control parameters.

An important feature of the virtual balance paradigm relates to the nearly free choice of gravitational load, body inertia, and joint damping. From literature, it is well known that postural control is load-dependent (Freyler et al., 2014; Ritzmann et al., 2015). Earlier studies dealing with over- and under-loading were performed with astronauts in space (Layne et al., 2001; Loomer, 2001; di Prampero and Narici, 2003), in free fall conditions (Nomura et al., 2001; Miyoshi et al., 2003), with partial weight-bearing (Ali and Sabbahi, 2000; Phadke et al., 2006; Hwang et al., 2011; Freyler et al., 2014), under hypergravity (Miyoshi et al., 2003), with extra weight (Dietz et al., 1989; Ali and Sabbahi, 2000), or using water buoyancy (Dietz et al., 1989; Nakazawa et al., 2004). It has been demonstrated that load variation is associated with changes in angle torque (Mergner and Rosemeier, 1998; Nakazawa et al., 2004), in the use of somatosensory signals (Paloski et al., 1993; Bloomberg et al., 1997; Layne et al., 2001), and changes in neuromuscular activity (Dietz et al., 1989; Avela et al., 1994; Ali and Sabbahi, 2000; Pöyhönen and Avela, 2002). However, despite the substantial amount of load-related articles, the underlying neuromuscular mechanisms and functional consequences for balance control are poorly understood.

The paradigm of modifying gravitational load and inertia seems to be particularly helpful in patients who are not capable of supporting their own body weight, e.g., due to trauma or muscle weakness. It is well known that neural mechanisms employed to perform balancing are different from those used to, e.g., apply ankle torque against an external resistance, including the different sensory perceptions (Fitzpatrick and McCloskey, 1994). Here, we aimed to examine the individual effects of gravity, damping and inertia on postural control that could otherwise only be realized in space experiments or during parabolic flights. Moreover, we aimed at comparing virtual balancing with free stance to investigate its similarity and suitability for balance training in patients who are not able to balance their full body weight and/ or are prone to falls. Finally, virtual balancing may allow for adapting gravitational load and inertia to patients' needs.



MATERIALS AND METHODS

In this feasibility study, subjects were tested by recording spontaneous sway, as well as motor reactions to external perturbations during free stance, and, in addition, using a virtual balance apparatus.


Subjects

We measured postural control of 15 young people (9 female, 6 male, 23.8 years ± 2.14 [mean age ± SD]). We excluded people suffering from any disease that may interact with postural control. For that, each subject was carefully examined for intact vestibular and proprioceptive function. Further exclusion criteria included any acute or chronic disease that may influence the general condition of health. Anthropometric data of subjects are given in Table 1.



Table 1. Anthropometric data of subjects.
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Procedures during Free Standing

Spontaneous sway and perturbed stance were assessed on a custom-built motion platform (Figure 1A). Subjects were told to stand upright in a relaxed position. For safety reasons and to prevent falls, the experimental setup included ropes that were fixed to the ceiling at a position which was about 30 cm in forward direction with respect to the foot position of the subjects. At the lower end of the ropes, there were two small wooden handles attached to the rope. The handles did not serve as a reference, because the subjects held them freely. Since they were attached via the loosely dangling ropes to the ceiling, they were meant to serve as a replacement for a body harness. If a subject felt unsafe, he/ she could have lowered the handles to put tension on the ropes. However, this event did not happen during the experiments. None of the subjects used the ropes to prevent falls. Subjects performed 2 trials of spontaneous sway and 8 trials of perturbed stance, each with eyes open and eyes closed. One trial lasted 1 min; between trials, a short break of about 10 s was taken.


[image: image]

FIGURE 1. Experimental setup. (A) Custom-built motion platform for measurements of spontaneous sway and perturbed stance. Angular excursions of the body and the platform were quantified with an optoelectronic camera system. (B) Example of a PRTS (pseudorandom ternary sequence) stimulus profile (black line) yielding to anterior-posterior rotational tilts of the platform with 1° peak-to-peak stimulus amplitude together with a healthy subject's postural reaction in terms of lower body excursion (red dotted line). (C) Custom-made platform for virtual balancing. Subjects were lying in an inclined position with their feet positioned on a tilting balance board. They moved their feet in the ankle joint in order to control the balance board. (D) Potentiometers and torque sensors measured position as well as torque of the balance board with respect to the body. Measured board tilts were transferred online into board torque commands using the real time simulation toolbox of Simulink/Matlab, running on a PC. The ankle angle-to-torque transformation followed the characteristics of an inverted pendulum body, including virtual gravity (mgh), inertia (J) and damping. Board torque commands were fed back to the board via a torque controlled electric motor. External perturbations, i.e., PRTS stimuli, were applied as shifts of the zero equilibrium point.



We recorded center-of-pressure (COP) sway paths and 3-D angular positions of the body. The COP sway path was measured with the help of a force transducing platform (Kistler platform type 9286, Winterthur, Switzerland). 3-D angular excursions of the body (hip-to-ankle, shoulder-to-hip) were detected using an optoelectronic device with markers attached to shoulder and hip (Optotrak 3020, Waterloo, Canada). Each marker consisted of three light-emitting diodes fixed to a rigid triangle. Optotrak® and Kistler® output signals as well as the stimulus signals recorded with software programmed in LabView® (National Instruments, Austin, Texas, USA). COM height above the ankle joints was calculated according to tables from Winter (1995) using the measured heights of hip and shoulder markers. A detailed description of the experimental setup has been published previously (e.g., Wiesmeier et al., 2015).

External perturbations consisted of rotational platform tilts in the sagittal plane with the tilt axis passing through subject's ankle joints. Stimulus profiles followed a pseudorandom signal (PRTS, pseudorandom ternary sequence, see Figure 1B) using two different peak-to-peak amplitudes (0.5° and 1°). Postural reactions were evaluated at certain frequencies (0.05, 0.15, 0.3, 0.4, 0.55, 0.7, 0.9, 1.1, 1.35, 1.75, and 2.2 Hz), leading to specific transfer functions between stimulus and postural reactions.



Procedures during Virtual Balancing

Virtual balancing was performed on a newly developed, custom-made platform. Subjects were lying in an inclined position with their feet positioned on a tilting board (Figure 1C). In this experimental setting, subjects did not move their own body. They solely moved their feet in the ankle joint in order to control the moveable balance board (Figure 1D). We measured position as well as torque of the balance board with respect to the body using potentiometers and torque sensors. The balance board was programed in such a way that its anterior-posterior torque was derived from its position. Similar to the gravitational effect in a free standing task, the virtual gravitational torque had a zero point at a board position orthogonal to the body vertical direction. Increasing board angles were accompanied by increasing torques away from the zero position, resembling unstable equilibrium. The inertial force was mimicked through an additional torque which was directed counter to the board acceleration. Damping was implemented by applying a counter-torque based on board velocity. Virtual gravity, inertia and damping were calculated with a compiled version of a Simulink/MATLAB® model (The MathWorks Inc., Natick, MA, USA) using the real-time simulation mode. Measured board tilts were transferred online into board torque commands, which were then fed back to the board via torque controlled electric motors. This condition resembled free standing on firm ground and produced spontaneous sway.

In the virtual external perturbation condition, we used a stimulus profile similar to free standing (PRTS, see above). This signal directly modified the zero-position of the equilibrium. The stimulus produced an additional torque. For example, if we aimed to simulate a one degree tilt of the platform during free standing, we added a torque with a size exactly resembling the gravitational torque of a one degree inclination from space vertical of a human body. Subjects tended to correct for this torque offset by moving the platform until a new equilibrium with minimal torque was found. This behavior is related to the free standing behavior on a tilting platform, where a platform tilt leads to a correction of the ankle angle until the body is close to vertical in space again, thereby minimizing gravitational torque.

Subjects were instructed to comfortably lean on the inclined backboard and fold their arms. We assured that no relevant body movements were elicited other than subjects' ankle joint movements controlling the balance board. Subjects were instructed to continuously balance the moveable platform and find the equilibrium point in a playful manner rather than to massively co-contract in order to block the platform in a certain position. Subjects were presented with 5 trials for practice. Subsequently, we systematically varied gravitational force of the virtual body (10, 20, and 40% of subjects' own body weight), inertial force (5, 10, and 20% of subjects' own body inertia), damping (5 and 10% of the gravitational force), and external perturbation (relating to 0, 0.25°, 0.5°, and 1° peak to peak body inclination, with respect to subjects' body metrics). The experimental protocol consisted of 3 × 3 × 2 × 4 = 72 trials in a randomized order. Each trial started with a 10 s period, where the torque with respect to the board position was ramping up to allow subjects for finding their equilibrium point. The duration and the stimulus profile of the subsequent measuring period closely resembled the trials during free standing.



Data Analyses

Data analysis was performed off-line with custom-made software programmed in MATLAB® (The MathWorks Inc., Natick, MA, USA). From upper body, lower body and center of pressure excursions in the free standing condition and board tilts in the virtual balancing condition, we calculated Root Mean Square (sway amplitude, RMS) and Mean velocity (sway velocity, MV) for characterizing spontaneous sway. Transfer functions from stimulus-response data were calculated by a discrete Fourier transform. Fourier coefficients of stimulus and response time series are used to determine GAIN and PHASE with respect to stimulus frequencies. GAIN (response sensitivity) shows the amplitude relationship between the external perturbation and the postural reaction (body angle during free standing, board angle during virtual balancing). PHASE is the relative delay between the stimulus and the reaction of the body.

Statistical analyses were performed using Microsoft Excel and statistic programs (JMP® and Statview by SAS Institute Inc., Cary, NC, USA). After testing normal distribution and homogeneity of variances with the Kolmogorov-Smirnov test, we used parametric methods for further analyses. Due to the expected dependency between the outcome measures within the balance tasks (real stance vs. virtual balancing), statistical significance was tested by an analysis of variance (ANOVA). The within-subjects factors for free spontaneous sway were visual condition, sway direction, and body segment (hip, shoulder). For perturbed stance, the within-subjects factors were visual condition, stimulus amplitude, stimulus frequency, and body segment (hip, shoulder). For the virtual balancing task, the within-subjects factors were gravity, damping, inertia, and stimulus amplitude. The level of statistical significance was set at p = 0.05.

The study was performed according to the ethical standards of the Declaration of Helsinki. It was approved by the ethics committee of the Medical Center of the University of Freiburg. All subjects gave their written informed consent prior to study participation.




RESULTS


Spontaneous Sway

Generally, the Root Mean Square (sway amplitude, RMS) of virtual balancing (3.15 cm) was significantly larger than the RMS of free stance (0.47 cm, eyes open). Moreover, the RMS during virtual balancing significantly depended on gravity (3.15 cm with a gravity effect of 40% vs. 2.80 cm with a gravity effect of 20% and 1.37 cm with 10%; F = 23.04, p < 0.0001, Figure 2A). In contrast, inertia and damping did not affect RMS. As with RMS, Mean Velocity (sway velocity, MV) of virtual balancing (5.39 cm/s) was significantly larger than the MV of free stance (0.43 cm/s; eyes open) and significantly depended on gravity (5.39 cm/s with a gravity effect of 40% vs. 4.12 cm/s with a gravity effect of 20% and 3.84 cm/s with 10%; F = 5.09, p = 0.0068, Figure 2B). Inertia and Damping did not significantly affect MV.
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FIGURE 2. Spontaneous sway during virtual balancing. (A) Root Mean Square (RMS) and (B) Mean Velocity (MV) as a function of the amount of virtual gravity.





Externally Perturbed Stance

The GAIN across all parameter settings and frequencies during virtual balancing (1.92, Figure 3A) was slightly larger than the GAIN of free stance (1.74, eyes open, Figure 3B). However, the difference between the two experimental sets was much smaller than that for spontaneous sway. The frequency influenced GAIN significantly during virtual balancing (F = 19.2, p < 0.001). Both virtual balancing and free stance showed the largest GAIN (>3.5) between a frequency of 0.15–0.55 Hz. With increasing frequency, GAIN values decreased. Interactions of stimulus amplitude and GAIN during virtual balancing (2.81 with 0.125 Nm and 1.92 with 0.5 Nm) and free stance (2 with 0.5° and 1.73 with 1°) were similar and indicated a non-linearity between stimulus amplitude and GAIN (Figure 4A virtual balancing, Figure 4B free stance). In the frequency-response curve the Phase showed a similar behavior during virtual balancing and free stance. Low frequencies induced low delay of phase while high frequencies induced a large delay of phase (Figure 3C virtual balancing, Figure 3D free stance). The coherence across all effects was slightly larger during virtual balancing (1.0) than during free stance (0.79).
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FIGURE 3. GAIN and PHASE curves representing transfer functions of virtual balancing and free stance. GAIN during virtual balancing (A), and during free stance (B) across all parameter settings, freq, frequency in Hz. Respective PHASE (in degree) during virtual balancing (C) and during free stance (D).
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FIGURE 4. GAIN and PHASE in relation to stimulus amplitude, gravitational force and damping during virtual balancing and free stance. (A) GAIN during virtual balancing as a function of stimulus amplitudes in Nm across all visual conditions and body segments, stimAmp, stimulus amplitude. (B) GAIN during free stance as a function of stimulus amplitudes in degrees across all visual conditions and body segments, stimAmp, stimulus amplitude. °, degree. (C) Influence of gravitational force and stimulus amplitude on GAIN during virtual balancing, Grav, gravitational force (D) Influence of gravitational force and damping on GAIN during virtual balancing. (E) Relation between stimulus amplitude and PHASE during virtual balancing.





Dependence of Motor Behavior from Gravity, Damping, Inertia, and Stimulus Amplitude

Stimulus amplitude, virtual gravity, and virtual damping significantly interacted with GAIN of the transfer function. Stimulus amplitudes were inversely correlated with GAIN (F = 7.98, p = 0.0003, Figure 4A). The largest stimulus (0.5 Nm) induced the least GAIN (1.92 vs. 2.26 with 0.25 Nm and 2.81 with 0.125 Nm). In contrast, the virtual gravitational force was directly correlated with GAIN (F = 15.7, p < 0.0001, Figure 4C). GAIN with a gravity of 40% (4.02) was larger than the GAIN with a gravity of 20% (3.16) and the GAIN with a gravity of 10% (2.81). A larger amount of damping [10%] diminished the GAIN (3.33; vs. 2.81 with smaller damping [5%]; F = 7.64, p = 0.0057, Figure 4D). Virtual inertia did not affect GAIN in a significant way (F = 2.86, p = 0.058).

All parameters, except from damping (F = 1.85; p = 0.1733), significantly interacted with PHASE of the transfer function. There was no linearity between PHASE and gravity (6.64° with gravity 0.4; 32.15° with gravity 0.2 and 13.87° with gravity 0.1; F = 5.21, p = 0.0055) and inertia (16.44° with 0.0003; −4.70° with 0.00015 and 13.87 with 0.000075; F = 3.40, p = 0.0184). In contrast the largest stimulus (0.5 Nm) induced the largest PHASE (69.56°) vs. 43.56° with 0.25 Nm and 13.87° with 0.125 Nm (F = 23.4; p < 0.0001, Figure 4E).

When adjusting stimulus amplitude, virtual gravity, virtual damping, and virtual inertia, to optimally resemble postural reactions of free standing, we isolated a parameter set of a large stimulus amplitude, low gravity and large damping values.



Individual Perception

Subjects valued each stimulus in terms of how much it resembles free standing. A scale 0 (close resemblance), 1 (indifferent), 2 (no resemblance) was given. Both stimulus amplitude and gravity significantly influenced the perception of resemblance to free standing (stimulus amplitude: F = 56.0, p < 0.0001, gravity: F = 31.44, p < 0.0001). The smaller a stimulus the higher the resemblance to free standing (0.13 with 0 Nm, 0.23 with 0.125 Nm, 0.44 with 0.25 Nm and 0.85 with 0.5 Nm). Interactions of gravity and resemblance to free standing during virtual balancing were proportional (0.13 with 0.1 cm/s, 0.3 with 0.2 cm/s and 0.54 with 0.4 cm/s;). Damping and inertia did not influence perception to a significant degree.




DISCUSSION

We introduced here a virtual balancing paradigm, which calculates and delivers ankle torque in a real-time fashion. The applied torque directly depends on ankle angle position, velocity, and acceleration in a way that it resembles gravity and inertial effects of free standing. Balancing an external weight as a substitute for the own body has been evaluated before (Fitzpatrick and McCloskey, 1994; Loram and Lakie, 2002). Here, subjects did not balance themselves, or an external physical weight, but instead a virtual mass that was adapted to the biomechanical characteristics of the subjects in terms of body height and weight. By using the virtual balancing task, we were able to systematically and independently modify gravity, damping, and inertia, which are usually linked together in the real world. This enabled us to study their individual effects on postural control. Moreover, the modification of gravity, damping, and inertia may be used to train patients who are not able to stabilize their own body. First, we evaluated the effects of gravity, damping, and inertia on postural control. This will be presented in the following paragraphs. As a second aim, we compared virtual balancing to free stance to test its similarity and suitability for balance training in patients who are not able to balance their full body weight due to certain medical conditions. We will discuss that thereafter.

Spontaneous sway parameters clearly depended on virtual gravity. Sway amplitude (RMS) as well as sway velocity (MV) increased with increasing virtual gravity. These findings nicely reproduce results from Ritzmann et al. (2015), where overloading increased, and underloading decreased, postural sway amplitudes and frequencies. This was interpreted in part by a predominance of the ankle strategy as compared to hip strategy to organize postural control with increasing loads (Dietz et al., 1980). However, our experimental setup excluded any hip strategy. Any postural control effort was applied through the ankles. Another more simple explanation would relate to the positive correlation between ankle joint torques and gravity. As with any passive, spring-like stabilizing mechanism, increasing torque would lead to increasing body excursions. As a partial compensation, rapid strong reflex-induced postural reactions in distal muscles (Masani et al., 2013), and co-contraction (Bruhn et al., 2004; Hortobágyi et al., 2009; Nagai et al., 2011; Sayenko et al., 2012) may contribute to the frequency rise. Varying inertia and damping did not affect sway amplitude or velocity to a significant degree.

The relative size of postural reactions as a function of anterior-posterior platform tilts, exemplified by GAIN, positively correlated with the amount of gravity applied. This is again in line with the larger ankle torque leading to larger body excursions, as mentioned in the previous paragraph (Ritzmann et al., 2015). Damping worked as a velocity-related resistance against the movement of the foot plate. This behavior reduces excursions just like ankle rigidity would do. Consequently, increasing damping reduced GAIN. The effect of inertia on GAIN did not reach statistical significance. That may be, in part, due to the low values of the imposed inertia effect which was related to the technical feasibility. Because we technically had to feed back the second derivative (acceleration) of the platform position as a force signal, this signal contained a large degree of high frequency noise, which limited the stability of the whole platform system. Higher acceleration gains led to platform oscillations that were perceived by the subject and might have been able to bias the outcome. The stimulus size determined the GAIN in terms of a negative correlation. The larger the stimulus size the lower the relative postural reactions. This closely resembles the relationships in free standing on a moving platform (Peterka, 2002; Engelhart et al., 2014). The temporal relationship between stimulus and response as represented by PHASE, varied across stimulus conditions. However, the amount of the effects was small. Apart from the effect of stimulus amplitude, mean PHASE shifts varied between 4° and 32°. Stimulus amplitude positively correlated with PHASE with a range from 14° to 70°. This may be due to the change of postural strategy with larger stimuli, as, again, is also seen in free standing, and reported below.

In general, the virtual balance task presented here bear resemblance to free standing. Spontaneous sway measures such as sway amplitude (RMS) or sway velocity (MV) were larger in the virtual balance task. On a first look, the frequency distribution of postural reactions seemed to be similar. The similarity covers the GAIN dependency on stimulus frequency with a maximum GAIN around 0.3 Hz in both virtual balancing and free stance: With increasing frequency GAIN values decreased in both cases. Moreover, the non-linearity of postural responses as a function of stimulus size in terms of a GAIN reduction with larger stimulus sizes was similar. PHASE curves were similar in that low stimulus frequencies induced a small PHASE delay while high frequencies induced a large PHASE delay. Finally, the measure for reproducibility of the postural response, i.e., coherence, was similar.

In more detail, GAIN values of virtual balancing where larger than those of free stance and PHASE values of virtual balancing display a flattened profile as a function of frequency. Spontaneous sway and perturbed stance features of virtual balancing resemble abnormalities of vestibular loss patients (Maurer et al., 2006; Goodworth and Peterka, 2010). In fact, space cues (i.e., visual and vestibular feedback) are limited in the virtual balancing task due to the experimental setting. As the body is leaning against the backboard, the vestibular and visual systems sense zero movement, while the proprioceptive system detects the ankle angle representing the virtual body orientation. As such, vestibular and visual systems do not contribute to virtual balancing, which may impair an even closer resemblance to free standing. In future experiments, we will add visual contributions by displaying a virtual visual background according to the virtual body movements. Another limitation for the comparison between real stance and virtual balancing might have been that subjects' sway during real stance could have been affected by intermittent touch of the safety ropes which, in principle, have the potential to reduce sway as an additional space reference (Wing et al., 2011). Therefore, we aimed to avoid in our experimental setup that ropes ever touch the subject. The ropes, which served as a replacement for a body harness, were fixed to the ceiling at about 30 cm in forward direction with respect to the foot position of the subjects. We monitored the subjects during the experiments and touch did not occur.

When comparing our results during unperturbed and perturbed free stance to own earlier studies and to the literature (Prieto et al., 1996; Peterka, 2002; Maurer and Peterka, 2005; Maurer et al., 2006; Goodworth and Peterka, 2010; van der Kooij and Peterka, 2011; Engelhart et al., 2014; Wiesmeier et al., 2015) we did not find any major differences.

When adjusting the parameters of virtual balancing, i.e., stimulus amplitude, virtual gravity, virtual damping, and virtual inertia, to optimally resemble transfer functions of postural reactions of free standing, we found a large stimulus amplitude, low gravity and large damping values. However, our subjects felt maximal resemblance between virtual balancing and free standing at low stimulus amplitude, low gravity, and without any damping and inertia.

This discrepancy may, again, point to additional differences in the experimental settings of virtual vs. free balancing. During virtual balancing, subjects did not move their own body. Possible postural reactions were confined to the ankle joint. Even if the major postural reactions originate from the ankle joint in free standing, (Horak et al., 1989), the hip joint usually contributes to postural reactions, especially in the high frequency range. The virtual balancing task may, therefore, still elicit certain changes in the balancing strategy. Moreover, discrepancies between virtual balancing and free standing might be explained by the absence of space cues (see above).

Patients' benefit of virtual balancing may rely on the potentially increased mobility in a reduced gravity environment. Moreover, balancing could be trained without the threat to fall. Patient groups, who may benefit from such training, may include those who are not able to support their complete body weight like, e.g., hemiparetic/paraparetic patients or patients suffering from axial fractures. In this study we were able to show the feasibility of a virtual balancing paradigm. In a future version, the apparatus could be integrated into boots and may act as an exoskeleton around the ankle angle. The main purpose of such a training prosthesis is to rehearse balance, which is the major prerequisite for free walking. Further studies are needed to show that practicing virtual balance affects free stance, and to evaluate which patients may benefit from such a training.
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Patients with complete paraplegia after spinal cord injury (SCI) are unable to stand or walk on their own. Standing exercise decreases the risk of decubitus ulcers, osteoporosis, and joint deformities in patients with SCI. Conventional gait training for complete paraplegia requires excessive upper limb usage for weight bearing and is difficult in cases of complete quadriplegia. The purpose of this study was to describe voluntary ambulation triggered by upper limb activity using the Hybrid Assistive Limb® (HAL) in patients with complete quadri/paraplegia after chronic SCI. Four patients (3 men, 1 woman) were enrolled in this study. The mean patient age ± standard deviation was 37.2 ± 17.8 (range, 20–67) years. Clinical evaluation before intervention revealed the following findings: case 1, neurological level C6, American Spinal Cord Injury Association impairment scale (AIS) grade B; case 2, T6, AIS A; case 3, T10 AIS A; and case 4, T11, AIS A. The HAL intervention consisted of 10 sessions. Each HAL session lasted 60–90 min. The HAL electrodes for hip and knee flexion-extension were placed on the anterior and posterior sides of the upper limbs contralaterally corresponding to each of the lower limbs. Surface electromyography (EMG) was used to evaluate muscle activity of the tensor fascia lata and quadriceps femoris (Quad) in synchronization with a Vicon motion capture system. The modified Ashworth scale (mAs) score was also evaluated before and after each session. All participants completed all 10 sessions. Cases 1, 2, and 3 demonstrated significant decreases in mAs score after the sessions compared to pre-session measurements. In all cases, EMG before the intervention showed no apparent activation in either Quad. However, gait phase dependent activity of the lower limb muscles was seen during voluntarily triggered ambulation driven by upper limb muscle activities. In cases 3 and 4, active contraction in both Quads was observed after intervention. These findings suggest that upper-limb-triggered HAL ambulation is a safe and feasible option for rehabilitation in patients with complete quadri/paraplegia caused by chronic SCI.

Keywords: chronic spinal cord injury, complete quadriplegia or paraplegia, gait analysis, rehabilitation, upper and lower limb coordination, hybrid Assistive Limb®


INTRODUCTION

Patients with complete paraplegia after spinal cord injury (SCI) are unable to stand or walk on their own. Standing exercise for patients with SCI decreases decubitus ulcers, osteoporosis, hip joint flexion, and adduction deformities and improves the performance of the cardiovascular and digestive systems (Karimi, 2011). Conventional gait training using orthoses for complete paraplegia requires locking of the knee joint in an extended position as well as excessive upper limb usage for weight bearing (Karimi, 2011), and it is difficult in cases of complete quadriplegia.

Robotic devices have recently been used in clinical settings for patients with chronic SCI. Exoskeleton robotic devices employed with a treadmill, such as the Lokomat (Hocoma, Switzerland) (Colombo et al., 2000) and LOPES (Veneman et al., 2007) and powered exoskeleton devices, such as the ReWalk (Robotics, Israel) (Miller et al., 2016), have angular sensors in the joints and pelvis as well as foot force pressure sensors. However, they have no sensors to detect the neuromuscular activation of the user.

In sensing a user's neuromuscular activation, our research has focused on another exoskeleton robot, the Hybrid Assistive Limb® (HAL, Cyberdyne Inc., Ibaraki, Japan). HAL is a wearable robot suit that assists the user in voluntary control of knee and hip joint motion by detecting signals from force/pressure sensors in the shoes or even very weak bioelectric signals on the skin surface. Power units on the bilateral hip and knee joints are comprised of angular sensors and actuators, and the control system consists of a cybernic voluntary control (CVC) mode, cybernic autonomous control (CAC) subsystem (Kawamoto and Sankai, 2005), and cybernic impedance control (CIC) mode. The HAL suit has a unique operating system, with a hybrid control system that includes the CVC, CAC, and CIC modes. The CAC mode can automatically move a user's leg using signals from the force-pressure sensors (Ikumi et al., 2017). The CVC mode can support the user's voluntary motion by providing assistive torque to each joint according to their voluntary muscle activity. The CIC mode can adjust to the user's motion while compensating for HAL's weight and joint viscosity.

Gait training with the HAL has been reported to improve gait ability in patients with chronic stroke (Kawamoto et al., 2013; Nilsson et al., 2014; Wall et al., 2015), chronic SCI (Aach et al., 2014; Sczesny-Kaiser et al., 2015; Wall et al., 2015; Ikumi et al., 2017; Shimizu et al., 2017b), and postoperative thoracic ossification of the posterior longitudinal ligament (Sakakima et al., 2013; Kubota et al., 2016, 2017; Fujii et al., 2017) in terms of gait speed, step length, and clinical functional evaluation.

We previously evaluated the application of HAL for single joints in a patient with complete C4 quadriplegia in order to restore elbow joint flexion using residual trapezius muscle activation. We found that the use of HAL that associated the residual muscle contraction to the elbow joint movement might activate the paralyzed muscle (Shimizu et al., 2017a).

We focused on remaining muscle activity in the upper limb in complete paraplegia. Previous studies have reported neural coupling of the upper and lower limbs in humans (Zehr and Duysens, 2004; Dietz, 2011; La Scaleia et al., 2014; Sylos-Labini et al., 2014). Arm-leg coordination was reported to be useful for gait assistive technology (Hassan et al., 2014; La Scaleia et al., 2014). Therefore, we concentrated on the structural analogy and symmetric motion of the shoulder and hip during gait. The lower extremities move synchronously and almost simultaneously with the contralateral upper extremities during natural locomotion. As we flex a shoulder, the contralateral hip flexes; and at the same time the other shoulder extends, with contralateral hip extension.

We hypothesized that triggering lower limb motion by upper limb muscle activity using HAL was feasible for the voluntary generation of gait composed of voluntarily driven hip and knee joint motions, in people with chronic SCI leading to complete paraplegia or quadriplegia with residual control over upper limb movement. In addition, we hypothesized that simulating the synergy of the upper and contralateral lower limbs in voluntary gait during HAL intervention may activate paralyzed lower limb muscles.

Here, we describe the feasibility and effects of upper limb-triggered HAL intervention for patients with complete paraplegia or quadriplegia caused by chronic SCI.



MATERIALS AND METHODS


Participants

Four patients (3 men, 1 woman) were enrolled in this study. The mean patient age ± standard deviation was 37.2 ± 17.8 (range, 20–67) years. Clinical evaluation before the intervention revealed the following findings: case 1, neurological level C6, American Spinal Cord Injury Association (ASIA) impairment scale (AIS) (Kirshblum et al., 2011) grade B; case 2, T6, AIS A; case 3, T10, AIS A; and case 4, T11, AIS A. International Standards for Neurological and Functional Classification of Spinal Cord Injury (ISNCSCI) lower extremity motor score (LEMS) was 0 in cases 1, 2, and 3, and 2 in case 4. Participants' clinical data are shown in Table 1.



Table 1. Patient characteristics.
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This study was conducted in accordance with the Declaration of Helsinki, with approval from the Ethics Committee of the Tsukuba University Faculty of Medicine (approval no.: H26-22). All participants provided written informed consent for participation and publication, including the use of accompanying images.



HAL Intervention

Participants underwent 10 HAL sessions. The frequency of sessions ranged from 2 per week to 1–2 per month. Intervention for cases 1, 3, and 4 was performed on an outpatient basis, and no additional therapies were implemented during HAL intervention. In case 2, HAL intervention was performed as part of an inpatient stay at our hospital in addition to standard physical therapy. Before the intervention, active hip flexion and active knee extension were evaluated using a Trigno™ Lab Wireless electromyography (EMG) system (Delsys Inc., Boston, MA, USA).



Upper Limb-Triggered HAL (UT-HAL)

We designed the HAL intervention based on patients' residual muscle activity. The primary goal of HAL intervention was to achieve voluntary gait using voluntary activation of upper limb motion with the HAL system. On the basis of several previous studies on upper and lower limb coordination in human locomotion (Zehr and Duysens, 2004; Dietz, 2011; La Scaleia et al., 2014; Sylos-Labini et al., 2014), voluntary ambulation with HAL using upper limb activation involved motion intention from the anterior deltoid and posterior deltoid for contralateral hip flexion and extension, respectively, and motion intention from the biceps and triceps brachii for contralateral knee flexion and extension, respectively. We referred to the upper limb-triggered HAL session as the “UT-HAL” method (Figure 1).


[image: image]

FIGURE 1. Upper limb-triggered HAL (UT-HAL) method. (A) Schema of UT-HAL. (B) Picture of patient 1. Muscle activities from the anterior and posterior deltoid for contralateral hip flexion and extension and activities from the biceps and triceps brachii were used for contralateral knee flexion and extension. (B-1) Left leg flexion triggered by right arm flexion. (B-2) Right leg flexion triggered by left arm flexion.



The electric motors for the hip and knee joints are controlled in real-time to generate joint torque computed as a weighted difference of the activation of the flexor and extensor muscles. In equation, Thip = Gda*Ada-Gdp*Adp and Tknee = Gb*Ab-Gt*At are, respectively, the hip and knee joint torques generated by the motors, where Gda, Gdp, Gb, and Gt are the gain, and Ada, Adp, Ab, and At are the filtered activation of the anterior deltoid, posterior deltoid, biceps, and triceps muscles, respectively. Gda, Gdp, Gb, and Gt are adjusted for the user's comfort.



Knee Extension HAL

The secondary goal of HAL intervention was to regain active knee extension. In patients who were able to flex their hips, a second component was added to each HAL session. In addition to the first component, which involved voluntary gait using the patient's upper limb activation, the second component involved active knee extension using hip flexor activation, focusing on the hip flexor as the site of remaining muscle activation in patients who could not contract the knee extensors.



HAL Session

A typical HAL session lasted 60–90 min, including the time required to attach and detach the device (20 min). The gait session was ~40 min, including a 10-min period of rest. The knee extension session lasted about 30 min including evaluation (10 min) of muscle activity during five repetitions of each of the following motions: active hip flexion; active knee extension; and active combined hip flexion and knee extension, such as in a kicking motion, before and after each HAL session.

A physiatrist was present in case of an emergency, a therapist and two assistants attached and detached the HAL, and an engineer implemented the gait analysis. For safety reasons, a walking device (All-in-One Walking Trainer, Ropox A/S, Naestved, Denmark) with a harness was used to prevent falls.

For participants without a history of ambulation training (cases 1 and 2), we initially used the CAC and CIC mode along with heavy assistance of three therapists, and as they became accustomed to ambulation training, upper limb-triggered methods were introduced.



Assessments

Assessments were performed before the intervention and during each HAL session. A surface EMG system was used to evaluate the muscle activity of the tensor fasciae lata (TFL) for hip flexion and the femoral quadriceps (Quad) for knee extension on both sides. We chose the TFL for the evaluation of hip flexion because the main hip flexor, the iliopsoas muscle, is located in the deep layer and thus is difficult to detect by surface EMG. We chose the vastus lateralis in the Quad because it is a simple knee extensor. The activity of each muscle was evaluated using EMG collected at 2,000 Hz and filtered with a 30- to 400-Hz band-pass filter using scripts on MATLAB 8.2 (Mathworks, Natick, MA, USA). Motion capture (Vicon MX with 16 T20S cameras, Vicon, Oxford, UK) was used to evaluate foot motion in synchronization with EMG. Following the Vicon plug-in gait marker set, auto-reflective markers were placed bilaterally on the feet, head of the second metatarsal bone of the toe, lateral malleolus of the ankle, and posterior peak of the calcaneus of the heel. The swing phase and stance phase within a gait cycle were extracted according to the movement trajectory of the markers. Heel strikes were detected as the lower peaks of the height of the heel markers, and toe lifts were detected as the lower peaks of the toe markers. The swing phase started with a toe lift and ended with the subsequent heel strike on the same side. The stance phase started with a heel strike and ended with the subsequent toe lift (Ivanenko et al., 2007).

We also evaluated the walking distance and bilateral modified Ashworth scale (mAs) score (range: 0–24; hip abduction, knee extension, and ankle dorsiflexion; Bohannon and Smith, 1987) before and after each HAL session. The mAs scores before and after each HAL session were compared with the Wilcoxon signed-rank test. All analyses were performed using JMP® 10.0.2 (SAS Institute Inc., Cary, NC, USA); P < 0.05 were considered significant. Any adverse events associated with HAL intervention were also recorded.




RESULTS

All participants completed all 10 sessions. The only observed adverse event was redness caused by contact between the skin and harness in cases 1, 2, and 3 which was avoidable by using a cushion. Figure 2 shows the walking distance in all cases; improvement was observed in cases 3 and 4 as the HAL intervention progressed. The decrease of the mAs score was statistically significant from before to after session; the each post-session mAs score decreased significantly compared to the pre-session mAs score in case 1 (from 9.9 ± 1.5 to 5.1 ± 2.2; P = 0.004), case 2 (from 15.3 ± 1.6 to 9.1 ± 2.5; P = 0.029), and case 3 (from 7.0 ± 1.2 to 6.2 ± 0.8; P = 0.063; Figure 3). In cases 1, 2, and 3, activation was observed in both Quads in the stance phase (Figures 4–6), which became more apparent as the sessions progressed. However, in all cases, surface EMG before the intervention showed no apparent activation in either Quad (refer to Figures 6, 7 for cases 3 and 4). In these graphs, we chose sessions that were representative of the progression of each subject throughout the UT-HAL sessions.
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FIGURE 2. Walking distance in each HAL session in cases 1–4.
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FIGURE 3. The change of mAs score in cases 1–3. Data evaluated by the same examiner were available from 8 sessions in case 1, 9 sessions in case 2, and 5 sessions in case 3.
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FIGURE 4. Surface electromyography (EMG) of both TFLs and Quads in case 1. (A) During the fifth session using CAC mode, there was some activation in both Quads, and periodic activation only in the left. (B) During the fifth session in UT-HAL gait, there was more periodic activation, from the end of the swing phase to early stance phase, than in CAC mode. (C) During the sixth session in UT-HAL gait, there was more apparent activation, predominantly on the right side.



In cases 3 and 4, knee extension sessions were performed using the hip flexor as the trigger of knee extension. In both cases, active contraction in both Quads was observed after intervention. Table 2 shows the neurological findings in all cases after intervention.



Table 2. Neurological change after HAL intervention.
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CASE DESCRIPTIONS


Case 1 (Figure 1B)

A 20-year-old male with complete quadriplegia and chronic cervical SCI due to cervical vertebral dislocation (C5/6) underwent HAL intervention with a total of 10 sessions, 1–2 per month, beginning 3 years and 2 months post-injury. He had the ability to perform daily activities independently with the help of a wheelchair, including transfer from/to the wheelchair and intermittent self-catheterization. Before intervention, manual muscle test (MMT) of the upper limb muscles was 5/5 for both deltoids, 5/5 for both biceps brachii, 2/2 for both triceps brachii, and 1/1 for both wrist flexor muscles. The muscle strength of his elbow extensors and wrist flexors had shown recovery; however, his lower limbs had remained in complete paraplegia. AIS was C6 B, ISNCSCI upper extremity motor score (UEMS) was 26/50, and LEMS was 0/50.

On evaluation before HAL intervention, there was no muscle activation in either TFL or Quad. As the patient had no history of ambulation training, in order to become accustomed to ambulation training, he started HAL sessions using CAC or CIC mode accompanied by heavy assistance from three therapists with an overhead harness. Activation in both Quads was observed in the stance phase from the first session. From the latter half of the fifth session, his upper limb was used as a trigger for lower limb movement, and activation became more apparent in the UT-HAL session than in previous sessions. Figure 4A shows surface EMG during the fifth session using CAC mode. There was some activation in both Quads, but no periodic activation in the right Quad. More periodic activation, from the end of swing phase to early stance phase, was observed during UT-HAL gait in the same fifth session (Figure 4B). More apparent activation was present in the sixth session, predominantly on the right side (Figure 4C).

Walking distance increased from 73.4 m (first session) to 200 m (tenth session; Figure 2). The mAs score decreased after each HAL session compared to pre-session measurements; the mean scores before and after the sessions were 9.9 ± 1.5 and 5.1 ± 2.2, respectively (P = 0.004; Figure 3).



Case 2

A 67-year-old male with complete paraplegia and chronic SCI underwent HAL intervention 2 years and 3 months after the onset of complete paralysis caused by pyogenic spondylitis in the fifth and sixth thoracic vertebrae. He was admitted to our hospital to undergo HAL intervention. His main complaint was spasticity. The mAs scores on admission were as follows: total, 16; hip abduction, 3/2; knee extension, 3/2; and ankle dorsiflexion, 3/3; for the right and left sides, respectively. He underwent HAL sessions twice per week. He had the ability to perform daily activities with the help of a wheelchair and his wife, including transfer from/to the wheelchair. Before intervention, AIS was T6 A, ISNCSCI UEMS was 50/50, and LEMS was 0/50. There was no activation in either TFL or Quad.

As the patient had no history of ambulation training, he started HAL sessions using CAC or CIC mode and the heavy assistance of three therapists. Activation in both Quads was observed in the stance phase from the first session. UT-HAL sessions were started from the latter half of the third session, and more apparent activation was observed in the UT-HAL session than during CIC mode (Figures 5A,B).
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FIGURE 5. EMG of both Quads in case 2. (A) During the third session using CIC mode, there was activation in both Quads in the stance phase. (B) During the same third session in UT-HAL gait, there was more apparent activation than during CIC mode.



Walking distance increased from 40 m (first session) to 77 m (tenth session; Figure 2). The mAs score after each HAL session decreased compared to pre-session measurements; the mean scores before and after each session were 15.3 ± 1.6 and 9.1 ± 2.5, respectively (P = 0.029; Figure 3).



Case 3

A 32-year-old female with complete paraplegia and chronic SCI due to spinal cord infarction underwent HAL intervention 6 years and 3 months after spinal cord infarction. She had the ability to perform daily activities with the help of a wheelchair. She had a history of ambulation training using long leg braces. She underwent 1–2 HAL sessions per month.

Before intervention, AIS was T10 A, and ISNCSCI LEMS was 0/50. She was able to contract the right hip adductor slightly. She could not contract either TFL or Quad.

On evaluation before HAL intervention, there was no muscle activation in either TFL or Quad. From the first session, we used the upper limb as the trigger for limb motion. Some aperiodic activation in both TFLs and the right Quad was observed in the first session (Figure 6C).
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FIGURE 6. EMG of both TFLs and Quads in case 3. (A) Before, during, and after the third knee HAL session. Before this session, there was periodic activation in the TFL and Quad only on the right side. During the HAL session, activation was observed in both TFLs and Quads. After the session, there was rhythmic activation in the right TFL and Quad. (B) Before, during, and after the ninth knee HAL session. Before the session, there was periodic activation in both TFLs and the right Quad; during the HAL session, activation was more apparent in both TFLs and Quads; and after the session, more obvious activation was observed in the right Quad, and some activation was seen in the left during hip flexion and extension. (C) During the first session in UT-HAL gait, there was some aperiodic activation in both TFLs and the right Quad. (D) During the tenth session in UT-HAL gait, there was more rhythmic activation in both Quads during the stance phase, predominantly on the right side. (E) During voluntary ambulation with a walker and overhead harness without HAL after the entire intervention, there was rhythmic activation in the right quad from the swing mid-phase to the early stance phase.



On evaluation before the second session, she could contract the right TFL; therefore, we added a knee extension session using the right hip flexor as the trigger for right knee extension from the second session.

Figure 6A shows surface EMG in both TFLs and Quads before, during, and after the third knee HAL session. Before the HAL session, there was periodic activation in the right TFL and Quad. During the HAL session, activation was observed in both TFLs and Quads. After the session, there was rhythmic activation in the right TFL and Quad. Before the ninth session, periodic activation was observed in both TFLs and the right Quad; during the HAL session, activation was more apparent in both TFLs and Quads; and after the session, more obvious activation was observed in the right Quad. Some activation was also seen in the left Quad during hip flexion and knee extension (Figure 6B). Figures 6C,D shows surface EMG during the first and the tenth UT-HAL sessions, respectively. In the tenth session, more rhythmic activation was observed in both Quads during the stance phase, predominantly on the right side.

Figure 6E shows surface EMG during voluntary ambulation with a walker and overhead harness without HAL after the entire intervention. Rhythmic activation in the right quad was observed from the swing mid-phase to the early stance phase.

Walking distance increased from 80 m (first session) to 234 m (tenth session; Figure 2). After the intervention, the patient's hip flexor and knee extensor MMT score improved from 0/5 to 1/5 on both sides, and LEMS improved from 0 to 4 (Table 2).

The mAs score was reduced after each HAL session compared to pre-session measurements; the mean scores before and after each session were 7.0 ± 1.2 and 6.2 ± 0.8, respectively (P = 0.063; Figure 3).



Case 4

A 30-year-old male with complete paraplegia and chronic SCI due to twelfth vertebral burst fracture underwent the HAL intervention 1 year and 7 months post-injury. He had the ability to perform daily activities with the help of a wheelchair. He had a history of ambulation training with long leg braces or the assistance of two therapists. He underwent HAL sessions twice per week.

Before intervention, AIS was T11 A, and ISNCSCI LEMS was 3/50. MMT of the hip flexor was 1/5 on the right and 2/5 on the left. There was no voluntary contraction in either Quad (Figure 7A).
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FIGURE 7. EMG of both TFLs and Quads in case 4. (A) Before the first session, there was no voluntary contraction in either Quad. (B) Before the fifth session, there was voluntary contraction in the left Quad. (C) Before, during, and after the tenth knee HAL session. Before and during the session, there was periodic activation in the left Quad; during the session, the right Quad was also periodically activated. After the session, the left Quad was more periodically activated than before it. (D) During the first session in UT-HAL gait. (E) During the fifth session in UT-HAL gait. There was activation in both TFLs from the first to tenth sessions; there was no activation in either Quad in the first and fifth gait sessions. (F) During the tenth session in UT-HAL gait, there was slight periodic activation during swing phase. (G) During voluntary ambulation with a walker and overhead harness without HAL after the entire intervention, there was rhythmic activation in both TFLs, and no periodic activation in either Quad.



From the first session, we used both hip flexors as the trigger for knee extension in the knee extension HAL session, and the upper limb as the trigger of limb motion during the HAL ambulation session. Activation was observed in both TFLs during the gait session, predominantly in the swing phase, but not in either Quad (Figure 7D). On evaluation before the fifth session, voluntary contraction was observed in the left Quad (Figure 7B). Therefore, we placed electrodes at the recommended sites on both limbs in the latter five sessions and performed knee extension sessions triggered by both knee extensors and HAL ambulation sessions triggered by activation of both lower limbs. Figure 7C shows surface EMG in the tenth knee extension session. Before and during the session, there was periodic activation in the left Quad; during the session, the right Quad was also periodically activated. After the session, the left Quad was more periodically activated than before it. Figures 7D–F show EMG in the first, fifth, and tenth HAL ambulation sessions, respectively. There was activation in both TFLs from the first to tenth sessions, and no rhythmic activation in either Quad was observed in the first or fifth gait sessions. During the tenth gait session, there was slight periodic activation during the swing phase.

Figure 7G shows voluntary ambulation with a walker and overhead harness without HAL after the entire intervention. Rhythmic activation was observed in both TFLs, with no periodic activation in either Quad.

Walking distance increased from 100 to 338 m (Figure 2). The mAs score remained 0 before and after each session. After the intervention, the patient's hip flexor MMT score improved from 1/5 to 2/5 on the right, and from 2/5 to 3/5 on the left. Knee extensor MMT also improved from 0/5 to 1/5, and LEMS improved from 3 to 7 (Table 2).




DISCUSSION

In this study, we focused on residual upper limb muscle activity in complete quadri/paraplegia and coordination between the upper limbs and contralateral lower limbs in natural gait. In addition, we used voluntary contraction of the hip flexors as a trigger for knee extension. We observed neurological changes in two cases after the intervention.

For all cases, including patients with cervical SCI and high thoracic SCI who were considered ineligible to perform conventional walking training with orthoses, it was possible to perform movement of the paralyzed joints with voluntary control of the relevant muscle using HAL. Considering that the method was feasible in case 1, whose injury level was the highest of the among the patients presented in the study, this method is feasible for patients who has at least voluntary control the triceps muscle with MMT score greater than or equal to 1.

The operating system of HAL directly maps in real-time the detected neuromuscular activity to the assistive torque on the joints of the lower limbs, and therefore directly reflects the user's motion intention into the generated motion. By contrast, other exoskeleton robots such as the Lokomat (Colombo et al., 2000), LOPES (Veneman et al., 2007), and ReWalk (Miller et al., 2016) move paretic limbs automatically; therefore, the limbs are passively moved. We focused on exploiting the residual voluntary muscle activation of paraplegia patients. Using the HAL motion assist function in the context of upper-lower limb coordination during gait, voluntary ambulation was possible, and the improvement of muscle activities was observed.

The HAL has been reported to be a feasible tool for some types of neuromuscular disorders (Kawamoto et al., 2013; Kubota et al., 2013, 2017; Sakakima et al., 2013; Aach et al., 2014; Nilsson et al., 2014; Sczesny-Kaiser et al., 2015, 2017; Wall et al., 2015; Fujii et al., 2017; Ikumi et al., 2017; Shimizu et al., 2017b) and to improve ambulation in patients with chronic SCI (Aach et al., 2014; Sczesny-Kaiser et al., 2015; Wall et al., 2015; Ikumi et al., 2017; Kubota et al., 2017; Shimizu et al., 2017b). HAL is able to detect very weak neuromuscular activities, if any, using its surface electrodes and to provide motion assistance. In this sense, HAL is an effective tool for gait training in more severe cases of SCI. However, the conventional method using the CVC mode of HAL is not applicable in patients with complete paraplegia who have difficulty in detecting bioelectrical signals. The CAC mode uses a foot pressure sensor as a motion trigger, and pressure sensors are not effective for patients who cannot place their weight on both feet. Therefore, we chose upper limb motion as the voluntary trigger for lower limb movement during ambulation.

In utilizing upper extremity muscle activation, we focused on the structural analogy and symmetric motion between upper and contralateral lower limbs in natural gait. The upper and contralateral lower limbs move in synchrony and almost simultaneously during natural locomotion. Based on this contralateral relationship of upper and lower limb movement during locomotion, we placed electrodes on the biceps and triceps brachii to drive contralateral knee flexion and extension, respectively, and on the anterior deltoid and posterior deltoid to drive contralateral hip flexion and extension, respectively.

A previous study reported that the paralyzed lower limb muscles of patients with SCI can be activated by passive leg movements, suggesting the residual function of the rhythmic pattern generator circuit after SCI (Kawashima et al., 2005). The rhythmic pattern generator is highly relevant to quadrupedal coordination during locomotion in humans (Dietz et al., 1995; Zehr and Duysens, 2004; Dietz, 2011). In fact, recent research has indicated that voluntary upper limb alternate movement generates locomotor-like movements (Sylos-Labini et al., 2014) and enhances muscle activation in the lower limbs (de Kam et al., 2013), and this property can be used in the control of legged exoskeletons (La Scaleia et al., 2014). From this perspective, we hypothesized that synergistic coordination of the upper and lower limbs during voluntary gait using HAL may activate lower limb muscles.

UT-HAL-assisted gait in SCI patients incorporates coordinated voluntary movement of the multiple joints of the upper and lower limbs. Since UT-HAL connects each of the upper limb muscles to the corresponding lower limb joint movements independently, the coordination of lower limb movement is realized solely by the coordinated voluntary activation of the upper limb muscles. Our hypothesis is that gait phase-dependent, voluntary, and coordinated activation of the upper limb muscles, in coherent combination with the voluntarily generated gait pattern of the lower limbs, may re-activate gait phase-dependent muscle activity in the lower limbs. This is difficult to implement by other assistive devices such as passive orthoses, other robots, or current functional electric stimulation systems (Karimi et al., 2014).

Our protocol included voluntary knee extension. Patients with paralysis of knee extensors use long leg braces in the knee-locked position for walking exercises; therefore, it is difficult for them to train with knee extensor movement during gait exercise. Gait with the HAL enabled users to extend their knee periodically in the stance phase according to the gait cycle without knee locking (Shimizu et al., 2017b).

In case 3, the patient was unable to contract the hip flexor before intervention. However upper limb-triggered HAL ambulation appeared to activate her paralyzed and disused hip flexors. Subsequently, we used improved muscle activation of the hip flexors as the trigger for knee extension.

We speculate that muscle activation acquired during voluntary ambulation using motion intention conferred by residual activity of the upper limb muscle and during voluntary knee extension using residual activity of the hip flexor may contribute to the improvement of paralyzed Quad muscle activation. Both sessions—knee extension with the hip flexor and locomotion with upper limb muscle activation—were effective in improving muscle activity in cases 3 and 4.

In addition, in case 3 (lower panels of Figure 6), the patient contracted the right TFL in the knee extension HAL session, while in the UT-HAL locomotion session the TFL activation was absent. In our opinion, it was easier to contract the TFL in the knee extension session than in the UT-HAL locomotion because during sitting, TFL contraction is accompanied by a simple single-joint motion of hip flexion, and it was easy for her to focus her attention on the motion. On the other hand, while walking, complex coordinated motion involving hip and knee flexion and extension is required, incorporating coordinated activation of multiple muscles. She could generate voluntary gait using UT-HAL and activate the right Quad in phase with the gait; however, she could not achieve the level of coordinated multiple muscle control during gait.

A similar discussion may apply to case 4 (lower panels of Figure 7). Quad activation was present during the knee extension HAL session, while in the UT-HAL locomotion session it was absent. The patient could contract both TFLs and left Quad independently. During walking, he could generate voluntary gait using UT-HAL and activate both TFLs in phase with the gait. However, he could not reach the level of including the newly activated left Quad in the coordinated activation of the muscles. We consider HAL intervention was effective for achieving voluntary contraction of single-joint muscles; however, a longer-term intervention might have been necessary in order for this patient to be able to perform coordinated muscle control including the newly activated muscles during gait.

Cases 1 and 2 had not experienced conventional walking training before the HAL intervention. They had complete paralysis in both lower extremities; however, during HAL ambulation, there was some activation in the TFLs and Quads. In addition, there was more apparent activation in UT-HAL sessions than in CAC sessions. We consider that ambulation with voluntary control have positively influenced periodic activation.

After intervention, the neurological levels in cases 1 and 2 were unchanged; however, in these cases, spastic paralysis evaluated by the mAs score after each session decreased from pre-session values. As spasticity was the main concern in case 2, this change represented meaningful clinical data. Regarding the reduction of spasticity, we previously reported a decrease of mAs after HAL gait training for a patient with C4 SCI (Ikumi et al., 2017). Spasticity negatively influences quality of life for many SCI patients by causing pain, joint contracture, and restricted activity of daily living (Adams and Hicks, 2005; van Cooten et al., 2015). Therefore, this method may be useful to reduce spasticity and related concerns.

One limitation of this protocol is that it is not suitable for patients who are unable to control upper limb muscles. In addition, it is challenging for patients with severe joint deformities or orthostatic hypotension. It is important for medical staff to evaluate skin problems or bruising in paralyzed areas because of their sensory deficiency. Moreover, although neurological improvement was observed in two cases in this study, we did not confirm the underlying mechanism behind this change. Future perspectives include neurological evaluation of this protocol using, for example, functional MRI of the spinal cord (Stroman et al., 2004) or spinal cord mapping of motor activity during gait (Ivanenko et al., 2008).

The ambulation protocol using HAL and voluntary upper limb muscle activation was feasible for complete paraplegic patients. Moreover, patients with injury to the cervical cord or upper thoracic cord, who have difficulty performing conventional gait training with orthoses, may experience decreased spasticity and activation of paralyzed muscles. It is applicable for patients with both spastic and flaccid-type paralysis and represents a novel option for such patients to perform voluntary controlled ambulation similar to natural gait by using their residual neuromuscular activities. Therefore, this HAL protocol may contribute to broadening gait rehabilitation for complete SCI patients.



CONCLUSIONS

This study reports the safety and feasibility of upper-limb-triggered HAL ambulation for patients with complete quadri/paraplegia caused by chronic SCI. Improvement of activation in both TFLs and Quads was observed for two cases, and decreased spasticity after each session was also observed for three cases with spastic-type paralysis. Therefore, voluntary upper limb muscle activation using HAL is a potential option for rehabilitation in complete quadri/paraplegic patients.



AUTHOR CONTRIBUTIONS

All authors participated in the design, execution, and analysis of these studies and have seen and approved the final version of the manuscript. YuSh and HK participated in the study design and drafted the manuscript. YuSh, HK, SK, and YuSo executed HAL interventions and performed the data analysis. YoS conceived the device and helped to draft the manuscript. KS, TU, TA, YH, and MY participated in the study design and helped to draft the manuscript. MY is the principal investigator of this study and participated in the design and coordination of the study. Furthermore, this manuscript has been revised by a professional editor whose first language is English.



FUNDING

This study was supported by Industrial Disease Clinical Research Grants of the Ministry of Health, Labor, and Welfare in Japan (14060101-01).



ACKNOWLEDGMENTS

We thank Mayuko Sakamaki and Yumiko Ito, Center for Innovative Medicine and Engineering (CIME), University of Tsukuba Hospital, for their excellent technical assistance.



REFERENCES

 Aach, M., Cruciger, O., Sczesny-Kaiser, M., Hoffken, O., Meindl, R., Tegenthoff, M., et al. (2014). Voluntary driven exoskeleton as a new tool for rehabilitation in chronic spinal cord injury: a pilot study. Spine J. 14, 2847–2853. doi: 10.1016/j.spinee.2014.03.042

 Adams, M. M., and Hicks, A. L. (2005). Spasticity after spinal cord injury. Spinal Cord 43, 577–586. doi: 10.1038/sj.sc.3101757

 Bohannon, R. W., and Smith, M. B. (1987). Interrater reliability of a modified Ashworth scale of muscle spasticity. Phys. Ther. 67, 206–207. doi: 10.1093/ptj/67.2.206

 Colombo, G., Joerg, M., Schreier, R., and Dietz, V. (2000). Treadmill training of paraplegic patients using a robotic orthosis. J. Rehabil. Res. Dev. 37, 693–700.

 de Kam, D., Rijken, H., Manintveld, T., Nienhuis, B., Dietz, V., and Duysens, J. (2013). Arm movements can increase leg muscle activity during submaximal recumbent stepping in neurologically intact individuals. J. Appl. Physiol. 115, 34–42. doi: 10.1152/japplphysiol.00510.2012

 Dietz, V. (2011). Quadrupedal coordination of bipedal gait: implications for movement disorders. J. Neurol. 258, 1406–1412. doi: 10.1007/s00415-011-6063-4

 Dietz, V., Colombo, G., Jensen, L., and Baumgartner, L. (1995). Locomotor capacity of spinal cord in paraplegic patients. Ann. Neurol. 37, 574–582. doi: 10.1002/ana.410370506

 Fujii, K., Abe, T., Kubota, S., Marushima, A., Kawamoto, H., Ueno, T., et al. (2017). The voluntary driven exoskeleton hybrid assistive limb (HAL) for postoperative training of thoracic ossification of the posterior longitudinal ligament: a case report. J. Spinal Cord Med. 40, 361–367. doi: 10.1080/10790268.2016.1142056

 Hassan, M., Kadone, H., Suzuki, K., and Sankai, Y. (2014). Wearable gait measurement system with an instrumented cane for exoskeleton control. Sensors 14, 1705–1722. doi: 10.3390/s140101705

 Ikumi, A., Kubota, S., Shimizu, Y., Kadone, H., Marushima, A., Ueno, T., et al. (2017). Decrease of spasticity after hybrid assistive limb(R) training for a patient with C4 quadriplegia due to chronic SCI. J. Spinal Cord Med. 40, 573–578. doi: 10.1080/10790268.2016.1225913

 Ivanenko, Y. P., Cappellini, G., Dominici, N., Poppele, R. E., and Lacquaniti, F. (2007). Modular control of limb movements during human locomotion. J. Neurosci. 27, 11149–11161. doi: 10.1523/JNEUROSCI.2644-07.2007

 Ivanenko, Y. P., Cappellini, G., Poppele, R. E., and Lacquaniti, F. (2008). Spatiotemporal organization of alpha-motoneuron activity in the human spinal cord during different gaits and gait transitions. Eur. J. Neurosci. 27, 3351–3368. doi: 10.1111/j.1460-9568.2008.06289.x

 Karimi, M., Omar, A. H., and Fatoye, F. (2014). Spinal cord injury rehabilitation: which way forward? Neurorehabilitation 35, 325–340. doi: 10.3233/NRE-141124

 Karimi, M. T. (2011). Evidence-based evaluation of physiological effects of standing and walking in individuals with spinal cord injury. Iran. J. Med. Sci. 36, 242–253.

 Kawamoto, H., Kamibayashi, K., Nakata, Y., Yamawaki, K., Ariyasu, R., Sankai, Y., et al. (2013). Pilot study of locomotion improvement using hybrid assistive limb in chronic stroke patients. BMC Neurol. 13:141. doi: 10.1186/1471-2377-13-141

 Kawamoto, H., and Sankai, Y. (2005). Power assist method based on phase sequence and muscle force condition for HAL. Adv. Robot. 19, 717–734. doi: 10.1163/1568553054455103

 Kawashima, N., Nozaki, D., Abe, M. O., Akai, M., and Nakazawa, K. (2005). Alternate leg movement amplifies locomotor-like muscle activity in spinal cord injured persons. J. Neurophysiol. 93, 777–785. doi: 10.1152/jn.00817.2004

 Kirshblum, S. C., Burns, S. P., Biering-Sorensen, F., Donovan, W., Graves, D. E., Jha, A., et al. (2011). International standards for neurological classification of spinal cord injury (revised 2011). J. Spinal Cord Med. 34, 535–546. doi: 10.1179/204577211X13207446293695

 Kubota, S., Abe, T., Fujii, K., Marushima, A., Ueno, T., Haginoya, A., et al. (2016). Improvement of walking ability using hybrid assistive limb training in a patient with severe thoracic myelopathy caused by ossification of the posterior longitudinal ligament. A case report. J. Spine S7:003. doi: 10.4172/2165-7939.S7-003

 Kubota, S., Abe, T., Kadone, H., Fujii, K., Shimizu, Y., Marushima, A., et al. (2017). Walking ability following hybrid assistive limb treatment for a patient with chronic myelopathy after surgery for cervical ossification of the posterior longitudinal ligament. J. Spinal Cord Med. 20, 1–9. doi: 10.1080/10790268.2017.1313932

 Kubota, S., Nakata, Y., Eguchi, K., Kawamoto, H., Kamibayashi, K., Sakane, M., et al. (2013). Feasibility of rehabilitation training with a newly developed wearable robot for patients with limited mobility. Arch. Phys. Med. Rehabil. 94, 1080–1087. doi: 10.1016/j.apmr.2012.12.020

 La Scaleia, V., Sylos-Labini, F., Hoellinger, T., Wang, L., Cheron, G., Lacquaniti, F., et al. (2014). Control of leg movements driven by EMG activity of shoulder muscles. Front. Hum. Neurosci. 8:838. doi: 10.3389/fnhum.2014.00838

 Miller, L. E., Zimmermann, A. K., and Herbert, W. G. (2016). Clinical effectiveness and safety of powered exoskeleton-assisted walking in patients with spinal cord injury: systematic review with meta-analysis. Med. Devices 9, 455–466. doi: 10.2147/MDER.S103102

 Nilsson, A., Vreede, K. S., Haglund, V., Kawamoto, H., Sankai, Y., and Borg, J. (2014). Gait training early after stroke with a new exoskeleton–the hybrid assistive limb: a study of safety and feasibility. J. Neuroeng. Rehabil. 11:92. doi: 10.1186/1743-0003-11-92

 Sakakima, H., Ijiri, K., Matsuda, F., Tominaga, H., Biwa, T., Yone, K., et al. (2013). A newly developed robot suit hybrid assistive limb facilitated walking rehabilitation after spinal surgery for thoracic ossification of the posterior longitudinal ligament: a case report. Case Rep. Orthop. 2013:621405. doi: 10.1155/2013/621405

 Sczesny-Kaiser, M., Hoffken, O., Aach, M., Cruciger, O., Grasmucke, D., Meindl, R., et al. (2015). HAL(R) exoskeleton training improves walking parameters and normalizes cortical excitability in primary somatosensory cortex in spinal cord injury patients. J. Neuroeng. Rehabil. 12:68. doi: 10.1186/s12984-015-0058-9

 Sczesny-Kaiser, M., Kowalewski, R., Schildhauer, T. A., Aach, M., Jansen, O., Grasmücke, D., et al. (2017). Treadmill training with HAL exoskeleton—a novel approach for symptomatic therapy in patients with limb-girdle muscular dystrophy—preliminary study. Front. Neurosci. 11:449. doi: 10.3389/fnins.2017.00449

 Shimizu, Y., Kadone, H., Kubota, S., Ikumi, A., Abe, T., Marushima, A., et al. (2017a). Active elbow flexion is possible in C4 quadriplegia using hybrid assistive limb (HAL®) technology: a case study. J. Spinal Cord Med. 40, 456–462. doi: 10.1080/10790268.2017.1305036

 Shimizu, Y., Nakai, K., Kadone, H., Yamauchi, S., Kubota, S., Ueno, T., et al. (2017b). The hybrid assistive limb(R) intervention for a postoperative patient with spinal dural arteriovenous fistula and chronic spinal cord injury: a case study. J. Spinal Cord Med. 29, 1–8. doi: 10.1080/10790268.2017.1329916

 Stroman, P. W., Kornelsen, J., Bergman, A., Krause, V., Ethans, K., Malisza, K. L., et al. (2004). Noninvasive assessment of the injured human spinal cord by means of functional magnetic resonance imaging. Spinal Cord 42, 59–66. doi: 10.1038/sj.sc.3101559

 Sylos-Labini, F., Ivanenko, Y. P., Maclellan, M. J., Cappellini, G., Poppele, R. E., and Lacquaniti, F. (2014). Locomotor-like leg movements evoked by rhythmic arm movements in humans. PLoS ONE 9:e90775. doi: 10.1371/journal.pone.0090775

 van Cooten, I. P., Snoek, G. J., Nene, A. V., de Groot, S., and Post, M. W. (2015). Functional hindrance due to spasticity in individuals with spinal cord injury during inpatient rehabilitation and 1 year thereafter. Spinal Cord 53, 663–667. doi: 10.1038/sc.2015.41

 Veneman, J. F., Kruidhof, R., Hekman, E. E., Ekkelenkamp, R., Van Asseldonk, E. H., and van der Kooij, H. (2007). Design and evaluation of the LOPES exoskeleton robot for interactive gait rehabilitation. IEEE Trans. Neural Syst. Rehabil. Eng. 15, 379–386. doi: 10.1109/TNSRE.2007.903919

 Wall, A., Borg, J., and Palmcrantz, S. (2015). Clinical application of the hybrid assistive limb (HAL) for gait training-a systematic review. Front. Syst. Neurosci. 9:48. doi: 10.3389/fnsys.2015.00048

 Zehr, E. P., and Duysens, J. (2004). Regulation of arm and leg movement during human locomotion. Neuroscientist 10, 347–361. doi: 10.1177/1073858404264680

Conflict of Interest Statement: YS is the C.E.O., shareholder, and director of CYBERDINE Inc., which produces the robot suit HAL. CYBERDINE was not involved in study design, data collection, analysis, writing or submission of this article.

The other authors declare that the research was conducted in the absence of any commercial or financial relationships that could be construed as a potential conflict of interest.

Copyright © 2017 Shimizu, Kadone, Kubota, Suzuki, Abe, Ueno, Soma, Sankai, Hada and Yamazaki. This is an open-access article distributed under the terms of the Creative Commons Attribution License (CC BY). The use, distribution or reproduction in other forums is permitted, provided the original author(s) or licensor are credited and that the original publication in this journal is cited, in accordance with accepted academic practice. No use, distribution or reproduction is permitted which does not comply with these terms.












	
	ORIGINAL RESEARCH
published: 28 November 2017
doi: 10.3389/fnins.2017.00660






[image: image2]

Application of the Stockwell Transform to Electroencephalographic Signal Analysis during Gait Cycle


Mario Ortiz*, Marisol Rodríguez-Ugarte, Eduardo Iáñez and José M. Azorín


Brain-Machine Interface Systems Lab, Miguel Hernández University of Elche, Elche, Spain

Edited by:
Mikhail Lebedev, Duke University, United States

Reviewed by:
Rahul Goel, University of Houston, United States
 Guy Cheron, Free University of Brussels, Belgium

* Correspondence: Mario Ortiz, mortiz@umh.es

Specialty section: This article was submitted to Neuroprosthetics, a section of the journal Frontiers in Neuroscience

Received: 25 August 2017
 Accepted: 13 November 2017
 Published: 28 November 2017

Citation: Ortiz M, Rodríguez-Ugarte M, Iáñez E and Azorín JM (2017) Application of the Stockwell Transform to Electroencephalographic Signal Analysis during Gait Cycle. Front. Neurosci. 11:660. doi: 10.3389/fnins.2017.00660



The analysis of electroencephalographic signals in frequency is usually not performed by transforms that can extract the instantaneous characteristics of the signal. However, the non-steady state nature of these low voltage electrical signals makes them suitable for this kind of analysis. In this paper a novel tool based on Stockwell transform is tested, and compared with techniques such as Hilbert-Huang transform and Fast Fourier Transform, for several healthy individuals and patients that suffer from lower limb disability. Methods are compared with the Weighted Discriminator, a recently developed comparison index. The tool developed can improve the rehabilitation process associated with lower limb exoskeletons with the help of a Brain-Machine Interface.
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1. INTRODUCTION

Reduced mobility is a serious handicap for people who have suffered a cerebrovascular accident, brain trauma or encephalitis. Orthesis and prosthesis devices have been developed in last years in order to assist people with severe motor limitations. Although EMG-based interfaces have been used in several applications for controlling these devices (Villarejo Mayor et al., 2017), the use of Brain-Machine Interfaces (BMIs) can be a more suitable option to control a speller or a wheel chair (Li et al., 2014) and especially exoskeletons, since they can improve the neuroplasticity in rehabilitation therapies (Cramer, 2008; Gharabaghi, 2016; Barrios et al., 2017).

The basis of a BMI is to extract the brain waves, normally by electroencephalography (EEG), process and translate them into commands to control a device. The electrical waves obtained are categorized by their frequency components and the location where they are acquired (Rao, 2013). Usually, the following frequency bands are considered: delta (0.1–4 Hz) which is associated with deep sleep (Amzica and Steriade, 1998), theta (4–7 Hz) which is associated with Rapid Eye Movement (REM) sleep and transition from sleep to waking (Cantero et al., 2003), alpha (8–15 Hz) which is associated with relaxed, but awake state with eyes closed (Da Silva, 2010) and beta (15–32 Hz) and gamma (>25 Hz) which are associated with movement and attentive focus (Rao, 2013). Depending on the author, the bands can slightly differ and overlap. Thus, it is hard to establish a precise limit for them. In literature, bands have received another designation; for instance, mu band (8–12 Hz) which is usually related to the event-related synchronization phenomenon (Pfurtscheller and Neuper, 1994). In Cheron et al. (2012), it was demonstrated that some EEG frequency bands (alpha, beta and gamma) are involved in the control of the walking pattern, and that it is possible to extract EEG signals event-related desynchronization/synchronization (ERD/ERS) (Severens et al., 2012; Wagner et al., 2012) from the sensorimotor cortex controlling the contralateral foot placement. This confirmed the study of Gwin et al. (2011) which stated that electrocortical activity is coupled to gait cycle phase during treadmill walking. Cheron et al. (2012) also used the two most representative independent components of the sensorimotor cortex as input for a Dynamic Recurrent Neural Network (DRNN) learning identification toward the two principal components of the 3 elevation angles (foot, shank, and thigh) of one lower limb kinematics which can be easily interpreted by artificial actuators.

EEG signals are usually analyzed by Fourier transforms (FT). Due to the discrete nature of the data analyzed, signals are cut in several windows and processed (Fast Fourier Transform FFT or Short Time Fourier Transform STFT). Although the information extracted by each epoch can provide the evolution through time of the frequency components, other techniques could be more suitable for its time-frequency analysis due to the non-steady nature of EEG signals.

In literature, there are a few examples of these techniques, such as the wavelet transform (Subasi, 2005). However, it needs a good choice of the wavelet mother function which can make this process difficult. In our previous research (Ortiz et al., 2017), we introduced the application of a time-frequency analysis transform, the Hilbert Huang Transform (HHT) (Huang et al., 1998), in an offline scenario for lower limb detection of start and stop of gait cycle based on the ERD/ERS phenomenon. HHT combines a decomposition algorithm Empirical Mode Decomposition (EMD) and a mathematical transform Hilbert Transform (HT). This paper expands our previous research introducing a new transform, the Stockwell Transform (ST) (Stockwell et al., 1996), in order to compare its performance not only with HHT, but also with the FFT. Besides, the study is carried out in an offline and a pseudo-online scenario for better comparison of the techniques. In order to correctly measure the performance of the different proposals, the Weighted Discriminator index (WD) is used (Rodríguez-Ugarte et al., 2017).

The purpose of this work is to show how time-frequency techniques, such as the ST transform, improve the accuracy of the start and the stop detection of gait cycles through the EEG signal analysis, lowering the number of false detections. Sixteen different subjects (eight healthy and eight patients) participated in the research. Data was not only analyzed offline, but pseudo-online as this approach simulates the behavior of the BMI working with an external device in real time.



2. MATERIALS AND METHODS

This section provides information about the experimental setup, equipment used for EEG acquisition, motion capture system (MCS) and the data processing.


2.1. Experimental Setup

Data was collected on sixteen participants. Eight participants (labeled as H1-8) were healthy and did not have any known health issue. They were all right-handed, and were in the age range of 24–29 years (28.2 ± 3.0) at the time of the experiment. Additionally, there were eight patients (labeled as P1-8) of the National Hospital for Spinal Cord Injury in Toledo (Spain), and they were in the age range of 19–71 years (43.7 ± 18.4). This study was carried out in accordance with the recommendations of ethics committee of the Miguel Hernández University of Elche (Spain) with written informed consent from all subjects. All subjects gave written informed consent in accordance with the Declaration of Helsinki. The protocol was approved by the ethics committee of the Miguel Hernández University of Elche (Spain).

Healthy subjects performed ten different trials. However, certain patients due to limitations, tiredness and hardware detection problems completed less trials or some of the trials were not correctly accomplished. Table 1 shows the number of trials considered for analysis by each subject.



Table 1. Trials performed by subject.

[image: image]




Each trial consisted of 4 complete gait cycles, each one with two events: start and stop as can be seen in Figure 1. Each cycle followed the next pattern: relax, start intention of gait, gait, stop intention of gait and stop (out of the model analysis, although it can be considered as a relaxed state).


[image: image]

FIGURE 1. Windows of analysis for offline and pseudo-online models. Time of simulation (broken line) for every trial contains 4 complete gait cycles (solid line). Intention windows (red and magenta) were considered as the active data of the model (state 1). Relax and gait windows (cyan and green) were considered as the non-active data of the model (state 0). The data represented in the figure correspond to the 10th trial of patient P1. (A) Offline windows of analysis. (B) Pseudo-online windows of analysis.



The purpose of the paper is to measure the performance of a BMI that detects the starts or stops of the gait cycle. Hence, two different models were considered, one for the detection of start and other for the detection of stop. The analysis was carried out considering each event (start or stop intention) as the active part of the model (state 1) and the previous state (relax or gait) as the non-active (state 0).

Data processing was not performed in real time. Two different approaches were considered in order to measure the performance of the methods and the classification model: offline and pseudo-online. Pseudo-online analysis simulated the behavior of the tool in real-time conditions. State labels (0 and 1) were defined based on the Inertial Measurement Units (IMU) activation. Active windows had a 4 s duration starting 2 s previously to the IMU activation. Non-active windows were considered before the active windows with a time gap of 0.5 s. In the case of the offline model, active windows had a duration of 4 s, covering the whole previous time of analysis for the pseudo-online model. Differences between the data windows are shown in Figure 1 for both approaches. Nevertheless, data was sampled at 500 Hz and sent every 0.2 s in epochs of 1 s duration to the data processing tools. This allowed to treat the data in a similar way for all the methods tested.



2.2. Brain-Machine Interface

2.2.1. EEG Data Acquisition

EEG signals were recorded using a commercial device developed by Brain Products GmbH (Germany). 31 electrodes were used with the help of an actiCAP for an easier placement. The system registered the EEG signals through the actiCHamp amplifier. They were wireless transmitted by a MOVE transmitter for offline and pseudo-online analyses at a sampling frequency rate of 500 Hz. Electrodes were positioned according to the International 10/10 system. Figure 2A shows healthy subject H4 walking during a trial. Although 31 electrodes were recorded, finally only nine electrodes were used. This is based on previous studies (Hortal et al., 2016b; Ortiz et al., 2017) and preliminary results of the methods tested on this paper for offline scenario. The electrodes chosen were those close to the electrode Cz (Fz, FC1, FC2, C3, Cz, C4, CP1, CP2, and Pz). The reference was positioned on the right ear lobe and the ground on AFz. Figure 3 shows the electrode configuration used.


[image: image]

FIGURE 2. Data acquisition equipment. (A) Shows subject H4 wearing the fixing bands for the IMUs, the actiCAP, and Move transmitter. (B) Shows a scheme for the positioning of the IMUs from front and rear view. (A) Healthy subject H4 wearing the data acquisition equipment. (B) IMUs positioning scheme.
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FIGURE 3. Electrode configuration considered.



2.2.2. Motion Capture System

For the MCS a Tech MCS manufactured by Technaid S.L. (Spain) was used. The system consisted of seven wireless Inertial Measurement Units (IMUs) located on the following positions: three at each limb (foot, thigh and leg) and one on the lumbar position. Figure 2 shows the exact position of the units. Each IMU had three different types of sensors: an accelerometer, a gyroscope and a magnetometer. Each IMU provided 19 parameters: 9 for rotation, 3 for acceleration, 3 for angular velocity, 3 for magnetic field and 1 for temperature. Rotation parameters were used to detect the initiation and stop of the movement. The data registered by each IMU were acquired through a HUB connected to the PC USB port at a sampling rate of 20 Hz. The MCS mission was to provide the feedback of gait state changes for accuracy calculation of the tests, i.e., the correct detection of the real initiation and stop of the gait.

2.2.3. Preprocessing

Reducing signal to noise ratio is important to improve the feature extraction, so pre-processing of data was needed for each epoch. Several filters were considered.

2.2.3.1. Hardware filter

As this depends on the equipment used for data acquisition, it was the same for all the measurements. The hardware used applied a low pass filter with a cut off frequency of 100 Hz and a notch filter at 50 Hz in order to mitigate the power line interference.

2.2.3.2. Spatial filter

The use of a spatial filter helps to minimize the contribution of the rest of the electrodes to each channel. This way the information of each sensor is better isolated (McFarland et al., 1997). In a previous study (Ortiz et al., 2017) a Laplacian (Lp) and a Common Average Reference (CAR) spatial filter were compared during offline analysis, obtaining Lp filter a better outcome in average than CAR for both event detection (7.8 % better comparison index for the FFT and 6.3 % better for the EMD). Therefore, Lp was the spatial filter used in this study. It aims to subtract the contribution of the rest of electrodes based on distance. Equation 1 shows how the filtered voltage is calculated for electrode i.
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Where [image: image] represents the voltage after filtering, Vj is the voltage without filtering, j = 1:31 and gij:
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With dij representing the distance between the electrodes i and j based on the three dimensional Euclidean method.

2.2.3.3. Frequency filter

The application of the frequency filter depends on the algorithm or mathematical transform used for data analysis. In this research it was only used before the FFT processing. Based on our previous study (Ortiz et al., 2017) a 4th order Butterworth high-pass filter with a cut off frequency of 0.2 Hz was used to extract the DC component of the signal. HHT and ST methods are not affected by the low pass filter, so it would only increase the computing time without an improvement of the results.

2.2.4. Processing

Three different processing tools were tested to obtain the feature vector of the signal: FFT, HHT, and ST. The three methods were used to extract the data characteristics from the same frequency bands: 8–13, 13–32, and 32–50 Hz. They are related to alpha, beta (ERD/ERS phenomenon) and gamma (attentive focus) bands. Therefore, for all processing methods, each electrode provides three features. Following paragraphs describe the nature of these methods.

2.2.4.1. Fast fourier transform

Fourier transform (Bracewell and Bracewell, 1986) is one of the most extended tools in signal processing. The non-steady state nature of EEG signals is minimized thanks to the analysis of the signal in epochs. FFT provides information of the evolution in time (different epochs moving every 0.2 s) of the harmonic content. For each epoch and electrode, the harmonic content in each band was computed.

2.2.4.2. Hilbert huang transform

HHT was developed by Huang et al. (1998) as an improvement to Hilbert Transform (HT) application. It consists of a sifting process based on the envelopes of data. This process, called Empirical Mode Decomposition (EMD) separates a signal in several Intrinsic Mode Functions (IMFs). The process can be described as follows:

1. Find the local extrema of x(t).

2. Find the maximum envelope e+(t) of x(t) by fitting a natural cubic spline through the local maxima. Then, repeat this step to find the minimum envelope, e−(t), by using the local minima.

3. Compute an approximation to the local average: m(t) = (e+(t) + e−(t))/2.

4. Find the proto-mode function: pi(t) = x(t) − m(t).

5. Check if pi(t) is an IMF:

a. The number of extrema and the number of zero crossings may differ by no more than one.

b. The local average is zero. The thresholds chosen to set this condition are critical to avoid over or undertraining. In this research the stopping criteria thresholds of Rilling et al. (2003) were followed.

c. To avoid the extraction of accidental IMFs, the conditions must be accomplished in at least two to three consecutive iterations (three in our case).

6. If pi(t) is not an IMF, repeat the EMD sifting process by setting: x(t) = pi(t). If pi(t) is an IMF then set: IMFi(t) = pi(t).

Every IMFi(t) is supposed to be monotonic if EMD is successfully applied. Therefore, IMFi(t) and its HT are orthogonal and instantaneous amplitude a(t) and pulsation ωi(t) can be computed through the analytical complex function zi(t) analysis (Huang et al., 1998) of every mode:
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Once all the modes are extracted (see Figure 4B for an example), Hilbert Spectrum H(ω, t) (Huang et al., 1998) is calculated based on ai(t) and ωi(t) for all the modes. H(ω, t) is computed as a function of energy (square amplitude) by frequency and time (right part of Figure 4A). As data volume of H(ω, t) can be too large, the Hilbert Marginal Spectrum h(ω) is computed as Equation (5). This is carried out for each epoch as:

[image: image]

Being t2 − t1 = 1s.
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FIGURE 4. Representation of Hilbert Spectrum (H(ω, t)) and IMFs of an epoch for the healthy subject H4. Hilbert Spectrum is represented in logarithmic scale for better visualization. Marginal Spectrum h(ω) is shown as square amplitude per time. (A) Hilbert marginal Spectrum (h(ω)) and Hilbert Spectrum (H(ω, t)) in logarithmic square amplitude. (B) Empirical mode decomposition.



For each electrode and epoch the peak value of each frequency band is extracted as one feature of data. See Figure 4A for a clearer representation of h(ω) features. Notice that in Figure 4A H(ω, t) is represented in logarithmic square amplitude, instead of square amplitude, for a better visualization.

However, there are difficulties related to the algorithm nature of the EMD. The sifting process is sensitive to the thresholds defined in the algorithm (Rilling et al., 2003) and the sampling frequency (Rilling and Flandrin, 2006). Besides, it can be hard to extract components that present similar tones (Rilling et al., 2003; Rilling and Flandrin, 2008) which can affect to the quality of the H(ω, t) due to the lack of orthogonality of some of the modes.

2.2.4.3. Stockwell transform

Stockwell transform, also known as S-Transform (ST), was developed as a time-frequency decomposition tool (Stockwell et al., 1996). It overcomes some of the disadvantages of Short Time Fourier Transform (STFT) (better time-frequency resolution) based on a scalable localizing Gaussian window. It is defined as:
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One of the properties of ST is to define multiple frequency voices as one dimensional functions of time scale (τ) and frequency (fi):

[image: image]

Due to the orthogonal nature of voice functions, local frequency and amplitude can be computed which allows to obtain H(ω, t). Once it is created for each epoch, h(ω, t) is calculated in the same way that was explained for HHT in paragraph 2.2.4.2 and Figure 4A, obtaining the three features per electrode based on the h(ω) peaks per band. ST and HHT are similar in the way the features are extracted, but different in the way H(ω, t) is computed. The main advantage of ST is its analytical nature which makes it not dependable of any thresholds. However, although it improves the frequency resolution of FFT, it has still a worse frequency resolution the higher the frequency is. As the frequency bands related to the characteristics (8–50 Hz) are far from the Nyquist frequency (250 Hz), this is not a problem for our study.

2.2.5. Post-processing

Once the features were extracted per each electrode (9 × 3 = 27 data vector per 1 s epoch). Two different tests were done: offline and pseudo-online.

First, it was necessary to create a model for the later test data identification. Each participant had this way four different models associated: one for type of event detection (start or stop) and one for approach (offline or pseudo-online). The model allowed to identify testing epochs as non-active (0 label for rest or gait) and active intention (1 label for start intention or stop intention).

2.2.5.1. Classifier

The classifier chosen was the Support Vector Machine (SVM) algorithm. The SVM is based on hyperplane separation by maximizing the margin between the nearest points of different classes (Steinwart and Christmann, 2008). SVM combined with non-linear kernels, such as the radial basis used for this research, results in a robust method (Hortal et al., 2016a; Sburlea et al., 2017). Other alternative classifiers such as Self-organizing maps (SOM) and Linear Discrimination Analysis (LDA) were also considered and tested for some of the healthy subjects at the first steps of the research. However, the higher time of processing required for the model creation in the case of the SOM classifier and the overall better results obtained by SVM were the reason to select it. In order to limit the volume of data presented, only SVM results are shown on this paper. The model creation and evaluation was carried out in a different way for offline and pseudo-online approaches.

In the case of offline analysis, subjects were evaluated by leave-one-out cross-validation. This means that for each participant, one trial was used for validation and the rest of the trials for modeling. For instance, in the case of a subject with ten trials registered, ten different models of nine trials were performed for start intention and another ten for stopping. The ten test trials were evaluated for each one of their models and finally the results were averaged.

For pseudo-online tests, the first trials were used to create the model and the last ones to test it as if they were processed in real time. Therefore, evaluation was carried out without leave-one-out cross-validation. In the case of healthy participants, the ratio was six tests for modeling and four for testing (6/4 ratio). As the number of trials for patients was inferior to ten in some cases, the ratio presented minor differences, e.g., P2 had a 4/3 ratio. Table 1 shows the trials used for the model creation and testing by user. The indices associated with the test trials of each subject were also averaged.

For evaluation, each epoch, formed by a 27 features vector, was tested over the classifier and a label 0 or 1 was returned. This label was compared with the true nature of the epoch, based on the MCS data, and a result of a true (T) or false detection (F) was registered. The process is shown in Figure 5. This true and false vector was used afterwards for the index evaluation.
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FIGURE 5. Scheme of evaluation of data epochs tested on the classifier.



2.2.5.2. Evaluation indices

The most common way to evaluate the results is using the following indices: True Positive Rate (TPR), False Positive per Minute (FP/min) and Accuracy (Acc).

TPR indicates the percentage of true start or stop intention events detected. This was evaluated only for the active windows (red or magenta in Figure 1). The evaluation of a true event detection was a bit different for the two analysis. Offline, a number of T > F was enough to consider a true event, while on pseudo-online, more than five consecutive T were needed to consider the whole event as true. A single trial TPR would be defined as:

[image: image]

Accuracy appoints how many start or stop intentions detected were really a true detection. This means that it has to be evaluated for active and non-active windows. In the case of non-active windows, a false detection was achieved when F > T (offline) or more than five consecutive F were accounted (pseudo-online). In active windows, the calculation of a detection was the same as TPR. The Acc of a trial would be:

[image: image]

FP/min indicates the number of false detections per minute. It is an important index, because a high number would result in a disturbing operation of the mobility assistant device, in which the mechanism would be activated without the real subject desire. FP/min were computed for non-active windows when F > T in the case of offline analysis. However, pseudo-online analysis is a bit different. As it tries to simulate the real-time behavior of the tool and several FP can occur during non-active windows, it was necessary to compute all the false activations and not only one by event. This way, a FP was computed each time more than five consecutives F were detected. The rest or gait windows (non-active) for the offline scenario have the same length than active windows: 4 s, i.e., 4/60 min, while for the pseudo-online scenario expand for the whole rest or gait time previous to the 0.5 gap between non-active and active windows per event. This can be seen in Figure 1B as cyan or green windows for the start and the stop models. FP/min can be expressed as:

[image: image]

It is important to remark that the three indices are necessary in order to correctly analyze the results. For instance, a trial test with 100% Acc and 0 FP/min could seem a perfect one, but it may only indicate that one of the four events of a trial was detected, being in this case the TPR only 25%. Although the previous indices provide a good information of the results, it can be difficult to compare them based on three independent indices. Consequently, in a previous research, a unified index called Weighted Discriminator (WD) was developed (Rodríguez-Ugarte et al., 2017). WD takes into account TPR, Acc and the False Positive Ratio (FPR) which provides the ratio of false positives per event:

[image: image]

with TPR and FPR in p.u. and:
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Being the duration for the offline analysis 4/60 min and 1/60 min for the pseudo-online one (equivalent to five consecutive detections represented by the gap of 0.2 s). WD can oscillate from a perfect performance value of 1 to the worst if value is −1. Therefore, WD acts as a comprehensive index to compare the performance of the different tests.




3. RESULTS

Results were obtained for the sixteen subjects and the offline and pseudo-online analysis. The comprehensive WD index was calculated from the determination of TPR, FP/min and Acc indices in order to evaluate the performance of the BMI in every case. WD index was statistically analyzed. A Shapiro-Wilks (S-W) test of normality was applied in order to detect outliers (Ghasemi and Zahediasl, 2012) and a factorial multivariate analysis of variance (MANOVA) was carried out to detect the significant differences between methods (ST/HHT/FFT), type of subject (healthy/patient) and type of event (start/stop) with the help of SPSS (Field, 2009).


3.1. Offline Analysis

As previously stated, offline analysis was carried out by leave-one-out cross-validation technique. WD acts as a measurement of the BMI performance. It was computed for each method, subject and model. This can be seen in Tables 2–4.



Table 2. Offline results for the sixteen subjects.
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The S-W test indicated that P2 was an outlier for the HHT stop model (p < 0.05) and, as a consequence, it was not considered for the stop model.

In order to carry out a MANOVA test, it is needed to assess if the variances between groups are equal (assumption of sphericity). This test is known as Mauchly's test. In this case, assumption of sphericity was not violated (p > 0.05).

Then, it was performed the MANOVA analysis. The interaction between methods and type of event in the test of within-subjects presented significant differences [F(2, 54) = 10.80, p < 0.001, η2 = 0.29]. In order to see the cause of this, a pairwise comparison using Bonferroni confidence interval adjustment was performed. ST and FFT had no significant differences (p > 0.05), but HHT did (p < 0.01) for the start and stop models. On the other hand, the interaction, in the test of within-subjects, between methods and type of subject presented no significant differences (p > 0.05). The interaction between type of event and type of subjects in the test of between-subjects was also not significant (p > 0.05).

Regarding the WD value, ST obtained the best results for both start and stop models (bold text in Table 3). Although, there were no significant differences depending on the type of subject, WD results for healthy users were higher in average (bold text for average in Table 4). ST was also the method with the highest WD for both type of subjects as Table 4 shows, but with a lower difference with the other methods for patients than for healthy subjects. HHT performance was irregular with the lowest WD results for the start model and the highest standard deviation in Tables 3, 4.



Table 3. Offline results by method.
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Table 4. WD Offline results by method and type of subject.
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3.2. Pseudo-Online Analysis

The actual application of the BMI is in a real-time situation where the patient is trying to activate the motion device with the BMI output. As the trials were acquired before the ST and HHT implementation by the authors, a pseudo-online approach was adopted to overcome this issue. In a pseudo-online scenario, it is simulated that epochs are processed as they are acquired. First trials were used for modeling, as stated in subsection 2.2.5.1, and the rest of them were reserved for testing (Table 1). It is important to notice that, FP/min was calculated in a different way as several false activations can be registered in real-time non-active windows. Therefore, this approach bring us a more realistic outcome of the BMI behavior, while offline tests gives information of the global performance when applying the different methods. A bad trial performance of a subject had a more relevant influence over the results, because not only an inferior number of trials is considered, but false detections can be multiple for each event.

Table 5 provides the TPR, FP/min, Acc, and WD results for the different methods and subjects whereas Tables 6, 7 show the average WD value for the three methods and type of subject. The results vary from the offline tests as there were differences in the way a detection was computed and the number of trials used for testing. This variation is more noticeable in the case of the number of FP/min, as a comparison between offline and pseudo-online tables shows. However, as the WD takes into account the FPR and the FP time length varies, WD still acts as a good index for the method comparison.



Table 5. Pseudo-online results for the sixteen subjects.
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Table 6. Pseudo-online results by method.
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Table 7. WD pseudo-online results by method and type of subject.
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The S-W test of normality was passed for all the models (p > 0.05) and no outliers were detected. Hence, the sixteen subjects were considered for pseudo-online analysis.

Mauchly's test indicated that the assumption of sphericity was violated (p < 0.05). Therefore, it was needed to apply the corrector factor with the highest power, in this case Huynh-Feldt.

For the MANOVA analysis, the test of within-subjects effects presented no significant differences (p > 0.05) for the interaction between methods and type of event, and for the interaction between the methods and the type of subject, applying for both cases the corresponding corrector factor of Huynh-Feldt. The interaction between type of event and type of subject in the test of between-subjects effects presented significant differences [[image: image]]. The pairwise comparison using Bonferroni confidence interval adjustment did not detect differences for healthy subjects (p > 0.05), but it did for patients (p < 0.05). This indicated that patients performed significantly different depending on the start or stop event detection.

Regarding the WD value, ST obtained the best results for both start and stop models (bold text in Table 6), with lower FP/min and higher TPR and Acc. Looking at Table 7, WD results were similar in average for healthy subjects and patients, not showing the apparently superior performance that offline analysis attributed to healthy subjects. The same table also shows that ST presented the highest WD value for both healthy subjects and patients. HHT was again the method with the most irregular performance, as the lower WD value and higher standard deviation in Tables 6, 7 indicate. The HHT result was specially low in the case of the stop model of patients which was the reason of the previously detected difference in the pairwise comparison.




4. DISCUSSION

A new BMI based on ST has been compared to another signal analysis technique (HHT) and a traditional transform (FFT). The tests were done for sixteen different subjects: eight healthy and eight with lower limb disabilities. With the help of a recently developed comprehensive index (WD), the different processing methods were evaluated in an offline and a pseudo-online scenario.

From the point of view of the differences between start and stop event detection of gait, offline analysis seemed to perform better for the stop detection. However, the pseudo-online approach offered a similar performance in average, with the same WD value in the case of the ST method. In addition, statistical analysis showed no significant differences between the start and stop models. Therefore, as pseudo-online model is a more adequate way to represent the performance of the BMI in a real-time scenario, it can be concluded that both event detection models (start/stop) are similar.

Another conclusion is related to the individual performance of the sixteen participants. Results of Tables 2, 5 show that BMI performance was dependent on the subject, as the performance of each of them was substantially different. This means that the subjects need some time to get used to the BMI in order to improve their results. However, there were not significant differences between healthy subjects and patients in the MANOVA test. Therefore, it is not needed to personalize the BMI depending on the type of subject.

Regarding the different methods of analysis, indices showed that ST obtained the best results with better Acc and TPR, and even zero FP/min for certain subjects. All the models showed higher WD value in average for ST (bold text in the tables) which demonstrates the better performance of this transform. This is mainly due to the analytical nature of ST that makes it a more robust method than HHT. HHT had an irregular performance with the lowest WD value for the start offline model of both type of subjects and the stop pseudo-online model of patients (WD < 0.4), but with similar results to the other methods in the rest of the cases (WD > 0.55). HHT was also the method with the highest standard deviation for all the models. The cause of this irregular behavior is the EMD algorithm. EMD did not always achieve to extract the different components related to the bands of frequency considered in the paper. If the EMD of an epoch mixes several tones in a IMF, H(ω, t) is not computed correctly and the h(ω) does not provide the three features per electrode in a constant way, which affects the classifier and the event detection. FFT performed as the second best method, but as it is not based on instantaneous amplitude and frequency, provided a worse determination of the transition from a relax to a starting gait state, and from a gait to a stopping gait state than ST.

The comparison of this work with previous works is not trivial. First, there are not many studies about detection of intention of start and stop gait for lower limb that provide the three parameters: TPR, FP/min and Acc. In addition, the FP/min can be computed differently depending on the approach. For instance, a different number of consecutive detections could be specified, or a statistical mode threshold could be used. And finally, WD is hardly used as a comparison index because it was recently developed.

In Jiang et al. (2015) an offline approach for single-trial detection of gait initiation from movement related cortical potentials was presented. The study, carried out for nine subjects, provided the following averaged results: TPR = 76.80 ± 8.97% and FP/min = 2.93 ± 1.09. No Acc was indicated in the paper, being TPR a bit lower and FP/min a bit higher than the offline ST results shown in Table 3 for the start model (TPR = 83.45 ± 10.98% and FP/min = 2.88 ± 1.27). Looking at previous work of the authors based on FFT (Hortal et al., 2016b), Table 2 of the reference shows averaged indices of TPR = 54.8 ± 9.3% and FP/min = 2.66 ± 2.24 for the offline start and stop gait intention of six subjects (no Acc provided). This example allows to compare the results in a similar scenario with more subjects under analysis. In our research, the same averaged indices (start and stop) show also an improvement: TPR = 78.82 ± 12.39% and FP/min = 2.25 ± 1.28.

It has been demonstrated that the BMI developed allows to detect the start and stop of gait intention through the use of EEG signals improving the accuracy obtained. Future research will aim the online implementation of the BMI with a motion assistant device. This approach could be useful in the context of the lower limb rehabilitation for patients that have suffered stroke.
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For safe application of exoskeletons in people with spinal cord injury at home or in the community, it is required to have completed an exoskeleton training in which users learn to perform basic and advanced skills. So far, a framework to test exoskeleton skills is lacking. The aim of this study was to develop and test the hierarchy and reliability of a framework for measuring the progress in the ability to perform basic and advanced skills. Twelve participants with paraplegia were given twenty-four training sessions in 8 weeks with the Rewalk-exoskeleton. During the 2nd, 4th, and 6th training week the Intermediate-skills-test was performed consisting of 27 skills, measured in an hierarchical order of difficulty, until two skills were not achieved. When participants could walk independently, the Final-skills-test, consisting of 20 skills, was performed in the last training session. Each skill was performed at least two times with a maximum of three attempts. As a reliability measure the consistency was used, which was the number of skills performed the same in the first two attempts relative to the total number. Ten participants completed the training program. Their number of achieved intermediate skills was significantly different between the measurements XF2(2) = 12.36, p = 0.001. Post-hoc analysis revealed a significant increase in the median achieved intermediate skills from 4 [1–7] at the first to 10.5 [5–26] at the third Intermediate-skills-test. The rate of participants who achieved the intermediate skills decreased and the coefficient of reproducibility was 0.98. Eight participants met the criteria to perform the Final-skills-test. Their median number of successfully performed final skills was 16.5 [13–20] and 17 [14–19] skills in the first and second time. The overall consistency of >70% was achieved in the Intermediate-skills-test (73%) and the Final-skills-test (81%). Eight out of twelve participants experienced skin damage during the training, in four participants this resulted in missed training sessions. The framework proposed in this study measured the progress in performing basic and advanced exoskeleton skills during a training program. The hierarchical ordered skills-test could discriminate across participants' skill-level and the overall consistency was considered acceptable.

Keywords: spinal cord injury, exoskeleton, paraplegia, ambulation, skills


INTRODUCTION

Worldwide the incidence of Spinal Cord Injury (SCI) is 180,000 cases per annum (Lee et al., 2014) of whom 50% have a complete lesion and become wheelchair-designated for their mobility (Wyndaele and Wyndaele, 2006). A lifetime of sitting has been associated with an increased risk of multiple secondary complications, such as pressure ulcers, spasticity, and worsening of bladder and bowel dysfunction (Jensen et al., 2013; Adriaansen et al., 2016). Exoskeletons (external active orthosis) make it possible for people with paraplegia to regain their standing and walking mobility by generating the basic motions for ambulation e.g., standing-up, sitting-down, standing, and walking. Similar to other standing and robotic gait training devices (Middleton et al., 1997; Dunn et al., 1998; Mirbagheri et al., 2015), exoskeletons have the potential to prevent secondary health complication (Miller et al., 2016). The main benefit of exoskeletons compared to other robotic gait training devices (such as Lokomat®) is that exoskeletons can be used at home and in the community outside of a clinical setting (Federici et al., 2015). However, several risks are identified with exoskeleton use such as falls, joint misalignment, skin damage, software malfunctions, electrical and fire hazard, and user errors (He et al., 2017). So far, the chance and extent of the risks are not well understood (He et al., 2017). Furthermore, manufacturers require an intensive training period before home and community use is allowed.

A prerequisite for safe and independent home and community exoskeleton use, is that users are able to perform basic and advanced exoskeleton skills. Previous research mainly focussed on the basic skills (sit-to-stand, stand-to-sit, and walking) and has shown that basic skills can be learned in a 25 sessions-training program with varying levels of assistance (Spungen et al., 2013; Kozlowski et al., 2015; Platz et al., 2016). The basic skills are highly relevant for use in a clinical setting, but for safe independent community use more advanced skills are required, including arresting gait on command, passing door thresholds, low curbs and ramps and controlling the input device (Spungen et al., 2013; Yang et al., 2015). The control of and interaction with the exoskeleton is diverse across the different exoskeletons available on the market. Moreover, some exoskeletons are more difficult or impossible to control dependent on the level and severity of the SCI of the user (Bryce et al., 2015). Several studies tested advanced skills in a limited number of motor complete SCI patients (Spungen et al., 2013; Hartigan et al., 2015; Kozlowski et al., 2015; Benson et al., 2016; Platz et al., 2016). However, the advanced skills were not tested in a systematic way and for example Spungen et al. concluded that the skills could have been introduced earlier in the training program (Spungen et al., 2013). So far, a systematic framework to structure, test and evaluate exoskeleton skills during a training program is lacking. Therefore, the aim of this study is to develop a framework to measure the progress in the ability to perform exoskeleton skills. The proposed framework consists of exoskeleton skills arranged into a hierarchy so that the difficulty increased with each tested skill. If the exoskeleton skills formed a true hierarchy and a skill was not achieved, it can be assumed that the participant would not achieve all higher skills and would achieve all lower skills. Therefore, arranging the skills into a hierarchy would reduce the time and effort of the exoskeleton-skills-test (Tyson and DeSouza, 2004). Furthermore, it is essential that the exoskeleton-skill-tests in the framework are reliable. Accordingly, the skills had to be performed consistent to reduce the change of misjudging the participants' skill-level.

Before an advanced exoskeleton skill-level can be achieved, an intensive training program with multiple training sessions per week over a longer period of time is required. The risk factors associated with such an intensive training program are still not well understood (He et al., 2017). However, it can be expected that such an intensive training program decreases the risk of falls, joint misalignment and user errors and increases the safety of exoskeleton home and community use. On the contrary, intensive exoskeleton use increases the risk of skin damage and bruises. Previous research concluded that in hospital training with an exoskeleton was safe (Zeilig et al., 2012; Esquenazi, 2013; Kolakowsky-Hayner et al., 2013; Kubota et al., 2013; Spungen et al., 2013). However, other studies disclosed mild to moderate skin damages in half of the participants (five out of ten) (Benson et al., 2016) (four out of seven) (Platz et al., 2016). Other reported complications were a fracture of the talus (Louie et al., 2015) and venous-lymphatic stasis in the lower limbs (Onose et al., 2016). Hence, assessing the occurrence of complications such as skin damage, muscle or joint pain, incontinence problems, device related errors, fractures, venous-lymphatic stasis, and falls during an exoskeleton training program is important for clinical recommendations.

In conclusion, the main objective of this study was to develop and test a framework for measuring the progress to perform basic and advanced exoskeleton skills in a group of individuals with motor complete SCI. The hierarchy and the reliability of the exoskeleton-skills-test in the framework was evaluated. As a secondary outcome, complications such as skin damage, muscle or joint pain, and incontinence problems resulting from the intensive exoskeleton training program were assessed.



MATERIALS AND METHODS


Participants

People with paraplegia who gained knowledge about the exoskeleton technology throughout the media and who were interested in testing the potential of an exoskeleton contacted the rehabilitation center of the Sint Maartenskliniek to participate in this study. Eligible persons were adult patients in the chronic phase (>6 months) with a motor complete SCI [American Spinal Injury Association Impairment Scale (AIS) A or B] between Thoracic 1 (Th1) and Lumbar 1 (L1). The exclusion criteria were physical factors that hamper proper functioning of the exoskeleton, such as severe spasticity (Modified Ashworth Scale > 3), taller than 1.90 m or smaller than 1.60 m, bodyweight above 100 kg, and restricted range of motion in the hip, knee, or ankle joint. Other exclusion criteria were inability to control crutches, unable to make a transfer from a chair to a wheelchair without the use of external support, and patients with conditions that could interfere with the motor learning process (e.g., stroke). Potential subjects with an increased risk of adverse events such as patients with osteoporosis, fractures of the lower extremities in the last 2 years, balance disorders, neurogenic heterotopic ossification and pregnancy were also excluded. All participants gave written informed consent in accordance with the Declaration of Helsinki. The study was approved by the medical ethics committee of Arnhem-Nijmegen (2016-2418) and the internal review committee of the Sint Maartenskliniek.



Procedure

All exoskeleton training sessions and measurements were performed in the sports hall at the rehabilitation center. Prior to the start of the training a brief physical examination by a rehabilitation physician was performed, in which the in- and exclusion criteria of the study were checked. Participants were given twenty-four training sessions of 1.5-h over an 8 week period. Three physical therapists were trained by ReWalk™ Robotics to give the exoskeleton training. During each session at least two physical therapists were present to assure safety. The exoskeleton and the Lofstrand crutches were adjusted to the patients' body composition during the first training session. After each training the physical therapists notated the skills that were practiced. Participants kept a logbook during the entire study including any complications such as skin abrasions, muscle or joint pain, falls, and incontinence problems. The logbook was filled out at least three times a week. To assess the progress in achieved skills the participants' skill-level was tested every 2 weeks during a training session. In total the skill-level was assessed four times during the study, three times with the Intermediate-skills-test and one time with the Final-skills-test.



Intermediate- and Final-Skills-Test

The Intermediate-skills-test was performed in training week 2, 4, and 6. The Intermediate-skills-test consisted of 27 skills, which were measured separately of each other and were arranged into a hierarchy so that the difficulty increased with each skill. The intermediate skills were sorted into three categories; standing, walking, and advanced skills. Each subsequent category required more control of the user over the exoskeleton. Within each category the complexity of the skills also increased. In the standing skills the feet of the user remained roughly at the same place and participants learned to use their crutches, whereas there was displacement of the feet in the walking and advanced skills. In the walking skills, the increase of difficulty was related to the decrease in level of assistance and number of involuntary stops. In the advanced skills an additional task was performed while walking. The complexity of the task increased from walking turns with a decrease in number of involuntary stops to passing obstacles to passing obstacles that require raising or lowering of the center of mass (walk up and down a martial arts mat). An overview of the 27 skills of the Intermediate-skills-test is given in Table 1. Each intermediate skill was performed at least two times with a maximum of three attempts. An intermediate skill was considered achieved when the skill was performed independent without assistance of the exoskeleton trainer in at least two out of three attempts. The Intermediate-skills-test continued until two skills were not achieved. Participants were allowed to take rest between the various skills tested. A more detailed description of the Intermediate-skills-test is provided in Supplementary Table 1 (available online).



Table 1. Assessed exoskeleton skills in the Intermediate-skills-test.
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The Final-skills-test was performed during the last training week (week 8) in the final training session. A prerequisite for performing the Final-skills-test was that participants could control the remote control and walk without assistance of the exoskeleton trainer. The Final-skills-test consisted of a fixed set of 20 skills and was performed two times with a 5 min break in between. In contrast to the Intermediate-skills-test, the tested exoskeleton skills were measured in sequence during the Final-skills-test, simulating daily life situations in which skills are rarely performed independent of each other. Moreover, performing skills in sequence made it more difficult to achieve a skill than performing skills independent from each other (e.g., arresting gait immediately after a sharp curve compared to arresting gait independent of the previous action). In the Final-skills-test the focus was on independent performance of skills and the number of stops was not taken into account. Furthermore, the basic intermediate skills (e.g., weight shifting, touching the wristband, sit-to-stand, and assisted walking) are required in performing most of the skills and were not tested separately. In order to assess the test in a sports hall with as little material as possible, the advanced intermediate skill of opening a door was not part of the Final-skills-test. To assure safety, the exoskeleton trainer walked behind the participant but did not intervene unless the participants lost their balance and could fall. The final skills were considered achieved when the participants performed the skills without assistance of the exoskeleton trainer. In Figure 1 a schematic representation of the Final-skills-test is given.
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FIGURE 1. Schematic representation of the top view of the Final-skills-test. Arrows represent the walking direction.





Equipment

In this study, two wearable robotic exoskeletons that enable powered hip and knee motion from ReWalk™ Robotics were used; (1) the ReWalk™ Rehabilitation System and (2) the ReWalk™ Personal 6.0. The exoskeleton systems provided user-initiated mobility through the integration of a wearable brace support, a computer-based control system and motion sensors. The exoskeleton systems have the Class II FDA clearance for both use in a rehabilitation setting as well as personal use. All participants started training with the ReWalk™ Rehabilitation System. Only participants who met de criteria to perform the Final-skills-test used the ReWalk™ Personal 6.0 system as well.



Data and Statistical Analysis

To assess if the proposed framework measured the ability to perform basic and advanced exoskeleton skills throughout an exoskeleton program, the skill-tests in the framework should measure progression in the number of achieved skills and show distinct skill-levels between participants. The skills should be arranged into a hierarchical order of difficulty. Moreover, the skills tested in the framework should be performed consistent. In addition, the relation between the Intermediate- and Final-skills-test was determined.



Achieved Intermediate Skills

The number of achieved skills was analyzed using descriptive statistics (median and ranges). Differences in the number of achieved skills between the three Intermediate-skills-test was assessed with the non-parametric Friedman test (α = 0.05). In case of a significant Friedman test, Wilcoxon post-hoc test with Bonferroni correction (α = 0.017) was used to determine changes. The number of participants who showed the expected increase in number of achieved skills over the three intermediate measurements was determined. Each intermediate skill was also analyzed separately for the number of times a skill was achieved.

Hierarchy of the Skills

The hierarchy of the skills tested in the Intermediate-skills-test was analyzed according to two measurements (1) the rate of participants achieving each intermediate skill and (2) the coefficient of reproducibility (Tyson and DeSouza, 2004). Both tests are based on the theoretical expectation that the participants ability to achieve a skill would decrease as the difficulty of the task increased. For a more detailed description see Tyson and DeSouza (2004). The coefficient of reproducibility was calculated with the formula described by Tyson and DeSouza: Coefficient of reproducibility = 1 − scaling errors/(number of skills × number of observations; Tyson and DeSouza, 2004). In which scaling errors is the number of participants who did not achieve the skills in the predetermined order. Since participants progressed during the training each intermediate skills measurement was considered as a separate observation in the analysis. A coefficient of reproducibility of at least 0.9 was considered acceptable (Guttman, 1944; Tyson and DeSouza, 2004).

Achieved Final Skills

The number of achieved final skills was analyzed using descriptive statistics (median and ranges). Each final skill was also analyzed separately for the number of times a skill was achieved. The correlation between the number of achieved skills in each skills-test was assessed with Kendall's rank correlation coefficient (Kendall's Tau).

Consistency

The consistency in the number of exoskeleton skills which were performed the same in the first two attempts (successful-successful or failure-failure) relative to the total number of performed skills was used as a reliability measure of the Intermediate-skills-test and the Final-skills-test. An overall consistency of >70% was considered reliable. Each intermediate skill and final skill was also analyzed separately for the number of times a skill was tested, performed consistent and performed successful.

Complications

To assess the occurrence of complications during an exoskeleton training program both the physical therapists and participants filled out a logbook after each training session including any complications. The reported complications such as the number of skin damages, location of skin damages, incidence of reported muscle or joint pain, number of incontinence problems, device related errors, fractures, venous-lymphatic stasis and falls during the exoskeleton training program were analyzed using descriptive statistics.




RESULTS


Participants

Out of 12 participants 10 (83%) completed the training program. Reasons for not completing the training program were inability to learn the basic skills of the exoskeleton (stopped after seven training sessions and performed the first Intermediate-skills-test) and absence of perceived benefit (stopped after two training sessions and did not perform an Intermediate-skills-test). Eleven participants completed at least one Intermediate-skills-test, the data of these participants was used in the analysis of the hierarchy and consistency of the intermediate skills. Due to time constraints, one participant was not able to perform the skills a second time during the Final-skills-test. For this participant the set of final skills was repeated twice one week later. The data of the second Final-skills-test was only used for the consistency analysis whereas the first Final-skills-test was used for the analysis of the achieved skills after the training program. We do not expect that this had an impact on the outcome of the current study. An overview of the patient characteristics is given in Table 2.



Table 2. Patient characteristics.
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Achieved Intermediate Skills

The Friedman test revealed a significant difference between the number of achieved intermediate skills between the measurements [XF2(2) = 12.36, p = 0.001]. Post-hoc analysis revealed that the achieved intermediate skills significantly increased from a median of 4 [1–7] at Intermediate-skills-test one to 10.5 [5–26] at Intermediate-skills-test three. There was no significant difference in the number of achieved skills between Intermediate-skills-test one and two and between two and three. Figure 2 shows the achieved intermediate skills per participant. Five out of ten participants showed the expected increase in number of achieved skills over the three measurements.
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FIGURE 2. Achieved intermediate skills measured with the Intermediate-skills-test one, two and three. Each line represents a participants. Thick red line represents the median achieved intermediate skills. Dotted lines represent participants who did not perform the Final-skills-test.



Detailed post-hoc analysis revealed that five of the intermediate skills were achieved during all measurements (see completely green bars in Figure 3). Three out of five intermediate walking skills, and two advanced skills were achieved in approximately half of the tested times, these skills are highlighted with an “#”-sign in Figure 3.
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FIGURE 3. Times performed consistent and achieved of each separate intermediate skill. Numbers in brackets represent the number of tested participants. Consistent = performed the same in the first two attempts (successful-successful or failure-failure). Achieved = at least two out of three successful attempts & = >70% performed consistent # = achieved in ~50% of the times.





Hierarchy of the Skills

In general, the rate of participants who achieved the intermediate skills decreased. In three skills, the “walk 10 m without stops,” “180° curve tot the right without stops,” and “open door toward”-skill, the number of participants who achieved the skills was smaller than skills later in the hierarchical order (Figure 4). The coefficient of reproducibility was 0.98 (number of scaling errors: 14, number of skills: 27 and number of observations: 31 (10 participants with three observations and one participant with one observations). The scaling errors occurred in nine different skills (Intermediate-skill 3, 4, 6, 7, 9, 10, 12, 16, and 22) and in eight out of eleven participants. Four scaling errors occurred in Intermediate-skills-test one, three in Intermediate-skills-test two, and seven in Intermediate-skills-test three.
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FIGURE 4. Rates of achievement of each intermediate skill.





Achieved Final Skills

Eight participants were able to walk without assistance between the 18th and 23th training session and therefore met the criteria to perform the Final-skills-test. The median number of successfully performed final skills in these participants was 16.5 [13–20] and 17 [14–19] skills in the first and second time. In the Final-skills-test, 15 skills were at least one time achieved by all eight subjects (see Figure 5). The martial arts mat was not achieved by half of the participants.
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FIGURE 5. The number of consistent performances of each final skill. Green bars represent inconsistent performances in which one out of two attempt was successful performed. Blue and red bars represent consistent performances. A = all performed consistent; N = <70% performed consistent.



The number of achieved final skills in the first and the second time were significantly correlated (rτ = 0.75, p < 0.05) and not significantly different (z = −0.71, p = 0.75, effect size = −0.18). Table 3 revealed the correlation between the various skills-tests. The number of achieved skill in none of the Intermediate-skills-tests were significantly correlated with the achieved skills in any other skill-tests.



Table 3. Correlation (Kendall's tau) between all test moments.
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Consistency

Eleven participants performed in total 235 intermediate skills, of which 171 (73%) were performed the same in the first two attempts (successful-successful or failure-failure).

The number of participants who performed the skill, the number of times a skill was measured, the number of times a skill was performed consistent and the number of times a skill was achieved is shown for each intermediate skill in Figure 3. Eighteen skills were performed consistent in more than 70% of the times (highlighted with an “&”-sign in Figure 3). Of these skills, 10 skills were performed consistent during all Intermediate-skills-tests (see completely red bars in Figure 3).

Eight participant performed all twenty final skills twice resulting in a total of 160 final skills. They performed 130 (81%) final skills the same in both attempts. The median number of inconsistent performed skills per participant was 2.5 [0–9]. An overview of the consistent and inconsistent performances of each final skill is depicted in Figure 5. Most skills were performed consistently by seven (9 skills) or six (6 skills) participants. Two skills were performed consistently by all participants (highlighted with an “A”-sign in Figure 5), whereas three skills were performed inconsistent by three participants (180° curve to the right, slalom and martial arts mat) (highlighted with an “N”-sign in Figure 5).



Complications

Eight out of twelve participants experienced device related skin damage at the feet (n = 3), knee (n = 5), thigh (n = 3), pelvic (n = 4), and/or trunk (n = 1) area. In four participants the skin damage resulted in at least one missed training session, which was rescheduled at the end of the training period. In case of skin damage, extra padding was added to prevent reoccurrence of the complication. As a result, most skin damage occurred in the early phase of the training program. Seven participants reported muscle or joint pain during the training program around the hands/wrists (n = 2), arms (n = 3), shoulders (n = 3), neck (n = 3), trunk (n = 1), and/or back (n = 3). None of the complications evolved into serious adverse events. During the entire study the incidence of device related errors was three times in 218 training sessions. No incontinence problems, fractures, venous-lymphatic stasis or falls were mentioned by the participants or physical therapists in the study.




DISCUSSION

In the present study, a framework for measuring the ability to perform basic and advanced exoskeleton skills throughout an exoskeleton training program was developed and tested. Ten participants completed the training program and were tested during the 2nd, 4th, and 6th training week. They showed an increase in the achieved intermediate skills from four at the first to 10.5 at the third Intermediate-skills-test. The rate of participants who achieved the intermediate skills decreased and the coefficient of reproducibility was 0.98. In the last training week, eight participants successfully performed 16.5 and 17 skills in the Final-skills-test. An overall consistency of 73% in the Intermediate-skills-test and 81% in the Final-skills-test was achieved.

Similar to other assistive technologies, such as prostheses and to a lesser extent wheelchairs, exoskeleton community use is preceded with a training program. Although the type and extent of the risks of exoskeletons are yet to be understood (He et al., 2017), the risks associated with exoskeleton use seems higher than with prostheses or wheelchair. The advantage of a prostheses and a wheelchair is that it can be used independently for ambulation in an early phase. Therefore, clinical tests such as the timed up and go-test (Condie et al., 2006) or the mechanical efficiency (Leving et al., 2016) can be used to evaluate the progress in performance in using the assistive technologies. In contrast, most people are not able to perform basic ambulation skills at the start of an exoskeleton training program and multiple training sessions are needed before independent ambulation is possible. Assessing performance in using assistive technologies can also be done with standardized skills-tests. For wheeled mobility several skills-test, such as the wheelchair skills-test, are available (Fliess-Douer et al., 2010). Until now there were no standardized skills-test for exoskeleton performance. Several studies marked the training session in which a skill with an exoskeleton was performed with varying levels of trainer assistance (Spungen et al., 2013; Hartigan et al., 2015; Kozlowski et al., 2015; Benson et al., 2016; Platz et al., 2016). However, in these studies the performed exoskeleton skills were kept up in a logbook and the independent achievement of skills was not tested on a regular bases. The main objective of this study was to develop a framework for measuring the ability to perform basic and advanced exoskeleton skills throughout an exoskeleton training program.

A framework to assess the progress of exoskeleton skills should consist of tests measuring achieved skills in a hierarchical order of difficulty. As a consequence participants should progress during an intensive exoskeleton training program. Although the Friedman test revealed a significant difference in the number of achieved skills between the Intermediate-skills-tests, these results should be interpreted with care because several tied ranks were observed and a small number of participants were included. Nevertheless, the number of achieved intermediate skills significantly increased from 4 at the first to 10.5 at the third Intermediate-skills-test. Furthermore, nine and seven out of ten participants had an increase in the number of achieved skills between the first and second and the second and third Intermediate-skills-test, respectively. However, such an increase in number of achieved skills doesn't automatically indicate that the skills are in a correct order of difficulty. In the current study, two measures were used to assess the hierarchy. According to the coefficient of reproducibility (0.98) the intermediate skills were in the correct order of difficulty (Guttman, 1944; Tyson and DeSouza, 2004). The rate of the number of participants achieving each skill revealed three skills (walk 10 m without stops, 180° curve to the right without stops, and open door toward-skill) that were achieved by a larger number of participants in the subsequent skill. Detailed post-hoc analysis revealed that only an unachieved “walk 10 m without stops”-skill was followed by achieved skills in more than two observations (five observations). Covering a distance of 10 m without stops was the last basic skills before advanced skills were tested. The advanced skills consisted of an additional task during walking such as a sudden stop, curves or passing a doorstep, but a shorter distance of ~3 m had to be covered. The length of the skill of walking a distance of 10 m increased the chance of errors and not achieving the skill. Two other studies (Spungen en Platz) also recorded the moment the 10 m walking skill was performed without assistance, four (Spungen et al., 2013) and one (Platz et al., 2016) out of seven participants were able to perform the skill independent within 24 training sessions. Indicating the difficulty of walking 10 m without assistance. In the current study each test session was scheduled in advance within a training session and an extra person was present during the skills-test. As a result, most participants were more stressed during the skills-test than during other training sessions. An increased stress level could evoke more spasticity (Fleuren et al., 2009) causing involuntary stops, which particularly influenced the achievement of the “10 m walking skill without stops”-skill. Because walking without stops is crucial in performing most advanced skills, we prefer to keep the proposed order of the skills. However, for future research we would advise to change the order of the Intermediate-skills for the “walking curves” according to the preference of the patient.

In addition to assess the progression, the framework had to discriminate across participants. In all Intermediate-skills-tests, differences between participants were apparent. After 2 weeks of exoskeleton training participants were only able to perform basic skills, but varied between standing and walking skills. This was in line with the findings of Spungen et al. (2013). In the current study, all participants were able to perform all intermediate standing skills without assistance after 4 and 6 weeks of training, but differed in walking and advanced skills. In addition to differences across participants at the Intermediate-skills-tests, participants showed various learning curves. The low correlation between the three Intermediate-skills-tests (rτ between −0.15 and 0.37) supports the various learning process across participants. In conclusion, the framework proposed in this study measured the progress in the ability to perform basic and advanced exoskeleton skills, had the skills in a hierarchical order of difficulty and could discriminate across participants.

A second important prerequisite of the framework is that the tested skills were reliable. An overall consistency of 73% in the Intermediate-skills-test and 81% in the Final-skills-test was achieved. Detailed analysis revealed several skills that had a consistency of <70% (see Figures 3, 5). Remarkable was a lower consistency for the same skills in the Intermediate-skill-test compared to the Final-skill-test or vice versa. A consistency below 70% in the Intermediate-skill-test whereas a consistency above 70% in the Final-skill-test was met for the skills: sit-to-stand, stopping with the preferred or not preferred leg, arresting gait at command, passing a narrow passage, and pivot-turn to sit. The lower consistency of the intermediate skills were possibly due to the learning process. During the Intermediate-skills-test participants had to perform skills they practiced only once or twice without assistance. As a result, the skill was sometimes successfully performed by chance instead of competence and therefore participants were unable to perform the skill consistent. Therefore, we recommend that a skill should be performed at least two times when tested. The skills 180° curve to the right, slalom and martial arts mat had a low consistency in the Final-skills-test whereas a high consistency was obtained in the Intermediate-skills-test. These skills were performed by only a minority of the participants during the Intermediate-skills-tests indicating that most participants were only in the last training sessions at a level that they could practice these advanced skills. Nevertheless, the majority of the tested skills were performed consistent in the Intermediate- and Final-skills-test. Therefore, considering a skill achieved after two out of three successful attempts seems a good assumption to evaluate the skill-level.

In order to achieve exoskeleton skills, participants received multiple training sessions per week over an 8 week period. Such an intensive training program yields the potential of complications such as bruises and other skin damage. Most previous studies indicated that in hospital training with an exoskeleton was safe (Zeilig et al., 2012; Esquenazi, 2013; Kolakowsky-Hayner et al., 2013; Kubota et al., 2013; Spungen et al., 2013; Miller et al., 2016). Although other studies disclosed mild to moderate skin damages in half of the participants (five out of ten) (Benson et al., 2016) (four out of seven) (Platz et al., 2016), the intensity (session per week) and duration of the training period in this study was similar to most previous studies (Spungen et al., 2013; Benson et al., 2016; Miller et al., 2016; Platz et al., 2016). In the current study, eight out of twelve participants experienced skin damage during the training program. In four cases this skin damage resulted in at least one missed training. Whereas all skin damages reported in the study of Benson and none of the skin damages reported by Platz led to discontinuation of the training (Benson et al., 2016; Platz et al., 2016). Because of extra padding in the early phase of the training program, skin damage rarely occurred in the later phase. In addition, during the whole training program special care was taken to the correct joint alignment. Therefore, none of the patients had to reduce the training intensity in the later phase of the training program. Moreover, it suggests that special attention to joint alignment and padding during the training reduces the risk of skin damage.

In the current study, the Rewalk exoskeleton was used. In the current study, the ReWalk exoskeleton was used. Nowadays, there are multiple exoskeletons available on the market, which have their specific interaction with and control of the exoskeleton. As a consequence the hierarchical order of the skills in the framework might be slightly different between exoskeletons. The main difference between the current available exoskeletons for home and community is the control of initiation of gait, arresting of gait, and involuntary stops. For example, to initiate gait, the ReWalk and Ekso require a forward and lateral shift of the trunk, the Indego exoskeleton requires a forward trunk excursion, and the Rex exoskeleton does not require any trunk movement (Bryce et al., 2015). Despite the differences in interaction with and control of the exoskeleton, all skills proposed in the current study are relevant and applicable to the current available exoskeletons. Standing and walking skills are presumed to be achieved before users can perform additional advanced skills, which are mostly performed during walking. The first eight advanced skills, require less interaction with the environment. Within these skills a distinction was made in the fluency of the performance (with or without stops). Therefore, we expect that the hierarchical order of the first 18 intermediate skills can be applied to other exoskeletons. The hierarchical order of the last nine advanced skills might be slightly different across exoskeletons due to the difference in interaction with and control of the exoskeleton. However, achieving one of these skills indicates a highly advanced exoskeleton skill level.

The skills-tests proposed in this framework were based on independent performance of exoskeleton skills, but did not take the quality of the performance into consideration. For future research, the quality of how a skill is performed might be of interest in addition to if it is possible to perform a skill independent. Moreover, all exoskeleton skills in this study were assessed in a clinical setting and it remains unknown which skills are relevant and which skill-level is necessary for safe community use. Therefore, future research should focus on community use of an exoskeleton and its relation to the skill-level during the training period measured with the proposed framework.



CONCLUSION

The framework proposed in this study measured the progress in performing basic and advanced exoskeleton skills during a training program. The hierarchical ordered skills-test could discriminate across participants' skill-level. The overall consistency of the performed exoskeleton skills was considered acceptable.



DISCLOSURE

The exoskeleton training of the physiotherapists by ReWalk Robotics was given before the start of the study and ReWalk Robotics does not have any influence on the entire study.



AUTHOR CONTRIBUTIONS

All authors were involved in the design of the study. RvD, HR, and NK conceived and planned the experiments. RvD performed the data collection during the experiments. RvD and NK processed the experimental data, performed the analysis, drafted the manuscript and designed the figures. IvN, HvdM, and NK supervised the project. All authors discussed the results and contributed to the final manuscript.



SUPPLEMENTARY MATERIAL

The Supplementary Material for this article can be found online at: https://www.frontiersin.org/articles/10.3389/fnins.2017.00699/full#supplementary-material



REFERENCES

 Adriaansen, J. J., Ruijs, L. E., van Koppenhagen, C. F., van Asbeck, F. W., Snoek, G. J., van Kuppevelt, D., et al. (2016). Secondary health conditions and quality of life in persons living with spinal cord injury for at least ten years. J. Rehabil. Med. 48, 853–860. doi: 10.2340/16501977-2166

 Benson, I., Hart, K., Tussler, D., and van Middendorp, J. J. (2016). Lower-limb exoskeletons for individuals with chronic spinal cord injury: findings from a feasibility study. Clin. Rehabil. 30, 73–84. doi: 10.1177/0269215515575166

 Bryce, T. N., Dijkers, M. P., and Kozlowski, A. J. (2015). Framework for assessment of the usability of lower-extremity robotic exoskeletal orthoses. Am. J. Phys. Med. Rehabil. 94, 1000–1014. doi: 10.1097/PHM.0000000000000321

 Condie, E., Scott, H., and Treweek, S. (2006). Lower limb prosthetic outcome measures: a review of the literature 1995 to 2005. J. Prosthet. Orthotics 18, 13–45. doi: 10.1097/00008526-200601001-00004

 Dunn, R. B., Walter, J. S., Lucero, Y., Weaver, F., Langbein, E., Fehr, L., et al. (1998). Follow-up assessment of standing mobility device users. Assist. Technol. 10, 84–93. doi: 10.1080/10400435.1998.10131966

 Esquenazi, A. (2013). New bipedal locomotion option for individuals with thoracic level motor complete spinal cord injury. J. Spinal Res. Fundation 8, 26–28. Available online at: http://www.ryzur.com.cn/uploadfile/2016/0830/20160830115943895.pdf

 Federici, S., Meloni, F., Bracalenti, M., and De Filippis, M. L. (2015). The effectiveness of powered, active lower limb exoskeletons in neurorehabilitation: a systematic review. Neurorehabilitation 37, 321–340. doi: 10.3233/NRE-151265

 Fleuren, J. F., Voerman, G. E., Snoek, G. J., Nene, A. V., Rietman, J. S., and Hermens, H. J. (2009). Perception of lower limb spasticity in patients with spinal cord injury. Spinal Cord 47, 396–400. doi: 10.1038/sc.2008.153

 Fliess-Douer, O., Vandelandewijck, Y. C., Lubel Manor, G., and Van Der Woude, L. H. (2010). A systematic review of wheelchair skills tests for manual wheelchair users with a spinal cord injury : towards a standardized outcome measure. Clin. Rehabil. 24, 867–886. doi: 10.1177/0269215510367981

 Guttman, L. (1944). A basis for scaling qualitative data. Am. Sociol. Rev. 9, 139–150. doi: 10.2307/2086306

 Hartigan, C., Kandilakis, C., Dalley, S., Clausen, M., Wilson, E., Morrison, S., et al. (2015). Mobility outcomes following five training sessions with a powered exoskeleton. Top. Spinal Cord InJ. Rehabil. 21, 93–99. doi: 10.1310/sci2102-93

 He, Y., Eguren, D., Luu, T. P., and Contreras-Vidal, J. L. (2017). Risk management and regulations for lower limb medical exoskeletons : a review. Med. Devices 10, 89–107. doi: 10.2147/MDER.S107134

 Jensen, M. P., Truitt, A. R., Schomer, K. G., Yorkston, K. M., Baylor, C., and Molton, I. R. (2013). Frequency and age effects of secondary health conditions in individuals with spinal cord injury: a scoping review. Spinal Cord 51, 882–892. doi: 10.1038/sc.2013.112

 Kolakowsky-Hayner, S. A., Crew, J., Moran, S., and Shah, A. (2013). Safety and feasibility of using the EksoTM bionic exoskeleton to aid ambulation after spinal cord injury. J. Spine 4, 1–8. doi: 10.4172/2165-7939.S4-003

 Kozlowski, A. J., Bryce, T. N., and Dijkers, M. P. (2015). Time and effort required by persons with spinal cord injury to learn to use a powered exoskeleton for assisted walking. Top. Spinal Cord Inj. Rehabil. 21, 110–121. doi: 10.1310/sci2102-110

 Kubota, S., Nakata, Y., Eguchi, K., Kawamoto, H., Kamibayashi, K., Sakane, M., et al. (2013). Feasibility of rehabilitation training with a newly developed wearable robot for patients with limited mobility. Arch. Phys. Med. Rehabil. 94, 1080–1087. doi: 10.1016/j.apmr.2012.12.020

 Lee, B. B., Cripps, R. A., Fitzharris, M., and Wing, P. C. (2014). The global map for traumatic spinal cord injury epidemiology: update 2011, global incidence rate. Spinal Cord 52, 110–116. doi: 10.1038/sc.2012.158

 Leving, M. T., Vegter, R. J., de Groot, S., and van der Woude, L. H. (2016). Effects of variable practice on the motor learning outcomes in manual wheelchair propulsion. J. Neuroeng. Rehabil. 13, 1–15. doi: 10.1186/s12984-016-0209-7

 Louie, D. R., Eng, J. J., and Lam, T. and Spinal Cord Injury Research Team (SCIRE). (2015). Gait speed using powered robotic exoskeletons after spinal cord injury: a systematic review and correlational study. J. Neuroeng, Rehabil. 12, 1–10. doi: 10.1186/s12984-015-0074-9

 Middleton, J. W., Yeo, J. D., Blanch, L., Vare, V., Peterson, K., and Brigden, K. (1997). Clinical evaluation of a new orthosis, the “Walkabout”, for restoration of functional standing and short distance mobility in spinal paralysed individuals. Spinal Cord 35, 574–579. doi: 10.1038/sj.sc.3100459

 Miller, L. E., Zimmermann, A. K., and Herbert, W. G. (2016). Clinical effectiveness and safety of powered exoskeleton-assisted walking in patients with spinal cord injury : systematic review with meta- analysis. Med. Devices 9, 455–466. doi: 10.2147/MDER.S103102

 Mirbagheri, M. M., Kindig, M. W., and Niu, X. (2015). Effects of robotic-locomotor training on stretch reflex function and muscular properties in individuals with spinal cord injury. Clin. Neurophysiol. 126, 997–1006. doi: 10.1016/j.clinph.2014.09.010

 Onose, G., Cârdei, V., Craciunoiu, S., Avramescu, V., Opris, I., Lebedev, M. A., et al. (2016). Mechatronic wearable exoskeletons for bionic bipedal standing and walking : a new synthetic approach. Front. Neurosci. 10:343. doi: 10.3389/fnins.2016.00343

 Platz, T., Gillner, A., Borgwaldt, N., Kroll, S., and Roschka, S. (2016). Device-training for individuals with thoracic and lumbar spinal cord injury using a powered exoskeleton for technically assisted mobility : achievements and user satisfaction. Biomed. Res. Int. 2016, 1–10. doi: 10.1155/2016/8459018

 Spungen, A. M., Asselin, P. K., Fineberg, D. B., Kornfeld, S. D., and Harel, N. Y. (2013). “Exoskeletal-assisted walking for persons with motor-complete paraplegia,” in Force Sustainment: Rehabilitation, Regeneration and Prosthetics for Re-Integration to Duty, 6–1; 6–14. STO-MP-HFM-228. Available online at: http://www.ryzur.com.cn/uploadfile/2016/0830/20160830115519272.pdf

 Tyson, S. F., and DeSouza, L. H. (2004). Development of the brunel balance assessment: a new measure of balance disability post stroke. Clin. Rehabil. 18, 801–810. doi: 10.1191/0269215504cr744oa

 Wyndaele, M., and Wyndaele, J. J. (2006). Incidence, prevalence and epidemiology of spinal cord injury: what learns a worldwide literature survey? Spinal Cord 44, 523–529. doi: 10.1038/sj.sc.3101893

 Yang, A., Asselin, P., Knezevic, S., Kornfeld, S., and Spungen, A. M. (2015). Assessment of in-hospital walking velocity and level of assistance in a powered exoskeleton in persons with spinal cord injury. Top. Spinal Cord Inj. Rehabil. 21, 100–109. doi: 10.1310/sci2102-100

 Zeilig, G., Weingarden, H., Zwecker, M., Dudkiewicz, I., Bloch, A., and Esquenazi, A. (2012). Safety and tolerance of the ReWalkTM exoskeleton suit for ambulation by people with complete spinal cord injury: a pilot study. J. Spinal Cord Med. 35, 96–101. doi: 10.1179/2045772312Y.0000000003

Conflict of Interest Statement: The authors declare that the research was conducted in the absence of any commercial or financial relationships that could be construed as a potential conflict of interest.

Copyright © 2017 van Dijsseldonk, Rijken, van Nes, van de Meent and Keijsers. This is an open-access article distributed under the terms of the Creative Commons Attribution License (CC BY). The use, distribution or reproduction in other forums is permitted, provided the original author(s) or licensor are credited and that the original publication in this journal is cited, in accordance with accepted academic practice. No use, distribution or reproduction is permitted which does not comply with these terms.












	
	ORIGINAL RESEARCH
published: 14 December 2017
doi: 10.3389/fnins.2017.00705






[image: image2]

Haptic Cues for Balance: Use of a Cane Provides Immediate Body Stabilization


Stefania Sozzi1, Oscar Crisafulli2 and Marco Schieppati3*


1Centro Studi Attività Motorie, Istituti Clinici Scientifici Maugeri SPA SB, Institute of Pavia, IRCCS, Pavia, Italy

2Department of Neuroscience, Rehabilitation, Ophthalmology, Genetics and Maternal Child Health, University of Genoa, Genoa, Italy

3Department of Exercise and Sport Science, LUNEX International University of Health, Exercise and Sports, Differdange, Luxembourg

Edited by:
Mikhail Lebedev, Duke University, United States

Reviewed by:
Rahul Goel, University of Houston, United States
 Martina Mancini, Oregon Health & Science University, United States

* Correspondence: Marco Schieppati, marco.schieppati@lunex-university.net

Specialty section: This article was submitted to Neuroprosthetics, a section of the journal Frontiers in Neuroscience

Received: 31 August 2017
 Accepted: 01 December 2017
 Published: 14 December 2017

Citation: Sozzi S, Crisafulli O and Schieppati M (2017) Haptic Cues for Balance: Use of a Cane Provides Immediate Body Stabilization. Front. Neurosci. 11:705. doi: 10.3389/fnins.2017.00705



Haptic cues are important for balance. Knowledge of the temporal features of their effect may be crucial for the design of neural prostheses. Touching a stable surface with a fingertip reduces body sway in standing subjects eyes closed (EC), and removal of haptic cue reinstates a large sway pattern. Changes in sway occur rapidly on changing haptic conditions. Here, we describe the effects and time-course of stabilization produced by a haptic cue derived from a walking cane. We intended to confirm that cane use reduces body sway, to evaluate the effect of vision on stabilization by a cane, and to estimate the delay of the changes in body sway after addition and withdrawal of haptic input. Seventeen healthy young subjects stood in tandem position on a force platform, with eyes closed or open (EO). They gently lowered the cane onto and lifted it from a second force platform. Sixty trials per direction of haptic shift (Touch → NoTouch, T-NT; NoTouch → Touch, NT-T) and visual condition (EC-EO) were acquired. Traces of Center of foot Pressure (CoP) and the force exerted by cane were filtered, rectified, and averaged. The position in space of a reflective marker positioned on the cane tip was also acquired by an optoelectronic device. Cross-correlation (CC) analysis was performed between traces of cane tip and CoP displacement. Latencies of changes in CoP oscillation in the frontal plane EC following the T-NT and NT-T haptic shift were statistically estimated. The CoP oscillations were larger in EC than EO under both T and NT (p < 0.001) and larger during NT than T conditions (p < 0.001). Haptic-induced effect under EC (Romberg quotient NT/T ~ 1.2) was less effective than that of vision under NT condition (EC/EO ~ 1.5) (p < 0.001). With EO cane had little effect. Cane displacement lagged CoP displacement under both EC and EO. Latencies to changes in CoP oscillations were longer after addition (NT-T, about 1.6 s) than withdrawal (T-NT, about 0.9 s) of haptic input (p < 0.001). These latencies were similar to those occurring on fingertip touch, as previously shown. Overall, data speak in favor of substantial equivalence of the haptic information derived from both “direct” fingertip contact and “indirect” contact with the floor mediated by the cane. Cane, finger and visual inputs would be similarly integrated in the same neural centers for balance control. Haptic input from a walking aid and its processing time should be considered when designing prostheses for locomotion.

Keywords: sensorimotor integration, haptic sense, cane, standing balance, center of pressure, time to stabilization


INTRODUCTION

Powered exoskeletons enable persons with various walking problems to ambulate over the ground. Several of these devices require the use of crutches to ambulate and maintain balance (Wang et al., 2015; see Asselin et al., 2016). Beyond their obvious mechanical effects (Bateni and Maki, 2005), crutches are a critical source of somatosensory inflow that provides information about body orientation with respect to the supporting surface through “extended physiological proprioception” (Simpson, 1974).

In this exploratory study, we asked whether the stabilizing effect on static balance of haptic information from a cane can be likened to that of haptic input from a light fingertip touch or to that of vision. It is well-known that haptic input reduces body sway during stance. Haptic input modifies spinal reflex excitability and the postural set even if it does not mechanically stabilize posture (Schieppati and Nardone, 1995; Jeka et al., 1996; Bove et al., 2006; Huang et al., 2009). The force exerted by the subjects onto a lightly touched stable frame need not be larger than 1 Newton (N) in order to induce the stabilizing effect (Kouzaki and Masani, 2008). The effect is similar to that obtained by opening the eyes with respect to standing eyes closed (Paulus et al., 1984; Sozzi et al., 2012; Honeine et al., 2015). Hence, addition of vision and haptic sense to the inherent proprioceptive inflow make the control of stance more effective (Jeka and Lackner, 1994, 1995; Sozzi et al., 2011, 2012; Honeine et al., 2015).

Haptic supplementation in elderly subjects or in patients with moderate to severe balance and gait impairment, as well as in blind subjects, is often dependent on their use of a cane (Jeka et al., 1996; Maeda et al., 1998; Hirahara et al., 2006; Albertsen et al., 2012; Guillebastre et al., 2012; Perreira et al., 2017; see Berglund, 2017, for an interesting point of view on the use of a cane). The cane would help these persons to compensate for their diminished cutaneous sensation from the feet (Peters et al., 2016) and to move independently while reducing their risk of falling, but it is normally used when standing as well, particularly in an unfamiliar environment or in presence of joint pain, or so. In people with neurological disorders of various nature, the cane is used to increase postural stability and to reduce the load on the weight–bearing lower extremities (Laufer, 2003; see Hamzat and Kobiri, 2008, for a complementary opinion).

The relevance of the supplementary haptic input for balance is further highlighted by the rapidity of the changes in sway as a consequence of adding or withdrawing the haptic or the visual information. Recently we estimated, in a population of young healthy subjects standing in tandem Romberg posture, the time-period necessary for the central nervous system to integrate the new sensory information and reweight its impact (or, in the case of withdrawal, to withstand the removal of the supplementary information and return to the proprioception-driven control; Sozzi et al., 2012; Honeine et al., 2015; see Honeine and Schieppati, 2014). In those experiments, the haptic information was a gentle touch (active or passive) of a firm surface exerted by the tip of the index finger or its removal by suddenly detaching surface and/or finger. The time necessary for the integration of haptic information, as assessed by the onset of the slightest detectable reduction in body sway, was >1 s, while that observed in the case of haptic withdrawal was significantly shorter. Next, a reweighting process led to a new dynamic steady-state in some 4–5 s in both cases. These time-intervals were not different from those measured by adding or withdrawing visual information (Sozzi et al., 2012).

With a cane, the haptic input is indirect, through a tool instead of by direct touch onto a stable frame with their own index finger. Sensory information would be produced by the cane touching the solid surface at some distance from the body, and by the subject being free to slide the cane on the ground. Conversely, in our previous investigations with finger touch, the solid surface touched by the fingertip was very close to the anterior surface of the trunk so that the vertical projection to the ground of this spot was at the border of the body's support surface defined by the feet position, and the wavering of the finger was very circumscribed (Sozzi et al., 2011, 2012; Honeine et al., 2015). The sensory input would also differ compared to that occurring on touching a frame with the finger because the perception of the contact would possibly rely on different sensory receptors. The contribution to the haptic input from upper limb muscle receptors (Rabin et al., 2008) would be perhaps more important for signaling the contact of the cane with the ground than the light-touch information from the skin of the fingertip.

Similar amounts of sway stabilization and similar latencies to stabilization for finger and cane touch would be in keeping with the hypothesis that an integration process is initiated by the haptic stimulus at the hand-cane interface, as if the fingers themselves touched a solid surface at the time-instant the cane touches the ground. A larger body sway and a longer latency to stabilization would speak instead of the need to include the computation of the actual location of the forearm and cane-tip touching-point into the reference frame for the control of body orientation in space. If the computation of the location of the touching point is necessary in order to reconstruct the image of the body-cane ensemble and calibrate the force of contact, stabilization might take more time with respect to when subject touches a solid surface with the fingertip directly.

We, therefore, assessed, in a population of normal young subjects standing in tandem feet position, the effect of cane use on body sway, and the time to stabilization or destabilization of balance, on adding or withdrawing the haptic input produced by the contact of the cane onto the ground. Our interest was three-fold: (a) to assess whether the use of the cane was indeed able to produce reduction of body sway, even if the cane was not fixed to the ground, and to measure the size of the effect; (b) to evaluate any effect of vision on the cane induced stabilization; (c) to estimate the latency at which the CNS incorporates the haptic information (or its withdrawal) connected with the cane stroke to the ground.



METHODS


Subjects

Seventeen (7 males and 10 females) healthy subjects participated in this study. Their mean values (±standard deviation, SD) for age, weight and height were 25.7 years ± 6.6, 61.4 kg ± 10.6 and 167 cm ± 8. All procedures were carried out in accordance with the Declaration of Helsinki and with the adequate understanding and written informed consent of each subject. The ethics committee of the “Istituti Clinici Scientifici Maugeri” had approved the experiment (# 757 CEC).



Task and Procedures

Subjects stood in tandem position on a force platform (Kistler 9286BA), with the great toe of the rear foot immediately behind the heel of the front foot, with eyes closed or with eyes open. With EO, subjects were simply asked to look in front of them, and not to stare at any specific target. The visual scene of the laboratory walls at 6 m distance contained both horizontal and vertical profiles and sharp contours. Subjects chose which foot was the rear foot (it was the right foot in 12 subjects). The tandem posture was utilized to enhance medio-lateral sway (Sozzi et al., 2011, 2012, 2013; Honeine et al., 2015). Subjects were asked to hold with their dominant hand (right hand for all subjects) a straight plastic cane of 1 m length and 100 g weight, instrumented with a reflective marker fixed on the tip of the cane.

After a verbal “go” signal given by the operator, subjects gently lowered the cane onto (or lifted it from) a second force platform equal to that mentioned above, which recorded the force applied by the cane. This force platform was placed in front of the subject and laterally spaced from the platform on which the subject stood (there was a distance of 55 cm from the center of the first to that of the second platform; Figure 1A). Successive “go” signals were given in a series, spaced by time intervals ranging each from 20 to 25 s, so that subjects periodically lowered the cane and withdrew it from the platform in sequence. A few practice trials were run to obtain touch forces on the platform smaller than 1 N. Subjects were asked not to move the cane in a reaction-time mode on hearing the verbal signal but to self-pace the movement necessary for lowering or lifting the cane from the ground when they felt so. Subjects underwent a series of at least 60 trials per direction of shift (Touch → NoTouch, T-NT; or vice versa NoTouch → Touch, NT-T) and per visual condition (EC or EO). Data were collected during 20 subsequent acquisition epochs of 240 s each (10 acquisition periods with EC and 10 with EO). Therefore, each epoch contained six haptic changes in which the cane was lowered onto the ground (NT-T) and six changes in which the cane was lifted (T-NT) from the ground. These epochs were then divided into trials, each of 30 s duration containing and centered on the change in haptic condition at t = 15 s. Then, equal-condition trials were aligned with the instant of the haptic shift and averaged. These big trial numbers were necessary in order to allow averaging of as many traces as possible in order to get consistent mean values for body oscillation and to reliably estimate the time following the shift in the sensory information, at which modifications occurred in body sway. Between each block of acquisition epochs, subjects were free to sit or move around for variable periods. The overall duration of the experimental session varied from 2 to 3 h, all conditions included.
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FIGURE 1. (A) Subjects stood with feet in tandem position on a force platform, with EC or EO, the cane resting on a second platform. (B–M) shows the mean value of the recorded signals in one representative subject. (B–E) vertical position of the marker placed close to the cane tip. (F–I) force applied by the cane onto the ground. (J–M) medio-lateral CoP oscillations, larger during EC than EO. With EC, after a short delay from the instant at which the cane was lifted, the oscillation amplitude increased (J, t = 15 s). Conversely, after the NT-T shift (K) the oscillation diminished. With EO (L,M), no differences were obvious in the oscillations after the changes in haptic condition. The dotted boxes in (J–M) show the time intervals in which the oscillations were considered stationary and not affected by the shift in haptic condition.





Center of Foot Pressure (CoP) and Cane Movement Recording

Force signals from the two platforms were acquired at 140 Hz (SMART-D system, BTS, Italy). The output of the platform onto which the subject stood was the instantaneous position of the Center of foot Pressure (CoP) along the sagittal (antero-posterior, A-P) and the frontal plane (medio-lateral, M-L) during the standing trials. To quantify the amplitude of the CoP oscillations on the frontal and sagittal plane, the traces were high-pass filtered with a 2nd order Butterworth filter (cut-off frequency 0.1 Hz), and then rectified with a software developed in Labview (National Instruments, USA).

The mean level of force exerted by the cane on the ground was computed from the vertical force recorded by the platform onto which the cane rested. The position in space of the marker fixed on the tip of the cane was also acquired at 140 Hz by means of an optoelectronic device composed of 12 cameras (Smart-D, BTS, Italy) and stored in a PC for off-line analysis.

For each subject and trial, a cross-correlation (CC) analysis was performed between the traces of the cane tip and of the CoP M-L displacement. The CC coefficient (R) at time lag = 0 s was calculated by means of a software developed in Labview. A positive coefficient indicated an in-phase displacement of cane and CoP in the M-L direction, a negative coefficient indicated anti-phase displacement. The time lag was the time interval at which the absolute value of R was maximum. A negative time lag indicates that cane movement lagged the CoP movement.



Mean Level of CoP Oscillation

For every trial recorded in each subject, the mean A-P and M-L oscillations of the CoP were computed under all haptic (NT and T) and visual (EC and EO) conditions at steady state. To this aim, each variable was averaged during the first and last 10 s periods of each trial containing a shift in sensory condition (see the dotted box in Figure 1). These periods did not contain the 10-s time interval centered on the sensory shift and were considered to be stationary and unaffected by the sensory shift (Sozzi et al., 2011, 2012; Honeine et al., 2015).



Mean Latency of Change in Body Sway Following the Sensory Shifts

The latencies of the changes in body sway following the haptic shift were measured only for the CoP oscillation in the frontal plane under EC condition. With EO, the effects of a shift in haptic information were small both in the frontal and sagittal plane. Further, even with EC, the presence or absence of haptic information influenced to a much larger extent the oscillation in the frontal than in the antero-posterior direction.

For each subject and condition of haptic shift (addition or withdrawal), we measured the latency following the sensory shift (cane put on the ground, NT-T) or cane off the ground (T-NT), at which M-L CoP oscillation diminished, or increased depending on the haptic-shift direction. Latency was estimated on the averaged traces of all the trials (n = 60) containing the sensory shift. Each successive mean value of the trace after the shift was compared to the mean value of the variable computed during the 15 s before the shift (reference value) by the one-sample Student's t-test with n = number of repetitions. The time after the shift, at which the t-value of the above comparisons bypassed the critical value corresponding to a 0.05 probability and remained above it for at least 100 ms, was taken as the time, at which the presence or absence of the haptic information began to affect the postural control mode (Sozzi et al., 2012; Schieppati et al., 2014).



Statistical Analyses

A 3-way repeated-measure ANOVA with direction of oscillation (M-L and A-P), presence or absence of haptic information (NT or T) and visual condition (EC and EO) was used to compare the mean levels of CoP oscillation calculated at steady state. The post-hoc analysis was made with Fisher's LSD test. The mean time-lags between cane and M-L CoP displacements were compared between visual conditions by paired Student's t-test. The mean latencies of the changes in M-L CoP oscillations with EC were compared between the two haptic-shift conditions by a paired Student's t-test. The software package used was Statistica (StatSoft, USA).




RESULTS


Effect of the Addition or Withdrawal of Haptic Information on Body Sway

Figure 1 shows the averaged traces of the recorded signals of one representative subject standing on the force platform (Figure 1A) during the T-NT and NT-T trials under EC (Figures 1B,C,F,G,J,K) and EO condition (Figures 1D,E,H,I,L,M). The first-row panels show the vertical position of the marker placed on the tip of the cane. When the cane was on the ground, the force recorded by the platform (middle row panels) was <1 N under both visual conditions. The difference between visual conditions in the force applied by the cane was not significant (paired t-test, p = 0.10). The bottom-row panels show that, under the EC condition, following the T-NT shift (at time t = 15 s in all panels), the values of the oscillations (Figure 1J) increased after a short delay from the instant of the sensory shift. Conversely, when the cane was lowered onto the ground (NT-T), the values of the M-L CoP oscillations (Figure 1K) diminished in amplitude. Under the EO condition, there were negligible differences in M-L CoP oscillations (Figures 1L,M) following the shift in haptic condition, for either NT-T or T-NT direction of shift. All subjects, particularly in the EC condition, referred that when the cane rested on the ground they felt more stable than during the period in which there was no cane reference.



Body Sway under Steady-State Condition

Figure 2 shows the mean values across subjects of the M-L and A-P oscillations of the CoP calculated at steady state under EC (Figure 2A) and EO (Figure 2B) conditions, with (T) or without (NT) the use of the cane. The CoP oscillations were greater along the M-L than the A-P direction [F(1, 16) = 44.64, p < 0.001] during both the NT and the T condition (post-hoc, p < 0.05 for all comparisons).
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FIGURE 2. Mean values of CoP oscillations at steady-state under EC (A) and EO (B) condition. Black bars refer to no-touch (NT) condition, white bars to touch (T) condition. The CoP oscillations were greater along the frontal (M-L) than the sagittal (A-P) plane and greater under EC than EO condition. CoP oscillations were greater during the NT condition than during T condition. *Indicates a significant difference (p < 0.05).



There was a difference between the two visual conditions [EC vs. EO; F(1, 16) = 76.73, p < 0.001] since the oscillations were larger with EC than EO (NT and T collapsed). Oscillations were also larger during the NT period (black bars) than during the T period (white bars) [NT vs. T; F(1, 16) = 46.06, p < 0.001]. There was an interaction between direction of oscillation (M-L and A-P) and visual condition [F(1, 16) = 13.23, p < 0.05], an interaction between direction of oscillation and presence or absence of haptic information [F(1, 16) = 31.72, p < 0.001], and an interaction between direction of oscillation, visual condition and presence or absence of haptic information [F(1, 16) = 18.13, p < 0.01]. In fact, the presence of haptic information diminished the CoP oscillation more under EC than EO condition and more in M-L than A-P direction. The Romberg quotients NT/T (EC) and EC/EO (NT) for the M-L CoP oscillations were 1.22 ± 0.13 and 1.54 ± 0.33 SD, respectively, indicating that both haptic input and vision reduced body sway. The haptic effect was, however, smaller than that of vision (paired t-test on the Romberg quotients, p < 0.001). With EO, the Romberg quotient NT/T (1.07 ± 0.09 SD) indicated no major haptic-induced stabilization compared to the haptic effect with EC (paired t-test on the Romberg quotients, p < 0.001).



Cane-Tip Displacement Follows Body Oscillation

During the period in which the cane tip was resting on the ground, there was a good association between the movement of the cane and the CoP M-L oscillation (in the example reported in Figure 3A, R = 0.837, p < 0.001). When the CoP position moved to the right (positive values on the abscissa), also the cane moved to the right (positive values on the ordinate) and vice versa. The cane tip displacements were often smaller than those of the CoP. With EC, the CC coefficient calculated for the two traces was positive in the majority of subjects (15/17), ranging from −0.46 to 0.64 (all trials and subjects collapsed, mean R = 0.43 ± 0.34 SD). With EO, the CC coefficient was positive in the majority of the subjects as well, ranging from −0.38 to 0.68 (mean R = 0.47 ± 0.32 SD). Mean CC coefficients were slightly different between visual conditions (paired t-test, p < 0.05). The positive values of the CC coefficients indicate an overall in-phase movement of cane and CoP in the M-L direction. The mean time lag between cane and CoP displacement in the M-L direction (Figure 3B) was −37.7 ms ± 48.6 with EC and −27.7 ms ± 38.3 with EO (paired t-test, p = 0.3), indicating that the cane displacement lagged the CoP displacement regardless of the visual conditions.
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FIGURE 3. Association between CoP and cane displacement. (A) The displacement of the CoP along the frontal plane (M-L) was plotted against the cane movement in the same plane recorded during one 10-s period in which the cane rested on the ground in one subject EC. When the CoP moved to the right (positive values in the ordinate) also the cane moved to the right (positive values in the abscissa). (B) Mean time-lag between CoP and cane movement across subjects. Negative values of time-lag indicate that the cane movements lagged the CoP movements.





The Delay from the Sensory Shift to the Change in Body Sway Is Longer with Addition than Removal of Haptic Input

The latencies of the changes in body sway on touching the ground with the cane or lifting it off ground were estimated for each subject on the mean M-L CoP oscillation trace under EC condition. The reason was that the changes in the levels of CoP oscillations, caused by the addition or removal of haptic information, were much greater in the M-L than A-P direction.

Figure 1 showed that, with a short delay following the shift in haptic condition (at t = 15 s), the oscillations increased when the cane was removed (T-NT condition) or decreased when the cane was put on the ground (NT-T condition). The latencies of the changes in oscillations calculated for each subject are reported in Figure 4A for the NT-T and for the T-NT condition. Latencies ranged from 0.76 to 2.98 s for the NT-T shift in haptic condition and from 0.45 to 1.7 for the T-NT shift, and were longer for the addition than for the withdrawal of haptic information. In Figure 4B, the mean latencies across subjects for the two sensory shifts are reported. Mean latencies were longer by about 0.7 s for the NT-T (1.64 s ± 0.6 SD) than for the T-NT condition (0.93 s ± 0.4 SD) (paired t-test, p < 0.001).
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FIGURE 4. Time intervals from haptic change to change in body oscillation when standing with EC. (A) Latencies of the changes in M-L CoP oscillations calculated for each subject. (B) Mean latencies across subjects. The latencies were longer for the NT-T shift than for the T-NT shift. *Indicates a significant difference (p < 0.001).






DISCUSSION

We investigated the changes occurring in the body sway of young healthy subjects standing in tandem position and performing the task of lowering a cane onto the ground or lifting it. We were specifically interested in estimating the latency at which body sway diminishes in response to the haptic input connected with the cane contact onto the ground (or at which sway increases on removing the cane).

In line with previous reports (Sozzi et al., 2011, 2012; Honeine et al., 2015), the CoP oscillations were smaller with EO than EC. With EC, oscillations were smaller with cane touch (T) compared to no touch (NT). With EO cane had little effect. All subjects felt more stable when the haptic input was available, and referred that standing in tandem was easier with than without the haptic input. The latencies to the initial changes in oscillation in response to the sensory shift, assessed on the EC data, were longer after addition (NT-T, about 1.6 s) than withdrawal (T-NT, about 0.9 s) of the haptic input.

It is well-known that standing humans sway less when vision is allowed (Straube et al., 1994; Sozzi et al., 2011; Sarabon et al., 2013). Haptic information from light finger touch produces body sway reduction as well (Jeka and Lackner, 1994; Jeka et al., 1996; Lackner et al., 1999; Bolton et al., 2011; Sozzi et al., 2012; Kanekar et al., 2013; Schieppati et al., 2014; Honeine et al., 2015). Hence, minor displacement of the visual field on the retina, or touch information from the fingertip, not granting mechanical stabilization (Lackner et al., 2001; Kouzaki and Masani, 2008), are sufficient for consistently reducing body sway. These effects are obvious when balance is critical, like standing with the feet in tandem position (Huang et al., 2009; Sozzi et al., 2011, 2012; Sarabon et al., 2013; Honeine et al., 2015). The visual and haptic information would be little exploited under quiet stance with feet parallel, but become relevant when balancing under unfavorable conditions (De Nunzio and Schieppati, 2007; Sozzi et al., 2011). Visual or haptic input add to the proprioceptive information, to the cutaneous input from the foot soles, and to the vestibular input (Mergner et al., 2009; Billot et al., 2013; Bronstein, 2016). Thus, in spite of the visual and haptic inputs being just a fraction of the overall sensory inflow, they are not at all negligible for stabilization (Lackner et al., 1999).


Similar Stabilization by a Cane and Fingertip Touch

Here, we used a cane as a way for decreasing body sway during eyes-closed stance. This tool proved to be effective for stabilization, even when the cane exerted <1 N force on the ground, and even when the cane was not fixed to the ground, as in other investigations on this issue (Jeka et al., 1996; Maeda et al., 1998; Albertsen et al., 2010; Ustinova and Langenderfer, 2013; Oshita and Yano, 2016). Of note, the experiments were conducted under tandem stance, which is a challenging sway situation (Sozzi et al., 2013), in order to clearly detect differences between the condition with/without cane touch. Quiet stance with feet parallel would have required a much larger number of repetition to detect the onset of sway changes on adding/removing the haptic input, owing to the sensitivity of the analytical method.

In our study, the cane was free to move, as it would happen under natural circumstances, and its displacement on the force platform accompanied the oscillations of the center of foot pressure. Interestingly, it appeared that the cane was not used as a pivot to control body sway, exerting a force onto the ground in order to move the body; contrary, its translation normally followed the displacement of the center of foot pressure by some 40 ms (see Figure 3). This further suggests that the cane moves with the swaying body and that stabilization can be obtained through the haptic reference rather than using the cane as a mechanical support (Misiaszek et al., 2016). Whether such effect can transfer to different conditions, such as postural disturbances (Owings et al., 2000), or to reactive balance control (Schinkel-Ivy et al., 2016), or to walking (Rabin et al., 2015) is an important issue, worth specific investigation.



The Effect of Vision and the Interaction with Haptic Input

The reduction in the center of foot pressure oscillation with the cane resting on the ground under EC condition (diminution to 82%) was smaller than that obtained with vision (when standing without a cane, the diminution in sway amplitude on opening the eyes reached 67%). In a similar vein, the effect obtained with the cane was also somewhat smaller than that obtained by using the fingertip, as shown in a previous investigation (Sozzi et al., 2012; fingertip touch reduced sway to about 75%, no touch compared to touch, eyes closed). This value had been obtained in a different population of subjects matched for age and gender, but having comparable sway values eyes-closed under no-touch condition. Interestingly, roughly similar stabilizing effects of the haptic input have been also noted as a consequence of touching either a rough or a slippery surface (Jeka and Lackner, 1995).

When the cane was used while vision was allowed (eyes open all the time), the concurrent haptic information produced little extra reduction of the body sway compared to no-cane, as already observed (Albertsen et al., 2012), as if vision would largely overrule the haptic information provided by the cane (Krishnan and Aruin, 2011). The use of the cane did decrease body sway in the M-L plane with eyes open, but this decrease was limited as if an occlusion effect ensued. This would occur if haptic inflow and vision would share common mechanisms for stabilization. Besides, the steadying effect of vision was large, and the use of the cane (not exerting any mechanical action) may not easily further reduce the oscillations when subjects are standing in tandem. Not alternatively, oscillations would not diminish beyond a certain value, because a given body-sway stimulus is in any case required for activating proprioceptors and labyrinth and sending meaningful information to the brain (van Emmerick and van Wengen, 2000; Carpenter et al., 2010). But then again, in this case, a given body sway would also return a certain valuable input from the moving cane tip. The effect of haptic input from the cane would be a substitute for vision and become crucial during stance or walking in blind subjects or in sighted subjects with eyes closed, when absence of vision produces clear-cut effects on the spatial characteristics of gait requiring an increased computational brain effort (Oates et al., 2017; Oliveira et al., 2017). Of note, vision and touch reduce muscle activity and co-contraction of antagonist leg muscles, which is characteristic of the tandem stance (Sozzi et al., 2012, 2013), much as vision does during another challenging balance condition, such as counteracting continuous postural perturbations (Sozzi et al., 2016).



Sensori-Motor Integration Time

The congruence of haptic input from cane and visual input in enhancing body stability under steady-state condition had a counterpart in the substantial equivalence of the latency for the changes in body oscillation, on addition or on withdrawal of the corresponding sensory inputs. In the previous investigations mentioned above, though, the mean latency to stabilization onset on opening the eyes was about 1.2 s, hence just shorter than that following cane touch to the ground (they were instead equal on removing vision or touch; Sozzi et al., 2011, 2012; Honeine et al., 2015). However, the mean latencies to decrease and increase of sway (about 1.4 and 1 s, respectively), observed when the haptic input originated from light fingertip touch (Sozzi et al., 2012; Honeine et al., 2015) were similar to those measured in the present study. Overall, these data speak in favor of a substantial equivalence of the haptic information derived from a “direct” contact of fingertip with a stable surface and of the “indirect” contact with a stable surface mediated by the cane, and confirm a slightly longer latency for the integration of haptic compared to visual information.



The Effect of the Haptic Information from the Cane Is Not Affected by the Interaction with the Task Execution

The profile of the changes in body sway induced by the haptic information (or by its withdrawal) seemed not to be affected by the movement necessary to lift or lower the cane onto the ground. This finding and conclusion were not anticipated, because movements of upper limb and hand for lowering or lifting the cane, though limited in extent and velocity, might have interfered with the exploitation of the haptic sensory input (Saradjian, 2015). Further, these movements might have produced anticipatory or corrective postural adjustments, possibly impeding appropriate reweighting of the new haptic sensory inputs because of other types of balance priorities (such as counteracting the task of gently lifting or lowering the cane). Or, the onset of the changes in oscillation might have been simply concealed by large CoP displacements connected to those tasks. The experiment was not designed for sorting out potentially interfering effects of anticipatory or corrective postural adjustments: however, these were rarely obvious in the individual CoP traces and disappeared on averaging multiple epochs. This points to small and asynchronous postural adjustments, and to the rather constant latency of the sway reducing (or increasing) effects of the changes in haptic input. Hence, we would suggest that the reweighting phenomenon must be robust, and possibly represents a priority for the postural control system, independent of the possible modulation of the haptic input itself, connected with the voluntary act of moving the cane, as occurs for other inputs along the thalamo-somatosensory cortex pathway (Bolton et al., 2012; Seki and Fetz, 2012; Song and Francis, 2015; Colino et al., 2017). In this light, these findings lend support to the conclusions of Saradjian et al. (2013) and Mouchnino et al. (2015) that the brain exerts dynamic control over the transmission of the afferent signals according to their current relevance during a critical balance condition.



Processing Time and Neural Circuits: Open Questions

Regardless of the modality and origin of the sensory information (at least for visual and haptic—finger or cane), the nervous system seems to react within roughly similar time intervals. It might be conjectured that the entry to the “posture stabilizing” centers is common to both visual and haptic inputs, and independent of any parallel pathway conveying inputs for different physiological functions. Admittedly, time intervals pertaining to different modalities may not be stated definitely in our test paradigm. The paradigm and analytical procedures are certainly accurate for detecting differences between addition and withdrawal of a sensory input, but may not detect subtle differences connected with the peripheral traveling and central processing of information from different sources.

The relatively long integration time may be an expression of the computation for shifting to a less energetically expensive pattern of stance control. The latency to change in the oscillation pattern is much longer than a reflex (~50 ms), or a startle reaction (~100 ms), or else a quick voluntary response (~150 ms), and is even longer than the balance-correcting responses triggered by a perturbation of stance (~200 ms) (Valls-Solé et al., 1999; Grüneberg et al., 2005; Sozzi et al., 2012; Honeine and Schieppati, 2014). Interestingly, the latencies to stabilization onset were somewhat longer but of the same order of magnitude as the time lag between motor command and body sway, estimated by means of cross-correlation analysis of leg muscle EMG activities and body sway size in subjects standing quietly without support (Masani et al., 2011). These authors found that the longer the time lag of the cross-correlation (up to half a second) the smaller the body sway, and concluded that a control strategy producing a longer preceding time for the motor command can stabilize the body more effectively. It is not unlikely that the values we found for latency to stabilization might have implied activation of the processes mentioned in Masani et al. (2011).

Processing of the haptic input for balance stabilization would be subserved by dedicated cortical networks, possibly at parietal cortex level (Kaulmann et al., 2017), while the more rapid shift toward a new state of increased sway on withdrawing the haptic input would be produced at subcortical level. Anticipated loss of balance (lifting the cane) would allow for the cortical pre-selection and optimization of brain stem postural activity (Jacobs and Horak, 2007; see Shadmehr, 2017). Removal of sensory inputs equally rapidly triggers a “default” reaction of the posture stabilizing centers to the sudden withdrawal of the critical haptic originating from finger and cane contact or vision, whereby body sway quickly shifts to a larger oscillation pattern (Sozzi et al., 2012; Honeine and Schieppati, 2014; Assländer and Peterka, 2016; Honeine et al., 2017). This is the consequence of the lack of critical information on the one hand and a condition for stronger proprioceptive and vestibular stimulation on the other.



Balance, Locomotion, and Neural Prostheses for Locomotion

We would, therefore, argue that haptic input as provided by using a cane is sufficient for improving balance, almost as a gentle fingertip touch of a stable structure or vision of the surrounding space. Hence, cane or crutches would provide an information which can be typically processed by the nervous system along with other, more “natural” (tactile, visual, vestibular) inputs. It is arguable that haptic input from such devices can be exploited not only during stance, but also during locomotion, all the more so when locomotion is aided by neural prostheses. Haptic inflow from cane would be crucial during gait initiation and cooperate with the anticipatory postural adjustments in helping weight distribution between both legs so as to produce the best stability conditions for optimal gait initiation (Caderby et al., 2017). In this line, Chastan et al. (2010) have mentioned the relevance of the somatosensory input for balance control during gait initiation. Further insight on the mechanisms of action of any haptic input finalized to reducing the oscillation of the center of pressure during the successive stance phases of walking would be welcome.

Walking velocity is clearly affected by postural instability in several clinical conditions, as in cerebellar and neuropathic diseases (Morton and Bastian, 2003; Nardone et al., 2009, 2014) or in patients with stroke (Hsiao et al., 2017), chronic obstructive pulmonary disease (Morlino et al., 2017) or Parkinson's disease (Giardini et al., submitted). Investigation on the timing of haptic-motor integration should be extended to a larger population of normal young subjects, to elderly persons and to visually impaired and neurological populations, such as Parkinson's disease patients (Rabin et al., 2015). The findings of these investigations would prove useful in the design of new rehabilitation devices. Haptic control is needed for any locomotion exoskeleton, where step production consists of discrete shifts from one posture to another. Implementation of an appropriate time-lag between changes in haptic inflow and their effects on balance control would represent an important aspect of the design of the control system for exoskeletons (see Mergner, 2007; Peterka, 2009; O'Doherty et al., 2012). In a broader context, it is not unlikely that somatosensory prosthetics may help not only perception and action (O'Doherty et al., 2011; Tyler, 2015), but also contribute to creating an appropriate response in the domain of the control of the equilibrium. The findings of the present investigation might foster implementation of new technologies taking into account the “natural” time constraints of multi-modality sensory integration, and represent a step toward the building of biologically inspired balance- and locomotion devices.
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Objective: The purpose of this study was to establish the feasibility of manipulating a prosthetic knee directly by using a brain–computer interface (BCI) system in a transfemoral amputee. Although the other forms of control could be more reliable and quick (e.g., electromyography control), the electroencephalography (EEG)-based BCI may provide amputees an alternative way to control a prosthesis directly from brain.

Methods: A transfemoral amputee subject was trained to activate a knee-unlocking switch through motor imagery of the movement of his lower extremity. Surface scalp electrodes transmitted brain wave data to a software program that was keyed to activate the switch when the event-related desynchronization in EEG reached a certain threshold. After achieving more than 90% reliability for switch activation by EEG rhythm-feedback training, the subject then progressed to activating the knee-unlocking switch on a prosthesis that turned on a motor and unlocked a prosthetic knee. The project took place in the prosthetic department of a Veterans Administration medical center. The subject walked back and forth in the parallel bars and unlocked the knee for swing phase and for sitting down. The success of knee unlocking through this system was measured. Additionally, the subject filled out a questionnaire on his experiences.

Results: The success of unlocking the prosthetic knee mechanism ranged from 50 to 100% in eight test segments.

Conclusion: The performance of the subject supports the feasibility for BCI control of a lower extremity prosthesis using surface scalp EEG electrodes. Investigating direct brain control in different types of patients is important to promote real-world BCI applications.

Keywords: prosthesis, brain–computer interfaces, lower limb, control, electroencephalography, rhythm modulation


INTRODUCTION

The National Limb Loss Information Center reported that there are approximately 1.7 million people living with limb loss in the United States (1). Most of new amputations occur due to complications from impairment of the vascular system, and amputations of this type account for 82% of limb loss discharges between 1988 and 1996 (2). Lower-limb amputations account for 97% of all dysvascular limb loss discharges. A recent study of the prevalence of limb loss in the US estimated that one out of every 190 people has had an amputation, and this number may double by the year of 2050 (3).


Advanced Lower-Limb Prosthetic Technology

People who have received limb-amputation face staggering emotional and financial lifestyle changes. They require one or more prosthetic devices and services, which must be maintained for the rest of their lives (4). A transfemoral amputee (above the knee) must expend up to 60% more metabolic energy to walk than a person with two whole legs (5) and consume as much as three times the affected-side hip power and torque (6). Commercially available prostheses comprise spring structures that store and release elastic energy throughout each walking stance period (7). Because of their passive nature, such prostheses cannot generate more mechanical energy than that is stored during each walking step. In distinction, the human ankle performs positive net work and has a greater peak power over the stance period, especially at moderate to fast walking speeds (8, 9). Emerging powered prosthetic devices with an embedded microprocessor provide a net positive power to the user, allowing more user control with less energy expenditure (4). These devices include a powered transfemoral prosthesis developed by a Vanderbilt University team led by Sup et al. (10) and a spring ankle with regenerative kinetics (SPARKy) funded by the US Army (11). In addition to the above devices for research purposes, the C-Leg (by Otto Bock, Germany) adjusts the degree and speed of knee joint swing in millisecond intervals allowing for the user to move more effortlessly. The Proprio-foot (by Ossur, Iceland) provides adaptive dorsiflexion to reduce compensation needs from the amputees in stair ambulation (though not truly, actively powered) (12). Incorporating advanced technology developed by Dr. Herr at MIT (13), iWalk Inc. delivers a clinically available device, BiOM®, a leg system [shown in the figure, adapted from Aldridge et al. (14)] that replaces combined functions of the foot, ankle, and calf regions of the human body. By adding a reflexive torque response in powered plantar flexion, the BiOM emulates the sound side stance-phase kinetics to provide better symmetry and economy of motion for amputees (15).

Prior attempts at voluntary control of the elements of a prosthesis have focused on the use of electromyographic (EMG) signals from muscle groups that remain under voluntary control. Most of this work has centered around control systems for upper extremity prostheses. Targeted muscle reinnervation is a case in point (16). This method provides adequate control but creates the extra step of muscle activation to control prosthetic functions. The Brain–Computer Interface (BCI) takes out this step for a more direct control method. Furthermore, the EMG or mechanical sensor-based control (10, 17) is reactive to the kinematic movement on residual or healthy limbs. We are striving to provide a proactive means for control that allows users to make voluntary adjustments independently before changing terrains or gait types.

Invasive BCI systems employ either spike trains or local field potentials with the brain. At the cortical surface, electrocorticography is employed. In contrast, non-invasive BCI systems employ electroencephalography (EEG) on the scalp. Invasive BCIs feature a better signal quality because electrodes are placed much closer to the neurons than non-invasive BCIs. Most of the invasive BCIs have been explored for complicated and fast control of upper extremity prosthetics (18–20). A non-invasive BCI using EEG is portable, less expensive, and provides a good time-resolution in milliseconds. However, the signal quality of the EEG may be inferior to that of signals obtained through invasive means. Non-invasive BCI can further be categorized into stimulus-induced BCIs using steady-state visual-evoked potential or SSVEP (21), the P300 evoked potential (22, 23), or combined SSVEP and P300. When using these BCI signal methods, the users need to shift their eye gaze to a visual stimulator provided by a computer monitor or LED array placed in front of them. When using stimulus-induced BCIs, the users must tolerate the strong visual flashes from the stimulators. On the other hand, the non-stimulus BCIs employ a signal method of the event-related desynchronization (ERD) and event-related synchronization (24) in EEG associated with the motor imagery, i.e., kinetic imagination of users’ limb movement without any physical movement. As this method does not require any overt motor action, it is ideal for patients with severe motor disability. For example, it can serve as a communication solution (e.g., a spelling device) for those “locked-in” persons who have totally lost motor control in conditions, such as amyotrophic lateral sclerosis patients in the late stage (25, 26).

One of the early pioneers of BCI was Dr. Jacques J. Vidal who helped establish the University of California Los Angeles Computer Science department. He coined the term “brain–computer interface” and initiated a project in that area. Since that time, studies have shown how subjects can alter images on computer screens, use a speller, reach out with robotic arms and other activities through the use of this system (27). A BCI system works through combining several systems. The initial task is to acquire a brain signal that is associated with a particular thought. This signal then is processed and amplified and funneled to drive a given device. The entire process can be compartmentalized into four phases: signal acquisition, feature extraction, feature translation, and device output. Signal acquisition can occur through surface scalp electrodes or through chips placed on or near the cortex intracranially. Prior studies have clearly demonstrated the capacity of a BCI system to control a switching mechanism. In part the results of these studies have motivated the one in this report (28).



Unmet Needs

The control parameters of a microprocessor-driven powered prosthesis are commonly optimized for level walking. The level walking-optimized control parameters do not apply to locomotion activities other than level walking. Consequently, walking on ice or mud, for example, is not addressed with optimal parameters. Currently, amputees have extreme difficulty in going upstairs/downstairs or up/down steep-slopes when using the prosthesis optimized for level walking. This sub-optimal status leads to an increased instability and an additional load to the amputee’s intact limb (12). How can prosthetic users efficiently adapt prosthetic parameters to altered situations and environments? For instance, this problem exists when the user needs to go upstairs or downstairs after optimization for level walking. Amputees are frequently confronted with environmental situations that challenge their ability to ambulate efficiently and safely. Difficulty or inability in surmount such situations can significantly curtail or obstruct the restoration of a normal life. Quality of life and well-being suffer (29–31). In addition, amputees may have a higher risk of falling if the prosthesis cannot adapt to altered situations, such as stair climbing or unpaved trails (32).

Efforts have been made in state-of-the-art powered prostheses to make them more adaptive; however, the current technologies are still not sufficient. A powered prosthesis can measure user-shifted weight using biomechatronic mechanisms to adapt to the user’s weight changes; however, the microprocessor embedded in the prosthetic device has difficulty in sensing and adopting environmental changes. Because of this, the prosthesis power output is not able to adapt to the user’s needs/volitions in dynamic situations and environments. For instance, when an able-bodied person walks across a street, that person may intend to run rather than walk to reduce the risk of being hit by a car that may suddenly appear. To support the amputee’s effort to move faster, the powered prosthesis should provide increased reflex power like a biological leg. According to the biomechanical mechanism, the increased reflex power can be generated either by exerting a stronger ground reaction force or interposing a higher power gain (i.e., by parameter intervention). The former one requires that the user push harder on the residual limb to obtain an increased ground reaction force; this, however, may lead to potential damage due to the increased pressure between the socket and the residual limb (33, 34). Accordingly, the latter one is preferred as the user can receive increased power support while keeping the same level of ground reaction force. Because the prosthetic device has no ability to know the user’s desire, amputees need a new mechanism to relay their volition to appropriately affect the prosthetic control parameters so that the prosthesis can subsequently provide adaptive support. Although the other forms of control could be more reliable and quick (e.g., EMG control), the EEG-based BCI may provide amputees an alternative way to control prosthesis directly from brain.




PURPOSE OF THIS STUDY

The prosthetic control parameters are commonly tuned to optimize level walking. User control of a prosthesis to manipulate prosthetic control parameters in real time is essential to allow for the prosthesis to adapt to altered situations and environments. Smooth, effortless user control of a prosthesis that mimics the performance of a natural biological limb can reduce the effort and the load from the user, who under the best circumstances will consume much more energy than able-bodied persons. This study proposes a volitional prosthesis control using BCIs (35, 36) to support comfortable and effortless user control of the prosthesis, in which users can control the prosthesis (parametric intervention) proactively by thought alone as shown in Figure 1. The automatic recognition of the user’s volition with subsequent automatic adjustment of prosthetic control parameters will bring amputee gait closer to normal gait patterns, which can help the amputee increase motion functions (e.g., upslope/downslope) and reduce energy expenditure in altered situations and environments. Meanwhile, recognition of the user’s conscious intent with subsequent prosthetic control will provide the user an ownership sense of “I am the one in control of prosthetic adaptation.” This sense of agency and control will improve the amputee’s psychological and physical well-being (37, 38). Although this pilot study did not achieve this end point in its entirety, it does represent an important first step toward achieving the aforementioned goals. Therefore, the first step involves providing a mechanism for the prosthetic user to adjust his prosthesis with the speed and ease of thought in response to a simple environmental circumstance. Once a single switching system has successfully been achieved, then progression can occur to multiple switching systems and other more advanced control methods that would allow the prosthetic user to respond quickly and effectively to complex environmental situations.


[image: image1]
FIGURE 1 | Schematic diagram of user’s direct control of prosthesis using brain–computer interface (BCI).




BRAINBOARD SYSTEM TO SUPPORT BCI-BASED PROSTHETIC CONTROL

Developing a powerful BCI on a platform suitable for mobile use is a challenging task that would benefit from an open platform for enabling widespread, developmental efforts. To this end, an open-source hardware solution was implemented (https://github.com/gskelly), dubbed the BrainBoard, to allow researchers and developers to easily deploy wearable EEG-based BCI systems. It will allow for wireless data transmission to a device or host computer, along with some basic onboard processing for signal enhancement and noise rejection. The board is non-specific to any electrode arrangement and allows the use of up to eight signal electrodes. The BrainBoard was designed to function as a standalone board measuring 2.1″ × 2.5 ″. In addition to the hardware design, a basic software application programming interface was developed for the BrainBoard that allowed programmers to implement BCI algorithms both standard and novel. The high-level operating capability of the BrainBoard also makes it a possible host for existing BCI software.

The self-designed prototype of the light-weight, low-power consumption, battery-powered, and wireless-enabled BrainBoard for EEG/EMG recording using an ADS-1299 chip module (39) is illustrated in Figure 2. The ADS-1299 module is a low-cost, low-noise 24-bit analog front-end bio-potential measurement system recently distributed by Texas Instruments (Dallas, TX, USA). Using an ADS-1299 module greatly reduced the cost of the BrainBoard while maintaining high-quality amplification. A 32-bit MPU (AT32 Atmel AVR Microcontroller) was embedded in the BrainBoard for onboard real-time signal processing and data transmission. This self-developed BrainBoard provided high-precision EEG/EMG signal with less than 1.0 µV peak-to-peak noise. A low-power Bluetooth module RN42 (Roving Network, Los Gatos, CA, USA) was embedded to support wireless data transmission. The self-designed BrainBoard was designed to provide seamless recording and transmission of eight channels of 24-bit EEG/EMG signal with the sampling rate up to 1,000 Hz. The range of the wireless transmission can reach about 100 feet in an open space. Further, an IMU sensor was also embedded into the BrainBoard. A MPU-6050 (Gyro + Accelerometer) MEMS motion tracking chip device (InvenSense, San Jose, CA, USA) was employed. This chip provides a user-programmable gyro full-scale range from ±250, to ±2,000°/s and a user-programmable accelerometer full-scale range from ±2 to ±16 g, which meets the requirement for studying human locomotion.


[image: image1]
FIGURE 2 | Open-source electroencephalography hardware platform.




CASE STUDY OF BCI-BASED KNEE UNLOCK

The current study is considered a proof of concept study aiming to examine our research hypothesis on one person as a feasibility pilot work. The study provides data to optimize both hardware and software to promote the goals of BCI use in lower extremity amputees. A 36-year-old male suffered a right transfemoral amputation as a sequel of the explosion of an improvised explosive device in an overseas conflict. This person is a full time transfemoral prosthetic wearer who ambulates without any additional aids such as a cane or crutches. IRB approval of the research design was obtained, and the subject agreed to the project and signed a consent form after receiving a full explanation of the study. The subject was then trained in the use of a BCI system to activate a switching mechanism. EEG electrodes were placed on his scalp. The design of this study included visits for training and one for the actual trial with the prosthesis. The first visit trained the subject in the use of the BCI system for control of a switch on a lower extremity prosthesis. Each training visit had two sessions. In the first session, EEG recordings were made when the subject engaged in motor imagery of his limb movement. These data were utilized to determine the necessary parameters for predicting the intention to move. In the second session, those parameters were used for real-time control of the switch on the lower extremity prosthesis. After the training visits the subject then used the BCI system to control a knee-locking mechanism on the prosthesis while he walked in the parallel bars.

ERD was obtained from a 32 channel EEG setup with dens sampling over motor areas on both hemispheres. This method was used in our previous BCI study (36). Six Electrodes (small metal disks) were placed on the subject’s scalp over central motor areas on two hemispheres (C5, C3, C1, CZ, C2, and C4) and then secured with a plastic cap as shown in Figure 3.


[image: image1]
FIGURE 3 | The ECI conductive electro-gel by electro-cap.com was used in this current study.


A conductive gel was used to fill the space between the electrodes and the scalp to ensure good conductivity and minimize noise artifact. The EEG signals from the seven electrodes were referenced against the electrode on CZA (3 cm anterior to CZ). The EEG signals were amplified using a custom-made digital amplifier embedded with an ADS-1299 front-end system-on-chip bio-potential chip by Texas Instruments (Dallas, TX, USA). The EEG signals were then bandpassed (1–100 Hz) using a custom-made MATLAB tool box (BCI2VR). The ERD of the beta band (16–24 Hz) was calculated in real time against baseline activity when the subject was relaxed. The frequency band was determined by the ERD analysis of cued motor task managed in the first training session as shown in the Figure 4. An off-line linear discrimination analysis model was made for online detection of the subject’s intention to activate the switch by imaging his lower-limb movement. The algorithms as well as the BCI2VR tool box was provided in a previous study by one of the investigators (40).


[image: image1]
FIGURE 4 | The event-related desynchronization (ERD) plotted in blue color, showing the decrease in electroencephalography rhythmic amplitude as indicated in the circle, revealed in the beta band centered around 20 Hz starting 0.5 s after the sound cue was provided at 0 s. The ERD was associated with the actual toe extension. According to the time-spectral analysis of ERD, the beta band frequency from 16 to 24 Hz were determined for feedback training and subsequently for control of knee lock.


Four training sessions occurred on four separate visits and were conducted before the trial. Each session lasted about 1.5 h (excluding the time for EEG setup). Custom-made software was developed to enable real time feedback from EEG. The frequency band was determined by ERD analysis. The training sessions started with wrist extension and toe extension movements on the healthy leg following a sound cue. After a reliable desynchronization in the beta band was observed, the subject was asked to imagine toe extension on the lost leg. At the beginning of the training, the ERD associated with the imagined toe extension was not reliable; the strategy was changed, and the subject was asked to move the hand, the intact leg and the residual limb. The subject was asked to imagine other types of motor activity such as walking forward. The goal was to generate a higher and more reliable ERD that could be found in the real-time feedback. In the first two training sessions, the subject was seated on a chair. The subject stood and walked during the third training session. The motor imagery task that generated the highest ERD was identified. In the fourth session, the sound cue was removed. The subject performed self-paced, imagined motor tasks, and the associated ERD was checked from the real-time feedback provided by the system.

During the training sessions, the subject was seated comfortably in an armchair with his hands and forearms supported. He was instructed to keep eye movements to a minimum including blinking, to minimize muscle action potential interference. The subject was asked to be as relaxed as possible to reduce or prevent other electrical or motion based noise. He was then asked to perform motor imagery of the amputated limb. Initially, he was asked to move the bar on a bar graph past a designated threshold point that appeared on a computer screen. When he could consistently achieve this activity more than 90% of the time, he was ready to activate the mechanism to unlock the prosthetic knee through BCI control.

A transfemoral prosthesis which is a well-fitting ischial containment socket, with gel seal-in suction liner for suspension, a modular single axis knee joint, with lock and extension assist (Otto Bock 3R33) and a solid ankle cushion heel foot, was modified with a rotary actuator that was controllable through a BCI system. The BCI program would unlock the knee, and an extension of the knee locked the prosthetic knee. The initiative to control the knee lock mechanism came from the test subject’s thought after training in the use of the BCI hardware. The rotary actuator was manufactured in the prosthetics lab through utilization of components from a myoelectric wrist rotator (Otto Bock 10S17) and was powered by a 6-V lithium ion battery. This was connected to the BCI system and the manual locking system of the knee. Once the test subject was competent and reliable in locking and unlocking the knee, this person then performed short distance ambulation in the parallel bars with one of the investigators on either side for stabilization. The test subject rose from a seated position and locked the knee. The investigators tested the success of knee locking. The subject then walked the length of the parallel bars, unlocking the knee for swing phase, turned around, returned to the wheelchair, unlocked the knee with the BCI mechanism and sat down. This procedure was repeated four times. The number of times the locking was successfully unlocked on the first effort was compared to the number of occasions in which the knee had to be unlocked. The custom-made program performed bandpass filtering and calculated ERD according to the baseline activity, which was collected when the subject was relaxing, in real time. The single-trial ERD calculated was feedback to the subject in real time without trial back-averaging. The knee lock was open only when the ERD was over a pre-set threshold. Since it was self-paced design, there was no inter-trial break. The BCI was turned off between testing segments to let the subject have a 5- to 15-min rest.

After a rest of at least 5–15 min the subject returned to the parallel bars. He came to a standing position. He walked the length of the parallel bars and back. The knee was locked for stance phase and unlocked for the swing phase. The subject took two more trips from one end to the other and back in the parallel bars. The success of unlocking the knee was again compared to occasions when unlocking was required.

After the trial the subject filled out a short survey, in which the subject indicated that the use of the BCI system was only mildly challenging to learn, and that once learned he developed complete confidence in his capacity to unlock the prosthetic knee through the system. The ultimate goal was to walk naturally. The subject was able to unlock the knee to sit in the five attempts. His success rates for the eight walking segments (each segment consisted of walking from one end of the parallel bars to the other and then a return to the starting point) were as follows: First segment, 100%; second segment, 77.8%; third segment, 100%; fourth segment, 100%; fifth segment, 50%; sixth segment, 83.3%; seventh segment, 71.4%; and eighth segment, 85.7%.



DISCUSSION

Human gait can be controlled either consciously or subconsciously. The EMG, including those by invasive procedures, can assist the prosthetic control without user’s conscious involvement. Under this situation, the prosthetic control is achieved subconsciously. When walking on uneven terrain or transitioning from different gait modes, the human is usually consciously involved with the locomotion control, where human preserve the “sense of control.” The proposed user’s control of prosthesis using BCI would potentially provide the user this kind of conscious control. Further, the EMG-based approach is “reactive” that the alternation in control can only be implemented after the change of locomotion mode. For example, the prosthetic control can be adapted only after walking one-stair down. In contrast, the proposed approach would potentially shift the prosthetic control before moving downstairs. Further, EMG systems are brain to nerve to muscle to electrode to device. Surface EEG electrodes are brain to device. Because there are less interfaces, there is the potential for less error and a shorter response time and less effort required on the part of the user.

Investigating direct brain control in different types of patients is important to promote real-world BCI applications. This study demonstrates that, at least on a short-term basis, non-invasive scalp recorded EEG signals can be used successfully and reliably to manipulate a lock for a mechanical knee on a prosthesis. There is debate within the literature as to whether BCI control systems can move from implanted chips attached to the brain to scalp recorded systems due to the low signal to noise (S/N) ratios in the latter. In this study the S/N ratio was improved through use of a spatial filtering system with a Laplacian array (40).

Not only did the results indicate some level of mastery of the system but the subject developed confidence in his ability without any sense of added risk. The results did show less success in the later trials. Potentially, this could indicate some level of mental fatigue. Other factors such as distractibility could have played a role. Also, the electrode conductivity could have diminished if the gel had dried or the electrodes had shifted with a degradation in the contact with the skin. In prior studies, one investigator had reduced variance in ERD through use of a longer recording window and had reduced subject fatigue through limiting the time for body action imagery to 1 s (40). Similar tactics were used in this study to enhance reliability, although there was no relaxation window. Since the actual test was managed in a real-world scenario on the self-paced mode, the accurate recording of the delay in the attempt to the knee lock operation was not available. However, the subject reported that in most cases, he could unlock the knee within a very short time.

In order for a BCI system to integrate successfully into the daily use of a prosthesis, it must perform reliably on demand and must not activate spontaneously to reduce false positives (F/P). During the trials in this study there were no observed F/P. Unintentional and unexpected unlocking of the knee during stance phase would increase the risk of falls for the user. This phenomenon was not observed. More extensive testing and training would be required to confirm this sort of reliability. This testing could also include walking in more challenging environments such as stairs or uneven terrain.

Other BCI systems for prosthetic control have focused on upper extremity control systems (41, 42). Applying the BCI technology to lower extremity prostheses potentially offers a different set of advantages. These might include prosthetic manipulation or adjustment through a hands-free mechanism, the ability to adjust rapidly according to different environmental circumstances, and a more natural appearing control of the prosthesis. Current powered and intelligent lower extremity prostheses react to the motion and demands of the user. While these can dramatically improve prosthetic function, they still only offer a strictly passive method of control that is reactive and not proactive (43). The prosthesis has no way of predicting a change in terrain or the future demands of the user. Using BCI systems the user could communicate with a prosthesis using thought alone to actively manipulate the prosthesis. This more closely approximates the natural control of a limb.

Challenges that remain for the BCI management of a lower extremity prosthesis include increasing the reliability of control and creating an adequate wireless system that is secure, dependable and wearer-friendly both for cosmesis and comfort. Furthermore, the current system only activates a switch to make a simple prosthetic adjustment. More complex systems would be desirable to increase prosthetic control options particularly for microprocessor ankle/foot systems and knees.
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Functional electrical stimulation (FES) and robotic exoskeletons are two important technologies widely used for physical rehabilitation of paraplegic patients. We developed a hybrid rehabilitation system (FEXO Knee) that combined FES and an exoskeleton for swinging movement control of human knee joints. This study proposed a novel cooperative control strategy, which could realize arbitrary distribution of torque generated by FES and exoskeleton, and guarantee harmonic movements. The cooperative control adopted feedfoward control for FES and feedback control for exoskeleton. A parameter regulator was designed to update key parameters in real time to coordinate FES controller and exoskeleton controller. Two muscle groups (quadriceps and hamstrings) were stimulated to generate active torque for knee joint in synchronization with torque compensation from exoskeleton. The knee joint angle and the interactive torque between exoskeleton and shank were used as feedback signals for the control system. Central pattern generator (CPG) was adopted that acted as a phase predictor to deal with phase confliction of motor patterns, and realized synchronization between the two different bodies (shank and exoskeleton). Experimental evaluation of the hybrid FES-exoskeleton system was conducted on five healthy subjects and four paraplegic patients. Experimental results and statistical analysis showed good control performance of the cooperative control on torque distribution, trajectory tracking, and phase synchronization.

Keywords: knee exoskeleton, functional electrical stimulation, hybrid rehabilitation, cooperative control, central pattern generator


1. INTRODUCTION

Neurologic injuries such as stroke and spinal cord injury may cause paresis in patients and give rise to movement disability. Physical rehabilitation is highly necessary for paralyzed individuals to restore mobility of extremities. Functional electrical stimulation (FES) and robotic exoskeletons are two important technologies used widely in extremity rehabilitation.

Many FES systems have been developed by using either surface or implanted electrodes in the past decades (Popovic et al., 2001). As a neuro-rehabilitation approach that excites and activates muscles directly, FES can provide not only functional training but also therapeutic benefits to paralyzed patients. Although some advances in closed-loop control and multichannel selection of muscles have achieved complex stimulation, it is still a complicated and tough problem of controlling FES to assist paralyzed individuals to move in a natural manner, mainly due to the nonlinearity and time variability of human musculoskeletal system (Zhang et al., 2007; Lynch and Popovic, 2008). The pathological muscle conditions and the poor controllability of FES result in insufficient joint torque to provide limbs movement and body support for patients (del Ama et al., 2012; Ha et al., 2012; Quintero et al., 2012). In addition, muscle fatigue is often induced under continuous electrical stimulation. In a word, these problems mentioned severely hinder the widespread usage of FES from becoming a popular treatment option.

Robotic exoskeleton is an alternative technology of extremity rehabilitation for paraplegic patients, and lower limb exoskeletons are designed to accomplish neuro-rehabilitation and replace the physical gait training effort of therapists (Dollar and Herr, 2008). The well-known representatives in the application of motor rehabilitation for lower limbs are Lokomat (Hocoma, Switzerland) (Colombo et al., 2000), LOPES (Veneman et al., 2007), POGO and PAM (Reinkensmeyer et al., 2006), ALEX (Banala et al., 2009), etc. The popular exoskeletons usually use electric actuators, hydraulic actuators, or pneumatic actuators (Fan and Yin, 2013; Vitiello et al., 2013). In comparison with FES, the therapeutic effect of robotic rehabilitation is limited, because it can merely provide assistive torque to limbs, the muscles are not stimulated actively, which are passively contracted or stretched. Therefore, it is an urgent demand to combine FES with exoskeletons, merging as hybrid rehabilitation systems that bring about not only functional but also physiological benefits to patients.

There is an increasing interest in developing hybrid rehabilitation systems, taking the advantages of FES and exoskeleton, and overcoming the limitations in separate application (To et al., 2008; del Ama et al., 2012). In general, there are two kinds of such hybrid rehabilitation systems, i.e., combination of FES and powerless (passive) orthoses, or combination of FES and powered (active) exoskeletons. The controlled-brake orthosis (CBO) developed by Goldfarb and Durfee (1996) used joint brakes to control the body movement generated by FES. An obvious deficiency of orthoses is the inability to generate active torque for joints. Compared with orthoses, powered exoskeletons using mechanical actuators can compensate insufficient torque generated by FES. Recently, some achievements in hybrid FES-exoskeleton systems have been made, such as WalkTrainer (Stauffer et al., 2009), Vanderbilt Exoskeleton (Ha et al., 2012), Kinesis (del Ama et al., 2014), iLeg (Chen et al., 2014) and so on. In WalkTrainer system, Stauffer et al. (2009) developed closed-loop control of FES that modulated muscle stimulation to minimize the interaction force between the wearer and the exoskeleton, or modulated the desired torques as a function of the gait cycle. That system did not take account for muscle fatigue compensation as the exoskeleton was not actively involved. In order to accomplish cooperative control of FES with the Vanderbilt Exoskeleton during walking, Ha et al. (2016) proposed a two-loop controller, where motor control loop and muscle control loop co-existed. In that manner, the motor control loop used joint angle feedback to control the output of the joint motor to track the desired joint trajectories, while the muscle control loop utilized joint torque profiles from previous steps to regulate the muscle stimulation for the subsequent step to minimize the motor torque contribution required for joint angle trajectory tracking. del Ama et al. (2014) proposed cooperative control to balance the effort between muscle stimulation and exoskeleton in hybrid system (Kinesis), which sought to minimize the interaction torque and realized hybrid ambulatory gait rehabilitation. The torque-time integral generated by FES was measured to estimate muscle fatigue and a learning method was used to modulate the stimulation strength so as to compensate the torque loss. Alibeji N. A. et al. (2015) and Alibeji et al. (2017) developed an adaptive control method inspired by muscle synergy to compensate for actuator redundancy and FES-induced muscle fatigue in a hybrid FES-exoskeleton system, which showed ability to coordinate FES of quadriceps and hamstrings muscles and electric motors at the hip joint and knee joint of the exoskeleton. Chen et al. (2014) designed an FES-assisted control strategy for a hybrid lower-limb rehabilitation system (iLeg), where active FES control was achieved via a combination of neural network based feedforward control and PD feedback control to realize torque control, and meanwhile impedance control was adopted for exoskeleton control. Tu et al. (2017) combined FES with exoskeleton to accomplish gait rehabilitation in a different way, where FES and exoskeleton made effect on different joints separately, i.e., exoskeleton was applied on hip and knee joints, and FES was applied on ankle joint. A sliding control algorithm called chattering mitigation robust variable control (CRVC) was used for cooperative control in that hybrid system.

This study aims to accomplish harmonic and elegant control between FES and exoskeleton and explore their combined function on single-joint movement. Different from previous works, the active roles of FES and exoskeleton can be set freely here, i.e., the contribution of FES and exoskeleton can be distributed arbitrarily under different circumstances with specified requirements. Meanwhile, the synchronization problem of different drivers (motor vs. muscle) is well solved. It is well known knee joints play very important roles in lower limb locomotion, and knee joint control is a benchmark in previous literature (Chang et al., 1997; Ferrarin et al., 2001; Hunt et al., 2004; Sharma et al., 2009; Alibeji N. et al., 2015). Therefore, a hybrid rehabilitation system called FEXO Knee is developed in this work, which combines FES with a knee exoskeleton. A novelty of the system is the interactive force can be measured, which can help realize the better cooperative control. Moreover, it is very interesting and challenging to synchronize the human leg (driven by biological muscles) and exoskeleton (driven by artificial motor) to accomplish one task together, which is particularly solved in this work. A new cooperative control scheme is proposed, which can achieve shank swing motion under the harmonized and synchronized action of FES and exoskeleton, and realize different contribution of FES and exoskeleton. In such a scheme, a biologically-inspired control method, central pattern generator (CPG), is adopted because CPG has some favorable properties in synchronization, entrainment, and robustness against disturbance in general (Ijspeert, 2008). A combination of feedforward control and feedback control is used for FES and exoskeleton. A parameter regulator based on policy gradient method is designed to coordinate FES controller and exoskeleton controller adaptively. Five healthy subjects and four hemiplegic patients have participated in a series of experiments to test the cooperative control performance of FEXO Knee.



2. METHOD


2.1. FEXO Knee

The cooperative control of FES and exoskeleton is accomplished on our available prototype, FEXO Knee, which has two parts: a self-designed knee exoskeleton and a commercial FES device (RehaStim 2, Hasomed, Germany). The exoskeleton is composed of mechanical parts, electric motor, elastic actuator, sensors, and accessories. The function of exoskeleton is to generate assistive torque for rhythmic swing of human shank. It is designed for subjects with sitting posture, so it has a base bench that may be fixed on a table to hold the whole structure. The preliminary version (FEXO Knee I) has been reported in Ren and Zhang (2014). The new version (FEXO Knee II) is shown in Figure 1.


[image: image]

FIGURE 1. Structure of exoskeleton in FEXO Knee: (1) base bench, (2) electric motor (AC servo motor), (3) reducer, (4) shank wrap, (5) silicone board, (6) interactive force sensors, (7) outer shell, (8) signal amplification circuit, (9) encoder, (10) linear springs.



2.1.1. Mechanical Design and Actuation

The main mechanical frame of the knee exoskeleton is made of aluminum. The key part is the electric motor (i.e., an AC servo motor of Panasonic Corp., Japan), which has a maximum angular velocity of 5,000 rpm, 400 W rated power, and a nominal torque of 1.3 Nm. The planetary reducer combined with the motor has speed radio of 15:1, thus the output end of the reducer can generate a nominal torque of 19.5 Nm.

The output shaft of the reducer connects to an elastic component via a rigid coupler. The elastic component consists of six linear springs with a stiffness of 16.5 N/mm. The six springs with pre-contraction are placed between a three-spoke element and an output fixture (see Figure 1). The torque generated by the servo motor can be transmitted to the output fixture through a rotatory elastic module, which turns into a series elastic actuator (SEA) (Pratt and Williamson, 1995; Tsagarakis et al., 2009). For the whole elastic component, the stiffness is a variable and can be given by:

[image: image]

where KSEA denotes the stiffness of the elastic component; KA denotes the stiffness of a single linear spring; R denotes the spoke radius; rs denotes the external radius of a single linear spring; ϑs is the net rotatory angle, which is the difference between motor output angle and actual exoskeleton rotation angle ([image: image]). According to the design size of the knee exoskeleton, we know R = 0.027 m, rs = 0.008 m.

The mechanism that holds the human shank is fastened to the output fixture of the elastic component, and contains two adjustable shells. Two interactive force sensors are placed between the outer shell and the shank wrap. For safety purpose, the range of motion (ROM) of the joint is limited to ±90° for knee extension and flexion. The naturally drooping state of human shank is defined as the zero position.

2.1.2. Sensors

Two types of sensors are installed in the knee exoskeleton: an absolute encoder for measuring the joint angular position, and two interactive force sensors for measuring the mutual force between exoskeleton and shank. The encoder is fastened coaxially with the joint with resolution of 0.09°. The two interactive force sensors are respectively attached to the front and the rear of the shell, and please refer to component (6) in Figure 1. Each contains six distributed force sensing resistors (FSR 402, Interlink Electronics, USA) covered with a silicone board. The total interactive force is the summation of measured data from six calibrated FSR elements. The mutual torque (τmut) between exoskeleton and shank can be obtained through multiplying the interactive force by the force arm. According to the mechanical structure, the average force arm is 0.16 m for the knee exoskeleton. The mutual torque is defined as positive if it is acted on shank in extension direction and negative in flexion direction. For real-time control, FEXO Knee uses a data acquisition card (USB-6343, National Instrument, USA) to receive signals from these sensors, and the sampling frequency is 1 Hz. In fact, the interactive force sensors should be a highlight of this system, which can measure force variation generated by muscles (e.g., force decline due to muscle fatigue), and provide important information for cooperative control.



2.2. Control Scheme

In the FEXO Knee system, two different kinds of actuators (skeletal muscles and electric motor) should work together. The cooperative control is the kernel, which aims to achieve suitable synchronization and compliant interaction between the knee exoskeleton driven by electric motor and the human shank activated by FES. The control scheme of FEXO Knee is shown in Figure 2. The desired total torque ([image: image]) for knee joint movement is supplied by summation of desired FES torque ([image: image]) and desired assistive torque from exoskeleton ([image: image]). The torque distribution between them is regulated by two tunable gains (δexo and δFES). In fact, the exoskeleton should generate two parts of desired torque, compensating its own dynamics ([image: image]), and contributing to knee joint movement ([image: image]). In our system, the total torque output of exoskeleton is realized via SEA ([image: image]), which is the summation of [image: image] and [image: image]. In practice, the actual output of SEA minus the actual torque for exoskeleton dynamics ([image: image]) is the actual assistive torque for knee joint from exoskeleton ([image: image]), which is measured by the interactive force sensors and indicated by τmut. Therefore, τmut is the same as [image: image].
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FIGURE 2. Block diagram of cooperative control scheme for FES and exoskeleton in a hybrid rehabilitation system (FEXO Knee). The controlled plant includes knee musculoskeletal system and exoskeleton. The feedfoward control strategy is used for FES, and the feedback control strategy is for exoskeleton. CPG network and parameter regulator are in charge of synchronization of FES and exoskeleton.



The overall control architecture is mainly composed of four parts: (1) the reference trajectory generator based on the CPG model, (2) the feedfoward controller for modulating pulse width of FES, (3) the feedback controller of the knee exoskeleton used to compensate the insufficient part of torque generated by FES, and (4) the parameter regulator with online adaptive updating rules for key parameters.

2.2.1. CPG Network

According to previous research in neurophysiology, CPGs have been demonstrated to be a kind of neural control mechanism in central nervous system of animals, which can generate rhythmic locomotion independently. In addition, CPGs have some inherent advantages of entrainment, synchronization, robustness, which are desired features in the cooperative control of rhythmic movements. A variety of mathematical models have been developed to simulate the CPG function in a simplified form, which are widely used in robotic control, e.g., Matsuoka oscillators (Zhang and Hashimoto, 2012), Hopf oscillators (Righetti et al., 2006), and phase oscillators (Farzaneh and Akbarzadeh, 2012), etc. In this work, we use a phase oscillator, which was firstly adopted by Ijspeert et al. to control a salamander-like robot (Ijspeert et al., 2007). To make the model match our requirement, the original form of the phase oscillator is modified. Two mutually coupled nonlinear oscillators form the CPG network. The modified oscillator model is given by the following equations:
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where ϕi, αi, and ωi are state variables, and denote the phase, amplitude and frequency of a nonlinear oscillator respectively; Φ is a variable that denotes the desired phase difference between two oscillators; Ai and Ωi denote the desired amplitude and frequency of a oscillator respectively; μαi and μωi are some positive parameters that represent the velocity of a oscillator transformed into a new locomotion state; νij is a positive parameter that denotes the coupling weight between two oscillators. For all these parameters, the subscribe i = 1, 2.

In general, CPG has three basic output features (phase, amplitude, and frequency), which can be freely set based on requirement. This model uses nonlinear differential equations to realize CPG, which can generate smooth and stable trajectories even during transitional periods between different patterns. The output of a single nonlinear oscillator in CPG can be represented by:

[image: image]

where ϕi is a state variable and denotes the phase of the ith oscillator, ϑi denotes the output trajectory of the ith oscillator. Here, the two outputs ϑ1 and ϑ2 serve as the desired trajectories for knee joint ([image: image]) and exoskeleton ([image: image]).

Besides, the velocity and acceleration of the output trajectory can be conveniently obtained as follows:

[image: image]

Therefore, the desired angle, angular velocity and acceleration for knee joint ([image: image]) and the exoskeleton ([image: image]) can be generated by the two coupled oscillators.

The reference joint angle, angular velocity and acceleration generated by CPG can be used to estimate the desired torque. Besides, the phase difference between reference trajectories of FES and the exoskeleton (Φ) is one of the most important parameters in the control scheme, which can be online regulated to avoid possible confliction between human shank and knee exoskeleton. The desired motion commands (Ai, Ωi, etc.) for different motor patterns are adjusted manually based on experimental protocol.

2.2.2. Feedfoward Control for FES

The feedfoward controller for FES contains three parts: (1) an inverse dynamics module, in which the inputs are the joint angle, angular velocity and acceleration provided by the CPG network, and the output is desired actuation torque of human knee joint; (2) a torque distribution gain δFES, which represents the percentage of torque that FES should provide; (3) an inverse muscle model, which is used to obtain the modulated stimulation pulse width as the output of FES.

An inverse dynamics model (IDM) of the knee joint movement (shank swing) is developed, which is used to calculate the desired torque in the feedfoward controller:
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where Is[Nms2/rad], m[kg] and ls[m] are the segment (shank and foot) inertia, mass and equivalent length, respectively; Bs[Nms/rad] and Ks[Nm/rad] are the knee viscous damping and stiffness coefficients; ϑ(t)[rad], [image: image][rad/s] and [image: image][rad/s2] denote the knee angle, angular velocity and acceleration, using the desired trajectory and its first and second derivatives (i.e., [image: image]); g = 9.81 m/s2 is the gravity constant; [image: image][Nm] denotes the total desired torque needed for knee joint.

The desired torque that should be generated by human muscles under electrical stimulation is a fraction of the estimated total torque obtained by IDM, i.e., [image: image], and the fraction is determined by the FES distribution gain δFES. An inverse muscle model based on Hill-type musculotendon actuator is used to acquire the pulse width of FES. The Hill-type model illustrates the activation and contraction dynamics of human muscles. A model-based control method is adopted, which used a piecewise linear recruitment function to describe the muscular activation dynamics, a Gaussian function to describe the torque-angle relation, and a linear function to approximate the torque-angular velocity relation (Ferrarin et al., 2001). The inverse muscle model can be given by:
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where a(t)[Nm] denotes the muscle activation; λ1[rad], λ2[rad] and λ3[rad−1s] are muscle and joint specific parameters used in the contraction dynamics; u(t)[μs] is the stimulation pulse width; usat[μs], uthres[μ] and usf[μ] denote, respectively, the threshold, the saturation, and the scaling factor. These parameters are individual variables, which can be acquired through experimental indentification.

2.2.3. Feedback Control for Exoskeleton

The exoskeleton should provide two parts of torque: one is to support its own motion, and the other is for human knee joint motion. The exoskeleton torque compensator is designed firstly, in which the knee exoskeleton is considered independently without regard to the interaction with human leg. The desired driven torque ([image: image]) for the exoskeleton dynamics itself is estimated through an impedance model given by:

[image: image]

where Ie, Be, and Ke denote the inertia, viscous damping and stiffness of the exoskeleton, which are obtained by system identification in experiment. [image: image] is the desired trajectories of exoskeleton provided by CPG. The human leg would not bear any burden from the exoskeleton if [image: image] is completely generated by electric motor in this case.

The desired assistive torque ([image: image]) that should be provided by the exoskeleton depends on a distribution gain δexo, which is a fraction of total torque of knee joint, i.e., [image: image]. We design δexo and δFES as a pair of distribution gains. In theory, δexo + δFES = 1. However, it has some difference in practice, because δFES is a fixed parameter, while δexo is a flexible parameter that is updated online by parameter regulator. The total torque of knee joint is also calculated according to the knee IDM Equation (7), but it should be acquired in a real-time approximation for feedback control, which needs the information of actual angular position, velocity and acceleration. In fact, the raw angle data measured by an encoder always contain noise signals, which would make the estimation very rough if we directly use the derivatives of the joint angle. In our control system, a state estimation method based on adaptive phase oscillators proposed by Ronsse et al. is used to acquire the angular position, velocity and acceleration (Ronsse et al., 2011, 2013). Thus, a relatively smooth estimation of total torque can be obtained. The product of the estimated total torque and the gain δexo is the desired assistive torque [image: image] that the exoskeleton should provide. In ideal condition, [image: image] should be equal to mutual torque τmut. In sum, the desired torque of SEA ([image: image]) contains two parts, one is for masking the dynamics of the exoskeleton and the other is for providing necessary assistive torque.

The SEA controller realizes the torque control by a proportional-derivative (PD) method, and the control parameters [image: image] and [image: image] are tuned at 0.1 and 0.001 by trial and error. The mutual torque between human leg and the exoskeleton (τmut) is measured in real time, which represents the actual assistive torque for human leg or the resistant torque for the exoskeleton. Therefore, the actual output torque of SEA ([image: image]) minus the mutual torque (τmut) is the actual exoskeleton torque ([image: image]), which drives the exoskeleton itself.

Besides, a classical proportional-integral-derivative (PID) controller is implemented as a position controller to reduce the trajectory tracking error, and make the motion of exoskeleton smooth and accurate. The error signal is the difference between the reference trajectory and the actual angle of exoskeleton. The control parameters kp, ki, and kd are tuned at 6.0, 0.12, and 0.01 by trial and error in the experiment. Even though the closed-loop PID is for angular position control, the absolute accuracy of trajectory tracking is not the most important issue in the control paradigm. Actually, the combination of SEA torque control and PID position control allows compliant interaction between the knee exoskeleton and the human leg, as well as appropriate trajectory tracking of knee joint.

2.2.4. Parameter Regulator

Parameter regulator is the key part in the cooperative control scheme, which aims to update two key parameters, Φ (cf. Equation 2) and δexo. Parameter regulator has three pairs of inputs (desired and actual angle, desired and actual angular velocity, desired and actual mutual torque), and two outputs (Φ and δexo). The two outputs are the online adaptive parameters. Please note angular velocity is not measured directly from sensors, and it is achieved by derivative operation of angle. Therefore, only two pairs of inputs are shown in the parameter regulator in Figure 2. Φ is for CPG, which can provide synchronization for FES and exoskeleton. δexo is for exoskeleton controller, which can make exoskeleton adaptively compensate the inadequate torque from FES (e.g., muscle fatigue).

Due to variations of different individuals in different situations, an online regulating strategy based on policy gradient methods is used to adjust these parameters (Kaelbling et al., 1996; Peters and Schaal, 2006). FEXO Knee mainly focuses on rhythmic locomotion, thus every period can be considered as a task trial. A fitness function is introduced to assess the motion performance:

[image: image]

where t0 and tf represent the beginning and end of a trial; ep, ev and eτ denote the position error of knee joint ([image: image]), the angular velocity error ([image: image]), and the assistive torque error ([image: image]), respectively. Actually, the mutual toque (τmut) is equal to [image: image]. The updating rule of relevant parameters can be given by:

[image: image]
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where γδ and γΦ denote learning rates and h ∈ {0, 1, 2, …} is the updating number. The updating time window is three cycle periods (trial durations) for the two parameters, Φ and δexo, because of the partial derivatives in the discrete gradient descent method.




3. EXPERIMENTS AND RESULTS

Experiments were conducted on nine subjects for evaluating the performance of FEXO Knee with the cooperative control method proposed. The experiments were approved by the Ethics Committee of Shanghai Jiao Tong University, China. All subjects were volunteers and signed the informed consent before the experiments.


3.1. Subjects

Five healthy subjects (H1~H5) and four patients (P1~P4) participated in the experiments. The basic information of the nine subjects is shown in Table 1. All the five healthy subjects had no history of neurological or muscular disease. All the four patients were hemiplegic. P1~P3 had paralysis on right side, and P4 had paralysis on left side. The disease time of the four patients was all less than 10 months. The experiments on the hemiplegic patients were conducted in Shanghai Huashan People's Hospital.



Table 1. Information of subjects.

[image: image]




Some parameters in IDM for each subject were estimated according to the anthropometric calculation method in Winter (2009). The mass of the segment (shank and foot) was estimated as 6.1% of the total body weight, the length as 28.5% of the total body height, the center of mass as 60.6% of the segment length, and the radius of gyration as 73.5% of the segment length. The inertia is calculated as the product between the segment mass and the square of the segment radius of gyration, i.e., I = m(0.735l)2[Nms2/rad]. Other parameters in IDM were estimated according to the empirical method in Ferrarin et al. (2001). This is a rough model of the actual knee dynamics, so the variations in stiffness K and the damping coefficient B during knee flexion and extension movement were not considered. The movement range of knee joint angle is −35° ~ +35°. The stiffness and damping coefficients were calculated by the equations: K = ω2I−mgl/2[Nm/rad], B = 2ηωI[Nms/rad] (Lin and Rymer, 1991). In experiments, η and ω of IDM were respectively tuned at 0.5 and 6 Hz for all subjects for simplicity, resulting an under-damped knee motion.



3.2. Experimental Setup and Protocol

Before the evaluation experiments, some parameters about the control system of FEXO Knee should be preset, which were grouped for CPG network, FES feedfoward controller, exoskeleton feedback controller, and parameter regulator.

The parameters of CPG network were determined by user requirement and literature (Ijspeert et al., 2007). The parameters for exoskeleton feedback controller were determined by simple system identification in experiments. The parameters for FES feedfoward controller were determined by experimental methods in the reference (Ferrarin et al., 2001), and some pilot tests on subjects. The parameters of regulator were determined by trial-and-error test and literature (Peters and Schaal, 2006). The general parameters for all the subjects are shown in Table 2. The subject-dependent parameters are shown in Table 3. Regarding parameter setting of FES, the pulse frequency was set at 50 Hz for all the subjects, the pulse amplitude Ia [mA] was a subject-dependent parameter, and the pulse width was the only controlled variable.



Table 2. Common control parameters.

[image: image]






Table 3. Subject-specific stimulation parameters.

[image: image]




During experiment, the subject sat on a chair and wore FEXO Knee on the leg, two-channel FES surface electrodes were placed over the anterior and posterior thigh, targeting two muscle groups (quadriceps and hamstrings), as shown in Figure 3. The subject was told not to perform any voluntary movements during the experimental procedure.


[image: image]

FIGURE 3. Experimental setup of hybrid FES-exoskeleton rehabilitation system (FEXO Knee). A paralyzed patient (P3) wearing FEXO Knee was taking experiment, where outer shell of exoskeleton held the shank, and FES electrodes were attached to skin over targeted muscles (quadriceps and hamstrings).



The evaluation experiments were designed to assess the cooperative control performance of FEXO Knee under different FES levels. The purpose is to check if exoskeleton can provide the proper assistive torque for knee joint if FES makes different contribution. The experimental protocol is shown in Figure 4. In the experiments, each subject accomplished three sessions according to the FES level based on distribution gain (δFES). The distribution gain was arbitrarily chosen as δFES = 0.3, 0.5, 0.7, meaning that the torque provided by FES accounted for 30, 50, and 70% of the total joint torque. In each session, the reference trajectories generated by the CPG module provided three kinds of motion patterns: Pattern 1–movement frequency 0.3 Hz and maximum angular amplitude ±25°; Pattern 2–movement frequency 0.3 Hz and maximum angular amplitude ±30°; Pattern 3–movement frequency 0.5 Hz and maximum angular amplitude ±30°. There were breaks between the sessions for the subjects to rest. For healthy subjects, each motion pattern continued for 120 s. Considering the lower endurance of paralyzed patients, their experimental duration was a little shorter. The whole procedure of the experiments was carried out by the control software of FEXO Knee. During the steady state of evaluation experiments, no subjects reported confliction or disturbance between leg and exoskeleton using the FEXO Knee system.


[image: image]

FIGURE 4. Experimental protocol. Three sessions with different FES levels were conducted, and each session had three motion patterns.





3.3. Data Processing and Results

First of all, to obtain an intuitive view of the testing performance on FEXO Knee, arbitrarily the joint trajectories of the patient P2 during overall experimental procedure were presented in Figure 5. The good tracking performance between desired trajectory and actual knee joint angle is clearly observed. Especially, the trajectory is smooth and stable even during the transition periods between different motion patterns, which should be attributed to the merits of CPG.


[image: image]

FIGURE 5. Trajectory tracking of P2 during the overall experimental procedure. For each subfigure, the x axis is time and the y axis is joint angle. The whole evaluation experiment contained three sessions determined by FES levels, and for each session, subjects underwent a continuous procedure including three kinds of motion patterns. The dashed lines represent desired trajectories and solid lines represent actual joint angle.



To watch the performance including trajectories, torques, and controlled variables of FES in detail, the related real-time data of the healthy subject H3 under motion pattern 1 with the FES distribution gain at 0.3 were arbitrarily selected to show in Figure 6. We can see that the tracking performance is satisfactory, and the assistive effect of the knee exoskeleton (mutual torque) matches the desired values well. It demonstrates the efficiency of FEXO Knee, which can distribute the torque upon any requirements and keep FES-induced muscles and the exoskeleton work in a synchronized manner.


[image: image]

FIGURE 6. Real-time data of the healthy subject H3. The upper figure shows the trajectory tracking curves, the middle figure shows the assistive performance of the knee exoskeleton, and the lower figure shows modulated pulse width of two FES channels targeting quadriceps for extension and hamstrings for flexion.



In our experimental paradigm, the interactive force sensors did not catch obvious muscle force decline due to muscle fatigue because of the simple swing motion without much effort and the short time for muscle stimulation. To imitate the muscle fatigue condition, we added an experiment to check the system performance in condition of muscle force decline. The real-time data on the healthy subject H2 are shown in Figure 7. When the muscle stimulation intensity was lowered in pre-setting program, the torque distribution gain (δexo) of the exoskeleton automatically increased. It means the exoskeleton adaptively compensated the torque needed, i.e., the measured mutual torque also increased accordingly. The self-adaption of the system is mainly due to the function of the parameter regulator. The error between desired assistive torque and actual mutual torque updated the exoskeleton gain (δexo) as shown in Equation (12). Please note that the updating time window for δexo is three cycle periods.


[image: image]

FIGURE 7. System performance in case of muscle force decline on the healthy subject H2. The first figure shows the trajectory tracking curves, the second figure shows the measured maximum mutual torque, the third shows the modulated pulse width of the two FES channels, and the fourth shows the variations of the exoskeleton torque distribution gain.



Five measures were proposed and analyzed, which could comprehensively evaluate the control performance of our system: (1) the absolute maximum amplitude of joint angle, (2) the duration of a single trial (i.e., a cycle period of knee joint movement), (3) the absolute maximum mutual torque between shank and exoskeleton, (4) the averaged error between reference trajectory of the exoskeleton and actual knee angle; (5) the averaged error between the desired assistive torque and measured mutual torque. The measures (1) and (4) indicates the position control performance. The measure (2) indicates the speed control performance. The measures (3) and (5) indicate the torque control performance. According to the experimental paradigm, there were totally nine conditions with different stimulation levels and motion patterns. The data during steady trials were extracted for evaluation and analysis, i.e., the trials 6~35 were segmented for the healthy subjects and the trials 6~25 for the patients. Each trial started from the zero position of knee joint. The data processing and statistical analysis were conducted in MATLAB (MathWorks, Natick, MA).

The experimental results regarding five measures (maximum angle, trial duration, angle error, torque error, and maximum mutual torque) are shown in the figures (Figures 9, 10). The grand-averaged results of five healthy subjects and four patients are given separately. For every sub-figure, the lateral axis denotes the trial number (30 trials for healthy subjects, and 20 trials for hemiplegic subjects), and the solid lines represent the mean values across subjects and the shadow regions represent the standard errors of the mean values (±s.e.m) among subjects.

The statistical analysis was conducted to evaluate the general performance over the five healthy subjects and hemiplegic patients, respectively. The raw data were divided into trials, and each trial was equal to a complete cycle of knee extension and flexion (30 trials for healthy subjects, and 20 trials for hemiplegic subjects).

Based on the experimental protocol as shown in Figure 4, there are two factors (motion pattern and FES level). A two-way ANOVA including two factors (motion pattern and FES level) was applied firstly, and the results showed no significant interaction between the two factors (p = 0.96 > 0.1 for healthy subjects and p = 0.99 > 0.1 for paralyzed patients). As we focused on the factor of FES level, a one-way ANOVA was used to evaluate the performance further. Maximum angle, trial duration, and maximum mutual torque are key measures, which can show the steady and adaptation performance of the system under different FES levels (δFES). In a single motion pattern, we checked the difference of the three measures among three FES levels.

Regarding statistical analysis on trial duration (see Figure 8), the FES level depending on torque distribution ratio is the unique factor. The ANOVA results do not show significant difference for the healthy subjects in different FES levels [motion pattern 1: F(2, 87) = 0.05, p > 0.1; motion pattern 2: F(2, 87) = 0.22, p > 0.1; motion pattern 3: F(2, 87) = 0.04, p > 0.1], as well as the patients [motion pattern 1: F(2, 57) = 0.01, p > 0.1; motion pattern 2: F(2, 57) = 0.02, p > 0.1; motion pattern 3: F(2, 57) = 0.39, p > 0.1]. It reveals that the variations of FES levels do not influence the trial duration of FEXO Knee in the same motion pattern. In other words, the swing frequency (motion speed) is steady, which is the desired merit for hybrid rehabilitation systems. Similarly, the ANOVA results show that variations of different FES levels do not have significant impact on actual maximum joint angle (see Figure 9). These results reflect that FEXO Knee can provide stable assistance for users. Even if FES is changing, the exoskeleton part can compensate the change in time, and achieve the desired motion features smoothly. However, in the same motion pattern, the maximum joint angle of paralyzed patients cannot keep a stale value in three FES levels, and there is a slight decrease as FES level increases (cf. Figure 9), which may be caused by the pathological conditions of muscles in the patients (weakness, atrophy, and rigid, etc.). When the FES level gets higher, the actual torque generated by patients' muscles is lower than expected, and the rigid knee joint prevents the exoskeleton from providing enough compensative torque, therefore, maximum joint angle cannot be fully reached. The actual torque generated by patients was smaller than healthy subjects, due to the weaker muscle activation of patients and the fact that the regulation of FES output depends on an open-loop control method. Nevertheless, even though some rough models (IDM, inverse muscular model, etc.) are used in the control scheme, the motion performance of FEXO Knee is satisfactory and no subjects have reported conflicted interaction between FES and the exoskeleton, which demonstrates the efficiency of the cooperative control strategy.
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FIGURE 8. Trial duration: (A) healthy subjects, (B) hemiplegic patients. For each subfigure, x-axis indicates the trial number and y-axis indicates the trial duration.




[image: image]

FIGURE 9. Maximum amplitude of joint angle: (A) healthy subjects, (B) hemiplegic patients. For each subfigure, x-axis indicates the trial number and y-axis indicates the absolute maximum angle. Solid lines represent the mean values across all subjects and shadow regions represent the standard error of the mean (±s.e.m.), similarly hereinafter.



Regarding the absolute maximum mutual torque (see Figure 10), we can see that the assistive torque provided by the exoskeleton (measured mutual torque) declines as human muscles under FES generates larger force. The ANOVA results of the maximum mutual torque among different motion patterns are significant for healthy subjects [motion pattern 1: F(2, 87) = 31,696, p<0.01; motion pattern 2: F(2, 87) = 30,417.54, p < 0.01; motion pattern 3: F(2, 87) = 58,308.27, p < 0.01], as well as the patients [motion pattern 1: F(2, 87) = 78,032.9, p < 0.01; motion pattern 2: F(2, 87) = 131,176.09, p < 0.01; motion pattern 3: F(2, 87) = 131,562.45, p < 0.01]. The results reveal that the primary goal of FEXO Knee that aims to regulate the torque distribution between FES and the exoskeleton is accomplished to some extent.


[image: image]

FIGURE 10. Absolute maximum mutual torque: (A) healthy subjects, (B) hemiplegic patients. For each subfigure, x-axis indicates the trial number and y-axis indicates the measured maximum mutual torque between shank and exoskeleton.



Figures 11, 12 present results of other two measures: angle error (errors between the desired joint angle and the measured joint angle) and torque error (errors between the desired assistive torque and the measured mutual torque). The results reveal that the angle errors are kept in a relatively small range. From the results, we can also see that the averaged torque errors are limited to ±3 Nm, even if there are relatively large individual variations among the subjects. Given the fact the system does not seek the perfect torque tracking, the results are acceptable.


[image: image]

FIGURE 11. Averaged error between the reference trajectory and the actual knee angle: (A) healthy subjects, (B) hemiplegic patients. For each subfigure, x-axis indicates the trial number and y-axis indicates the averaged angle error.




[image: image]

FIGURE 12. Averaged error between the desired assistive torque and the measured mutual torque: (A) healthy subjects, (B) hemiplegic patients. For each subfigure, x-axis indicates the trial number and y-axis indicates the averaged torque error.






4. DISCUSSION

In this paper, a novel approach based on cooperative control was introduced for exploring hybrid FES-exoskeleton rehabilitation. A self-made hybrid rehabilitation device called FEXO Knee was developed as the experimental platform. The exoskeleton has a compliant mechanism driven by a rotatory elastic actuator, and this is a highlight of the system. Series elastic actuators (SEAs) possess some specific advantages compared with traditional rigid actuators, including tolerance to abrupt force shock, capacity of energy storage and release, and steady force control, etc. (Pratt and Williamson, 1995; Yu et al., 2015). Actually, the SEAs do not seek absolute accuracy of tracking position trajectory but compliant human-robot interaction, which is more important in human-machine system.

The muscle nonlinearity and the exoskeleton compliance would bring about phase confliction problems. Therefore, we used a CPG network based on modified phase oscillators capable of online adjusting the phase difference to avoid possible out-of-phase trouble. CPGs possess some merits, which are especially favorable for the requirements of cooperative control in our hybrid system. Firstly, the CPG in this work has the capacity to generate stable oscillation, so as to keep robust under transient and slight disturbance. The state variables of the modified phase oscillator model can converge to the desired values while the convergent velocity is determined by some tunable values (cf. Equations 2–4). Secondly, the CPG has smooth transition capacity between different rhythmic oscillations after receiving commands from the higher level controller. As for the modified phase oscillators, the desired state values can be changed to form variable rhythmic patterns, and ensure the transition is continuous and smooth, which is essential to joint trajectory generation. Finally, the basic units (i.e., nonlinear oscillators) of the CPG has the capacity of establishing a network by coupling. The second term of Equation (2) reflects the coupling effect among phase oscillators. The coupling can be used to make different oscillators keep stable phase differences. Furthermore, the CPG as a network composed by these phase oscillators theoretically can generate any periodical trajectories. In the control scheme of FEXO Knee, the two nonlinear oscillators keep an adaptive phase difference with the help of a parameter regulator to avert possible conflictions between human leg and exoskeleton. Through the parameter regulator, sensory feedback is incorporated into CPG, thus a fully coupled dynamic system is accomplished in a big closed loop, and entrainment of CPG with plant output can make the whole system work in a synchronized way.

An advantage of the cooperative control is the arbitrary distribution of torque contribution between FES and exoskeleton. The tunable gains are set in feedfoward control of FES and feedback control of exoskeleton, respectively. Even though a lot of advanced control methods have been developed in controlling FES-actuated limbs to track reference trajectories accurately in previous research (Zhang et al., 2007), this work just adopted the feedfoward controller for FES to generate modulated pulse width based on an inverse muscular model. The control scheme of FEXO Knee does not aim to accomplish accurate position tracking merely by FES, but use a compliant actuator of exoskeleton to compensate the insufficient torque instead. The hybrid rehabilitation paradigm can overcome the deficiencies of FES and the exoskeleton, while achieving mutual promotion of these two technologies. Therefore, a simple but practical method is enough for FES controller.

Previous studies have introduced mechanical actuators to assist FES to achieve locomotion including swinging, walking and cycling, but the mutual interaction between skeletal muscles and mechanical actuators were rarely considered. Most hybrid rehabilitation systems intended to either reduce mechanical power consumption (Ha et al., 2012) or minimize the resistive torque caused by mechanical actuation (del Ama et al., 2014). It should be emphasized that the interactive force sensors are implemented in FEXO Knee. Based on the force sensors, the arbitrary torque distribution can be realized via the cooperative control. In our control strategy, the coordination between FES and the exoskeleton is ascribed to the torque distribution gain that denotes their actuating effort for limb locomotion, and the possible confliction is solved by adjusting the phase difference of their reference trajectories. It differs from the previous control methods in which muscular and mechanical actuation have separate control objectives. For example, Hunt et al. (2004) proposed an integrated control strategy containing two closed loops for hybrid FES cycling, which provided feedback control of leg power output (via automatic adjustment of stimulation intensity) and cycling cadence (via electric motor control), respectively. In fact, FEXO Knee aims to accomplish a general goal (desired angular position) while allotting the workload (assistive torque) between FES and exoskeleton in arbitrary ratio, and this task is realized by the cooperative control.

Some evaluation experiments of FEXO Knee were conducted on both healthy subjects and hemiplegic patients. Different levels of FES were applied on the subjects, and the statistical analysis on the experimental data revealed that the cooperative control method could balance the effort of FES and the exoskeleton. Besides, the variations of stimulation strength did not influence the movement performance, i.e., the angular position and duration of each trial did not change, which verified the adaptability and robustness of the system. In clinical application, the cooperative control method used for dealing the torque distribution between FES and exoskeleton would be very helpful for patients.

The experimental results have shown the performance is satisfactory for both healthy subjects and paralyzed patients, and none reported significant confliction between leg and exoskeleton, which demonstrated the efficiency of the cooperative control strategy. FEXO Knee kept stable swing motion exhibited by the amplitude and period of joint motion, while the exoskeleton could adaptively compensate the insufficient part of necessary torque for shank swing, i.e., the mutual torque was changed accordingly (see Figure 10). The patients had pathological muscular conditions including weakness, atrophy, rigidness, and so on, so the actual torque generated by muscles of patients are lower than expected under FES. While the closed-loop control of exoskeleton could detect the torque error and position error, and thus automatically provided enough compensative torque to accomplish the desired motor pattern. In real FES clinical rehabilitation, paraplegic patients usually need to walk bearing their body weight for some time, so continuous and intensive electrical stimulation can cause significant muscle fatigue. In our experimental paradigm, the muscle fatigue phenomenon is not obvious because of the simple swing motion without much effort and short time for muscle stimulation. However, the proposed strategy is capable of dealing with muscle force decline like the situation of muscle fatigue. The parameter regulator can update the tunable gain (τexo) online, which works together with the closed-loop control mechanism of exoskeleton, is a trump card.

In future, some work should be conducted to improve the FEXO Knee system with cooperative control. The feedfoward controller for FES is based on a rough inverse model of human muscles under electrical stimulation, which still needs manual system identification. Some intelligent methods such as artificial neural networks may be used to accomplish automatic parameter identification facing individual variability, especially for paralyzed patients (Chang et al., 1997; Kurosawa et al., 2005). The FEXO Knee mainly focuses on rhythmic movements of knee joint, and we need extend its applications toward complex lower-limb movements such as walking. Therefore, a hybrid FES-exoskeleton system with multiple degrees of freedom is expected to be developed.



5. CONCLUSIONS

This paper presents a novel cooperative control scheme for better human-machine interaction and physical rehabilitation in a hybrid FES-exoskeleton system called FEXO Knee. Torque distribution between the two kinds of actuators (muscles under electrical stimulation and electrical motor with SEA) is regulated via tunable gains. A CPG network containing two modified phase oscillators generates reference motion of FES and the exoskeleton. Cooperative control adaptively adjusts the phase difference between the two oscillators to avoid unexpected conflictions between the two compliant mechanisms, allowing better interaction. The control method provides an effective solution for dealing with the coordination between FES and the exoskeleton in a hybrid system. The performance has been testified by some evaluation experiments on both healthy subjects and hemiplegic patients. We believe the FEXO Knee system for physical rehabilitation would be very promising for paraplegic patients to restore the extremity function.
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The classification of ankle movements from non-invasive brain recordings can be applied to a brain-computer interface (BCI) to control exoskeletons, prosthesis, and functional electrical stimulators for the benefit of patients with walking impairments. In this research, ankle flexion and extension tasks at two force levels in both legs, were classified from cortical current sources estimated by a hierarchical variational Bayesian method, using electroencephalography (EEG) and functional magnetic resonance imaging (fMRI) recordings. The hierarchical prior for the current source estimation from EEG was obtained from activated brain areas and their intensities from an fMRI group (second-level) analysis. The fMRI group analysis was performed on regions of interest defined over the primary motor cortex, the supplementary motor area, and the somatosensory area, which are well-known to contribute to movement control. A sparse logistic regression method was applied for a nine-class classification (eight active tasks and a resting control task) obtaining a mean accuracy of 65.64% for time series of current sources, estimated from the EEG and the fMRI signals using a variational Bayesian method, and a mean accuracy of 22.19% for the classification of the pre-processed of EEG sensor signals, with a chance level of 11.11%. The higher classification accuracy of current sources, when compared to EEG classification accuracy, was attributed to the high number of sources and the different signal patterns obtained in the same vertex for different motor tasks. Since the inverse filter estimation for current sources can be done offline with the present method, the present method is applicable to real-time BCIs. Finally, due to the highly enhanced spatial distribution of current sources over the brain cortex, this method has the potential to identify activation patterns to design BCIs for the control of an affected limb in patients with stroke, or BCIs from motor imagery in patients with spinal cord injury.

Keywords: brain computer interface, walking, electroencephalography, functional magnetic resonance imaging


INTRODUCTION

Patients with walking impairments often use wheelchairs for transportation; however, this transportation means can cause pressure soars in the long-term if the patients do not perform pressure-relieving movements frequently (Stockton and Parker, 2002). Other devices such as exoskeletons and functional electrical stimulation (FES) systems allow patients to stand up and take steps however their control rely on the patient's unaffected motor abilities (pressing switches, trunk shifts, remaining muscle activity, etc.; Gancet et al., 2012; Contreras-Vidal et al., 2016). An alternative of control for these systems, which rely less heavily on the remaining motor abilities, is a brain-computer interface (BCI), in which brain signals are recorded and translated into control commands for assistive and communication devices (Wolpaw et al., 2002; Shih et al., 2012).

Breakthroughs in BCI have demonstrated the potential of this technology for motor rehabilitation, by controlling virtual environments and upper limb robots from implanted electrodes on the brain cortex (Wessberg et al., 2000; Serruya et al., 2002; Taylor et al., 2002; Carmena et al., 2003; Velliste et al., 2008; Hochberg et al., 2012). A study by Fitzsimmons et al. (2009) in non-human primates using implanted electrodes, demonstrated that it is possible to decode bipedal walking patterns (leg kinematics and EMG activities), from cortical ensembles in M1 and S1 during forward and backward walking tasks, showing the feasibility to use invasive BCIs for the restoration of gait in humans with intact locomotion centers in the brain. While invasive recordings can provide signals with high spatial resolution that allow for the decoding of more kinematic and physiological variables relevant to gait, the need for surgery limits the population that can access to this technology and, furthermore, there is always a risk of infection with implanted electrodes (Lesser et al., 2010). In this sense, non-invasive BCI techniques are preferred because they are safer and patients do not need to meet strict inclusion criteria to participate in this type of BCI studies. Among non-invasive techniques, electroencephalography (EEG) has a high temporal resolution and therefore is suitable for real time applications; nevertheless, movement artifacts and other sources of noise easily affect it. Despite its limitations, EEG is widely used in BCIs because of its portability.

Studies of BCIs based on binary classifications (i.e., detection of movement intention) using EEG have shown promising results for the development of assistive devices for gait restoration in patients with movement impairments (Waldert et al., 2008; King et al., 2013; Xu et al., 2014; Barsotti et al., 2015; Jiang et al., 2015; Severens et al., 2015; Yang et al., 2015; Pereira et al., 2017). Furthermore, long-term training with non-invasive BCIs has showed significant improvement in cortical plasticity in M1 and S1 areas in patients with paraplegia (Donati et al., 2016), demonstrating potential in the practical use of BCIs for the rehabilitation of walking impairments. However, in order to design a more natural non-invasive BCI for walking, it is necessary to classify more categories of motor tasks. Since the motor areas in the brain that represent right and left leg and foot are in close proximity (Meier et al., 2008), the multi-class classification of motor tasks in the lower limbs becomes a more challenging task for EEG signals.

To improve the spatial resolution and classification accuracies, various techniques to estimate cortical current sources from EEG, magnetoencephalography (MEG) and functional magnetic resonance imaging (fMRI) have been developed (Baillet et al., 2001). Among these techniques, we use a hierarchical Bayesian method that imposes fMRI as a hierarchical soft constraint on EEG for current source estimation (Sato et al., 2004; Yoshioka et al., 2008). This method was selected because it preserves the high temporal resolution of the EEG and the high spatial resolution of the fMRI, and it has been successfully implemented in previous offline BCI studies (Toda et al., 2011; Yoshimura et al., 2012, 2016; Kawase et al., 2017). In the context of this study, a current source can be defined as the average neuronal activation in each 3 × 3 × 3 mm voxel in the brain cortex. The voxels from MRI provide information on the location and orientation of dipoles on the brain cortex, while from the fMRI data the region of interest (area prior) and the relative amplitudes of dipole currents (activity prior) are extracted. Area and activity priors are imposed as a soft constraint to estimate cortical current sources from the EEG data.

In our study, anatomically known areas in the brain contributing to motor planning and execution for ankle movements were obtained from the fMRI analysis. Each participant executed the same ankle movements as experimental tasks during both the fMRI and the EEG experiments, which were carried out separately on different days. Since from the fMRI information we can obtain good anatomical locations, with high resolution, for brain activations related to foot movements, we expect that the estimated current sources are a reasonable representation of the true current sources (group of neurons in each voxel) generated in the brain cortex. After current sources were estimated, we apply a multiclass classifier based on sparse logistic regression (SLR) (Yamashita et al., 2008), for the time series signals of the estimated current sources and EEG sensor signals, to classify ankle flexion and extension with two different force levels (i.e., nine tasks for both legs including a no-motion condition). This method was selected because it is suitable for brain activity data with high-dimensional features, and it has been reported to be more robust in the presence of irrelevant features when compared to other methods such as support vector machine and regularized logistic regression (Yamashita et al., 2008).

Our objective in this research is to estimate cortical current sources from EEG and fMRI recordings, and decode activation patterns in the brain for ankle flexion and extension movements at two force levels in both legs. These motor tasks were selected because of the major role these tasks play in the normal walking cycle, and because the classification of these tasks in healthy participants shows the feasibility to design control strategies for walking aids for patients with walking impairments. Based on the methods described here, classifiers can be created, for example, from motor imagery of ankle movements in patients with spinal cord injury, or from the healthy brain activation related to contralateral ankle or foot movement in patients affected by stroke.



MATERIALS AND METHODS


Participants

Eight healthy participants (5 males and 3 females) aged 22–50 years (Mean: 29.67 ± 8.81) participated in this study. Signed informed consents approved by the ethics committee of the National Center of Neurology and Psychiatry (NCNP) and Tokyo Institute of Technology were obtained from each participant prior to each experiment.



Experimental Design

Two types of experiments were conducted in different days: an fMRI and an EEG experiment. The experimental tasks consisted of isometric ankle flexion and extension at high (< ~30% of maximum voluntary contraction level) and low force levels (about half of the high force) in each foot, yielding 8 active task conditions named “High Left Extension” (HLE), “High Left Flexion” (HLF), “High Right Extension” (HRE), “High Right Flexion” (HRF), “Low Left Extension” (LLE), “Low Left Flexion” (LLF), “Low Right Extension” (LRE), “Low Right Flexion” (LRF), and a resting control condition called “Still.” Images showing the motor tasks throughout the experiments were created in Poser 2012 (Smith Micro Software, Inc., California, United States). In both fMRI and EEG experiments the same task pictures were shown, however in the EEG experiment, additional figures indicating the “blinking” and “set” intervals (fixed crosses before each task to reduce eye-movement artifacts in task periods), were included (Figure 1).
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FIGURE 1. Images with motor task instructions used during the fMRI and the EEG experiments. Blink and fixation crosses were only used for the EEG experiment.





fMRI Experiment

The fMRI experiment was conducted to obtain the activated brain areas and the corresponding intensities to the experimental tasks. This information was used as prior for the cortical current sources estimation using the variational Bayesian multimodal encephalography (VBMEG) toolbox for Matlab (Sato et al., 2004).

A block design was used for the fMRI experiment. In total, the experiment consisted of 7 runs with 8 tasks blocks and one still (control) block per run, as detailed in Figure 2A. Each block consisted of one experimental task repeated 6 times during 2 s with 1 s rest (18 s per block). The experimental program was created using Presentation 16.3 (Neurobehavioral Systems, Inc., California, United States).
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FIGURE 2. (A) Experimental paradigm for the fMRI experiment. The fMRI experiment consisted 7 runs. In each run, 9 blocks were included (8 active tasks and a control task), and each block consisted of one experimental task and a rest interval, both repeated 6 times. (B) Experimental setting for the fMRI experiment. EMG electrodes were attached to the participants to confirm task execution and the feet of the participant were fixed to a custom made-platform to reduce head movements inside the scanner. (C) Experimental paradigm for the EEG experiment. The EEG experiment consisted of three modules: “Flexion vs. Extension,” “Right vs. Left,” and “High Force vs. Low Force.” In each module, 2 active tasks were repeated 10 times (10 trials) and a still task was repeated 5 times (5 trials). The 2 active tasks were selected based on the module (i.e., HLE and HLF for the “Flexion vs. Extension” module). After 25 trials (10 trials for each of the 2 active tasks and 5 trials for the still task), the active tasks were changed until completing all the experimental tasks. (D) Experimental setting for the EEG experiment. A cap with 32 EEG electrodes and 8 EMG electrodes were attached to the participant. A custom-made platform was also used in this experiment to attach the participant's feet during the EEG experiment in order to reduce movement artifacts and allow for isometric contractions.



This experiment was conducted in the National Center of Neurology and Psychiatry (Tokyo, Japan) in a 3 Tesla Verio MRI Scanner (Siemens AG, Munich, Germany). Axial and sagittal scans were acquired for the T1-weighted structural images with a magnetization prepared rapid gradient-echo (MPRAGE). Both images were used during the preprocessing of fMRI; however, the sagittal image was also used to obtain a polygon model of the brain surface for each subject. In total, 48 slices were obtained for the axial images (repetition time = 2 s; echo time = 3.4 ms; flip angle = 8°, field of view = 192 × 192 mm; imaging matrix = 192 × 192; voxel size = 1 × 1 × 1 mm; inversion time = 0.99 ms), and 224 slices were acquired for the sagittal images (repetition time = 2 s; echo time = 3.41 ms; flip angle = 8°; field of view = 256 × 256 mm; imaging matrix = 256 × 256; voxel size = 1 × 1 × 1 mm; inversion time = 0.99 ms). T2*-weighted fMRI data was obtained with an echo planar imaging (EPI) with a generalized autocalibrating partial parallel acquisition (GRAPPA) method, recording 116 volumes per session (repetition time = 2 s; echo time = 13 ms; echo train length = 31 ms; flip angle = 90°; field of view = 192 × 192 mm; imaging matrix = 64 × 64; number of slices = 48; voxel size = 3 × 3 × 3 mm).

Electromyography (EMG) of ankle flexors and extensors was recorded during the fMRI experiment with the purpose of confirming task execution. EMG electrodes were attached prior to the fMRI experiment to the Tibialis Anterior (dorsiflexor), the Gastrocnemius (plantarflexor and knee flexor), the Soleus (plantarflexor), and the Extensor Hallucis Brevis (toes extensor) in both legs, and the participant was asked to practice the experimental tasks. EMG data in this experiment was collected with a BrainAmp ExG MR (Brain Products GmbH, Gilching, Germany) using 8 pairs of Ag/AgCl electrodes. Inside the scanner, the feet of the participants were fixed to fMRI compatible custom made platforms (Right Mfg. Co., Ltd, Tokyo, Japan) with detachable Velcro stripes, to allow them to exert isometric force, and to reduce head motions inside the MRI scanner caused by the leg movement tasks (Figure 2B).



EEG Experiment

The EEG program for experiment instruction was created in MATLAB 2013b (The MathWorks, Inc., United States). In this experiment, additional images for blinking and set (fixation crosses indicating the participant to prepare for the task) were included. This experiment was divided into 3 modules: “Flexion vs. Extension,” “Right vs. Left,” and “High Force vs. Low Force,” and participants were asked to take a rest after each module completion. The EEG experiment was designed in this manner attempting to reduce the potential mental fatigue of the participants (Faber et al., 2012; Talukdar and Hazarika, 2017), in consideration of the number of experimental tasks (9 motor tasks with 50 repetitions each), the introduction of task irrelevant images for blink and set (fixation crosses) events, and the condition of exerting isometric forces. Four runs composed each module and each run was repeated twice. According to the current module, each run combined two tasks and a still task, that is, in the “Flexion vs. Extension” module the tasks “LLF and LLE,” “HLF and HLE,” “LRF and LRE,” and “HRF and HRE” and still, were included (Figure 2C).

In preparation for the EEG experiment, the participants were seated inside a soundproof room (AMC-3515, O'HARA & Co., Ltd.) with a 24 inches monitor to show the experiment directions. The participant feet were fixed to the platform and instructed to practice ankle flexion and extension at high and low force levels to learn to restrain co-contraction of flexor and extensor muscles (Figure 2D).

EEG signals were acquired with a sampling rate of 256 Hz with the ActiveTwo system and the ActiView software (BIOSEMI, Amsterdam, Netherlands), using 32 Ag/AgCl active electrodes placed accordingly to the 10–20 international system layout. Two additional electrodes were placed on both earlobes and its average was used as a reference. To place the EEG and the reference electrodes, the head cap gaps were filled with highly conductive gel and the earlobes were cleaned with 70% ethanol. EEG electrodes positions were recorded with a Polaris Spectra (Northern Digital Inc., Waterloo, Canada). Measurements were done in the order of nasion, right pre-auricular, left pre-auricular, and EEG electrodes according to the BIOSEMI electrodes labels.

To confirm task execution in the EEG experiment, EMG signals were recorded a sampling rate of 2,000 Hz with a Bagnoli™ Desktop EMG System (Delsys, United States) using 8 single differential electrodes on the same muscles as the fMRI experiment. EMG signal conditioning and digitalization was done with a NI-USB 6259 BNC (National Instruments, Canada).



fMRI Data Preprocessing

fMRI data was processed using SPM8 (Wellcome Department of Cognitive Neurology, UK; http://www.fil.ion.ucl.ac.uk/spm), for individual and group (second-level) analyses. In preparation for the analyses, the first five volumes of the EPI images were discarded for stabilization of the magnetization, and the last 10 volumes were discarded to avoid their use as a baseline, therefore, from the original 116 volumes, 101 volumes were used for the analyses. For the individual analyses T1-weighted axial and sagittal images were bias corrected and segmented into gray matter, white matter and cerebrospinal fluid. EPIs were corrected for differences in image acquisition time, and realigned to the mean EPI image. To register all images, the T1-weighted axial image was co-registered to the T1-weighted sagittal image and then the EPIs were co-registered to the T1-weighted axial image. It is worth mentioning that this co-registration method is not standard for fMRI analysis, and it is used only for current source estimation purpose in VBMEG. After images registration, all images were normalized to the Montreal Neurological Institute (MNI) coordinates, and smoothed with a full-width spatial Gaussian kernel of 8 mm at half maximum.

Statistical analyses were performed with a general linear model (GLM). Boxcar functions were used to model the nine periods corresponding to the nine blocks. Each execution period consisted of one block of 18 and 3 s of rest interval. These functions were then convolved with the hemodynamic response function to obtain parameters describing the blood oxygen level-dependent (BOLD) response at each stimulus presentation (task image). Finally, model parameters were estimated and statistical parametric maps were created for each participant. Using the contrasts obtained from individual analyses, a second-level (group) analysis was done with a full factorial design to extract parametric maps common for all participants. Three factors were used for the design: “Factor 1: left leg and right leg,” “Factor 2: flexion and extension,” and “Factor 3: high force and low force.” T-contrasts were obtained for each of the following conditions: (all left leg tasks) and (all right leg tasks) with p < 0.01 (uncorrected for multiple comparisons). Statistical parametric maps from the group analysis were masked with the anatomical atlas of Brodmann areas 4 (primary motor cortex), 6 (premotor cortex and supplementary motor area), and 3,2,1 (primary somatosensory cortex) using the WFU PickAtlas (Radiology Informatics and Imaging Laboratory, USA; http://fmri.wfubmc.edu/software/pickatlas) tool for SPM to build the area and activity priors for the purpose of cortical current sources estimation in VBMEG. The two contrasts obtained were inversely normalized into individual participant's space and merged into one activity prior and one area prior. These priors were named Group-Con.



EEG Data Preprocessing

EEG data recorded in BDF format from BIOSEMI was converted into Matlab format with EEGlab (Delorme and Makeig, 2004, https://sccn.ucsd.edu/wiki/EEGLAB), band-pass filtered from 0.5 to 40 Hz, downsampled to 200 Hz, and epoched in intervals of −0.5 s pre onset and 3 s post onset, in reference to the stimulus presentation time. This pre-processed EEG was further downsampled to 30 Hz and epoched from 0 s (onset) to 1.5 s, and these epochs of 1.5 s were used as features for the sparse logistic regression classifier, to obtain the EEG sensor signals that contributed to each of the nine experimental tasks.



Current Source Estimation with VBMEG

VBMEG is a type of distributed source method in which the MRI information provides information about the positions and orientations of dipoles, and the fMRI provides information about a region of interest and the relative amplitude of the current in each dipole (Yoshioka et al., 2008).

In conventional current estimation methods where the fMRI is also used as a prior, the fMRI information is imposed directly as the prior current variance in each dipole, and therefore the current amplitude has a low influence when the prior variance is too large or too small. In VBMEG, the prior distribution of the variance is considered a random parameter with gamma distribution, and the fMRI information is imposed on the variance distribution, rather than as the variance itself, using two hyperparameters: a variance magnification parameter (μ0), controlling the current amplitude for a given fMRI activation, and a confidence parameter (γ0), controlling the width of the prior distribution. This hierarchical prior provides a soft constraint on the current amplitude. A spatial smoothness constraint with a Gaussian profile with a full width at half maximum (FWHM) of 6 mm, was incorporated in the estimation. This smoothness constraint considers that neurons within a few millimeters radius tend to fire simultaneously (Sato et al., 2004; Yoshioka et al., 2008; Toda et al., 2011; Yoshimura et al., 2012).

Because of the hierarchical prior, the estimation of the inverse filter becomes a non-linear problem that cannot be solved analytically, therefore the approximate posterior distribution is calculated by using a Variational Bayesian (VB) method, in which the current and the variance from the observed EEG data and the prior variance information given by the fMRI data are alternately estimated. The inverse filter is calculated using the estimated covariance matrix in the previous iteration (Attias, 1999; Sato, 2001). Once the inverse filter has been calculated, the current estimation becomes al linear problem.

Current sources were estimated in VBMEG following the standard procedures established in the toolbox documentation. The following steps and parameters were used to estimate cortical currents in VBMEG: firstly, a cortical surface model and a three-layer head model for each participant were extracted from the un-normalized bias-corrected T1-weighted sagittal image from the SPM analysis. The cortical surface model was created as a polygon model using FreeSurfer (Martinos Center Software, https://surfer.nmr.mgh.harvard.edu/). The cortical surface model has single-current dipoles equidistantly distributed on and perpendicular to the cortical surface, and the three-layer model has the boundary information for skull, scalp, and cerebrospinal fluid. VBMEG imports the cortical model to map the estimated current dipoles, and uses the three-layer model to create a head model for improving the accuracy in the leadfield (i.e., forward model) calculation.

Secondly, the leadfield matrix is calculated from the cortical surface model, the head model and the EEG sensor positions. Thirdly, the variance of the electrical current from EEG is estimated in the time range from −0.5 to 3 s with a baseline from −0.5 to 0 s, and the fMRI information is imposed on the prior distribution of the current variance using the hyperparameters μ0 and γ0. High values for both hyperparameters indicate that the brain activity was the same during both fMRI and EEG experiments. Considering the experiments were carried out in different days, and based on the previous work (Yoshimura et al., 2016), the hyperparameters values for the Group-Con area and activity priors were set as μ0 = 10 and γ0 = 1.

To estimate the inverse filters, the whole epoch of EEG data (−0.5 to 3 s) was used for the analysis, being divided into 14 windows of 0.5 s of length with 0.25 s of overlap. This setting calculated an inverse filter for each time window corresponding to each epoch and trial. These current sources were estimated for the area and activity priors determined by Group-Con. The mean number of current dipoles estimated for each participant was of 188 ± 7.07. The time series of estimated current sources were further downsampled to 30 Hz and epoched from 0 s (onset) to 1.5 s, and these epochs of 1.5 s were used as features for the sparse logistic regression classifier, to obtain which current sources contributed most to each of the nine experimental tasks.



Multi-class Classification with Sparse Logistic Regression

Logistic regression (LR) is a well-known classifier originally developed in statistics. SLR is a Bayesian extension of LR in which a sparseness prior is imposed on LR (http://www.cns.atr.jp/~oyamashi/SLR_WEB/Readme201102.pdf). The SLR method combines the LR with the automatic relevance determination (ARD), to simultaneously perform feature selection and training of the model for classification. The ARD prunes irrelevant features by automatically setting their associated weights to zero, leading to a sparse weight vector for classification. This allows the SLR to train high-dimensional classifiers without the need of advanced feature dimension reduction, and to avoid overfitting to some extent. SLR was applied in this research using the SLR Toolbox v.1.2.1 (ATR Computational Neuroscience laboratories in Kyoto, Japan; http://www.cns.atr.jp/~oyamashi/SLR_WEB.html).

Multiclass classifications were done for the epochs of 1.5 s of estimated current sources and EEG sensor signals, using a leave-one-out (LOO) method for both current sources and pre-processed EEG data. The features for classification were obtained as described in section EEG Data Preprocessing for EEG and section Current Source Estimation with VBMEG for current sources. Mean classification accuracies from current sources, EEG and random labeled data were compared using non-parametric permutation tests (Nichols and Holmes, 2002). To evaluate the contribution of current sources and EEG sensors to each task classification, the corresponding weight values were normalized by the maximum of each trial and averaged across time points and trials. Finally, net weight values of the current sources vertices selected in each area in our ROI, and weights in each EEG sensor were averaged across participants. Location of contributing selected current sources was determined using the Anatomy toolbox v1.8 [Institute of Neuroscience and Medicine (INM-1), Germany], using the Montreal Neurological Institute (MNI) coordinates obtained from SPM.




RESULTS


Classification Results

In Figure 3 percentage of correct classifications in the test data from current sources, EEG and random label are shown. The classification accuracy from current sources was significantly higher than chance level (Current sources: 65.64% ±4.11; p = 1.19e−04), and EEG sensor signals (EEG: 22.19%; p = 1.19e-04). All p-values were obtained from permutation tests and corrected for multiple comparisons using a false discovery rate of 0.05. There was no significant difference between the random label classification and the chance level.
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FIGURE 3. Classification accuracies across participants for current sources estimated using priors from and fMRI group analysis (Group-Con), pre-processed EEG signals (EEG), and a random label classification for current sources. ***p < 0.001.



Tables 1, 2 show the confusion matrix for the current sources classification and pre-processed EEG classification for all trials averaged across participants.



Table 1. Confusion matrix for current sources classification averaged across participants (50 test trials per class).
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Table 2. Confusion matrix for EEG sensor signals classification averaged across participants (50 test trials per class).
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Localization of Contributing Features

Weight analyses were performed for EEG and current sources classification results. For EEG, weights were averaged and normalized across trials and participants in each EEG sensor (Figure 4). For current sources, total weights across dipoles located in the same Brodmann area were averaged across trials and participants, and normalized per task. Current sources were obtained across Brodmann areas 1, 2, 3, 4, 6, the inferior parietal cortex (IPC) and the lateral operculum (OP3 and OP4). Finally, activation patterns were obtained for each participant showing the current sources distribution in each task (Figure 5).
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FIGURE 4. (A) Normalized weights obtained for each task in EEG classification. Bars located on the green area correspond to the sensors located in the left hemisphere, bars in the white area correspond to the midline, and electrodes in the pink area correspond to the right hemisphere. (B) Location of 32 EEG electrodes over the scalp using the 10–20 extended system.
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FIGURE 5. Activation patterns for a representative participant. Colored areas show Brodmann areas 1, 2, 3, 4, 6 OP3, OP4, and the IPC. Lower left panel shows the merged activation patterns for all left and right leg tasks (all right leg tasks: HRE + HRF + LRE + LRF; all left leg tasks: HLE + HLF + LLE + LLF), and lower right panel shows the activation patterns for all extension tasks, all flexion tasks, all high force tasks and all low force tasks (all flexion tasks: HRF + HLF + LRF + LLF; all extension tasks: HRE + HLE + LRE + LLE; all high force tasks: HRF + HLF + HRE + HLE; all high force tasks: LRF + LLF + LRE + LLE). Time series represent the temporal patterns for the current source vertex in bold black circles. These signals correspond to a vertex selected by the classifier as relevant for more than one task. The vertex located in MNI [12, −36, 68], was selected by the classifier for both HLE and HLF task, and the vertex located in MNI [8, −36, 68] was selected for both HLF and LLF tasks.






DISCUSSION

This research presented a multi-class classification analysis of ankle motor tasks using non-invasive brain recorded signals from EEG and fMRI. As a result, we could successfully identify activation patterns for flexion and extension tasks at two different force levels in both feet. Due to the difficulty of measuring brain activity during walk related motor tasks inside the fMRI scanner, our approach focuses on the classification of ankle flexion and extension tasks that can provide an insight of control for a real time walking BCI. We obtained accuracies of 65.64% for the classification of estimated current sources, and of 22.19% for the classification of EEG sensor signals above chance level (11.11%) and no significant difference was found among classes across participants showing no disproportion of true positives.

The high classification accuracy could be attributed to the combination of VBMEG and SLR. From VBMEG, many redundant (but not identical) time series patterns of current sources are estimated and this output could give SLR many candidates for features selection from the sparse regularization point of view (Donoho, 2006). As a result, many similar time series patterns remain for classification producing high classification accuracies.

Additionally, the high-resolution fMRI prior may have also contributed to the high classification accuracy despite the use of 32 EEG channels. While a low resolution prior and a low number of electrodes affects the quality of the current sources estimated in VBMEG, and consequently the classifications results, the high spatial resolution area prior may be more important for proper current source estimation in VBMEG, than the number of EEG electrodes: a study performed by Aihara et al. (2012) showed that the detection accuracy of current sources from simulated EEG data and spatial priors at different resolutions, was largely affected by the spatial resolution of the prior than by the number of EEG sensors. Similar results were obtained with the experimental data, using 19, 31, and 64 EEG channels, and fMRI and near-infrared spectroscopy (NIRS) as priors. The fMRI prior and 64 EEG channels estimation was used as a reference. In both simulated and real data cases, the use of 19 EEG channels along with the lowest resolution prior (NIRS in the case of real data), outperformed the use of 64 EEG channels without any prior information for current source estimation.

Currently it is not possible to isolate or identify individual muscle activity from EEG recordings, however a previous study by Yoshimura et al. (2012) succeeded in reconstructing individual muscle activities (flexor carpi radialis and extensor carpi radialis brevis) from cortical current sources estimated from 32 EEG electrodes using VBMEG and a sparse regression method, in a five task experimental paradigm of wrist flexion and extension at high and low forces. These results further support the high performance of the current source estimation method with VBMEG. As for this study, we have partially succeeded in the reconstruction of ankle flexor (tibialis anterior) and extensor (soleus) muscles activities using the methods described in the paper.

As for the classification technique, we selected SLR as a classifier because it has a better classification performance in the presence of irrelevant features, when compared to more popular methods such as support vector machine (SVM) and regularized logistic regression (RLR; Yamashita et al., 2008). Additionally, in the multiclass classification each class has its own set of parameters, which allowed obtaining activation patterns of current sources that are specific to each of the experimental tasks.


Location of Features Contributive to Task Execution

The weights assigned by the classifier to EEG electrodes did not offer relevant information about the execution of the motor tasks of interest, however this result was reasonable considering the low classification accuracy of these signals. Higher weights tended to be assigned to electrodes placed over temporal and parietal lobes (P7, P8, T7, and T8; Figure 4). This outcome could be related to artifacts caused by eye movement or EMG artifacts during the isometric task execution.

In the case of current sources classification, we obtained different activation patterns distributed over known brain areas involved in motor planning and execution. Vertices that were selected by the classifier as relevant for more than one task, had different signal patterns to which we attribute the higher performance classification when compared to EEG sensor signals classification. These activation patterns are shown in Figure 5 for a representative participant. For conciseness, in Figure 5 single task patterns were merged into (1) left leg versus right leg tasks, (2) flexion versus extension tasks, and (3) high force versus low force tasks.

The group analysis showed current sources widely distributed along our ROI of Brodmann areas 1, 2, 3 (primary somatosensory cortex), 4 (primary motor cortex), and 6 (premotor cortex and supplementary motor area), however it also showed activations in the IPC and the OP. The activations in these areas adjacent to Brodmann areas 1, 2, 3, 4, and 6 were reasonable considering the co-registration and normalization methods of fMRI and MRI data are not optimal processes, and the inverse normalization is as good as the initial normalization to the standard brain for each participant.

Current sources located in the ipsilateral side of the brain (resting leg) were observed throughout participants. While these activations were expected by the use of a single fMRI prior and co-contractions during task execution, these activations are also reasonable considering that unilateral limb movements are not exclusive of the contralateral brain and also show activations on the ipsilateral brain (Chiou et al., 2013).



Brain Areas Contributive to Task Execution

Somatosensory information from Brodmann areas 1, 2, and 3 is used in motor control: area 3 receives information relevant for proprioception and skin touch, which is processed with areas 1 and 2 (Amaral, 2013). The primary motor cortex and the primary somatosensory cortex have shown prominent activations during walking experiments (la Fougère et al., 2010), which are strongly related to the goal of this study. Brodmann area 6 is involved in preparing and organizing voluntary movements (Cunnington et al., 1996; Sira and Mateer, 2014), and the highest activation in this area across participants may be related to the complexity of the task in which not only flexion and extension movements needed to be prepared for both lower limbs, but also force modulation was required. Activation in the IPC was observed in the rostral and middle areas. The rostral areas are functionally connected to motor, premotor, and somatosensory areas, thus this activation may be related to sensorimotor integration of motor task observation and task execution (Caspers et al., 2011), while middle IPC is involved visually guided attention, and it may have aroused as a result of the fixation crosses used during the EEG experiment (Caspers et al., 2013). The operculum (OP3 and OP4) is part of the secondary somatosensory cortex (SII). Studies in the role of SII in sensory-motor integration (Inoue et al., 2002) and its somatotopic map, have reported activations in SII as a result of mechanical plantar stimulation (to produce a gait-like somatosensory inflow; Labriffe et al., 2017) and somatosensory stimulation in the legs, trunk, hands and head (Disbrow et al., 2000; Eickhoff et al., 2007).

We also assessed the performance of the method in classifying tasks from each brain hemisphere (each leg separately), as a future application for patients with stroke. We created area and activity priors using the t-contrasts from only left leg tasks and only right leg tasks, and masked them with the previously described ROI. Priors in the left brain only were used for right leg tasks classification, and priors in the right brain only were used for the left leg tasks classification, resulting in 5-class classifications (4 active tasks per leg and a control task) with a chance level of 20% for each classification. Accuracies obtained from the current sources classification was significantly higher than EEG and chance level in each left leg (current sources: 70.55% ± 5.31; EEG: 31.40 ± 2.69; p = 1.19e−04 corrected for multiple comparisons) and right leg (current sources: 73.55 ± 2.82; EEG: 32.10 ± 3.07; p = 1.19e−04 corrected for multiple comparisons).



Advantage of Using Group fMRI Priors for Current Source Estimation

Various analyses using anatomical priors and fMRI priors obtained from individual analyses were also conducted in this study, obtaining current source classification accuracies similar to the group analysis (9-class mean classification accuracy in individual space: 69.25% ± 2.61). While the number of participants needs to be increased in order to draw more robust conclusions specifically for an fMRI second-level analysis, the purpose of using the group prior is to show that the methods described here are applicable using only structural MRI data, and therefore can benefit patients unable to use the MRI scanner for long sessions.



BCIs Application in Rehabilitation

Invasive BCI recordings in non-human primates have successfully been used for decoding kinematic and physiological activities (EMG), during forward and backward walking on a treadmill. In humans, the use of this method, along with exoskeletons or FES systems, could make it possible to create walking strategies that facilitate spinal cord plasticity to help recovering locomotion automatisms (Fitzsimmons et al., 2009). As for non-invasive techniques, the use of different strategies such as virtual reality, lower limb actuators, exoskeletons, etc., in patients with paraplegia, have already shown significant improvement in functional cortical plasticity in S1 and M1 areas (Donati et al., 2016). In this sense, the methods described here, along with high density EEG, might allow also for the prediction of kinematic variables in patients with limited mobility, aiming to design a control strategy where the patient has more control over the system than a robotic or neurostimulation solution.

In this study we have further assessed the potential of the VBMEG and SLR methods to design BCIs to control assistive and rehabilitation devices for the restoration of walking in patients with motor impairments. The highly enhanced spatial distribution of current sources over the brain cortex has the potential to identify changes in cortical plasticity in patients with stroke, to design interfaces that can identify vertices in the healthy brain relevant to the affected limb control, or to design BCIs for patients with spinal cord injury from current source estimation from motor imagery.



Challenges toward the Development of a Real-Time BCI

In order to design a reliable real time BCI, the accuracy of the system needs to be increased and a generalized classifier needs to be developed. In our experiment, blinking sessions were performed independently of task execution sessions, therefore online rejection of blinking artifacts should be implemented for the online application. One of the most challenging goals in this project is to develop a generalized classifier able to achieve high accuracies with all participants, due to, among other factors, the non-stationary nature of brain signals, parameter tuning and training of samples, internal artifacts, etc. Finally, a limitation in this study is the small sample of participants used and therefore it is necessary to increase the sample and extend these conclusions to a larger population.




CONCLUSION

In this study we have classified ankle flexion and extension movements at different force levels in healthy participants, using non-invasive brain activity recording methods. The technique applied in this research is applicable to real-time BCIs since the filters estimation can be done offline. Also, the nature of the recordings allows for this technique to be applied to a larger population of patients with motor impairments since it does not require surgery. Finally, different combinations of area and activity priors from fMRI can be applied, and therefore specific brain areas may be used to generate control strategies in patients with stroke or spinal cord injury.
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We present a novel assistive control strategy for a robotic hip exoskeleton for assisting hip flexion/extension, based on a proportional Electromyography (EMG) strategy. The novelty of the proposed controller relies on the use of the Gastrocnemius Medialis (GM) EMG signal instead of a hip flexor muscle, to control the hip flexion torque. This strategy has two main advantages: first, avoiding the placement of the EMG electrodes at the human–robot interface can reduce discomfort issues for the user and motion artifacts of the recorded signals; second, using a powerful signal for control, such as the GM, could improve the reliability of the control system. The control strategy has been tested on eight healthy subjects, walking with the robotic hip exoskeleton on the treadmill. We evaluated the controller performance and the effect of the assistance on muscle activities. The tuning of the assistance timing in the controller was subject dependent and varied across subjects. Two muscles could benefit more from the assistive strategy, namely the Rectus Femoris (directly assisted) and the Tibialis Anterior (indirectly assisted). A significant correlation was found between the timing of the delivered assistance (i.e., synchronism with the biological hip torque), and reduction of the hip flexors muscular activity during walking; instead, no significant correlations were found for peak torque and peak power. Results suggest that the timing of the assistance is the most significant parameter influencing the effectiveness of the control strategy. The findings of this work could be important for future studies aimed at developing assistive strategies for walking assistance exoskeletons.
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INTRODUCTION

Over the last decades, several lower-limb exoskeletons have been developed for gait assistance of people with pathological gait patterns or for augmenting human performance of healthy individuals (Pons et al., 2008). Many control strategies have been proposed and tested, with different approaches depending mostly on the residual movement capabilities of the target end-users (Yan et al., 2015). The control strategies developed for people without movement capabilities (e.g., complete spinal cord injury patients) aim to let the person stand and restore walking by means of predefined trajectory tracking of the lower-limb active joints (http://berkeleybionics.com; http://www.indego.com; http://rewalk.com; Wang et al., 2014). When people have residual lower-limb movement capabilities, the exoskeleton controller should be able to understand the user's intended movement, synchronize with the periodicity of the gait pattern and provide additional assistance in specific phases of the gait cycle. In this case, developing a control strategy that effectively interprets the information gathered from the sensors and delivers the necessary mechanical power to the user at the right time turns out fundamental for the exoskeleton to supply effective and natural assistance (Yan et al., 2015). In addition, the control strategy of a gait assistive device should be intuitive, in order to avoid burdening the user with an additional cognitive effort (Tucker et al., 2015).

A widely investigated assistive strategy for robotic exoskeletons consists of measuring the activation of the muscles involved in the movement by means of electromyographic (EMG) signals and applying an assistive torque proportional to the linear envelope (LE) of the EMGs, coherently with their agonist/antagonist action (Kiguchi and Imada, 2009; Kinnaird and Ferris, 2009; Sawicki and Ferris, 2009; Kao et al., 2010). Many examples can be found in the state of the art: HAL (http://www.cyberdyne.jp; Kawamoto et al., 2003), AFO (Kao et al., 2010), and KAFO (Sawicki and Ferris, 2009) use surface EMG signals to control the joint torques. In these cases, the main goal of the assistance is typically to restore a more efficient (physiological) gait pattern, that reduces the energy cost of walking (Ferris et al., 2008; Pons et al., 2008; Sawicki and Ferris, 2009) or muscular activation (Lenzi et al., 2013; Jackson and Collins, 2015).

Despite the intuitiveness of EMG proportional controllers, differently from AFOs or KAFOs, the development of a reliable EMG-based controller for a hip exoskeleton is challenging for two main reasons: first, the thigh cuffs that connect the device to the human might cover most of the thigh surface and the placement of electrodes under the cuffs may cause motion artifacts and discomfort to the user; second, in healthy subjects but also patients with muscle weakness of hip muscle groups (Lewis and Sahrmann, 2006), thigh muscle signals are not as powerful as ankle plantarflexors during walking, thus the detection of the onset of muscle activation might require complex signal processing techniques in real time.

To overcome these limitations, in this study we propose and validate a new myoelectric control strategy based on an ankle plantar-flexor muscle signal, i.e., the Gastrocnemius Medialis (GM) to control the flexion torque of an active pelvis orthosis (APO). We used the GM signal to control the hip flexion torque because its activation is easier to be collected compared to hip flexor muscle, i.e., the Rectus Femoris (RF) (Winter, 1990; Annaswamy et al., 1999) and it activates synergistically to the hip flexors in the late stance phase to accomplish swing initiation and forward progression (Winter, 1990; Mueller et al., 1994; Zajac et al., 2003).

The presented algorithm is a modified version of the one presented in Grazi et al. (2015). Compared to our previous work, in this study we included the possibility to slightly adjust the timing of the assistive torque based on the user's perception, in order to improve the human-robot synchrony.

Along with the description of the control strategy, we present the results of preliminary tests with eight healthy subjects, walking on the treadmill with the APO providing three levels of assistance, i.e., optimal, low, and high, customized on each subject. We assessed the performance of the GM EMG-based proportional controller during walking, by evaluating the synchrony of the delivered hip assistance with the hip flexors muscular activity and by assessing the effects of the assistance on lower-limb muscles activity.



MATERIALS AND METHODS


Experimental Apparatus

The experimental apparatus comprises three modules: (i) the APO (Giovacchini et al., 2015), (ii) a pair of shoes equipped with pressure-sensitive insoles (Crea et al., 2014), and (iii) a commercial EMG recording system.

APO

The APO is a lightweight lower-limb exoskeleton, conceived for assisting the hip flexion-extension movement (Figure 1). A horizontal C-shaped frame, surrounding the user's hips, and the back of the pelvis interfaces with the user's trunk by means of three orthotic shells (two lateral and one rear) and carries two actuation units, one for each hip flexion-extension joint, mounted on the lateral arms. The actuation unit employs a SEA architecture (Pratt and Williamson, 1995) and can provide torque up to 35 Nm. The actuated axes drive two carbon-fiber links molded with a shape sweeping from the lateral to the back side of the thigh. Thigh links are also endowed with a passive rotational Degrees of freedom (DOF) for abduction-adduction to provide a comfortable interaction and do not hinder the user's movement while walking. The control and power supply units of the APO are remotely located in order to reduce the load carried by the user.
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FIGURE 1. Overview of the Active Pelvis Orthosis. (A) Lateral view. (B) Frontal view. (C) During treadmill walking. Instrumented shoes and EMG electrodes are also shown.



The APO control system runs at 1 kHz on a real-time controller, a cRIO-9082 (National Instruments, TX, USA), which is endowed with a 1.33 GHz dual-core processor running a real-time operating system and a field programmable gate array (FPGA) processor Spartan-6 LX150.

Instrumented Shoes with Pressure Sensors

A pair of shoes was equipped with pressure-sensitive insoles for the measurement of the plantar pressure. Insoles consist of a matrix of pressure sensors and an electronic board endowed with Bluetooth® modules, for communication with external devices. Pressure signals were acquired and used to online extract the position of the plantar center of pressure in the longitudinal direction (CoP) and vertical ground reaction force (vGRF) (Crea et al., 2014).

Insoles were successfully used in other online applications, such as for providing lower-limb amputees with sensory feedback related to discrete gait events (Crea et al., 2015, 2017), to control an active prosthesis during different locomotion activities (Ambrozic et al., 2014) and to control an active lower-limb exoskeleton (Yuan et al., 2015).

EMG Recording System

EMG signals were collected using pre-gelled bipolar Ag/AgCl surface electrodes (Pirrone & Co., Milan, Italy) and recorded by means of a TeleMyo 2400R EMG recording system (Noraxon Inc., AZ, USA). EMG signals were sampled at 1.5 kHz and low-pass filtered at 500 Hz by the EMG recording system. These biosignals are used both as feeding signals to the controller and to record muscles activity patterns during walking.

System Integration

The data gathered from the three modules were integrated into the control system as depicted in Figure 2A.
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FIGURE 2. (A) Sub-modules of the experimental apparatus. (B) Architecture of the assistive controller. The inputs for the high-level control layer are the left vGRF, the CoP and the raw EMG signals of left and right GM muscles. The Gait Phase Estimator block computes the EGP. The Assistive Torque Generator block computes the LE. Each LE is then multiplied by k and delayed by Δt. The outputs of the high-level control layer are the torque reference control signals for the low-level closed-loop controller. (C) EGP, vGRF, CoP, hip joint angle, and GM EMG signals for a few steps. Blue lines represent data from the left side, green lines represent data from the right side. (D) Parameters extracted.



Data measured by the instrumented shoes were sent to a host PC through a Bluetooth® connection, read through a dedicated LabVIEW 2013 routine and, from the host PC, sent to the APO control board by means of a UDP connection.

The EMG recorder analog outputs were connected to the APO control board, i.e., the analog input channels of the cRIO-9082 FPGA. Data were acquired at 1 kHz and processed in real-time (Figure 2C).

Data were visualized on the host PC running a real-time LabVIEW 2013 Graphical User Interface (GUI). The GUI allowed also to set the parameters of the controller, and to save data for offline analysis.



APO Control Architecture

The control system is based on a two-layer hierarchical architecture (Figure 2B): the low-level layer, which implements the torque control loop in order to set the current to the motor drivers, and the high-level layer, which implements the assistive control strategy.

Low-level control. The low-level torque control is designed to manage the actuators in order to follow a desired torque value. The closed-loop controller is a two-pole-two-zero compensator operating on the error between the desired (τdes) and actual (τ) torques. More details are reported in (Giovacchini et al., 2015).

High-level control. The high-level control relies on a two-step algorithm: the first step allows the estimation of the gait phase and the second step allows the calculation of the desired assistive torque.

Gait Phase Estimator

This block aims at estimating the current gait phase in real time by means of adaptive oscillators (AOs) (Ronsse et al., 2011, 2013). The vGRF signals from the sensorized insoles are the inputs for the AOs which, in turn, are used to estimate the current gait phase (EGP); the CoP information allows detecting the heel strike (HS) event and reset the phase given by the AOs (Yan et al., 2016). The APO control architecture using AOs and the HS event to reset the phase has been presented and validated in the work by Ruiz Garate et al. (2016). The computed gait phase ranges between 0 and 2π rad, corresponding to [0 ÷ 100] % of the stride period (the 0% of the stride corresponding to the HS and the 100% to the subsequent HS of the same foot). The EGP is computed unilaterally for the left leg and the assumption of gait symmetry is considered.

Linear Envelope Calculator

The EMG raw signal is high-pass filtered (second-order Butterworth, cut-off frequency: 20 Hz), rectified and then low-pass filtered (second-order Butterworth, cut-off frequency: 3 Hz) to obtain a LE of the EMG signal (Kinnaird and Ferris, 2009).

Assistive Torque Generator

The computed GM LE and EGP are used to calculate the assistive torque. The assistive torque is calculated when the EGP ranges between 20 and 60%: indeed, according to Winter's data (Winter, 1990), this phase corresponds to the hip flexors and GM activity in the propulsion phase. Within the selected gait phase window, when the online LE overcomes a threshold (i.e., five times the standard deviation of the GM signal during resting, as suggested by Kinnaird and Ferris (2009) the LE is multiplied by a gain, k, to obtain the desired torque. The assistive torque could be delayed by a percentage of the gait cycle, T, based on the user's subjective perception of the assistance (1):
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where τ is the assistive torque, t is time, and t is the time delay corresponding to T. t is a function of the gait frequency Freqgait–computed by the AOs—and T. T could be set up to 10%, according to the user's perception of a comfortable timing for assistance.

Experimental Procedures

Upon arrival, the participant was informed about the study and asked to sign the written informed consent. Then s/he was asked to wear short sport pants, to allow easy placement of EMG electrodes, and wear the instrumented shoes.

The EMG electrodes were placed on the subject's left limb according to SENIAM recommendations (Hermens et al., 2000). The following muscles signals were recorded: Tibialis Anterior (TA), Vastus Lateralis (VL), Soleus (SOL), RF, Biceps Femoris (BF), Semitendinosus (ST), and GM. GM was recorded on the right and left limbs since it was necessary for generating the assistive torque.

Before wearing the APO, the subject was first requested to sit for 30 s, in order to record the EMG baseline signals and calculate the threshold for LE, and then to walk on the treadmill for 3 min at self-selected speed, in order to record the initial baseline (IBL) of the EMG activity during walking.

After the IBL was measured, the subject was asked to wear the exoskeleton, with the help of the experimenter.

A familiarization session was performed to tune the parameters for the assistive controller, i.e., the gain k and the phase delay T and let the subject familiarize with the assistance, walking at self-selected speed. Manual tuning was performed in two steps: first, T was set to 0% (i.e., the delivered torque was proportional to the GM EMG activation with no delay) and k was slowly increased from 0 until the maximum value for providing comfortable assistance; second, T was slightly modified in order to further increase the perception of comfort. Some iterations of the two steps could be repeated to fine tune the combination of the two parameters.

The testing session consisted of three trials with rests in between. Within each trial 3 min walking in assistive mode (AM) and 2 min walking in transparent mode (TM) were alternated. Within each single trial, three different levels of assistance were tested: the k-value set during the familiarization session (k100) was used to provide the “optimal” level of assistance (AM100); k was then scaled to 50% (k50) to provide the “low” level of assistance (AM50), and increased of 150% (k150) to provide the “high” level of assistance (AM150). The order of occurrence of the three assistive levels was randomized among trials and subjects.

After completing the three testing trials, subjects were requested to perform a 3 min walking session without the exoskeleton, in order to record the final EMG baseline (FBL).



Participants

Eight healthy volunteers (5 male, age: 25 ± 1 years, height: 175.2 ± 7.2 cm, weight: 66.6 ± 4.6 kg) participated to the study.

Experimental trials were carried out at the premises of the rehabilitation center Fondazione Don Carlo Gnocchi (Florence, Italy). The experimental procedures were approved by the local Ethical Committee and carried out in accordance with the Declaration of Helsinki.



Data Analysis

EMG and exoskeleton data were saved for offline analysis. Data were segmented into strides, using the gait phase estimated online. For each trial, strides of the last minute of each condition were used to extract the following gait parameters, as depicted in Figure 2D:

• Maximum hip flexion angle;

• Maximum hip extension angle;

• Delivered peak hip torque, τpeak;

• Gait phase at the torque peak, φtorque;

• Power peak.

The eight LE signals were normalized by the median value of the maxima values determined in each stride of the last minute of the IBL. Normalization was done to allow inter-subject comparison. Normalized LE signals were processed to extract the following EMG parameters:

• LE peak;

• Gait phase at the RF LE peak, φRF;

• Gait phase at the GM LE peak, φGM;

• LE peak coefficient of variation, CV.

For each stride we calculated the parameter Δφ as the difference between φRF and φtorque. Δφ was used to assess the synchronicity of the torque provided by the exoskeleton with the RF EMG activity. Median values and interquartile ranges of Δφ were extracted for each AM in each trial. For each stride we computed Δψ as the difference between φRF and φGM. Δψ was computed for IBL and AM conditions, to quantify the phase difference among the muscles activation peak and assess the goodness of the tuning procedure for the parameter T. Moreover, across-subjects average of the coefficients of variation (CV) were computed for RF and GM peaks with the goal of assessing the variability of the control signal. CVs were calculated from IBL data.



Statistics

Friedman test was used to check for across-condition differences of gait and EMG parameters and when appropriate Wilcoxon signed-rank test was used for post-hoc paired comparison. The significance level was set to 0.05.

Pearson correlation was computed to check for correlations between the percentage variation of the EMG RF signal and one of the following parameters: Δφ, peak torque and peak power values. When significant correlation was found (p < 0.05), robust regression was computed and data were checked to find possible outliers by evaluating the residuals of the regression; residuals were identified by applying bisquare weighting method.

Data analysis and statistics were performed using Matlab R2017a (The Mathworks, MA, USA). All statistics were considered significant for p < 0.05.




RESULTS


Controller Performance

The across-subjects averaged Δφ values did not show significant differences among conditions (p = 0.19, χ2 = 3.25, dof = 2): 8.5 ± 3.7 % for AM50, 7.7 ± 3.1 % for AM100, and 7.9 ± 4.2 % for AM150. Positive values of Δφ indicate that, within the stride, RF peaks occur later than the GM peaks. Values for each subject are reported in Table 1.



Table 1. Controller parameters. Median and interquartile ranges for Δφ and τpeak for each subject along with T and k100 values.
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No significant differences were observed in the across-subjects averaged Δψ-values among conditions (p = 0.82, χ2 = 0.9, dof = 3): for IBL 13.7 ± 6.6, 15.1 ± 3.0% for AM50, 14.9 ± 2.1% for AM100, and 15.0 ± 4.0% for AM150. Table 2 reports values for each subject.



Table 2. Δψ median values and interquartile ranges for each subject for the initial baseline and all assistive conditions.
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Goodness of the tuning procedure of the parameter T was evaluated by comparing T with Δψ (the difference between these two parameters is Δφ); as the goodness of the tuning procedure decreased, Δφ-values increased.

Finally, the CV of the RF peak was greater than the one corresponding to the GM (0.72 compared to 0.37).



Gait Adaptation to the Assistance

Kinematics and Dynamics

Kinematic and dynamic parameters are reported only for one side. Hip angle profiles for one representative subject are shown in Figure 3A. The across-subject average of the maximum and minimum peak angle values increased with higher levels of assistance (Figure 3B), and such variations were statistically significant (p < 0.05, χ2 = 13.63, dof = 3 for flexion peaks; p < 0.05, χ2 = 17.63, dof = 3 for extension peaks).
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FIGURE 3. Comparisons of the APO kinematic and dynamic variables between TM, AM50, AM100, and AM150 conditions. (A) Hip joint angles, delivered torque and mechanical power profiles for one representative subject; variables are plotted as median values and interquartile range contours of left hip joint. (B) Maximum and minimum hip flexion angle, torque peak, and power peak, averaged over all subjects: mean values ± SE. Asterisks denote p < 0.05.



In the k100 condition, the delivered torque was on average around 6.0 ± 0.8 Nm. Under k50, with lower assistance, the torque peak was 3.0 ± 0.5 Nm, whereas in k150 condition with high assistance the torque peak was 9.0 ± 1.1 Nm. The mechanical power peak changed accordingly (17.0 ± 5.3 W for AM100, 7.0 ± 2.7 W for AM50, and 28.0 ± 8.3 W for AM150).

EMG Analysis

EMG pattern profiles for those muscles whose activity showed differences between conditions are shown in Figure 4A for one representative subject; normalized EMG data are depicted in Figure 4B as across-subjects average values. Note that only TA peaks reported significant EMG variations across conditions (p = 0.001, χ2 = 20.24, dof = 5). TA, RF and GM showed increased EMG activity when subjects walked under TM compared to IBL and FBL; on the contrary, EMG activity of ST reduced. Compared to the TM condition, TA, RF, and GM peaks, in the propulsion phase, decreased in all the AM conditions. For the ST, the muscle activity increased in all AM conditions with respect to TM. In general, baselines were similar before (IBL) and after (FBL) the experimental session, except for ST, which showed increased FBL EMG activity.
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FIGURE 4. EMG data from left leg muscles (TA, RF, GM, ST) for the last minute of each tested condition. (A) EMG LE activation profiles for one representative subject. Profiles are shown as median values and interquartile range contours. (B) EMG peaks averaged over all subjects. Mean values ± SE are shown. Data are normalized for the IBL activation peak.



Figure 5 shows Pearson correlation analysis for RF EMG variations and Δφ. In the assistive conditions, correlation coefficients were found to increase with the assistance: r = 0.52 in AM50, r = 0.64 in AM100, r = 0.73 in AM150; moreover, also their significance increased with the assistance: no significance was found in AM50 (p = 0.18) and AM100 (p = 0.08), whereas significance was reached in AM150 (p < 0.05). For AM150, robust regression was performed and one outlier was found (corresponding to subject #6); once removed we obtained r = 0.84 (p < 0.02). No significant correlations were found for torque peaks (p = 0.09 in AM50, p = 0.22 in AM100, p = 0.97 in AM150) and power peaks (p = 0.8 in AM50, p = 0.25 in AM100, p = 0.19 in AM150).
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FIGURE 5. Pearson correlation analysis between Δφ and the percentage variation of RF EMGs for all assistance levels. Pearson correlation coefficient r and the level of significance p, are reported for each condition. Percentage variations are calculated for all AM conditions compared to TM. Colors are different participants. Red regions represent EMG activity increase, green regions represent EMG activity reduction. Orange lines indicate linear fit.






DISCUSSION

Several studies showed that human Central nervous system (CNS) implements different strategies to adapt to external forces or disturbances, in order to ensure efficient locomotion (Kiguchi and Imada, 2009; Kinnaird and Ferris, 2009; Kao et al., 2010; Lewis and Ferris, 2011; Ronsse et al., 2011; Lenzi et al., 2013). In order to develop intuitive and effective control strategies for gait assistance and avoid muscle co-contractions, the assistive torque must be provided to the joint with perfect synchrony with the torque exerted by the biological limb, namely a coordination between the human and the exoskeleton must be established (Cenciarini and Dollar, 2011). To do so, state-of-the-art EMG controllers typically use the myoelectric signal measured from the muscles directly involved in the assisted action and provide an assistive torque proportional to the muscle activation (Kinnaird and Ferris, 2009; Sawicki and Ferris, 2009; Kao et al., 2010).

In the state of the art, many studies investigated the optimal assistance timing for ankle exoskeletons (Kinnaird and Ferris, 2009; Malcolm et al., 2013, 2015; Mooney et al., 2014; Collins et al., 2015; Jackson and Collins, 2015; Galle et al., 2017), whereas only few more recent studies have explored this issue for hip exoskeletons (Ding et al., 2016; Lee et al., 2017; Young et al., 2017b). Ding and colleagues investigated the effect of timing of hip extension assistance on biological joint power and metabolic cost of walking by means of a soft exosuit (Ding et al., 2016). The soft exosuit was used to deliver different hip assistive profiles, with the main goal of studying how the selection of the onset and the duration of the assistive torque can affect the metabolic cost of walking and found clear correlation between the two parameters. Similarly, Young and colleagues investigated the optimal timing to deliver the hip assistance through a hip exoskeleton and found that the subjective perception of the delivery timing did not correlate with the higher reduction in the metabolic cost (Young et al., 2017b); this result suggests that relying on this information would maybe improve the subjective perceived comfort of the user but not necessarily bring to optimal results in terms of metabolic consumption. Lee and colleagues explored the effects of different assistance timings on metabolic cost and gait parameters (e.g., step length and cadence) by means of an exoskeleton conceptually similar to the APO (Lee et al., 2017). In this study, researchers explored the effect of different timing offsets between the peaks of hip joint velocity and assistance power: results showed that smaller timing offsets led to higher reductions in the metabolic cost.

The novelty of the myoelectric controller proposed in this work is that it uses a calf myoelectric signal to provide a hip flexion torque during walking. During the propulsion phase, the GM together with the Achilles tendon, generates the ankle plantar-flexion torque to propel the gait, while the RF is responsible for generating the hip flexion torque (Townsend et al., 1978; Winter, 1990); in this phase, the two muscles typically show temporal synergic actions, i.e., they have almost synchronous activations (Zajac et al., 2003). Results of this study are in line with previous works. Indeed, we observed that the assistance was more effective when the assistance peak was synchronous with the RF EMG peak.

The analysis of EMG peaks revealed that two muscles can benefit more from the assistance when compared to the TM. While the reduction of the RF signal could be a direct effect of the provided hip flexion torque, the significant reduction of the TA activation can be explained by the induced increase of the foot clearance (due to the increased hip flexion angle). In addition, the resulting increased flexion and extension hip angles in all AM conditions were in line with previous studies with hip-assistive exoskeletons (Ronsse et al., 2011; Lenzi et al., 2013; Young et al., 2017b). However, while TA normalized EMGs showed reduced activation also with respect to the baselines, RF normalized EMGs resulted higher, which could be explained by the fact that the synchronism between assistance and hip flexors EMG activity was not enough to reduce muscles activations even below the baseline.

Furthermore, correlation analysis was performed to observe whether the timing parameter Δφ could affect the variation of the RF EMGs. Correlation was found between Δφ and RF EMG peak suggesting that lower Δφ could lead to higher EMG reductions. These results could support the use of the proposed control strategy and suggest, for future studies, its use to further investigate how different assistance timing could affect muscles activity. However, due to the small sample size of this study, it is difficult to draw definitive conclusions on the effect of assistance timing, although evidences from other studies support these results.

As in Young et al. (2017b), in our study we relied on the subjective perception during the tuning procedure of the assistance and adjusted the torque delivery timing. Similarly, our results show that, in some cases, the subjective perception lead to worse synchrony between the assistance and the user's movement. Subjects may not have been able to recognize whether the assistance was synchronous enough, but could have based their judgments on the perceived comfort and stability of the gait, as pointed out in similar study (Young et al., 2017b). Furthermore, due to the poor reliability of the subjective perception, in future studies T could be rather tuned based on the computation of Δψ during baseline or familiarization sessions; indeed, since Δψ did not change across conditions, this parameter could ensure a reliable tuning procedure. In this way we could try to minimize Δφ values and increase the synchrony between exoskeleton torque and hip flexors EMG activity.

Similar to other walking assistance exoskeletons (van Asseldonk et al., 2008; Ronsse et al., 2011; Winfree et al., 2011; Lenzi et al., 2012; Knaepen et al., 2014; Sylos-Labini et al., 2014) the APO “transparent mode” performance can be affected by inertia and friction, which worsen the capability of the controller to achieve null output impedance. Due to these reasons, muscular activity can increase when the exoskeletons are controlled in TM, which might be related to the resistive action of the exoskeleton on the user's movement (van Asseldonk et al., 2008; Ronsse et al., 2011; Winfree et al., 2011; Lenzi et al., 2012; Knaepen et al., 2014; Sylos-Labini et al., 2014). Similar to previous studies, our results showed that when the APO was controlled in TM, all subjects increased their RF muscular activation compared to IBL, which suggests the need to carefully consider inertia and friction compensation strategies to improve the performance in TM.

Finally, using the GM instead of the RF signal to assist the hip flexion resulted in three additional advantages. First, since the GM activation was higher than the RF activation (Winter, 1990), the signal for the control was easier to be processed online. Second, the GM signal did not suffer from motion artifacts, which, on the contrary, would have affected the RF muscle signal, due to the mechanical interaction and relative movements between the thigh cuffs and the electrodes (Young et al., 2017a). Furthermore, as reported by Winter's data (Winter, 1990), also in our data we observed that the inter-subject variability of the GM was considerably lower than the RF, thus a more reliable controller was developed.



LIMITATIONS OF THE STUDY AND FUTURE PERSPECTIVES

The goal of most robotic lower-limb exoskeletons is to reduce the metabolic cost of walking of the user (Ferris et al., 2008). Understanding how to reduce the metabolic energy expenditure of human locomotion through exoskeletons is still a complex challenge, and a huge amount of research has been done to answer this debated question (Ronsse et al., 2011; Malcolm et al., 2013, 2015; Mooney et al., 2014; Collins et al., 2015; Ding et al., 2016; Young et al., 2017b). Changes in muscles activation timing and amplitude during the utilization of lower-limb exoskeletons can be revealed by the analysis of the EMG (Ferris et al., 2008). Therefore, EMG may better reflect the changes in the metabolic energy demand with respect to, for example, the analysis of joint dynamics alone (Ferris et al., 2008). However, EMG only is still not sufficient to prove any metabolic cost reduction, thus dedicated experimental trials must be performed in future activities. Moreover, the controller presented in this study did not work with sufficient performance with all the tested subjects. The controller parameters (namely T and k) were tuned according to the user subjective perception and this might not be a reliable strategy to determine the most effective assistance profile (Young et al., 2017b); indeed, in particular the set values of T were much smaller than the baseline Δψ values, clearly suggesting that improvements of the tuning phase are necessary. Moreover, due to inter-subject variability, the implicit use of Winter's gait profiles as initial reference for identifying the range of the assistance timing could have introduced an additional limitation in the tuning procedure. Future developments of the control algorithm should consider automated calibration procedures to set the timing parameter. Future studies will be carried out to verify that the proposed GM-based controller improves the performance of a proportional EMG controller based on thigh muscles.



CONCLUSION

In this work, a novel assistive control strategy for an APO was presented. The GM EMG signal is recorded to provide EMG-proportional assistive torque at the hip joints.

When the assistive torque profile was synchronous with the hip flexors muscular activity, the assistance resulted in reduced activation of the assisted muscles, i.e., the RF (directly assisted) and the TA (indirectly assisted), suggesting that the proposed strategy can induce the re-modulation of muscles activations and reduce the effort.

Future works will be aimed at improving the robustness of the proposed controller by means of an automatic procedure for parameters tuning in order to reduce the source of error and maximize the synchrony of torque delivery with the hip flexors activation. Future tests will also evaluate the effects of the assistance on the metabolic consumption.
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INTRODUCTION

In this paper, as in our previous works1 we evaluate some ethical questions about the domestic use of the robotic exoskeleton (ReWalk Robotics, Marlborough, MA, USA) (Esquenazi et al., 2012; Asselin et al., 2016) for gait assistance in people affected by a Spinal Cord Injury (SCI) (National spinal cord injury statistical center, 2010; Scivoletto et al., 2011). This device is presently FDA and EC market approved and it is now available in two different versions, one for hospital training and one for home-based use. The latter can be provided to the patient when a sufficient level of competence has been reached after special training. This work focuses on this second version of the ReWalk, since it was designed exclusively for domestic use.

Ethical concerns may arise because financial coverage of the home ReWalk version is still under debate for most patients; it depends mainly on personal resources in so far as home delivery is not supported by common and shared International Provisional rules.

In addition, in SCI patients the long term global consequences for health are marked by an increased risk of cardiovascular and metabolic diseases, while the paretic limbs may have a high risk of osteoporosis, skin lesions and deep venous thrombosis. Bowel constipation and pelvic floor impairment are other negative effects of SCI.

Patents with SCI, their relatives, and their health care providers frequently classify the recovery of the ability to walk as a high priority, even where great effort has been made to alleviate the aforementioned consequences (American Spinal Cord Injury Association, 1982; Nene et al., 1996).

To counteract these negative effects, Gait Retraining Programs have been operating for many years in order to exploit body-weight-supported gait on a treadmill (Sale et al., 2012), dynamic orthoses based upon passive mechanical hip-knee-ankle-foot orthoses (H-KAFO) which enable patients with SCI to ambulate over ground (Massucci et al., 1998) and/or similar synergic actions of Functional Electrical Stimulation (FES) with synchronized activation according to the different phases of the gait cycle (Nene and Patrick, 1990). Unfortunately, this type of treatment only results in obtaining a very slow gait speed with a high fatigue component.

Given these limitations, over the past 6 years the branch of Bioengineering applied to SCI rehabilitation has progressively introduced a few powered exoskeletons to induce robotic gait in AIS A SCI patients (Chen et al., 2013). A recent systematic review of the literature supports the effectiveness of different types of exoskeletons used in a rehabilitative setting in improving some physical conditions such as spasticity and blood pressure or certain aptitudes such as balance and autonomy in transfer (Esquenazi et al., 2012).



SCIENTIFIC EVIDENCE

According to data published in the literature, training with ReWalk can be provided only once specific inclusions criteria are satisfied: patients must be 18–65 years old, with a spinal cord injury between C6 and T12, and a score on the Modified Ashworth Scale equal to or less than 3, or absence of any joint constraints as determined by clinicians (Asselin et al., 2016).

As described in a recent meta-analysis conducted by Miller et al. (2016), it is interesting to note that effectiveness and safety of exoskeletons in SCI patients appear to be well consolidated in the International scenario. In this meta-analysis including 111 patients from 14 studies (8 of them analyzed the use of ReWalk), 76% of the patients were able to walk independently with the exoskeleton at the end of the treatment period and gait speed-averaged 0.28 m/s (range: 0.031–0.71 m/s). This review also showed a reduction of spasticity in 38% of the cases and an improvement of bowel management in 61%, while the metabolic demand averaged 3.3METs at a Borg mean value of 10 in a scale from 6 to 20 points. In this review negative side effects were represented by falls (4.4%) and bone fractures (3.4%). Even though this type of technology has not proved to be effective in enhancing autonomous gait recovery in SCI patients, it can be considered both as an assistive device to realize independent assisted walking and a rehabilitation tool for its ability to provide effective benefits to specific functions (i.e., bowel movements) and structures (i.e., trunk control) of the human body. Powered exoskeletons can be considered as motorized orthoses and prescribed as devices for domestic use with the purpose of allowing standing, walking, climbing stairs, and performing activities of daily living in a standing position.

Other Authors provided the evidence of improvement in some aspects of Quality of Life (General Health and the Physical Role of the SF12) and a good overall level of satisfaction with the use of ReWalk (Platz et al., 2016).

After a selection of participants, a step-by-step procedure introduced the patients to the following phases of the program (Asselin et al., 2016). The seven different steps are represented by: Fitting (the exoskeleton is adjusted according to the patient's measures); Donning (the specific strategy used to get into the ReWalk is explained); Standing (patients receive instructions about the way to control the activation of the exoskeleton while using crutches to stand up); Standing balance (while standing, shifting the body weight and moving the trunk to induce the walking phase); Walking with crutches and progressive goals in mobility (turning by 90 and 180°, arresting gait, walking through doors, using an elevator and walking close to other people); Sitting and Doffing.

All the procedures take place while a trained instructor is assisting the patient in all the different phases of the training program. The level of intervention is progressively reduced as the patient accomplishes all of the required functional tasks.



SHOULD I RESPOND TO THE BUDGET OR TO THE PERSON?

Financial coverage for domestic use of the ReWalk is still not supported by common and shared national and international provisions. Concerns of an ethical nature may arise since the domestic use of the device depends mainly on personal resources.

Thus in hospital settings the use of the exoskeleton for therapeutic purposes seems to be ethically justified because one single device can be available to many different patients for a limited period of time, and specifically to individualized therapeutic targets (Platz et al., 2016; Raab et al., 2016). This instrument appears to be a proportionate treatment for those patients affected by SCI. But the excessive costs (around $70,000.00) seem to influence the purchase for home use: “currently the technology for enhancement of the disabled is somewhat costly, limiting access to those few who can either afford to purchase access to the technology or those lucky enough to have health insurance plans that will pay for the costs associated with using this technology” (Greenbaum, 2015).

Good medical reasoning balances risks and benefits, and the use of the exoskeleton entails many of benefits. But the ethics issue, and not only the clinical issue, concerns what type of information the physician should offer the patient (Deledda et al., 2013). It also concerns resolving an ethical doubt: is it more correct to inform the patient, who will certainly improve in any case, but not as he would if he had the tool at home, of these facts? Or would it be more ethically correct to choose not to inform the patient a priori about this possible improvement in performance using the device at home unless he is the one who specifically asks (and presumably has the financial resources to pay for it)?

Another ethically relevant question regards the content of the information that is offered to the patient by the physician—even when patients can receive information from other sources—about both the possibility of using this instrument in a hospital, and at the same time, regarding the difficulty of achieving more effective improvements where there is no continued use of the instrument at home. In particular, the initial proposal to use the exoskeleton at home should not come from the patient, even if he/she already knows this device.

Where real economic difficulties exist: should the physician recommend this device a priori also as a “tool for domestic use”? Or, should he/she present it only as an additional (but costly) possibility?

This question may be analyzed using the four-principle approach, or Principlism. It attempts to examine ethical aspects of a biomedical question. They derive from “considered judgment” (Beauchamp and Childress, 2009) in the common morality and daily activities of healthcare professionals. These principles, as presented by Beauchamp and Childress (Engelhardt, 1996), can be used to resolve bioethical controversies.

They are: Respect for autonomy (respecting the decision-making capacities of autonomous persons; enabling individuals to make rational informed choices); Non maleficence (avoiding the causation of harm; the harm should not be disproportionate to the benefits of treatment); Beneficence (it considers the balancing of the benefits of treatment against the risks and costs; the healthcare professional should act in a manner which benefits the patient); Justice (distributing benefits, risks and costs fairly; the notion that patients in similar positions should be treated in a similar manner).



THE DOMESTIC USE OF THE EXOSKELETON INVOLVES ALL FOUR OF THESE PRINCIPLES

The patient's autonomy of choice should be always maintained, even in the case of refusal of treatment for economic reasons, and even if the patient should not be left alone in the decision-making process. The doctor - patient/family relationship should be considered the most convenient setting to make a free and conscious decision about specific treatments (Nelson, 2012). In particular, regarding the domestic use of the exoskeleton, the patient often needs both the doctor's and a family member's word. The physician is always called upon to take care of his/her patients, according to the criterion of the proportionality of the treatments (Nicoli and Picozzi, 2017), by helping the patient to understand the benefits and risks of treatment in order to ensure autonomous decision-making. Even the family members have a specific role in the domestic use of the exoskeleton, because the patient needs another person to put on and to use the device. An essential requisite is to clearly and precisely show the different outcomes of the use of the exoskeleton while respecting the patient's choice (Kaldjian et al., 2005; Geppert and Shelton, 2012).

In an essential good doctor-patient relationship, special attention is asked to be paid by the doctor to the possible emotional and psychosocial difficulties (following the principle of non-maleficence) that the patient might have to face knowing that his/her therapy would be more effective if continued at home, but that he does not have the possibility of buying the exoskeleton: “There may be concerns that the availability of exoskeletons will create a dependency on the technology, and a limited availability will lead to withdrawal-like symptoms, whereby disabled individuals who may have relied on the technology, may exhibit psychosocial withdrawal-like symptoms when they lose access, either because of scarcity of the product or because they can no longer afford access to it” (Platz et al., 2016).

The third principle, that of beneficence, responds to the most important aim of medicine: to provide benefits to others. In particular, as expressed in the Hippocratic oath: “to help, or at least to do no harm” (Ama Council on Ethical Judicial Affairs, 2012).

Over the past decades this principle has often been presented in contrast with the patient's right to choose autonomously about the treatments medicine has to offer: “the principle of respect for autonomy has grounded several rights for patients, including the right to receive information, to consent to and refuse procedures, and to have confidentiality and privacy maintained. Other ethicists ground such obligations on the health care professionals' primary obligation to beneficence, which means to act for the patient's medical benefit”2.

This argument finds its origins in the concept of Paternalism, an attitude according to which the physician is compared to a father and the patients to his children.

The distinction between soft and hard paternalism could better balance the principles of autonomy and beneficence. Hard paternalism seems not to consider the patient's opinion about his/her own choices, and the physician is thought of as the only well-informed individual able to perform care-planning for the patient's good. Soft paternalism seems resolve the conflict between the principle of beneficence and the principle of autonomy: it reflects “the intended beneficiary's own conception of his/her best interest, even if the intended beneficiary fails to fully understand or recognize those interests or to fully pursue them because of inadequate willfulness, commitment, or self-control”3. This conception of soft paternalism seems to be able to respect the autonomy of the patient, because it is oriented toward offering support so that the patient can choose the best solution for him/herself.

This is important in order to legitimize both the choice of the doctor who proposes the exoskeleton, and, the patient's option of refusing it.

The principle of justice is the last step involved in solving the ethical dilemma about the use of this device in a patient with economic difficulties. In its contemporary form, this principle is sometimes expressed as follows: “Individuals should be treated in the same manner, unless they differ in ways that are relevant to the situation in which they are involved” (Velasquez et al., 1990).

Indeed, Beauchamp and Childress underscore certain difficulties concerning the principle of justice regarding allocating, rationing and setting priorities.

The third aspect, the setting of priorities, is dedicated to costs, especially for insurance, new technology, deteriorating health conditions and longer life expectancy: “the question in setting priorities is how to determine what ought to be done when resources are inadequate to provide all of the health benefits that it is technically possible to provide”4. Unfortunately inconsistent results regarding the effectiveness of the use of the Exoskeleton are reported in the literature. Therefore, studies with patients who are chosen very selectively are needed to demonstrate the efficiency and effectiveness of this device in order to offer it to a larger number of patients (Datteri, 2013; Iosa et al., 2016; Raab et al., 2016).

At home, the use of the exoskeleton might be evaluated as a good choice if the economic burdens do not weigh solely on the patient: the excessive cost of the device should not eliminate a priori this possibility for the single patient.

Offering the opportunity for domestic use means building preferential paths with associative realities or foundations (e.g. patients' associations) aimed at offering specific services to a vaster number of patients, so as to increase the therapeutic efficacy and to shorten the waiting list.



CONCLUSION

In SCI patients, according to the available data, the use of exoskeletons is clinically and ethically justified. So far, the high cost of the device represents the main limiting factor for the adoption in home environments and places the issue of inequality on the access of technologically advanced assisted devices. This should not eliminate a priori this possibility for the single patient, since the health-care market is at present offering an array of solutions to various health-related problems which are based on patients' more or less limited economic possibilities.

To offer an opportunity for the domestic use of the instrument means to build preferential paths with patients' associations or foundations in order to offer specific services for a larger number of patients, so as to increase therapeutic efficacy and decrease inequality in the access to health care services and devices.
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1This case was initially presented at the 26th International Conference on Robotics in Alpe-Adria-Danube Region, L. Bissolotti, P. Zuccher, A. Zenorini, S. Chiari, P. Gaffurini, A. Pasini, F. Nicoli, Exoskeleton for Gait Training in Spinal Cord Injured people: clinical analysis and ethical Dilemmas, 2017 June 21-23 Tourin; and at the 31th European Conference on Philosophy of Medicine and Health Care (ESPMH), Exoskeleton for gait training in spinal cord injuried people: Should I respond to the budget or to the person?, Belgrade, Serbia 16-19 agosto 2017. A full version of this paper was accepted as chapter of the book “Advance in Service and Industrial Robotics” (eds. C.,Ferraresi, G. Quaglia) Springer, L., Bissolotti, P., Zuccher, A., Zenorini, S.,Chiari, P., Gaffurini, A Pasini, F. Nicoli. Exoskeleton for Gait Training in Spinal Cord Injuried People: Clinical Analysis and Ethical Dilemmas, 2018, pp. 759–765.
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The bi-articular m. gastrocnemius and the mono-articular m. soleus have different and complementary functions during walking. Several groups are starting to use these biological functions as inspiration to design prostheses with bi-articular actuation components to replace the function of the m. gastrocnemius. Simulation studies indicate that a bi-articular configuration and spring that mimic the m. gastrocnemius could be beneficial for orthoses or exoskeletons. Our aim was to test the effect of a bi-articular and spring configuration that mimics the m. gastrocnemius and compare this to a no-spring and mono-articular configuration. We tested nine participants during walking with knee-ankle-foot exoskeletons with dorsally mounted pneumatic muscle actuators. In the bi-articular plus spring condition the pneumatic muscles were attached to the thigh segment with an elastic cord. In the bi-articular no-spring condition the pneumatic muscles were also attached to the thigh segment but with a non-elastic cord. In the mono-articular condition the pneumatic muscles were attached to the shank segment. We found the highest reduction in metabolic cost of 13% compared to walking with the exoskeleton powered-off in the bi-articular plus spring condition. Possible explanations for this could be that the exoskeleton delivered the highest total positive work in this condition at the ankle and the knee and provided more assistance during the isometric phase of the biological plantarflexors. As expected we found that the bi-articular conditions reduced m. gastrocnemius EMG more than the mono-articular condition but this difference was not significant. We did not find that the mono-articular condition reduces the m. soleus EMG more than the bi-articular conditions. Knowledge of specific effects of different exoskeleton configurations on metabolic cost and muscle activation could be useful for providing customized assistance for specific gait impairments.

Keywords: bi-articular, mono-articular, exoskeleton, walking, gastrocnemius, soleus, metabolic cost, pneumatic muscles


INTRODUCTION

In most mainstream human-like robots (e.g., ASIMO, Sakagami et al., 2002), each degree of freedom of every joint is controlled by a separate actuator (Collins et al., 2005). Humans have not only muscles that actuate one joint but also muscles that cross two joints. These so-called bi-articular muscles, such as the m. gastrocnemius and biceps femoris, at first seem to be an unnecessarily complicated evolutionary adaptation for actions that could in principle be accomplished by mono-articular muscles. However, multiple sources of evidence point toward the benefits of biological bi-articular muscles (van Ingen Schenau, 1990). Bi-articular muscles facilitate the coupling of joint movements and allow to control distal joints via tendons connected to proximally located muscles, thereby reducing distal mass (Cleland, 1867). They also transport work from proximal mono-articular muscles to distal joints (Elftman, 1939; Van Ingen Schenau et al., 1987) while requiring lower shortening velocities from these muscles (Cleland, 1867; Bobbert and van Ingen Schenau, 1988). In walking, the bi-articular m. gastrocnemius has functions that differ from but are complementary to the functions of the mono-articular m. soleus (Neptune et al., 2001; Gottschall and Kram, 2005; Sasaki and Neptune, 2006; McGowan et al., 2008).

Several authors have proposed to use biological bi-articular muscles as inspiration in the design of robotic prostheses and exoskeletons (Ferris et al., 2007; Junius et al., 2017). Different groups are developing ankle prostheses with bi-articular components (Endo et al., 2009; Grimmer and Seyfarth, 2009; Eslamy et al., 2015; Flynn et al., 2015; Willson et al., 2015; Eilenberg, 2017) intended to mimic the function of the biological m. gastrocnemius. This gastrocnemius muscle has its origin on the medial and lateral epicondyles of the femur, inserts onto the calcaneus and performs primarily plantarflexion and secondary knee flexion. A simulation study (Eslamy et al., 2015) indicated that the addition of a gastrocnemius-mimicking bi-articular component could reduce the motor energy requirements of robotic prostheses. With respect to assistive devices that work in parallel with the body, different groups are designing exoskeletons and exosuits with multi-articular couplings (Dean, 2009; Bartenbach et al., 2015), often with non-biologically inspired configurations such as coupling plantarflexion with hip flexion (van den Bogert, 2003; van Dijk et al., 2011; Asbeck et al., 2013).

In contrast to studies in the field of prostheses, to our knowledge, no group has experimentally evaluated a configuration that mimics the biological m. gastrocnemius in exoskeletons. Exoskeletons are defined as anthropomorphic wearable devices that fit closely to the body and work in concert with the operators movements (Herr, 2009) and can be used for applications such as gait rehabilitation or assistance in clinical populations and augmentation in healthy populations. Exoskeletons with separate knee and ankle actuation have been designed (Sawicki and Ferris, 2009; Chen et al., 2016). However, a coupling similar to the m. gastrocnemius has only been evaluated in simulation.

A musculoskeletal simulation study by Arch et al. indicated that (mono-articular) ankle-foot orthoses do not sufficiently replicate the function of the m. gastrocnemius (Arch et al., 2016). Another simulation study by Baskar and Nadaradjane indicated that a bi-articular spring could potentially reduce the metabolic rate (Baskar and Nadaradjane, 2016). In their simulation they found that this bi-articular spring reduced the metabolic rate of the m. gastrocnemius, m. soleus and m. iliopsoas. It is uncertain to what extent the aforementioned simulation predictions would translate into experimental results. Previous simulation studies of exoskeletons (Farris et al., 2014; Van Dijk, 2015; Sawicki and Khan, 2016) often do not provide exact predictions of experimental results (van Dijk et al., 2011; Farris and Sawicki, 2012; Collins et al., 2015), which is likely due to the difficulty of predicting how a wearer will interact with an assistive exoskeleton (Gordon et al., 2006).

Our aim was to experimentally test the physiological and biomechanical effects of bi-articular configurations that mimic the biological m. gastrocnemius in healthy participants. To understand the specific effects of a bi-articular actuation path (based on the presence of bi-articular muscles in humans) and a bi-articular spring (based on the study by Baskar and Nadaradjane, 2016), we compared multiple configurations with bi-articular and mono-articular configurations either with or without a spring. We hypothesized that a mono-articular soleus-mimicking configuration would lead to a higher reduction in m. soleus EMG. We also hypothesized that bi-articular gastrocnemius-mimicking configurations would lead to higher reductions in m. gastrocnemius EMG. Finally, we hypothesized that bi-articular gastrocnemius-mimicking conditions would lead to higher reductions in metabolic rate compared to mono-articular conditions because they would provide additional assistance at the knee.



MATERIALS AND METHODS


Participants

We tested nine healthy participants (7♂, 2♀, 71 ± 2 kg, 177 ± 1 cm, 23 ± 1 year, values are mean ± standard error) during walking at 1.25 ms−1 on a treadmill (Figure 1). Since we did not have a prior estimate for the effect size for different exoskeleton configurations the number of participants was chosen based on other exoskeleton studies that demonstrate significant within-participant effects of different actuation types with 7–10 participants (Sawicki and Ferris, 2008; Malcolm et al., 2013; Collins et al., 2015; Mooney and Herr, 2016; Galle et al., 2017; Quinlivan et al., 2017). The walking speed of 1.25 ms−1 was selected to reflect the preferred walking speed of healthy adults (Rose et al., 1994) and to be similar to the speed that is used in most exoskeleton studies with healthy participants (Sawicki and Ferris, 2008; Malcolm et al., 2013; Collins et al., 2015; Galle et al., 2017). All participants of the study provided written informed consent prior to participation. The ethics committee of the Ghent University Hospital approved the protocol (Belgian registration number B670220097074).
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FIGURE 1. Methods. (A) Experimental setup. (B) Exoskeleton. Red circles and arrows indicate attachment locations and pulling force directions. (C) Schematic rear view of exoskeleton in the bi-articular conditions showing the origin of the pneumatic muscle attachment on the medial and lateral side of the thigh segment.





Exoskeleton

The participants wore bilateral hinged knee-ankle-foot exoskeletons powered by pneumatic artificial muscles (Figure 1, Movie 1). The exoskeleton consisted of three shells that fit around the foot, lower leg, and thigh. The shells were molded with thermoplastic on a person with average morphology. The shells were connected with orthopedic steel bars and hinge joints. The steel bars were situated both on the medial and lateral side of the leg.

The height of the hinge joint for the knee joint was adjusted to match the participants' anthropometry. The exoskeleton was attached to the wearer by means of Velcro straps and tape around the thigh and lower leg segment. The lower leg segment of the exoskeleton weighed 0.65 kg per side, and the thigh segment of the exoskeleton weighed 1.25 kg per side. The design of our new bi-articular exoskeleton was based on our previous ankle exoskeleton (Malcolm et al., 2013) with the addition of a thigh segment. The final design of the anchor points was based on a series of pilot tests and design modifications. The exoskeleton was tethered to a stationary power source and control unit. This type of tethered setup is similar to other knee-ankle-foot exoskeletons intended for biomechanics studies (Sawicki and Ferris, 2009) but it does not allow overground locomotion in contrast to certain other knee-ankle-foot exoskeletons (Chen et al., 2016).



Actuation Control

We actuated the exoskeletons with pneumatic artificial muscles of 3 cm in diameter. A computer program (LabView, National Instruments, Austin, TX, USA) was used to trigger the onset and end of the pneumatic muscle contraction at different percentages of the stride cycle based on signals from heel switches (Mec, Ballerup, Denmark). The pneumatic muscles were made to contract and lengthen by opening and closing of pneumatic valves (Festo, Esslingen, Germany). A constant supply pressure of 3.5 bar was used. The exact behavior of the pneumatic muscles was dependent on the inflation and deflation of the pneumatic muscles, the force-pressure-length relationship and the kinematics and the kinetics of the participant. This actuation control system was similar to the system used in Malcolm et al. (2013).



Conditions

We tested five conditions (Figure 2, Movie 1):
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FIGURE 2. Metabolic rate. Vertical bars show the change in metabolic rate compared to walking while wearing the exoskeleton powered-off. Differently colored bars represent the different exoskeleton configurations (shown in pictograms). The dashed gray line represents the difference in metabolic rate between the no-exoskeleton and powered-off conditions. Error bars indicate standard error. Shaded area indicates standard error for the no-exoskeleton condition. Percentages indicate percent reduction. Symbols in the vertical bars indicate significant differences compared to powered-off. Symbols below brackets indicate significant differences between other exoskeleton configurations. **p ≤ 0.01, *p ≤ 0.05.



In the bi-articular plus spring condition, we attached the proximal end of the pneumatic muscles to the medial and lateral sides of the thigh segment via an elastic cord and a second non-elastic cord in parallel with the elastic cord that served to limit the maximum elongation. When pilot testing the bi-articular plus spring condition, we determined based on subjective perception that this second non-elastic rope was necessary to achieve an assistive effect during push-off because pneumatic muscles can only contract up to about 30% of their resting length. We intended this configuration to assist both during the eccentric and the concentric phase of the m. gastrocnemius contraction.

In the bi-articular no-spring condition, we attached the proximal end of the pneumatic muscles to the medial and lateral side of the thigh segment only via a non-elastic elastic cord. We intended this configuration to assist mostly with the concentric phase of the m. gastrocnemius contraction.

In the mono-articular no-spring condition, we attached the proximal end of the pneumatic muscles to the shank. This attachment configuration was roughly similar to that used in our previous study (Malcolm et al., 2013) except that the participants wore the non-functional thigh segment of the exoskeleton to prevent the exoskeleton mass difference from confounding the effects of differences in the actuation configuration. We did not have a mono-articular plus spring condition because we were not able to fit a pneumatic muscle that would contract over a sufficient distance and a spring within the length of the shank segment of the exoskeleton.

In the powered-off condition, the participants wore the entire exoskeleton without actuators.

In the no-exoskeleton condition, the participants walked with normal shoes without the exoskeleton.

In all active conditions (i.e., the bi-articular plus spring, bi-articular no-spring, and mono-articular no-spring condition) we positioned the pneumatic muscles such that they had a moment arm of ~11 cm vs. the ankle joint. In the bi-articular conditions, the proximal attachment was positioned on the thigh such that in the standing position, the moment arm vs. the knee joint was about half of the moment arm vs. the ankle in order to mimic the biological moment arm ratio of the m. gastrocnemius (Hof, 2001). In all three active conditions, we mounted the pneumatic muscles such that they appeared to be maximally elongated with the knee fully extended and ankle in 15° dorsiflexion. In the bi-articular plus spring condition, the elastic cord was tensioned such that it starts providing force with the knee fully extended and the ankle in 5° plantarflexion. Both adjustments were performed using tensioning screws on the pneumatic muscles while the participant stood on a 15 or 5° slope. Both angles were selected during pilot test in order to achieve that in the bi-articular plus spring condition the pneumatic muscles would be maximally elongated and start to apply force at initial forefoot contact (i.e. the beginning of the eccentric phase of the plantarflexors) and the bi-articular no-spring and mono-articular condition would reach maximum elongation at the beginning of the concentric phase of the plantarflexors.



Protocol

Before the metabolic and biomechanical testing protocol, the participants were allowed 18 min (Galle et al., 2013) of habituation to the different exoskeleton configurations with different timings. We used a perception-based optimization method (Caputo, 2015) to determine the optimal onset timing control input in each active condition. In one trial, we gradually shifted the onset timing from 23 to 53% of the stride until the participant verbally indicated that the actuation onset timing went past their perceived optimum. In another trial, we followed the same procedure in the opposite direction. We then used the mean values from the ascending and descending trials as control inputs for further metabolic and biomechanical testing. For the actuation ending, we always used a fixed control input of 60% of the stride. In the metabolic and biomechanical testing protocols, participants walked 4 min in each condition and rested while we changed the configurations. We randomized the order of the conditions.



Measurements

We recorded respiratory O2 consumption and CO2 production via indirect calorimetry (Oxycon Pro, Jaeger GMBH, Höchberg, Germany). We recorded the force from the pneumatic muscles at a rate of 1,000 fps with a load cell (210 Series, Richmond Industries Ltd., Rearing, United Kingdom) mounted on the distal end of the pneumatic artificial muscles such that the load cell registered the total force from the pneumatic muscle (and the series elastic cord and/or non-elastic cord in the bi-articular conditions). The load cell data from one participant are missing due to a device malfunction. We recorded the muscle activation on the right leg of the m. tibialis anterior, soleus, gastrocnemius medialis, gastrocnemius lateralis, vastus lateralis, rectus femoris, biceps femoris, and gluteus maximus at a rate of 1,000 fps using surface EMG sensors (Noraxon, Scottsdale, AZ, USA). We measured the kinematics of the right leg using sagittal video recording at a rate of 200 fps (Basler AG, Ahrensburg, Germany) and reflective markers on the forefoot, ankle, knee and trochanter. We recorded heel contact times using the foot switches of the exoskeleton. We processed indirect calorimetry measurements for the last 2 min of each 4-min condition. We collected load cell, EMG, kinematic, and temporal data only during the exoskeleton conditions (i.e., the active conditions and the powered-off condition) over a 10-second period during the last minute of each condition.



Data Processing

We calculated the metabolic rate using the Brockway equation (Brockway, 1987) and a measurement of the resting metabolic rate while standing to obtain the net metabolic rate for the walking conditions. We rectified the EMG data, applied a band pass filter (50–450 Hz) and then calculated a moving root mean square with a window of 100 ms. We normalized the EMG data to the average peak value per stride in the powered-off condition. We filtered the marker data with a 12-Hz Butterworth lowpass filter. Based on visual inspection, we excluded the EMG data from 24 trials (out of 288 in total) due to the presence of artifacts. We calculated the sagittal plane joint angles and angular velocities of the ankle, knee, and hip joints. For each joint angle, we subtracted the joint angle in the standing position. We estimated the total exoskeleton ankle moment by multiplying the load cell force by the moment arm vs. the ankle. In the bi-articular condition, we estimated the exoskeleton knee moment by multiplying the load cell force by the moment arm vs. the knee. We calculated the total exoskeleton power vs. the ankle and the knee by multiplying the exoskeleton moments by the joint angular velocities, and we calculated the positive exoskeleton work rates by integrating the positive portions of the exoskeleton power over time and dividing by the stride time. We calculated the step length by multiplying the step times obtained from foot switches by the speed of the treadmill. All time-series data were normalized vs. the stride time based on heel contact detection by the foot switches. We calculated the minima and maxima from all normalized stride time data, and we calculated the onset timing from the exoskeleton ankle moment data.



Statistics

For each time series and metric, we calculated the mean and standard error. For each metric, we tested whether there were any effects of exoskeleton condition using repeated measures ANOVA. We used Mauchly's test to verify sphericity and used the Greenhouse-Geiser correction if the sphericity assumption was violated. If the repeated measures ANOVA indicated a significant effect, we evaluated pairwise differences using paired t-tests using the least significant difference method. For the actuation onset timing metric, we tested whether there was a significant difference between the value in the mono-articular no-spring condition and the value of 42.5%, which was the average optimal timing of earlier publications with a similar mono-articular actuator configuration (Malcolm et al., 2013; Galle et al., 2017) using a one-sample t-test. We also tested whether the exoskeleton work rate had a significant linear effect on the reduction of the metabolic cost using mixed-model ANOVA. For the repeated measures ANOVA we reported the degrees of freedom of the condition, the degrees of freedom of the error, the f-value, the p-value, and the partial eta squared. For the t-tests we reported the degrees of freedom, the t-value, the p-value, and the Cohen's d. For the mixed-model ANOVA we reported the degrees of freedom, the t-value, the p-value, and the R2 between the estimated metabolic cost (obtained using the equation obtained from the mixed-model ANOVA) and the actual metabolic cost. All statistical tests were conducted in MATLAB (MathWorks, Natick, MA, USA).




RESULTS


Exoskeleton Mechanics

Participants selected actuation onsets of 36.1 ± 1.6, 38.4 ± 1.3, and 40.9 ± 0.9% in the bi-articular plus spring condition, bi-articular no-spring condition, and mono-articular no-spring condition, respectively (Figure 3). Exoskeleton configuration had a significant effect on the onset timing obtained from the perception optimization (df cond. = 2, df err. = 14, F = 4.080, p = 0.040, η2 = 0.368). The selected actuation onset was significantly earlier in the bi-articular plus spring condition than in the mono-articular no-spring condition (df = 7, T = 2.927, p = 0.022, d = 1.034). The selected actuation onset in the mono-articular no-spring condition was not significantly different from the average value from previous publications in which similar mono-articular soleus-mimicking configurations were used (Malcolm et al., 2013; Galle et al., 2017) (df = 7, T = 1.739, p = 0.126, d = 0.61, one-sample t-test vs. 42.5%).
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FIGURE 3. Exoskeleton moment. (A) Exoskeleton ankle moment vs. stride time. Colored lines indicate the population average of different conditions (shown in pictograms). Shaded areas indicate standard error. (B) Actuation onset timing. (C) Peak moment. Differently colored bars represent the different exoskeleton configurations. Error bars indicate standard error. Symbols next to brackets indicate significant differences between exoskeleton configurations. *p ≤ 0.05.



The peak exoskeleton ankle moments were 0.35 ± 0.04, 0.26 ± 0.04, and 0.33 ± 0.03 Nm kg−1 in the bi-articular plus spring condition, bi-articular no-spring condition, and mono-articular no-spring condition, respectively. Exoskeleton configuration had a significant effect on the peak exoskeleton moment (df cond. = 2, df err. = 14, F = 5.503, p = 0.017, η2 = 0.440). The peak exoskeleton ankle moment in the bi-articular plus spring condition was higher than that in the bi-articular no-spring condition (df = 7, T = 2.934, p = 0.022, d = 1.037). The elastic cord in the bi-articular plus spring condition resulted in an average angular stiffness of 2.662 Nm°−1 around the ankle during the phase before the pneumatic muscle contraction.

The peak exoskeleton positive ankle work rates were 0.065 ± 0.006, 0.044 ± 0.006, 0.103 ± 0.011 W kg−1 per side in the bi-articular plus spring condition, bi-articular no-spring condition, and mono-articular no-spring condition, respectively. The peak exoskeleton positive knee work rates were 0.110 ± 0.011 and 0.070 ± 0.013 W kg−1 per side in the bi-articular plus spring condition and bi-articular no-spring condition, respectively.



Metabolic Rate

Net metabolic rates were 2.79 ± 0.12 W kg−1 in the bi-articular plus spring condition, 3.04 ± 0.15 W kg−1 in the bi-articular no-spring condition, 3.02 ± 0.12 W kg−1 in the mono-articular no-spring condition, 3.21 ± 0.13 W kg−1 in the powered-off condition, and 2.77 ± 0.12 W kg−1 in the no-exoskeleton condition (Figure 2). Exoskeleton configuration had a significant effect (df cond. = 4, df err. = 32, F = 4.832, p = 0.004, η2 = 0.377) on the net metabolic rate. The metabolic rate in the bi-articular plus spring condition was 12.8 ± 3.1% lower than that in the powered-off condition (df = 8, T = 3.734, p = 0.006, d = 1.245), and lower than that in the bi-articular no-spring condition (df = 8, T = 2.920, p = 0.019, d = 0.973). The metabolic rate in the bi-articular no-spring condition was on average 5.6 ± 2.7% lower than in the powered-off condition but this difference was not significant (df = 8, T = 2.042, p = 0.075, d = 0.681). The metabolic rate in the mono-articular no-spring condition was 5.7 ± 2.5% lower than in the powered-off condition (df = 8, T = 2.400, p = 0.043, d = 0.800). The metabolic rate was 13 ± 4% lower in the no-exoskeleton condition than in the powered-off condition (df = 8, T = 2.971, p = 0.018, d = 0.990). None of the exoskeleton conditions reduced the metabolic rate below that of the no-exoskeleton condition.

There were significant relationships between the metabolic rate and positive ankle work (df = 30, T = 0.212, p = 0.042, R2 = 0.126, mixed-model ANOVA), positive knee work (df = 30, T = 3.392, p = 0.002, R2 = 0.260), and positive total joint work (df = 30, T = 4.175, p < 0.001, R2 = 0.33) (Figure 4).


[image: image]

FIGURE 4. Metabolic rate vs. exoskeleton power and work. (A) Exoskeleton ankle and knee power. Since pneumatic muscles can only apply a pulling force, positive ankle power indicates ankle angular velocity in the flexion direction and positive knee power indicates knee angular velocity in the flexion direction. Colored lines indicate the population average of different conditions. Shaded areas indicate standard error. (B) Change in metabolic rate vs. positive exoskeleton work. Large dots indicate population average for each condition. Small dots indicate individual trials. Dashed lines indicate results from regression equation from mixed-model ANOVA. R2 values are calculated based on Pearson's correlation of estimated results from mixed-model ANOVA vs. actual metabolic results from all participants and conditions. **p ≤ 0.01, *p ≤ 0.05.





EMG

Exoskeleton configuration had significant effects on the peak EMG-values of the m. soleus (df cond. = 3, df err. = 18, F = 8.882, p < 0.001, η2 = 0.597) and biceps femoris (df cond. = 3, df err. = 15, F = 3.895, p = 0.031, η2 = 0.438) (Figure 5).
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FIGURE 5. EMG. (A) EMG vs. stride time. Different plots are from different muscles. Colored lines indicate the population average of different conditions (shown in pictograms). Shaded areas indicate standard error. (B) Peak EMG values for each muscle and condition. Differently colored bars represent the different exoskeleton configurations. Error bars indicate standard error. Symbols next to brackets indicate significant differences between exoskeleton configurations. *p ≤ 0.05. **p ≤ 0.01.



The peak m. soleus EMG-values in the bi-articular plus spring condition (df = 7, T = 4.314, p = 0.004, d = 1.525) and mono-articular no-spring condition (df = 6, T = 4.031, p = 0.007, d = 1.524) were lower than in the powered-off condition.

The peak m. biceps femoris in the bi-articular no-spring condition was also lower than that in the powered-off condition (df = 5, T = 3.033, p = 0.029, d = 1.238) and that in the bi-articular plus spring condition (df = 5, T = 5.178, p = 0.004, d = 2.114).



Kinematics

Exoskeleton configuration had significant effects on maximum plantarflexion (df cond. = 3, df err. = 24, F = 44.481, p < 0.001, η2 = 0.848), maximum dorsiflexion (df cond. = 3, df err. = 24, F = 12.089, p < 0.001, η2 = 0.602), and maximum knee extension (df cond. = 3, df err. = 24, F = 3.709, p = 0.025, η2 = 0.317) (Figure 6).
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FIGURE 6. Kinematics. (A) Joint angle vs. stride time. Different plots are from different joints. Colored lines indicate the population average of different conditions (shown in pictograms). Shaded areas indicate standard error. (B) Peak extension and flexion angles. Differently colored bars represent the different exoskeleton configurations. Error bars indicate standard error. Symbols next to brackets indicate significant differences between exoskeleton configurations. *p ≤ 0.05. **p ≤ 0.01.



Maximum plantarflexion in the mono-articular no-spring condition was higher than those in all other exoskeleton conditions (df = 8, all T ≥ 7.594, all p < 0.001, all d ≥ 2.531). Maximum plantarflexion in the bi-articular plus spring condition was higher than that in the powered-off condition (df = 8, T = 2.949, p = 0.019, d = 0.983). In all active exoskeleton conditions, the maximum dorsiflexion angle before push-off was lower than that in the powered-off condition (df = 8, all T ≥ 3.720, all p < 0.006, all d ≥ 1.240).

Maximum knee extension (just before push-off) in the mono-articular no-spring condition was higher than those in all the other exoskeleton conditions (df = 8, all T ≥ 2.583, all p < 0.033, all d ≥ 0.861). We found no significant effects of exoskeleton configuration on hip joint angle or step length.

Overall, in the bi-articular conditions the coupling between the knee and ankle angle was more similar to the powered-off condition than in the mono-articular condition (Figure 7).
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FIGURE 7. Bi-articular coupling. Plot shows knee angle plotted on the vertical axis vs. ankle angle on the horizontal axis as in Robertson et al. (2004). Full lines indicate stance phase. Dotted lines indicate swing phase. Colored lines indicate the population average of different conditions. Stick figures indicate lower limb kinematics position at different points on the gait cycle. This figure shows that in the bi-articular conditions the coupling between the knee and ankle angle is more similar to the powered-off condition.






DISCUSSION

Our aim was to evaluate an exoskeleton with a bi-articular actuation configuration that mimicked the eccentric and concentric behavior of the m. gastrocnemius and to compare this condition with one that mimicked only the concentric behavior of the m. gastrocnemius and one that mimicked the concentric behavior of the m. soleus. We found that the bi-articular plus spring condition provided the highest reduction in metabolic cost (13% compared to powered-off, Figure 2). The bi-articular no-spring condition and the mono-articular no-spring condition both provided reductions of ~6% compared to powered-off. In contrast to our hypothesis we did not find the highest reduction in m. soleus EMG in the mono-articular condition. On average m. gastrocnemius EMG appeared to be lower in the biarticular conditions than in the mono-articular condition but this was not significant.

Peak exoskeleton ankle moment and exoskeleton ankle work rate values in the active conditions were respectively around 17 and 23% of the biological moment and work rate values reported in Winter (1983). In the bi-articular conditions there was an exoskeleton knee flexion moment and positive exoskeleton knee flexion work during the phase when the biological knee moment is in the extension direction and the biological knee work is negative (Winter, 1983) so the knee action of the exoskeleton was different than the action of the net of all the biological knee muscles. However, it is known that non-biological exoskeleton behavior can sometimes be more effective than biological behavior (Mooney and Herr, 2016; Uchida et al., 2016).

The reduction in the m. soleus EMG in the mono-articular no-spring condition is consistent with results from other studies showing that mono-articular ankle exoskeletons can reduce the m. soleus EMG (Sawicki and Ferris, 2008; Galle et al., 2013, 2017). The fact that the reduction in the m. soleus EMG is not the highest in the mono-articular no-spring condition despite the fact that in this condition the assistance is in parallel with the m. soleus may have been due to the higher maximum plantarflexion in the mono-articular no-spring condition (Figure 6). It appears that the participants utilized the exoskeleton assistance in that condition to increase plantarflexion instead of maximizing reductions in the m. soleus EMG while keeping kinematics invariant. Similar kinematic changes have also been observed in other studies with ankle exoskeletons and exosuits (Koller et al., 2015; Mooney and Herr, 2016; Quinlivan et al., 2017). The absence of a similarly large increase in plantarflexion in the bi-articular conditions may have been because the attachment points of the pneumatic muscle came closer to each other when the knee started to flex during push-off. Overall it appears that the bi-articular conditions allowed for more natural knee and ankle kinematics than the mono-articular condition (Figure 7). For future exoskeleton designs it appears that this type of bi-articular configuration could be useful if the objective is to assist while maintaining kinematics that are as close as possible to natural biological kinematics.

Though we did not find increases in knee flexion in the bi-articular conditions, we did find reductions in the biceps femoris EMG at the end of swing. Because the biceps femoris is in part a knee flexor muscle it could be that the higher reduction in biceps femoris EMG is because the bi-articular conditions effectively assisted the knee flexion function. Although it seems logical that we did not find these reductions in the m. biceps femoris EMG in the mono-articular condition, we know from other studies that the m. biceps femoris EMG can actually also be reduced with a mono-articular exoskeleton, for example by providing higher assistive moments (Galle et al., 2017).

The additional assistance with knee flexion may have contributed to our finding of the highest reduction in metabolic rate in the bi-articular plus spring condition. We found that the sum of the positive ankle and knee work from the exoskeleton had the strongest correlation with the metabolic rate reduction (Figure 4). It appears that this work sum was the highest in the bi-articular plus spring condition due in part to the additional work delivered at the knee. Another explanation is that the bi-articular plus spring condition provided the highest negative work assistance at the ankle thanks to the early actuation time selected by the participants and the elastic element (Figure 3). Following the same hypothesis that was suggested in a study with an elastic ankle exoskeleton (Collins et al., 2015) the additional assistance during the isometric contraction phase of the biological plantarflexors could explain the higher metabolic reduction in the bi-articular plus spring condition.

The participants preferred earlier actuation onset timing in the bi-articular plus spring condition than in the mono-articular no-spring condition. It has been suggested that due to attributes such as low weight and elastic behavior, pneumatic muscles are useful for applications involving human interaction, such as exoskeletons (Daerden and Lefeber, 2002). However, it is also known that the contraction forces of pneumatic muscles are highest when they are elongated, and that pneumatic muscles can cause the ankle to plantarflex earlier than normal (Gordon et al., 2006). Furthermore, a simulation study of walking with an elastic ankle-foot orthosis showed that a soleus-mimicking mono-articular orthosis could cause unnatural premature knee extension during midstance (Arch et al., 2016). This inelastic pneumatic muscle behavior at maximum elongation combined with the potential to cause unnatural knee extension when actuation would be too early may explain why the participants preferred a later actuation onset timing in the mono-articular no-spring condition.

A limitation of our study is that the timing for each condition was selected based on perception tests. The perceived optimal timing in the mono-articular no-spring condition was not significantly different from the optimal timing found in previous studies (Malcolm et al., 2013; Galle et al., 2017), which suggests that the participants were relatively good at identifying their optimal timing. However, we do not have direct evidence that the participants correctly selected the optimal timing in the bi-articular conditions. Another limitation is that the actuator configuration was not the only difference between the conditions; there were also differences in other parameters such as timing, peak moment, work, etc. It is impossible to vary one parameter in isolation and keep every other actuation parameter constant because changes in exoskeleton parameters usually also change the kinematics (Galle et al., 2015; Koller et al., 2015; Mooney and Herr, 2016; Quinlivan et al., 2017). This challenge seems to be common in the field, and as far as we know, there are only a very small number of experimental studies that describe within-subject comparisons of exoskeleton conditions (Ding et al., 2017). In an ideal case, either a constant rate of work should be delivered in all the conditions or all the parameters of the entire actuation profile should be optimized for each condition. Delivering a constant rate of work in all conditions would allow to answer the question which is the best configuration to deliver a certain rate of work. In the current experiment it could be that the bi-articular plus spring provided the highest metabolic cost reduction simply because this allowed to provide more mechanical work assistance to the ankle plus the knee. However, recent studies learn that exoskeleton mechanical work only is not necessarily related to reduction in metabolic cost (Jackson and Collins, 2015; Zhang et al., 2017). Optimizing the entire actuation profile in order to identify the best profile for each configuration would require using human-in-the-loop optimization (Zhang et al., 2017). However, this approach was not feasible at the time of the data collection in our study. Another limitation in the interpretation of the results is that we only calculated the total power from the pneumatic muscle (and the series elastic cord and/or non-elastic cord in the bi-articular conditions). Calculating the power from each component separately would allow to discuss how each component contributes to the power delivered by the exoskeleton (Eslamy et al., 2015; Yandell et al., 2017). An alternative approach to conduct our study could have been to use two single joint actuators: one at the ankle and one at the knee. By using two separate actuators it would be possible to separate the assistive effects at the ankle and the knee. The two actuators could be programmed to behave as if there is a biarticular connection from the foot to the thigh or even different combinations of ankle and knee actuation could be tested. The fact that the actuation profiles were not fully optimized probably contributed to the fact that none of the exoskeleton conditions reduced the metabolic cost below the level of walking without an exoskeleton.

Another reason why we did not find reductions in metabolic cost below that of walking without an exoskeleton may have been the additional mass of the thigh segments of the exoskeleton. While our exoskeleton weighed relatively less than other knee-ankle-foot exoskeletons such as the ones from Chen et al. (2016) (3.5 kg for one side) and Sawicki and Ferris (2009) (2.9 kg for one side) it still weighed a considerable total of 1.9 kg per side. Based on a literature regression equation (Browning et al., 2007), we estimated that the weight of the thigh segments would have caused a penalty in metabolic cost of 6.7%. The metal bars on both the medial and lateral side of the legs might have encumbered walking and caused participants to take wider steps. Some designs from other exoskeletons that use struts only on the lateral side of the leg might solve this problem (Suzuki et al., 2007; Esquenazi et al., 2012). Our exoskeleton design used a simple hinge joint for the knee, whereas the knee actually has a moving axis of rotation (Witte et al., 2017). The use of design principles from soft exosuits for the knee (Wehner et al., 2013; Park et al., 2014) could potentially both help reduce the weight of our device and resolve problems with joint axis alignment.

For clinical application of our exoskeleton the design and actuation profiles would need to be optimized. For example, the optimal timing could be different for every single patient as was found in stroke patients in Awad et al. (2017). It is unknown if the biarticular configuration and spring would have benefits in different populations such as patients since the current study was only conducted in a small sample of nine healthy volunteers and at a higher walking speed than patients typically use.

In conclusion, we found that a bi-articular exoskeleton configuration that mimics the m. gastrocnemius can reduce the metabolic cost of walking and reduce biceps femoris EMG. The following factors could have contributed to the higher reduction in metabolic rate in the bi-articular plus spring condition: closer to normal ankle and knee kinematics, additional assistance with knee flexion and higher total mechanical work assistance. However, we do not know to what extent each of these factors contributed to the metabolic cost result. Future exoskeleton designs could leverage each of these factors, possibly with different exoskeleton designs than ours, for example with separate ankle and knee actuation or with more lightweight and soft structures. Knowledge about specific effects of exoskeleton configuration on metabolic costs and muscle activation could be applied to providing customized assistance for different gait impairments or injuries and could also lead to novel experiments aimed at investigating the separate roles of the m. gastrocnemius and soleus.



AUTHOR CONTRIBUTIONS

PM, SG, WD, and DD designed the study. PM and SG performed data collection. PM performed the data analysis and drafted the manuscript. All authors edited and revised the analyses and the manuscript and gave final approval for publication.



FUNDING

SG was supported by Special Research Fund of Ghent University (BOF10/DOC/288). PM received partial support from the Center for Research in Human Movement Variability of the University of Nebraska Omaha and the NIH (P20GM109090).



SUPPLEMENTARY MATERIAL

The Supplementary Material for this article can be found online at: https://www.frontiersin.org/articles/10.3389/fnins.2018.00069/full#supplementary-material
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The Ossification of the Posterior Longitudinal Ligament (OPLL) is an idiopathic degenerative spinal disease which may cause motor deficit. For patients presenting myelopathy or severe stenosis, surgical decompression is the treatment of choice; however, despite adequate decompression residual motor impairment is found in some cases. After surgery, there is no therapeutic approach available for this population. The Hybrid Assistive Limb® (HAL) robot suit is a unique powered exoskeleton designed to predict, support, and enhance the lower extremities performance of patients using their own bioelectric signals. This approach has been used for spinal cord injury and stroke patients where the walking performance improved. However, there is no available data about gait kinematics evaluation after HAL therapy. Here we analyze the effect of HAL therapy in OPLL patients in acute and chronic stages after decompression surgery. We found that HAL therapy improved the walking performance for both groups. Interestingly, kinematics evaluation by the analysis of the elevation angles of the thigh, shank, and foot by using a principal component analysis showed that planar covariation, plane orientation, and movement range evaluation improved for acute patients suggesting an improvement in gait coordination. Being the first study performing kinematics analysis after HAL therapy, our results suggest that HAL improved the gait coordination of acute patients by supporting the relearning process and therefore reshaping their gait pattern.

Keywords: myelopathy, motor deficit, gait coordination, kinematics, robotic therapy, gait reshaping


INTRODUCTION

The Ossification of the Posterior Longitudinal Ligament (OPLL) is an uncommon disease characterized by a pathological ectopic ligament ossification affecting usually the cervical or thoracic spine segments (Epstein, 2002; Kalb et al., 2011). This degenerative disease has high prevalence in Asian populations, with a high incidence in the Japanese community (Epstein, 2002; Kalb et al., 2011; Smith et al., 2011; Kommu et al., 2014); however, in the past years features of OPLL has been recognized also in patients from Europe and North America (Kalb et al., 2011). The disease onset typically affect patients in their fifties, and has an incidence twice as high for males than for females (Epstein, 1992; Choi et al., 2011; Kommu et al., 2014). Surgical decompression of the spinal cord is usually necessary when the medullar compression leads to symptomatic neurological deterioration (Mehdi et al., 2016); nonetheless, despite appropriate decompression residual motor impairment is found in some patients. The degree of canal stenosis, intramedullary conditions, initial motor score and patient age have been related with the outcome where the prognosis is less optimistic for older patients with severe neurologic deficit and marked myelopathy signs (Gu et al., 2015; Kwon et al., 2015). After decompression surgery, if gait disturbances are sustained there is no available intervention to support the motor rehabilitation of such patients.

The Hybrid Assistive Limb®(HAL) robot suit is a wearable powered exoskeleton designed to assist the voluntary control of hip and knee joint motion (Kawamoto et al., 2014). It has six degrees of freedom related to the sagittal movement of the bilateral hip, knee, and ankle joints. It has four motors distributed bilaterally, located over the lateral aspects of the hip and knee joints. The motors receive information from surface electrodes which are able to collect bioelectric signals from the action potential reaching the muscles during movement preparation and initiation. Such information is processed and used by the exoskeleton to assist the patient during gait training. In previous studies where HAL was used in neurologic patients with gait disturbances, improvement in clinical scores, and walking performance, such as elongation of the stride length and increment of gait speed, was found (Kawamoto et al., 2013; Sakakima et al., 2013; Fujii et al., 2016; Kubota et al., 2016; Sczesny-Kaiser et al., 2017). A group of stroke patients treated with HAL improved their sit-to-stand movements thanks to the increment of the forward tilt angle (Kasai and Takeda, 2016). Additionally, spinal cord injury patients showed improvement in their spasticity (Ikumi et al., 2016), recovery of lower limb muscle activities (Shimizu et al., 2017), reduction of neuropathic pain (Cruciger et al., 2016) and normalization of cortical excitability and cortical plasticity (Sczesny-Kaiser et al., 2017). However, there is no available data about gait kinematics evaluation after HAL therapy.

For gait kinematic analysis, joint angle measurements were used in the past; however, the pattern of the angles of flexion-extension at the hip and ankle joints tends to differ from each subject and vary largely depending on the gait speed (Borghese et al., 1996). On the other hand, the evaluation of the lower limbs with respect to the vertical when divided in three segments has shown a stereotyped pattern across different subjects without regard to gait pattern, speed, or anatomic discrepancies (Borghese et al., 1996). Described by Borghese et al. (1996) the so-called law of intersegmental coordination is a kinematic law that describes the coordination patterns given by the correlation of the elevation angles of the lower limb divided in three segments (thigh, shank, and foot) with respect to the vertical. From this point of view, the degrees of freedom of the lower limb are reduced to 3, and when the angles are plotted against each other, they covary presenting regular loops on a plane. Intersegmental coordination analysis has been used in conditions affecting gait pattern and coordination as stroke (Chow and Stokic, 2015) and cerebellar ataxia (Martino et al., 2014); and also for assessment after therapeutic interventions as botulin toxin injections for spasticity control (Bleyenheuft et al., 2009), ankle foot orthoses in stroke patients (Bleyenheuft et al., 2013), and combined therapy for Parkinson patients (Grasso et al., 1999). However, there is no report of planar covariation analysis in patients with gait impairment receiving robotic assisted therapy.

In this study, HAL therapy was applied to OPLL patients in an acute or chronic stage after decompression surgery. Clinical scores, walking performance, and kinematics analysis was performed before the first and after the last HAL therapy session. To our knowledge, this is the first study applying kinematic analysis in OPLL patients after HAL therapy.



MATERIALS AND METHODS


Patients

Twelve patients with a diagnosis of OPLL associated to severe motor symptoms and followed by decompression surgery joined the present study. The patients were distributed in acute (3 women, 2 men, age ± 59.6 years; starting at ± 24.4 days after surgery), and chronic groups (7 men, age ± 70.1 years; starting at ± 1151.4 days after surgery) accordingly to the time interval elapsed between decompression surgery and HAL therapy (Table 1). All the patients included in this study were able to voluntarily control their lower limbs. For acute patients, weight support was provided if necessary, so that the patient could produce gait by him/herself; all chronic patients were able to walk independently with or without cane support. Kinematics data from eight healthy volunteers (5 women, 3 men, age ± 57 years) who did not receive HAL treatment was also used for comparisons. This study was approved by the University of Tsukuba Hospital Ethics Committee (Approval number: H26-22) and implemented according to the ethical principles of the Declaration of Helsinki and the University Guidelines for Clinical Trials. All patients received a personalized explanation of the research contents, participation and data usage before signing an informed consent.



Table 1. Subjects characteristics.
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HAL Setup

For this study, double leg version of robot suit HAL was used. Surface electrodes were placed to detect neuromuscular activity of Iliopsoas (hip flexor), Gluteus Maximus (hip extensor), Biceps Femoris (knee flexor), and Quadriceps (vastus lateralis, knee extensor); these signals were used by the robot to support a patients' gait. Four motors were placed bilaterally beside the patient's hip and knee (two per leg). A hip motor was actuated to produce torque in proportion to a weighted difference of filtered activation of flexor and extensor muscles of the hip. In the same manner, a knee motor was actuated using filtered activation of the knee's flexor and extensor muscles. The weights multiplied on the activation of each of the antagonistic pair of the muscles, and the overall gain, were adjusted manually for each patient's comfort through the HAL therapy sessions.



Evaluation

Before starting the first HAL therapy session and after the last one, a functional evaluation was performed by using the modified Ranking Scale (mRS), Barthel Index (BI), Functional Independence Measure (FIM, motor score only), and the American Spinal Injury Association impairment scale (ASIA, motor score only) scores in order to evaluate the degree of dependence on daily life activities. Following, the patients were evaluated without fitting the robot by using the 10 m walk test where time and number of steps were counted while the patient walked 10 m in a straight line at a comfortable pace; the speed and stride length were calculated from this data.



HAL Therapy

The designed intervention consisted of 10 sessions of HAL therapy performed within the hospitalization period for acute patients. Chronic patients attended to the therapy in the hospital as outpatients. Sessions were carried out twice per week, 1 h per session divided in fitting, therapy, and releasing. Each session started by fitting HAL to the patient. A walking device (All-in-One Walking Trainer, Ropox A/S, Naestved, Denmark) with a harness was used to prevent falls, and to support body weight in some patients who needed it to walk. A HAL therapy session included 20 min of walking activity at a comfortable pace on a 25 m oval course with rest intervals. At the end of the session, the patient was released from the harness and robot. Vital signs including blood pressure, heart rate, and oxygen saturation were monitored at the beginning, end and within therapy intervals to ensure that patients were stable.



Data Collection and Analysis

Before the initial and after the final session of HAL therapy, a motion capture system (VICON MX, 16 T20s cameras, 100 Hz) was used with Plug-in gait lower limbs marker-set to record segmental kinematics. Following the method described by Borghese et al. (1996), the lower limbs of the participants were analyzed regarding the elevation angles (EA) composed by the orientation of the limb segments in the sagittal plane with respect to the vertical. The evaluated segments (Figure 2A) were thigh (trochanter to lateral epicondyle of the femur), shank (lateral epicondyle of the femur to lateral malleolus), and foot (posterior calcaneal tuberosity to second metatarsal). For each leg of each participant, planar covariation of the EA was calculated by using a principal component (PC) analysis, after normalization by subtracting the mean value. In normal conditions, the first (PC1) and second (PC2) components covariates over a plane describing the shape of the gait loop; we assessed the proportional width of the covariance loop by the percentage of variance (PV) of the PC2 (PV2) (Martino et al., 2014). The third component (PC3) is orthogonal to the plane, showing the data component that deviates from the covariance plane. The PV represented by the PC3 (PV3) becomes an index of planarity of the loop, where 0% corresponds to an ideal plane, evaluating the proportional deviation from the covariance plane. Standard deviation of PC2 and PC3 scores (PC2-SD and PC3-SD) were computed to assess respectively the actual width of the covariance loop and the amount deviation from the covariance plane. To compare the plane orientation before and after HAL therapy, the unit vector U3 which is normal to the covariance plane was obtained as the third eigenvector of the covariance matrix. U3 is composed of the direction cosines of the normal vector (NV) against the coordinates of the thigh, shank, and foot. NV difference between planes before and after HAL therapy was calculated for acute and chronic groups. Following, to evaluate deviation of U3 from that of the healthy group, cosine deviation was calculated by the inner product of each patient's U3 against the averaged direction cosines (U3) of healthy volunteers group. Arccosine was calculated on the result of the inner product to obtain the angular deviation of U3 vector from averaged healthy patients.

In order to evaluate changes in the movement of EA range during gait, peak comparisons for each EA were made for acute and chronic groups. Gait cycles were extracted from the original data according to the movement of the toe and heel markers. Time variable was discarded to normalize the data from 0 to 100% to represent progression of gait for each cycle, and then averaged cycle profile was obtained for each elevation angle for each subject. Comparisons from the highest and lowest peaks and their difference were calculated for each EA. Data was plotted for acute and chronic groups and data from healthy volunteers was plotted along as reference.

Following, the distance from each data point to the covariance plane was calculated and comparisons were made before and after HAL therapy for each group. To graphically present the pattern of deviation from the covariance plane through gait cycle, a Kernel method (Kim and Scott, 2012) was used to create a heat-map. The heat-map was then plotted on the covariance plane within the three-dimensional space of thigh, shank, and foot.

Kinematic data comparisons were done by using a paired Wilcoxon signed rank test to compare between before and after HAL therapy for each of acute and chronic groups, and by using an unpaired Wilcoxon signed rank test to compare between the healthy and each of Acute-pre, Acute-post, Chronic-pre, and Chronic-post groups. Due to the sample size, a post-hoc power test was applied to all significant data (1,000 times replication). Significance was considered when a p < 0.05 accompanied by a power test >80% was found. Marginal significance was considered with p < 0.05 and power test >50% (Hoenig and Heisey, 2001). All statistical analysis was carried out by using custom made scripts on MATLAB [version 8.4.0.150421(R2014B)] and RStudio (version 1.0.136).




RESULTS

In the present study, we found that HAL therapy improved the walking performance; the walking speed and stride length were increased, and the time and number of steps to cover 10 m were decreased, in all acute and chronic patients (Figure 1A). Positive effects were also found in the motor function scores; the BI and FIM scores were increased after HAL therapy for all acute patients (Figure 1B). mRS score was reduced in four, and stayed the same in one, of the acute patients. On the other hand, there was no change in the mRS, BI, or FIM functional evaluation scales of the chronic patients. ASIA scores did not show relevant changes for either group (Figure 1B). The improvements suggested possibility of beneficial effect of HAL for OPLL patients as previous studies (Aach et al., 2014; Fujii et al., 2016; Kasai and Takeda, 2016; Kubota et al., 2016). The effect of HAL therapy could be a reinforcement of the motor learning process during training, helping patients to reshape their motor function. Necessity for further investigation was considered.
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FIGURE 1. Walking performance and clinical evaluation. (A) The walking performance was assessed without fitting the robot during the 10 m walk test. (B) Clinical evaluation was performed by using the modified Ranking Scale (mRS), Barthel Index (BI), Functional Independence Measure (FIM, motor score), and the American Spinal Injury Association impairment scale (ASIA) in order to evaluate the degree of dependency of each patient. Patients were tested before the first HAL therapy and after the last one. Inverted triangle marks indicate improvement in all patients before and after HAL therapy (5 out to 5 for acute group and 7 out of 7 for chronic group).



In order to understand better the effect of HAL therapy, kinematics analysis was performed on the intersegmental correlation described by the covariation of thigh, shank, and foot EA (Figure 2A). At a glance, the shape of the loops described by patients were distorted in contrast with healthy volunteers evidencing impaired intersegmental coordination (Figures 2B–C). Comparison of PC2 standard deviation (PC2-SD) before and after HAL therapy was significantly different for acute group only (Figure 3A, PC2-SD mean; acute-pre: 9.30 ± 3.46, acute-post: 12.43 ± 1.41, chronic-pre: 11.54 ± 2.55, chronic-post: 12.57 ± 2.62. PC2-SD P-values; acute pre-post: < 0.01, power test: 64.4%, chronic pre-post: < 0.01, power test: 15.7%. Supplementary Tables 1, 2). The significant change of PC2-SD before and after HAL therapy for acute group seems to be beneficial regarding the results comparison contrasted to healthy volunteers; where PC2-SD increased for acute and chronic groups after HAL therapy, becoming closer to healthy participants (Figure 3A, PC2-SD mean; healthy: 13.40 ± 1.16. PC2-SD P-values; pre-acute vs. healthy: < 0.01, power test: 91%; post-acute vs. healthy: 0.039, power test: 39.8%; pre-chronic vs. healthy: 0.017, power test: 67.4%; post-chronic vs. healthy: 0.355. Supplementary Tables 1, 2). Comparison of PV2 before and after HAL therapy did not differ in acute or chronic group (Figure 3B, PV2 mean acute-pre: 0.17 ± 0.04, acute-post: 0.15 ± 0.02, chronic-pre: 0.18 ± 0.04, chronic-post: 0.18 ± 0.05. PV2 P-values; acute pre-post: 0.275, chronic pre-post: 0.808. Supplementary Tables 1, 2). Additionally, PV2 difference was found before but not after HAL therapy between acute patients and healthy volunteers (Figure 3B, PV2 mean; healthy: 0.14±0.03. PV2 P-values; pre-acute vs. healthy: 0.053, power test: 55.5%; post-acute vs. healthy: 0.139; pre-chronic vs. healthy: < 0.01, power test: 75.2%; post-chronic vs. healthy: < 0.01, power test: 76.3%. Supplementary Tables 1, 2). These results suggest that HAL therapy improved the actual width of the gait loop on the covariance plane for both acute and chronic groups, while improvement of proportional width of the loop was observed only for acute group (Figures 3A,B).
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FIGURE 2. Planar covariation and peaks analysis. (A) Upper panel shows the segments used to calculate the elevation angles. Lower panel shows a planar covariation analysis plot from a healthy volunteer. (B,C) Planar covariation analysis sample data for one acute (B) and one chronic (C) patient before and after HAL therapy (left column). Each dotted trajectory corresponds to different strides of a single subject. Elevation angle profiles also were plotted before and after HAL therapy for each segment (right column); The normalized time corresponds to the percentage of the walking cycle; solid lines represent the average and the width of the highlighted area is given by the standard deviation.
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FIGURE 3. Principal components (PC) and percentage of variance (PV) comparisons. (A) PC2 SD increased significantly in acute patients after HAL therapy. Significant difference when compared to healthy volunteers was found in both groups before HAL therapy but not after HAL therapy. (B) PV2 comparisons before and after HAL therapy did not show significant changes in either group. When compared to healthy volunteers, acute patients showed a difference close to significance before HAL therapy only. Chronic group PV2 was significantly different from healthy before and after HAL therapy. (C) PC3-SD comparisons only showed significant difference from healthy group for acute patients after HAL therapy and chronic patients before HAL therapy. (D) PV3 comparisons showed a notable reduction after HAL therapy for acute group. Despite being closer to healthy group, it was still significantly different. Double asterisk marks refer to P < 0.05 and power test >80%; single asterisk notes P < 0.05 and power test >50%; triangle mark refers to P < 0.05 with power test >40%; square mark notes P < 0.06 and power test >50% and n.s. refers to non-significant changes.



Deviation from covariation plane evaluated by PC3-SD comparison did not show significant difference between before and after HAL therapy for either of acute and chronic groups (Figure 3C, PC3-SD mean; acute-pre: 3.65 ± 1.13, acute-post: 4.30 ± 0.64, chronic-pre: 2.99 ± 0.96, chronic-post: 3.09 ± 1.01. PC3-SD P-values; acute pre-post: 0.083, chronic pre-post: 0.104. Supplementary Tables 1, 2). Comparison against healthy group showed a significant difference only for acute group after HAL. (Figure 3C, PC3-SD mean; healthy: 3.57 ± 0.51. PC3-SD P-values; pre-acute vs. healthy: 0.391, post-acute vs. healthy: < 0.01, power test: 82.5%; pre-chronic vs. healthy: 0.011, power test: 48.2%; post-chronic vs. healthy: 0.042, power test: 30.2%. Supplementary Tables 1, 2). However, proportional deviation from covariation plane evaluated by PV3 demonstrated a trend close to significance showing a better plane fitting after HAL therapy for acute but not for chronic group; quantitative comparison between PV3 before and after HAL therapy were close to significance for acute group only (Figure 3D, PV3 mean acute-pre: 0.03 ± 0.01, acute-post: 0.02 ± 0.007, chronic-pre: 0.013 ± 0.009, chronic-post: 0.012 ± 0.009. PV3 P-values; acute pre-post: 0.027, power test: 47.2%, chronic pre-post: 0.295. Supplementary Tables 1, 2). Comparisons against healthy volunteers showed significant difference of PV3 for acute patients before and after HAL therapy but not for chronic patients (Figure 3D, PV3 mean; healthy: 0.009 ± 0.002. PV3 P-values; pre-acute vs. healthy: < 0.01, power test: 96.5%; post-acute vs. healthy: < 0.01, power test: 94.6%; pre-chronic vs. healthy: 0.473; post-chronic vs. healthy: 0.447. Supplementary Tables 1, 2). Tendency of PV3 recovery was observed for acute group suggesting a positive change in planarity of coordination after HAL therapy (Figure 3D), although it did not reach a level comparable to healthy volunteers. On the other hand, comparisons between chronic and healthy groups did not show significant difference.

Plane orientation evaluated by the NV difference between acute and chronic groups was also significantly different (acute angle mean: 6.82 ± 4.93 deg, chronic angle mean: 2.58 ± 2.18 deg. Acute-chronic P-value 0.026, power test 63.1%) suggesting that plane orientation changes after HAL therapy were larger for acute group than the changes found for chronic group. The angular deviation of U3 vector from averaged healthy volunteers changed mainly for acute group only (U3 mean. Acute-pre: 7.720 ± 0.56 deg, acute-post: 8.168 ± 0.19 deg. P-value acute pre-post < 0.01, power test 54.9%. Chronic-pre: 8.085 ± 0.23 deg, chronic-post: 8.1366 ± 0.278 deg. P-value chronic pre-post: 0.049, power test: 6.4%).

Peak comparisons before and after HAL therapy (max peak, min peak, and max-min difference) were used to evaluate the limb movement range during gait. For acute group, foot EA comparisons were significantly different for the max peak and max-min difference (max foot mean; pre: 34.01 ± 16.88 deg, post: 55.27 ± 7.44 deg, pre-post P-value < 0.01, power test: 81.5%. min foot mean; pre: −15.48 ± 8.84 deg, post: 24.88 ± 4.58 deg, pre-post P-value < 0.01, power test: 72%; max-min difference foot mean; pre: 49.49 ± 23.8 deg, post: 80.16 ± 9.50 deg, pre-post P-value < 0.01, power test: 85.4%) suggesting improvement of the foot excursion. Other peaks did not show significance (P-values for max thigh: 0.275; max shank: 0.037, power test: 42.3%; min thigh: 0.492; min shank 0.019, power test 38.1%; max-min diff thigh: 0.083; max-min diff shank: < 0.01, power test: 52.4%). On the other hand, chronic group patients did not show significant changes among peaks (P-values for max thigh: 0.761; max shank: 0.104; max foot: < 0.01, power test: 23.7%; min thigh: 0.135; min shank: 0.583; min foot: 0.808; max-min diff thigh: < 0.01, power test: 49.2%; max-min diff shank: < 0.01, power test: 12.8%; max-min diff foot: < 0.01, power test: 19.4%) (Supplementary Tables 3, 4). This finding may suggest that acute patients foot coordination improved giving the patients a longer stride and better foot clearance. Although shank EA peaks did not show significance for chronic patients, its difference increased after HAL therapy (shank EA difference: pre: 54.313 deg, post: 57.518 deg) (Figures 2B,C, right column); this increment may be related to an enlargement of movement range, and may be the reason of the larger stride length and improved limb excursion after HAL therapy in chronic patients.

Heat maps were used to assess the pattern of deviation from the covariance plane through the gait cycle. The pattern found in healthy volunteers showed hot spots in the areas related to heel strike and toe off (Figure 4A). However, patients from the acute group tended to have shifted hot spots which tended to recover the healthy pattern after HAL therapy (Figure 4B). Chronic patients had hot spots sprayed around the gait loop; after HAL therapy, there was a tendency to reduce these hot spots (Figure 4C). The resemblance of acute pattern after HAL therapy to healthy volunteers suggests an improvement in limb motion and excursion. This data redistribution support our theory about coordination improvement after HAL therapy for acute OPLL patients.
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FIGURE 4. Pattern of deviation from the covariance plane through gait cycle is visualized by heat-maps. The heat-maps are plotted on the covariance plane within the tridimensional space of thigh, shank, and foot. (A) An example of a healthy volunteer shows deviation from the plane mainly in the zones corresponding to heel strike and toe off. (B) Acute patient's deviation from the plane was shifted before HAL therapy, but the pattern was recovered after HAL therapy (one patient single leg example). (C) Chronic patients had several hot spots marking deviation from the plane that changed briefly after HAL therapy (one patient single leg example).





DISCUSSION

It has been well-established that covariation of the EA corresponding to the lower limbs (thigh, shank, and foot) is consistent across subjects during bipedal walking in normal conditions (Borghese et al., 1996; Bianchi et al., 1998a; Ivanenko et al., 2008), and it is preserved during different gait perturbations (Bianchi et al., 1998b; Grasso et al., 1998; Ivanenko et al., 2002; Noble and Prentice, 2008). Also, there are previous studies of planar covariation in different medical conditions as stroke (Bleyenheuft et al., 2009; Chow and Stokic, 2015), lower limb amputations (Leurs et al., 2012), and cerebellar ataxia (Martino et al., 2014) where the intersegmental coordination is maintained independently of the medical condition affecting the gait pattern. However, planar covariation is preserved only in amputees when using a prosthesis independently of the adaptation time (Leurs et al., 2012). Patients with impairment of the central motor pathways often show alterations in planar covariation of the EA suggesting that it has a central origin (Ivanenko et al., 2008; Bleyenheuft et al., 2009; Martino et al., 2014; Chow and Stokic, 2015).

It is said that the central nervous system may use the intersegmental coordination as a strategy to simplify the gait control by reducing the effective degrees of freedom of muscle activation (Lacquaniti et al., 2002). Additionally, studies in toddlers have shown that the planar covariation patterns evidenced in adults starts to appear when mature gait patterns are achieved, suggesting that a coordinated behavior is controlled centrally instead of pure biomechanical constraints (Cheron et al., 2001). This observation reinforces the statement that planar covariation alterations have a central component and does not depend on a simple biomechanical effect. Therefore, the alteration of the gait coordination may suggest the central nervous system recurring to alternative strategies to provide functional motor output.

Our kinematic analysis showed that the actual width of covariation loop was broadened for both acute and chronic patients after HAL therapy (Figure 3A). The widths became closer to healthy controls, suggesting improvement. The proportional width and planarity were improved for acute but not for chronic patients (Figures 3B,D). These improvements of planar covariation suggest a beneficial effect of HAL at the level of the central nervous system, including the spinal cord and the brain especially for acute patients, the changes leading them to functional recovery of gait. In acute patients, where myelopathy started recently and poor posture due to motor disturbances may have not been established yet, the conditions to get a marked improvement were better than for chronic patients. Thus, acute patients got improvement in their walking performance and coordination after HAL therapy probably secondary to spinal remodeling and reinforcement of central pattern generators. Also, the improvement of movement range evaluation related to foot peaks suggested that HAL treatment improved central coordination rather than segment-wise adaptation. For chronic patients, where myelopathy had become a chronic condition and the patient might have developed non-ergonomic postures to achieve a functional gait, the effect of HAL therapy was evident for walking performance but subtle for coordination related to planar covariation. We believe that chronic patients had earned already a certain degree of coordination that allowed them to perform basic daily life activities before HAL therapy. Still, the walking performance was improved for them after HAL therapy. Therefore, we may infer that HAL therapy helped them to adapt their strategies of coordinated limb motion control to improve the speed and stride length.

Previous studies have shown the beneficial effects of exercising as a non-invasive treatment to provide rhythmic stimulation to the spinal cord (Sandrow-Feinberg and Houlé, 2015; Gad et al., 2017). Stimulation of spinal pathways in a rhythmic fashion may provide a beneficial effect in gait recovery by enhancing the afferent input to the spinal cord and activating the central pattern generators. This activity also increase the central nervous system plasticity, neurogenesis, and remodeling (Dunlop, 2008; Houle and Côté, 2013); however, in patients with motor disabilities regular exercise generally is not an option. Rehabilitation programs are expensive, demanding and generally cannot be offered for long periods. Additionally, post-surgical patients do not have immediate access to an exercise source during the hospitalization term. The robot suit HAL treatment offers a unique opportunity because of its ability of supplying a constant feedback from the patient's own bioelectrical signals, providing support in accordance with the patient's voluntary gait during training. We believe that the HAL's feedback exerts a direct effect on the reshaping process of muscular recruitment, accelerating the gait restructuration to generate an improved walking pattern. We also think that an intense workout program as designed for HAL therapy may induce plasticity in the spinal cord and cortex leading to neurogenesis and reorganization of the available pathways to improve motor performance. Acute patients after a recent lesion may achieve faster improvement after HAL therapy by the degree of plasticity and rewiring process in the central nervous system. On the other hand for chronic patients, there was no marked effect in coordination. However, the walking performance of these patients were improved after HAL therapy suggesting that, although plasticity and remodeling process at the spinal cord level may be slower than acute patients, a lower level of neuroplasticity is still able to induce detectable changes during voluntary gait of chronic patients.

Additionally, the coincident improvement of the clinical evaluation of functional scores (Figure 1B) and the recovery of the planar covariation for acute patients (Figure 3) may suggest an association between the changes in the walking performance and gait coordination. We consider that gait coordination analysis can be applied as an objective functional evaluation of a patient's progress during rehabilitation program.

Apart from HAL, there are other robotic assisted therapies available for gait rehabilitation. The end effector-type robotic device known as “Gait Trainer” (Werner et al., 2002; Tong et al., 2006; Peurala et al., 2009) and the exoskeleton type known as Lokomat (Mayr et al., 2007) has been used for stroke patients. The subjects showed improvement in gait performance after the intervention when evaluating gait parameters and clinical scores. The Lokomat has been used also for spinal cord injury, where beneficial effects were found in clinical scores and gait parameters (Labruyere and Van Hedel, 2014; Nam et al., 2017). Some studies have used robotic assisted therapy combined with additional treatments, also finding a beneficial effect in the patients' clinical scores (Schwartz et al., 2009; Bae et al., 2014). In contrast to these robots, HAL provides motion assistance during gait based on detected bioelectric signals of the peripheral neuro-muscular activity relevant to the lower limb joint motions, helping the user to perform intended voluntary motion in real time. This feedback is considered to compensate for the disordered loop of active motion planning, execution and sensation. We hypothesize that this function of HAL contributes to reshaping of gait and neural systems behind locomotion, as described by the gait coordination changes shown in this study. To our knowledge, this is the first report regarding analysis on gait coordination of patients before and after robotic assisted rehabilitation.

This study has limitations regarding the size of the population. Also, it was not possible to compare our results to OPLL patients that did not receive HAL therapy to discard the possibility of recovery independent of the intervention. Although data cannot be extrapolated to all the population, this study give the first insight regarding robotic rehabilitation and changes of gait coordination analyzed by planar covariation. Further studies with larger populations should be done to continue exploring the effect of HAL therapy on gait coordination.
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Regular use of prostheses is critical for individuals with lower limb amputations to achieve everyday mobility, maintain physical and physiological health, and achieve a better quality of life. Use of prostheses is influenced by numerous factors, with prosthetic design playing a critical role in facilitating mobility for an amputee. Thus, prostheses design can either promote biomechanically efficient or inefficient gait behavior. In addition to increased energy expenditure, inefficient gait behavior can expose prosthetic user to an increased risk of secondary musculoskeletal injuries and may eventually lead to rejection of the prosthesis. Consequently, researchers have utilized the technological advancements in various fields to improve prosthetic devices and customize them for user specific needs. One evolving technology is powered prosthetic components. Presently, an active area in lower limb prosthetic research is the design of novel controllers and components in order to enable the users of such powered devices to be able to reproduce gait biomechanics that are similar in behavior to a healthy limb. In this case series, we studied the impact of using a powered knee-ankle prostheses (PKA) on two transfemoral amputees who currently use advanced microprocessor controlled knee prostheses (MPK). We utilized outcomes pertaining to kinematics, kinetics, metabolics, and functional activities of daily living to compare the efficacy between the MPK and PKA devices. Our results suggests that the PKA allows the participants to walk with gait kinematics similar to normal gait patterns observed in a healthy limb. Additionally, it was observed that use of the PKA reduced the level of asymmetry in terms of mechanical loading and muscle activation, specifically in the low back spinae regions and lower extremity muscles. Further, the PKA allowed the participants to achieve a greater range of cadence than their predicate MPK, thus allowing them to safely ambulate in variable environments and dynamically control speed changes. Based on the results of this case series, it appears that there is considerable potential for powered prosthetic components to provide safe and efficient gait for individuals with above the knee amputation.

Keywords: powered knee-ankle prosthesis, amputees, gait, variability, musculoskeletal injuries, microprocessor knee, low back pain


INTRODUCTION & BACKGROUND

Prostheses are defined as devices that help to restore a missing function that has occurred as the result of limb loss. While many factors affect an amputee's ability to return to their pre-amputation functional level, the design of the prosthetic device itself can impact function by contributing to normalization of gait and body symmetry. In the United States, prescription of a specific type of device for a user depends on the type of amputation and their clinically designated mobility level [i.e., K levels or Medicare Functional Classifications Level (MFCL); CMS, 2001].

Consequently, various types of prosthetic device designs have evolved over decades, with the goal of facilitating normative (reproducing healthy limb behavior) biomechanical gait behavior in amputees. Broadly, there are three main categories of prosthetic knee and ankle components available for transfemoral (above knee) amputees when considering energetic control, namely, (i) mechanical passive devices (non-powered) (Michael, 1999), (ii) microprocessor-controlled passive devices (Grimes et al., 1977; Peeraer et al., 1989, 1990; Aeyels et al., 1992; Popović et al., 1995; Taylor et al., 1996; Otto Bock Orthopedic Industry, 1998; Zlatnik et al., 2002; Ossur, 2017), and (iii) powered devices (Tomovic and McGhee, 1966; Flowers, 1974; Au et al., 2008, 2009; Sup et al., 2009; Hitt et al., 2010). The powered devices for the transfemoral population can be further divided into powered knees, powered ankles, and powered knee-ankle devices (Cappozzo and Gazzani, 1982; Au et al., 2008, 2009; Holgate et al., 2008; Bergelin et al., 2010; Eilenberg et al., 2010; Hitt et al., 2010; Suzuki et al., 2011; Bergelin and Voglewede, 2012; Caputo and Collins, 2014; Cherelle et al., 2014).

Walking using traditional non-powered prostheses is very energy inefficient (incurring ~60% more energy usage) when compared to able-bodied individuals resulting in reduced everyday mobility or even immobility (Hafner et al., 2002). Additionally, transfemoral amputees commonly exhibit compensatory biomechanics resulting in body motions that are atypical to normal human locomotion. These compensatory mechanisms arise due to chronic imbalance or prosthetic derived muscle/movement activations that alter the normal biomechanics and motion. Over time, these factors increase the risk of secondary musculoskeletal injuries such as severe chronic pain in the low back and the contralateral (non-amputated) side resulting in inactivity or surgical interventions (Cappozzo and Gazzani, 1982; Michaud et al., 2000; Klein Horsman et al., 2007; Goujon-Pillet et al., 2008; Molina Rueda et al., 2013; Devan et al., 2014; Hendershot and Wolf, 2014; Shojaei et al., 2016). Therefore, any enhancement to the mechanical or control systems design of prostheses which can reproduce a biomechanical behavior similar to a healthy limb is very beneficial.

In the pursuit of normalizing some of the abnormal gait mechanics that are commonly seen in transfemoral amputees, a coordinated powered knee and ankle prosthesis (Generation 3) was developed at Vanderbilt University to provide power generation similar to an anatomical joint. While there are commercially available, independent prosthetic knees and feet that provide power to a single joint, there are no available versions that have integrated power and communication between both the knee and ankle components. Thus, implementation of the PKA in transfemoral participants has the potential to improve lower limb prosthesis performance.

Congruent with this tenet, literature indicates that the Vanderbilt Generation 3 powered knee-ankle prosthesis (PKA) may provide significant biomechanical benefits to users, compared to conventional passive devices (Goldfarb et al., 2013; Lawson et al., 2013, 2014, 2015; Shultz et al., 2016). Furthermore, most lower-limb amputation studies have historically focused on comparing the performance of a traditional mechanically passive prostheses to microprocessor-controlled knee prostheses (MPK) with variable damping. These studies suggest that in comparison to mechanical passive devices, consistent use of MPK prostheses reduced energy consumption, improved smoothness of gait, and decreased the work done by the affected side hip muscles during walking (Taylor et al., 1996; Schmalz et al., 2002; Johansson et al., 2005).

However, presently it is not clear if implementing a PKA in unilateral transfemoral amputees that currently use a microprocessor controlled knee (MPK) could offer improved biomechanical benefits. Such biomechanical benefits, if any, could pave the way for them to reproduce a normalized gait similar to the healthy limb in comparison to their predicate MPK device. Additionally improving body biomechanics in transfemoral amputees could potentially minimize the risk of exposure of the low back region and contralateral side, to abnormal loading-based secondary musculoskeletal injuries in transfemoral amputees (a serious health-concern in transfemoral amputees; Devan et al., 2017). Consequently, this case series investigated the potential benefits the PKA could offer to transfemoral amputees who are currently using a MPK as their predicate device. To achieve this, a clinical comparison of the performance between the PKA and the participants predicate MPK devices was conducted in two transfemoral amputees.

Through this case series we hope to provide two novel insights. It is the first to report a performance comparison between the PKA and MPK prosthetic device in unilateral transfemoral amputee literature. Secondly, this case series compared the low back (L3 lumbar erector spinae region) muscle activation in unilateral transfemoral amputees ambulating with the PKA and their MPK. Low back muscle activation and injury has been very scarcely studied in transfemoral prosthetic literature (Yoder et al., 2015; Shojaei et al., 2016). The novel information from this case series will provide novel insights that can aid in improving our understanding on potential benefits the PKA could offer over the MPK devices. In terms of low back muscle loading pattern (i.e., reduce activation asymmetry in the contralateral vs. ipsilateral side).



METHODS


Ethics

All study procedures were approved by the Institutional Review Board at Northwestern University. Both participants provided voluntary signed informed consent before beginning the study.

The cases discussed here are part of a larger clinical trial that can be found at https://clinicaltrials.gov/ct2/show/NCT03204513.



Case Description

The basic demographic information and prosthetic device specifications of the two study participants are provided in Table S1 (Supplementary Material).

Even though both study participants utilize a MPK prosthesis, they have clinical differences based on age, residual limb length, clinically perceived activity level, and everyday community mobility. CS01 is a 25 y/o male with a knee disarticulation amputation, who currently has a clinically identified functional level of MFCL K4, indicating that he “has the ability [or potential] for prosthetic ambulation that exceeds basic ambulation skills, exhibiting high impact, stress or energy levels which is typical of an active adult or athlete” (CMS, 2001). CS01 is a student athlete, who plays basketball 3–5 times a week. CS02 is a 58 y/o male with a medium length transfemoral amputation whose current MFCL level is K3, indicating that he “has the ability [or potential] for ambulation with variable cadence. Typical of the community ambulators who have the ability to traverse most environmental barriers and may have vocational, therapeutic or exercise activity that demands prosthetic utilization beyond simple locomotion” (CMS, 2001). CS02 is employed as a computer engineer. His personal life includes maintenance of a large piece of land and care of multiple large breed dogs. He has already had a total knee replacement of the intact limb. The differences in the lengths of the residual limbs can play an important factor in the control of a prosthesis. The shorter the residual limb, the less control a participant would have due to loss of muscle, nerve and bony lever arm. Significantly, CS01's level of amputation, a knee disarticulation, provides almost fully intact hip adductors and the vast majority of the major muscle group's bulk remaining. This is not the case in CS02's mid length amputation, transecting all of the major muscle groups of the thigh, reducing his capacity to generate force. In general, a shorter residuum means additional work of the smaller remaining muscles with less biomechanical advantage. Over time, these imbalances can cause compensations in other areas of the body. Additionally, a longer residual limb may require differences in the prosthetic knee height compared to the anatomical knee axis, which may contribute to inequalities in gait kinematics.

On participants' similarities at the time of the study, both had been using their current MPK devices for over 2 years. Both subjects demonstrated reduced hip extension compared to normative range of motion, though they were both able to achieve functional hip range of motion through compensatory motions of the lumbar spine. When a hip flexion contracture is present, the step length of the sound limb is restricted as well. This impacts a participant's overall gait, including the quality of steps, speed and distance covered. In order to accommodate the hip flexion contracture, motion usually occurs within the spine.

Photographs of both participants with their predicate prosthetic device and the PKA have been provided in the Supplementary Material (Figures S1, S2).



Study Design

Participants were randomized to start either with their predicate MPK-1 (Genium in case of participant CS01), and MPK-2 (Rheo-3 in case of participant CS02), or the PKA. Following the consent process, an experienced prosthetist evaluated the participants' prosthetic sockets for appropriate component fitting with the study device (PKA) or predicate device (MPK-1 for CS01 and MPK-2 for CS02). Any adjustments to the sockets or the device settings were made during the fitting sessions.

Prosthetic Device Fitting

The knee and ankle parameters for the PKA were individually configured for each participant during the fitting sessions. In brief, the impedance parameters at the ankle and knee joints during three states (sitting, standing, and stepping), and the push-off trigger angle and push-off strength thresholds were manually tuned starting with reference parameters used from the data of healthy individuals (Sup et al., 2008). The ankle motor power to enable ankle push-off strength was also individually adjusted to suit the participants comfort level for the three cadence levels (slow, default, and fast speeds).

Additionally, qualitative feedback from the participant and external observation by the clinicians were used to fine tune the parameters so that any undesirable aspects of gait arising from compensations, such as vaulting, hip hiking, and circumduction were minimized. The goal of the tuning process was to adjust the PKA device to maximize participant's ability to ambulate with a biomechanical behavior similar to a healthy limb. The overall process of tuning the PKA device for a participant is similar to the process followed by prosthetist in aligning and adjusting any passive or powered prosthetic device. The procedure for this customized parameter tuning for the PKA has been discussed in extensive detail in literature (Lawson et al., 2013, 2014, 2015; Shultz et al., 2016). The finalized parameters for the two participants are provided in the Supplementary Material (Table S2, Figures S3, S4).

Prosthetic Device Training

Once proper prosthetic fit was clinically confirmed, participants underwent up to 12 training sessions of intense functional training with the device. Subject's body mechanics were evaluated and training was provided to maximize control of the prostheses and minimize compensations. The training included performing a battery of activities indoors and outdoors, and emulating walking environments encountered in daily living conditions (e.g., level and uneven indoor and outdoor surfaces including obstacle avoidance, crossing streets, and varied pavement). Participants were also specifically acclimated to treadmill walking. Safe and independent performance of the benchmark activities over three of the training sessions was used as a threshold to indicate the successful completion of training with the device (Supplementary Material, Table S3). These training procedures were performed with the participant's predicate devices (MPK-1 for CS01 and MPK-2 for CS02), as well as the PKA. Training for both the devices was carried out to maximize device usage in the training environment and minimize any confounding effects arising due to the training protocol adopted.

Once the fitting, training, and testing phases for the first study device were completed, a washout period of at least 2 months was given before the participant was scheduled to cross-over to the second device. This was done to minimize the carry-over effect of one device influencing the performance outcomes of the second device. The order of the post-training assessment tests for both devices were held similar for each participant.



Data Collection Procedures

Three different strands of tests were conducted to compare the performance between MPKs and the PKA. Ankle and knee kinematics were analyzed to investigate if using a PKA enabled participants to emulate an ankle and knee behavior similar in biomechanics to the behavior of a healthy limb. Muscle activation was recorded from the lower limb muscles on the contralateral side (non-amputated side) and the low back lumbar L3 region(bilateral). The muscle activation during ambulation was compared to study the muscle loading trends between the prosthetic devices. A modified Graded Treadmill Test (GTT) was performed to investigate the energy efficiency and the ranges of variable cadence the participants achieved with these devices. Finally, to assess the prosthetic devices on a functional task, an outdoor cross-walk test was performed to represent a common activity of daily living. Participants performed all the tests with both the devices.

Biomechanics

A 10 camera motion capture system (Qualysis, Gothenburg Sweden) was used to record the kinematics, ground reaction forces (GRF), and muscle activation (EMG) during walking. In total, 38 reflective markers were placed on the lower limbs, pelvis, and trunk based on the six degrees of freedom cluster marker configuration (Acasio et al., 2017) The motion capture data was sampled at 100 Hz. GRF were collected using six AMTI force plates (AMTI, Watertown, MA) sampled at 1,000 Hz. Muscle activation using wireless EMG sensors (Delsys Inc.) were collected from bilateral erector spinae muscles at the lumbar L3 level (RES-L3 and LES-L3) and on lower extremity muscles [medial gastrocnemius (MGC), rectus femoris (RF)] on the limb contralateral to the prosthesis. The EMG's were sampled at 2,000 Hz. All data was collected during walking at the participants self-selected speed along a seven-foot walkway embedded with force plates.

Modified Graded Treadmill Test (VO2 and Variable Cadence)

This test was used to determine each participant's cardio-vascular response to walking at different speeds on a motorized treadmill. Participants were secured to an overhead safety harness during this test as they walked for up to 2 min at progressively increasing speeds on the treadmill. Speeds were varied between 0.2 m/s up to 2.0 m/s at increments of 0.2 m/s. Before increasing the speed to the next stage, participants were given the choice to stop or continue with the test. The test was stopped if the participant opted to do so, or if the clinician decided to stop the test based on achieving age-based target maximum heart rate threshold. The maximum heart rate threshold was calculated as 80% of their maximum heart rate (220-Age). Participants' cardiovascular and metabolic responses (Duffield et al., 2004) were monitored frequently and recorded during the entire test using a COSMED K4B2 device (Duffield et al., 2004). Additionally, inertial measurement units (IMUs–Actigraph GT9X Link, Actigraph, LLC. Pensacola, FL, USA.; Rothney et al., 2008; John and Freedson, 2012), were mounted bilaterally on the dorsum of the shoes to capture acceleration signatures during walking. This was post-processed to extract cadence (step counts/min) and stride times.

Outdoor Overground Walking (EMG)—MC10

Participants performed a cross walk blinking signal test. This test measured the time taken to cross a designated two-lane street with curb cuts at the transition to the sidewalk. The walkway distance was ~20 m. The muscle activation of the MGC was also recorded from the contralateral limb using the BioStampRC, a novel high resolution skin conformable flexible Bluetooth based sensor (Yuhao et al., 2018). The EMG module sampled at 1,000 Hz while the acceleration modules sampled at 31.25 Hz. Both EMG and acceleration were recorded simultaneously during the task. Participants performed three trials.




DATA ANALYSIS

Standard data analysis procedures were employed to post-process the data and extract the outcome metrics of interest. Custom developed MATLAB scripts were used for all data analysis. All the outcome metrics were computed and compared between the devices (i.e., PKA and the respective predicate MPK devices for CS01 and CS02) to study various aspects within the context to performance, safety (potential to minimize injury) and function.


Healthy Controls

To compare the prosthetic device performance for knee and ankle kinematics, the healthy benchmark data from literature was used (Winter, 1991). This approach is a commonly adopted procedure in prosthetic literature in order to compare biomechanical behavior (Goldfarb et al., 2013; Lawson et al., 2013, 2014, 2015; Shultz et al., 2016).



Biomechanics

All motion capture data was post-processed using Visual3D (C-Motion, Germantown, MD) and custom MATLAB (version R2016, Mathworks, Natick, MA) scripts. Any missing marker data was gap-filled and low-pass filtered (Butterworth, cut-off frequency 6 Hz). GRF's were low-pass filtered (Butterworth, cut-off frequency 20 Hz). The gait cycle was identified based on the heel strike events from motion data. Each gait cycle was then normalized from 0 to 100%. In total, six strides were analyzed. All data was averaged over three walking trials (i.e., six steady state strides).

Joint Kinematics

An inverse kinematics pipeline was executed in Visual 3D to compute the ankle and knee joint kinematics from the motion capture data. The knee and the ankle joint kinematics from each of the devices were then benchmarked with the knee and ankle joint kinematics from the healthy controls data obtained from literature (Winter, 1991). Pearson correlation coefficients were then computed between the joint kinematics obtained from each of the prosthetic devices and that of the healthy controls from literature (Winter, 1991). The strength of this correlation (positive correlation value between 0 and 1) indicated the degree of closeness of a particular device to reproduce kinematic behavior similar to a healthy limb. A correlation value of zero indicates that the knee/ankle kinematics trajectory behavior while using that prosthetic device did not linearly correlate (temporally) with the joint kinematic behavior of a healthy limb as obtained from literature (Winter, 1991).

Vertical Ground Reaction Force (VGRF)

The vertical ground reaction force (VGRF) from the contralateral and ipsilateral sides was extracted from the force plate recordings. The VGRF was then averaged over the gait cycles to obtain the mean VGRF, and then normalized using the participant's weight (participant+device) in kilograms (i.e., N/kg). The ratio of, the peak weight- normalized VGRF following the heel strike (FZ1 N/kg), over the peak weight-normalized VGRF at ankle push-off (FZ2 N/kg) during stance phase was computed (refer schematic in Figure S5). A value of unity for this ratio indicates that the peak VGRF during these two instances of stance phase were of equal magnitude. A deviation of this ratio from unity marks the degree of asymmetry between the peak VGRF during stance phase of gait. The PKA provides push off power at the ankle during the terminal stance phase of the gait unlike the MPK. In order to study the benefit of the ankle push off in normalizing the VGRF peaks, this ratio measure was chosen. This ratio from both the prosthetic devices (MPKs and PKA) was then benchmarked with the ratio of VGRF obtained for the healthy controls data from literature (Winter, 1991).

EMG Data Analysis

The EMG data was band pass filtered (Butterworth, band pass frequency 30–500 Hz). From each of the three walking trials, two steady state gait cycles were extracted bilaterally. The cycle wise gait data was extracted based on the heel strike events. Each gait cycle was then normalized from 0 to 100%. The area under the curve (AUC) was then computed for each muscle group from each of the gait cycle. This value was then averaged over the gait cycles and averaged over the trials for each side. This was computed for the right and left erector spinae at lumbar L3 level (RES-L3 and LES-L3), MGC and RF of the contralateral limb. In order to study the symmetry of lumbar muscle activation between the contralateral and ipsilateral sides during the overall gait cycle, the ratio of the AUC between both these sides was computed. A ratio closer to unity indicates overall symmetric EMG activation (i.e., in terms of gross magnitude of AUC) bilaterally on the erector spinae muscles at the L3 level.



Clinical Recordings

The first minute in each speed during the GTT was used to attain the steady state locomotion and hence was not used for data analysis. All outcome metrics for the GTT were computed for the second minute of each speed during the GTT.

COSMED

Manufacturer provided proprietary software was used to extract the VO2 and energy expenditure from the COSMED K4B2 during the modified GTT. The VO2 and energy expenditure were computed for the second minute of each speed during the GTT. The energy expenditure was used to study the energy efficiency of the PKA vs. the predicate MPK devices. The metabolic outcomes were weight normalized (participant weight + device weight). The gross oxygen cost (mL/kg/m) [i.e., from every second minute (steady state) over the entire trial] was also computed to use as an overall index to compare the gait efficiency while ambulating with different prosthetic devices.

IMU's

The vertical acceleration (Ay) from the IMUs placed on the dorsum of each foot was used to compute the cadence (step count/min) and stride time during the modified GTT. The data from the second minute of each time series was extracted based on the IMU time stamp. Then a continuous wavelet transform was used on the Ay component to compute the stride times and step counts (Zijlstra and Hof, 2003). At each speed range, the mean, standard deviation (SD), and the coefficient of variation [CV% = (SD/mean) *100] were computed for the stride time data. Custom developed MATLAB scripts were used for all IMU data post-processing.




RESULTS

The results are presented in three sections (i) biomechanics, (ii) clinical outcomes from GTT, and (iii) functional outcomes from outdoor testing. Both participants completed the protocol within the described timeline and there were no adverse events.


PKA Parameter Tuning

The participant-wise final parameters set for the PKA devices are provided in Table S2 in the Supplementary Material. Participant CS01 preferred a lower strength for the ankle push off power from the PKA device in comparison to CS02 (Table S2, Figures S3, S4 from Supplementary Material). The ankle reference trajectories (Figures S3, S4) were adjusted for each participant in order to allow them to clear the foot during swing phase while walking at various speeds. During the swing phase of the gait, the controller of the PKA is designed such that the knee and the ankle followed the reference trajectories.



Biomechanics

The mean values of the temporal spatial variables, including walking speed, stride time, and stance time (% of gait cycle) when walking with the MPKs and PKA are provided in the Table 1. The mean speed, mean stride time, and mean stance time (% gait cycle) were similar between both the devices for the participants.



Table 1. Temporal spatial parameters.
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Joint Kinematics

Figures 1A1,B1 shows a representative plot comparing the ankle joint kinematics for the two participants (CS01 and CS02) while using their predicate MPK devices and the PKA. The ankle joint kinematics while using PKA (Pearson's correlation coefficient: rho ≥ 0.6) were closer in kinematics to a healthy limb gait behavior than the MPK devices (correlation coefficient: rho ≤ 0.3). A similar observation was noted for knee kinematics when using the PKA (Pearson's correlation coefficient: PKA: rho PKA ≥ 0.95; MPKs: 0.92 ≤rho MPKs ≤ 0.95).This observation is consistent with the literature (Sup et al., 2009; Lawson et al., 2013, 2015). This showed that both the participants reproduced ankle and knee kinematics closer to that observed in healthy limb while ambulating using the PKA. Similarity in kinematics to a healthy limb have been shown to lead to symmetric joint loading profile during gait (Sup et al., 2009; Lawson et al., 2013, 2015). To further understand the implication, here we study two aspects, (i) the symmetry in ratio of peak VGRF (i.e., FZ1/FZ2) and, (ii) the overall low back muscle activation (erector spinae at lumbar L3 EMG AUC) while walking with the predicate MPKs and the PKA.
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FIGURE 1. A representative data showing comparison of biomechanics outcome metrics between MPK and PKA. Panels (A1–A4) are for participant CS01. (A1) compares the ankle joint kinematics between PKA, MPK1- (Genium), and healthy data (Winter, 1991) for the ipsilateral side for CS01. (A2) Shows comparison of the ratio of peak VGRF (Fz1/Fz2) during the stance phase between MPK-1 (Genium), PKA, and healthy data (Winter, 1991). It was observed that using the PKA led to a VGRF behavior closer to healthy limb on both the contralateral and the ipsilateral sides. (A3) EMG activation profile between MPK-1(Genium) and PKA at right and left side L3 erector spinae muscles in low back. The EMG activation profile was indexed as area under the curve (AUC) of the EMG signal. It can be observed that using PKA reduces the asymmetry in EMG activation between the LES-L3 and the RES-L3 muscles. (A4) EMG activation (AUC) for lower extremity muscles MGC and RF on contralateral side. It was observed that using the PKA lead to higher activation in the MGC and reduced activation in the RF on the contralateral side. Panels (B1–B4) are for participant CS02. (B1) compares the ankle joint kinematics between PKA, MPK2- Rheo-3, and healthy data (Winter, 1991) for the ipsilateral side for CS02. (B2) Comparison of the ratio of peak VGRFs during the stance phase between MPK-2 (Rheo-3), PKA, and healthy data (Winter, 1991). It was observed that using the PKA led to a VGRF behavior close to healthy limb on both, the contralateral and the ipsilateral sides. (B3) EMG activation profile between MPK-2 (Rheo-3) and PKA at right and left side L3 erector spinae muscles in low back. The EMG activation profile was indexed as area under the curve (AUC) of the EMG signal. It can be observed that using PKA reduces the asymmetry in EMG activation between the LESL3 and the RESL3 muscles. (B4) EMG activation (AUC) for lower extremity muscles MGC and the RF on contralateral side. It was observed that using the PKA lead to higher activation in the MGC and reduced activation in the RF on the contralateral side.



Ratio of Peak VGRF (FZ1/FZ2)

The ratio of the peak VGRF from the contralateral and the ipsilateral sides are furnished in Table 1. The ratio of peak VGRF between the contralateral and the ipsilateral side while using the different devices are compared with the healthy control in Figures 1A2,B2. Both participants had at least a 12% difference between the magnitude of the ratio of the peak VGRF (VGRF FZ1 > VGRF FZ2, varied between 12 and 18%, Table 1). In comparison to the MPK, this ratio was lower (<7% difference) while using the PKA in both participants (Table 1, Figures 1A2,B2). The peak VGRF magnitudes encountered while walking with both the MPKs and PKA fell well within the standard norm (i.e., 100–120% of body weight). However, based on the ratio of the VGRF, both participants reproduced behavior more similar to healthy controls when using the PKA.

EMG Activation (AUC)

In comparison to the MPKs, the erector spinae muscle activation (LES-L3 and RES-L3) was relatively more symmetrical (magnitude of AUC) between the contralateral and ipsilateral sides while using the PKA (Figures 1A3,B3). However, in both participants using the MPK, the activation of the RES-L3 was approximately five times higher than that of the LES-L3 (Figures 1A3,B3), implying a degree of asymmetry in muscle activation while using the MPK. In contrast, while using the PKA, this asymmetry was far less pronounced. Complimenting this observation, it was observed that the muscle activation (AUC) of the RF on the contralateral side decreased considerably while using the PKA in both participants. The MGC activation on the contralateral lateral side increased for CS02 while using the PKA (Figure 1B4). However, for participant CS01, the MGC showed only a slight increase in activation in contralateral side when using the PKA (Figure 1A4).



Clinical Outcomes (GTT)

The summary of the GTT results are shown in Figure 2.
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FIGURE 2. Summary of outcome metrics from the modified graded treadmill test (GTT). Panels (A1–A6) are GTT outcome metrics for participant CS01 and panels (B1–B6) are GTT outcome metrics for participant CS02. (A1,B1) compares the cadence during the GTT between the MPK-1(Genium) vs. PKA and MPK-2(Rheo-3) vs. PKA respectively. (A2,B2) compares the EE during GTT between the MPK-1 (Genium) vs. PKA and MPK-2 (Rheo-3) vs. PKA respectively. (A3,B3) Compares the coefficient of variation (CV%) for the stride time between the MPK-1(Genium) vs. PKA (in panel A3) and MPK-2(Rheo-3) vs. PKA (in panel B3) respectively for the contralateral limb. (A4,B4) shows the stepwise stride time for the contralateral side during a representative 1 min treadmill walk for MPK-1(Genium) vs. PKA [(in panel A4): at treadmill speed of 1.4 m/s (*preferred treadmill speed of the participant CS01)] and MPK-2(Rheo-3) vs. PKA [(in panel B4): at treadmill speed of 1 m/s (†preferred treadmill speed of the participant CS02)]. (A5,B5) Compares the coefficient of variation (CV%) for the stride time between the MPK-1(Genium) vs. PKA (in panel A5) and MPK-2(Rheo-3) vs. PKA (in panel B5) respectively for the ipsilateral limb. (A6,B6) shows the stepwise stride time for the contralateral side during a representative 1 min treadmill walk for MPK-1(Genium) vs. PKA [(in panel A6): at treadmill speed of 1.4 m/s] and MPK-2(Rheo-3) vs. PKA [(in panel B6): at treadmill speed of 1 m/s].



Speed Ranges

Participant CS01 was able to reach a maximum speed of 1.8 m/s while using the MPK-1 and reached a maximum speed of 1.6 m/s while using the PKA. Participant CS01 transitioned from walking into running when the speed was switched from 1.6 to 1.8 m/s while using MPK-1. In contrast, participant CS02 was able to reach a higher walking speed of 1.4 m/s while using the PKA compared to a maximum speed of 1.2 m/s with the MPK-2.

Energy Expenditure (EE)

The overall energy expenditure (EE) trends during the GTT task showed a marginal benefit using the PKA in comparison to the MPK for participant CS01. For participant CS02 energy benefits were observed at certain speed ranges while using the MPK-2 (Figure 2B2). These comparisons are based on the minute-by-minute outcomes and for matched gait speed. Moreover, despite being approximately twice as heavy as the predicate MPKs' weight, the PKA did not require additional energy expenditure during the GTT task (Figures 2A2,B2). In addition to looking at the minute-to-minute EE, a gross measure of the overall oxygen cost (i.e., gait efficiency; Darter et al., 2013) was also calculated. Based on the oxygen cost the gross gait efficiency during the entire GTT test was as follows, CS01 [(MPK-1 GTT = 0.16 mL/kg/m); PKA GTT = 0.14 mL/Kg/m)], CS02 [(MPK-2 GTT = 0.22 mL/kg/m); PKA GTT = 0.22 mL/Kg/m)]. Based on the gait efficiency, using the PKA was more energy efficient for CS01 and incurred the same energy cost as the MPK-2 for CS02.

Variable Cadence

The stride times computed from the foot IMUs were used to compare the ranges of variable cadence achievable between the PKA and MPK during the modified GTT. It was observed that at all speed levels during the GTT, participants were able to walk with variable cadence while using both prostheses (i.e., their respective predicate MPK-1, or MPK-2 and the PKA; Figures 2A1,B1). However, at speed ranges >0.6 m/s, the variability in stride times indexed as the coefficient of variation (CV%) was relatively higher for the PKA for both users bilaterally. This suggests that the PKA offered greater ranges of variable cadence to both the contralateral (Figures 2A3,B3,A4,B4) and the ipsilateral side limbs (Figures 2A5,B5,A6,B6). Perhaps the ability of the PKA device to offer, (i) greater range of variable cadence and, (ii) ankle push off, facilitated marginally better performance in terms of EE/endurance. Indeed, literature shows that cadence and energy expenditure are positively correlated in lower limb amputee population (Rowe et al., 2014).



Outdoor

The participants were able to cross the street to demonstrate community mobility and speed modulation (walking speeds: CS01Genium = 1.9 m/s, CS01PKA = 1.6 m/s, CS02Rheo−3 = 1.6 m/s, CS02PKA = 1.3 m/s). This showed that both the MPKs and PKA can be used to complete this day-to-day functional task. It was observed that for CS01, the MGC activation followed a similar trend between the outdoor and the indoor tests (level ground walking during the indoor motion capture test; Figure 3A). However, for CS02, the trend for activation of MGC showed opposing trends (i.e., the MPK-2 AUC > PKA AUC; Figure 3B) between the outdoor walking and indoor walking (level ground walking during the indoor motion capture test). We speculate that this change in trend for CS02 could have been due to environmental factors such as the uneven terrain and the subject's decreased ability to control frontal plane forces in this environment.
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FIGURE 3. MGC muscle EMG activation profile during outdoor cross walk testing. The EMG activation was indexed as area under the curve (AUC) of the EMG signal. (A) compares the MGC muscle activation on the contralateral side between the MPK-1(Genium) and the PKA device. (B) compares the MGC muscle activation on the contralateral side between the MPK-2(Rheo-3) and the PKA device for CS02.






DISCUSSION

In this two-participant case series we investigated the efficacy of the PKA that incorporates both a powered knee and powered ankle (PKA) system. The main aim was to investigate if the PKA could offer potential benefits to users in terms of gait performance, metabolic performance (EE), and back muscle activation which has implications for minimization of risk of low back pain.


Benchmarking Outcome Variables With Literature

The mean temporal spatial gait parameters (Table 1), cadence ranges and the mean oxygen cost from the two participants in this case series compared well with mean values reported in literature for transfemoral amputees (Jarvis et al., 2017). The observations on knee and ankle kinematics were also consistent with literature (Sup et al., 2009; Lawson et al., 2013, 2015). Benchmarking our outcome metrics with previous literature provides support for the validity of the data collected and the overall findings.



Performance

Energy Expenditure and Endurance

CS01, a young adult, achieved a faster gait speed with his predicate device (MPK-1, Genium) on the treadmill in comparison to the PKA. The participant transitioned from walking to running with the MPK at a speed of 1.8 m/s. There are three potential reasons thatCS01 was unable to reach higher speed while using the PKA: (i) the long length of CS01's residual limb, (ii) a lower ankle push-off setting chosen by CS01, which limited him from taking full advantage of the PKA's potential benefit (Supplementary Material, Figure S3) in comparison to CS02, and (iii) there was no “run mode controller” on the Gen-3 PKA used for this study and considering the safety of the participant, we terminated the test before the participant could break into running.

CS02, an older adult, was able to walk at a higher speed with the PKA than the MPK-2 (Rheo-3) during the modified GTT test. CS02 chose to have an ankle pulse setting far higher (Supplementary Material, Figure S4) than that of CS01. Based on this, for an older adult the ankle push off offered by the PKA could be beneficial in terms of facilitating higher walking speed/endurance. Higher walking speed/endurance is generally related to higher quality of living in older adults (Studenski et al., 2011; Busch Tde et al., 2015). However, this tenet may not be generalizable (Hafner et al., 2016). Increased speed/endurance may have occurred due to integration of power at the ankle and knee and been facilitated by the variable cadence feature offered by the PKA.

CS02 had nearly similar gross oxygen cost, (i.e., gait efficiency) during walking on the treadmill with both the MPK-2 and the PKA. However, for the same oxygen cost, CS02 was able to achieve a higher speed and walked longer with the PKA. Participant CS01 had a detectable improvement in gait efficiency while using the PKA (expended less oxygen cost). The gait efficiency while walking with the MPK-1 was 0.02 mL/kg/m higher than that of the PKA for CS01. The minimal detectable change (MDC) threshold for a true change in walking performance (gait efficiency) is 0.01 mL/kg/m (Darter et al., 2013). This showed that the participant CS01 benefitted energetically while using the PKA, while CS02 benefitted in terms of endurance while using the PKA.



Quality of Gait Biomechanics and Safety

Kinematics

The ankle joint kinematics while using the PKA reproduced a trajectory that is more similar in behavior [Pearson's correlation (rho ≥ 0.6)] to that of a healthy limb in comparison to the MPK devices. The PKA device achieves this by virtue of two of its main design features. First, the PKA controller is designed to make the knee and the ankle joints follow an enforced reference trajectory that is similar to a healthy limb trajectory during gait (Supplementary Material, Figures S3, S4) and (ii) the ankle motor in the PKA provides ankle push off power to suit the level of cadence. The PKA also has a powered knee, which provides stabilization throughout the stance phase and provides power to propel the leg during swing phase. Both the predicate devices are energetically passive (i.e., the foot spring stores and releases energy during gait cycle), unlike the PKA, which provides additional power through motors. Both the predicate MPKs and the PKA device reproduced a knee trajectory (kinematics) that was similar to a healthy limb. Previous literature has shown similar results for knee and ankle kinematics. However, they compared the PKA device with a mechanical passive prosthetic device (Goldfarb et al., 2013; Lawson et al., 2013, 2014, 2015; Shultz et al., 2016). This is the first work to report such kinematic comparison between the PKA and MPK devices.

Erector Spinae EMG

Both participants showed considerable asymmetry (i.e., magnitude of AUC) between the muscle activation level in LES-L3 and RES-L3 level while using their respective MPK devices. In contrast to the muscle activation trends observed with the MPKs, use of the PKA reduced the degree of asymmetry in muscle activation between the RES-L3 and LES-L3 (Figures 1A3,B3) during walking in both participants. There are three potential reasons that could have led to the reduction in muscle activation asymmetry while using the PKA. First, by virtue of the PKAs design, the energy provided by the active motors at the knee and ankle which propelled the ipsilateral side during the terminal stance and swing phases could have reduced the load on the erector spinae back muscles. Second, from the trends of the VGRF it can be seen that the PKA led to similar magnitude peak VGRF (i.e., FZ1/FZ2) as opposed to the MPKs. Third, it was observed that the activation level (AUC) of the contralateral RF muscle was considerably higher when ambulating with the MPK devices in comparison to the PKA for both the participants (Figures 1A4,B4). A similar muscle activation trend was seen for the contralateral MGC muscle activation in participant CS02. However, this MGC trend was subtle for CS01. These factors could have cumulatively facilitated the reduction of asymmetry in the lumbar L3 muscle activation pattern between the contralateral and the ipsilateral side while using the PKA. In contrast to the PKA, while using the MPK (passive energy) there is no power assist during the gait cycle.

This novel finding could hold implications for minimizing the chance of occurrence of low back injury and pain in transfemoral users over long term device use. This observation is significant because low back muscle activation and injury has been very scarcely studied in transfemoral prosthetic literature (Yoder et al., 2015; Shojaei et al., 2016). Asymmetry in lumbar erector spinae activation during gait is a typical muscle activation pattern in individuals with chronic low back pain (Cappozzo and Gazzani, 1982; Michaud et al., 2000; Lamoth et al., 2006a; Goujon-Pillet et al., 2008; Morgenroth et al., 2010; Hendershot and Nussbaum, 2013; Hendershot et al., 2013; Molina Rueda et al., 2013; Devan et al., 2014; Hendershot and Wolf, 2014; Shojaei et al., 2016). Indeed, such asymmetry has been linked to loss of mobility, debilitating quality of life and surgical interventions (Madeleine et al., 2008; Shojaei et al., 2016). It is highly possible that the muscle activation asymmetry, (Figures 1A3,B3) observed in the erector spinae at the L3 region while using the MPKs for locomotion could predispose these users to a higher risk of low back pain and injury in the future.

Based on this case series, we maintain that using the PKA led to more symmetric back muscle activation patterns for both our participants in comparison to their predicate MPKs.

This study is the first to systematically study lumbar muscle activation during different prosthesis use. Also, ours is the first study to report the lumbar muscle activation while using a PKA. From a clinical standpoint, the results observed have significant implications for consequences pertaining to return to work activities and the burden of long term costs. Further studies in this direction are warranted.

Variable Cadence

Both users were able to achieve wider ranges of cadence while using the PKA (Figures 2A3,A5,B3,B5) on both the contralateral and the ipsilateral side. With a wide range of cadence, the PKA could offer improved potential in different walking environments over the predicate MPKs. Furthermore, it was observed that for most speed ranges higher than 0.4 m/s, the variability in stride time (CV%) was relatively higher while using the PKA than while using a MPK for both the contralateral and ipsilateral sides (Figures 2A3,A5,B3,B5). Indeed, in general, it is well-known that change in variability of movement and musculoskeletal injuries are related (Lamoth et al., 2006b; Madeleine et al., 2008; Lomond and Côté, 2010; Stergiou and Decker, 2011; Srinivasan and Mathiassen, 2012; Steele et al., 2014; Jayaraman et al., 2016). As far as this case study goes, it is too soon to comment if the higher variability that manifests while using the PKA is good or bad. However, unlike the MPK devices, the PKA device offers the clinician more control to fine-tune the leg parameters. To modulate gait variability. In general, changes in the variability of the movement that happen over time have been shown to be related to musculoskeletal injuries occurring due to repetitive movements. Only a structured longitudinal study focused on these outcomes can determine if such a feature is beneficial.




CONCLUDING REMARKS

This case series provide early stage results from a larger on-going clinical trial and thus are not broadly generalizable. However, the initial results from this ongoing trial of the PKA are promising for walking performance. Both users in this study were trained through just 12 sessions on the PKA and could perform as well as or in some cases better than MPK devices which the users have utilized full time for at least 2 years. In comparison to the MPKs, using the PKA led to more normalized knee and ankle kinematics, more normalized VGRF, and symmetric lumbar muscle activation at the erector spinae region. Additionally, CS01 showed better gait efficiency while using the PKA and CS02 demonstrated better endurance by achieving a higher walking speed. Based on these observations, we maintain that pursuing further research and development of such PKA devices for different terrains could potentially lead to the improvement of transfemoral prosthetic users mobility. The symmetric loading bear implications for minimizing the risk of secondary musculoskeletal injury occurring due to repetitive use. These findings hold potential implications for improving long-term device use and overall quality of life in transfemoral amputees.
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A hybrid walking neuroprosthesis that combines functional electrical stimulation (FES) with a powered lower limb exoskeleton can be used to restore walking in persons with paraplegia. It provides therapeutic benefits of FES and torque reliability of the powered exoskeleton. Moreover, by harnessing metabolic power of muscles via FES, the hybrid combination has a potential to lower power consumption and reduce actuator size in the powered exoskeleton. Its control design, however, must overcome the challenges of actuator redundancy due to the combined use of FES and electric motor. Further, dynamic disturbances such as electromechanical delay (EMD) and muscle fatigue must be considered during the control design process. This ensures stability and control performance despite disparate dynamics of FES and electric motor. In this paper, a general framework to coordinate FES of multiple gait-governing muscles with electric motors is presented. A muscle synergy-inspired control framework is used to derive the controller and is motivated mainly to address the actuator redundancy issue. Dynamic postural synergies between FES of the muscles and the electric motors were artificially generated through optimizations and result in key dynamic postures when activated. These synergies were used in the feedforward path of the control system. A dynamic surface control technique, modified with a delay compensation term, is used as the feedback controller to address model uncertainty, the cascaded muscle activation dynamics, and EMD. To address muscle fatigue, the stimulation levels in the feedforward path were gradually increased based on a model-based fatigue estimate. A Lyapunov-based stability approach was used to derive the controller and guarantee its stability. The synergy-based controller was demonstrated experimentally on an able-bodied subject and person with an incomplete spinal cord injury.

Keywords: hybrid neuroprosthesis, synergy, nonlinear control, neuromuscular stimulation, Lyapunov


1. INTRODUCTION

Paraplegia in persons with spinal cord injury (SCI) impairs walking function and lowers their quality of life. Functional electrical stimulation (FES) and powered exoskeletons are two potential technologies that aim to reanimate lower-limb function in these persons. FES is an artificial application of electrical potential across a muscle group to produce a desired limb function and is prescribed as an intervention to rehabilitate or restore gait function in individuals with mobility-impairements (Peckham and Gray, 1996). FES was used for the first time in the 1960s by Kantrowitz (1960) and Liberson et al. (1961) to produce gait patterns and to correct drop foot, respectively. Since then FES systems that use either percutaneous or surface electrodes have been used to produce gait (Bajd et al., 1983; Marsolais and Kobetic, 1987; Kralj and Bajd, 1989; Granat et al., 1993; Kobetic et al., 1997; Hardin et al., 2007). Despite this progress, the issue of rapid onset of FES-induced muscle fatigue remains unresolved. To reduce the effects of muscle fatigue, FES has been used in conjunction with a passive orthosis (Solomonow et al., 1988; Goldfarb et al., 2003; Farris et al., 2009; Kobetic et al., 2009). The addition of an orthosis mitigates fatigue effects by lowering stimulation duty cycle of FES because it can be used to support the user's weight during standing. However, the gait is still powered by FES during the swing movement and is affected by FES-induced muscle fatigue.

Powered exoskeletons by their virtue of generating high, rapid, and reliable torque are actively being used to provide gait therapy or restoration (Farris et al., 2011; Neuhaus et al., 2011; Strausser and Kazerooni, 2011). Compared to sole FES-based walking systems, however, they may have higher power consumption to operate high torque motors. Bulky high torque motors and larger batteries increase weight and reduce wearability. A hybrid device that combines an FES system with a powered exoskeleton (del Ama et al., 2012, 2014; Ha et al., 2012; Kirsch et al., 2013, 2014a) can overcome these limitations by reducing power consumption and actuator size in the powered exoskeleton. Moreover, the use of FES provides therapeutic benefits to a user.

In Quintero et al. (2012), FES was combined with a powered exoskeleton to control knee extension by using an adaptive gain-based controller and a PD controller. In del Ama et al. (2014) a cooperative knee joint controller was used in a hybrid knee-ankle-foot exoskeleton. The approach was tested on able-bodied subjects. A PID controller and an iterative learning controller were used to stimulate the quadriceps muscle and the knee flexors, respectively while a variable stiffness controller computed the knee electric motor stiffness based on the measured interaction torque between the user and the exoskeleton. In Ha et al. (2015), another cooperative control approach was used to coordinate hip motors with the stimulation of the hamstrings and knee motors with the stimulation of quadriceps muscle. The approach was tested on three subjects with SCI. The motors were controlled using a high-bandwidth position feedback and the FES control was modified by the difference between the estimated muscle torque and the reference torque profile.

In our previous research, a dynamic optimization method was used to optimize a hybrid walking system (FES + passive orthosis) (Sharma et al., 2014). However, the method computes FES control inputs offline. Motivated to develop an optimization method for a real-time implementation, in Kirsch et al. (2014b), a linear model predictive control (MPC) method was proposed to dynamically allocate control in a hybrid knee joint control system composed of FES and an electric motor. However, a linearized musculoskeletal model was used for the linear MPC method, which may lose control performance outside the region of linearization. Therefore a nonlinear model predictive controller (NMPC) for an FES only case was developed in Kirsch and Sharma (2017) to elicit knee extension in able-bodied participants.

Aforementioned research papers in hybrid neuroprosthesis control focused primarily on coordinating FES and the motors at a single joint, even though some of these papers provided pioneering evidence of its benefits. Motivated to provide a general framework that coordinates stimulation of multiple muscles and exoskeleton actuators at multiple joints, a muscle synergy-inspired controllers were presented in Alibeji et al. (2015b, 2017). In Alibeji et al. (2015b), simulations of the synergy inspired controller for single stepping motion were shown. This controller was further improved to incorporate effects of fatigue and electromechanical delay (EMD) in Alibeji et al. (2017). The experimental evidence of the synergy-inspired controller was provided using standing-cyclical experiments.

Motivated to extend the synergy-based controller, in this paper, dynamic postural synergies were used in a control scheme to generate walking with a hybrid exoskeleton. The dynamic postural synergies are artificial synergies designed to drive the system to key dynamic postures when activated. Then sequential activation of these dynamic postural synergies drive the system to produce gait motions. An adaptive update law was used to modify the synergy activation profiles to compensate for parametric changes in the model. A PID-based feedback component was used to make the controller robust to uncertainity and disturbances. The controller uses dynamic surface control (DSC) (Alibeji et al., 2017) to avoid the use of acceleration signals in the control design. This DSC framework was also modified to include a delay compensation term to account for the EMD. To counter muscle fatigue effects, the control input terms were scaled by the fatigue estimate's inverse. In addition, a scaling factor gain is added to the feedforward component in case there is mismatch in model and subjects strength during experiments. Model-based estimators were designed to estimate the fatigue and activation state variables. The individual components of this controller have been validated experimentally and through simulations in Sharma et al. and Alibeji et al. and have been shown to provide improved performance compared with traditional PID controllers (Sharma et al., 2011; Alibeji et al., 2015a,b, 2017). Finally, experiments were performed on an able-bodied subject and a person with an incomplete spinal cord injury to show the feasibility of coordinating multiple muscles and electric motors with the synergy-inspired controller.



2. METHODS


2.1. Walking Hybrid Neuroprosthesis Model

Figure 1 represents the 4-link model which is used for modeling a hybrid neuroprosthesis and a walker. The 4-link model considers a hybrid neuroprosthesis that uses electric motors and FES via surface electrodes, which non-selectively apply an external voltage potential to a muscle group to generate a contraction. The stance leg is modeled as one rigid segment simulating the locking of the knee joint and the ankle is fixed to the ground because only half of the gait cycle is considered. The swing leg has a thigh, shank, and foot segment but only the hip and knee joints have active actuation. The knee joint uses 3 actuators: motor and FES for flexion and extension of antagonistic muscle pairs. The model only uses electric motors at the hip joints because it can be difficult to stimulate the hip flexors and extensors, as these muscle are not easily accessible using surface electrodes. The trunk dynamics were neglected in the model because the use of a walker allows the user to stabilize their truck. However, the model assumes the trunk is fixed at the vertical orientation. The walker is modeled as a moment acting on the stance leg to help propel the body forward and also to keep it upright. The lower limb model is given as:

[image: image]

where [image: image] are the angular positions, velocities, and accelerations of the leg segments, respectively. In (1), M(q) ∈ ℝ4×4 is the combined inertia of the hybrid neuroprosthesis and human limbs, [image: image] is the centripetal/Coriolis matrix, G(q) ∈ ℝ4 is the gravity vector, [image: image] is the viscoelastic vector term that models the passive muscle dynamics, [image: image] is the torque generated at each joint due to contact with the ground and walker moment (MW), and [image: image] is any unmodeled effects or disturbances in the system. The active torques at the joints are generated by including the musculoskeletal dynamics due to FES (Popović et al., 1999), an electric motor attached at each joint, and the moment generated by the walker force. The torque term is defined as
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where μ(t) ∈ ℝ4 is the intermediate normalized activation vector containing activation states for the actuators, and is defined as

[image: image]

where, μkfx ∈ ℝ is knee flexor muscle activation, μkex ∈ ℝ is knee extensor muscle activation, μkm ∈ ℝ is normalized current for the knee motor and μhm ∈ ℝ is normalized current for the hip motor. In (2), ϕ(t) ∈ ℝ4×4 is the fatigue matrix that contains the fatigue factor corresponding to each stimulated muscle and is defined as
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and [image: image] is the control gain matrix defined as
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FIGURE 1. A 4-link gait model is used to represent a subject taking a step in a hybrid neuroprosthesis while using a walker.



In (3), ψifx, ψiex are the torque-length and torque-velocity relationships of the flexor and extensor muscles and the conversion constants (current to torque) of the electric-motor drives is κi.

The activation state is governed by the following first order differential equation

[image: image]

where subscripts i = h, k stand for the hip and knee joints of the swing leg and (j = fx, ex, m) for the type of actuator. In (4), [image: image] is the actuator decay constant, uij is the normalized input, and τij is the input delay.

The fatigue dynamics of the muscles, ϕij ∈ ℝ is generated from the first order differential equation (Riener et al., 1996)

[image: image]

where ϕmin ∈ (0, 1) is the unknown minimum fatigue constant of a muscle, and Tf, [image: image] are unknown time constants for fatigue and recovery in the muscle, respectively. Because μ ∈ [umin, umax] for muscles, it can be shown that ϕ ∈ [ϕmin, 1], where ϕ = 1 when the muscle is fully rested, and ϕ = ϕmin when the muscle is fully fatigued. The fatigue state for the motors in the fatigue matrix are set to one because the motors do not fatigue.

The stimulation applied to the muscle is bounded by two stimulation levels vmin and vmax to avoid under/over stimulating the muscles. This allows the normalization of the input function u(t) ∈ ℝ4, which is modeled by a piecewise linear recruitment curve (Schauer et al., 2005), as

[image: image]

where [image: image] are the minimum/maximum input magnitudes for each actuator (stimulation or motor) and v(t) ∈ ℝ4 is the input to the system. Based on (4) and (6), a linear differential inequality can be developed to show that μ ∈ [umin, umax]. The umin, umax values are [0, 1] for muscles because they are unidirectional and [−1, 1] for electric motors because they are bidirectional actuators.



2.2. Dynamic Postural Synergies

The purpose of muscle synergies in human motor control is to reduce the complexity of the system by reducing the input space and redundant DOF. In this paper, an alternative form of synergies called dynamic postural synergies are introduced. Unlike other methods which identify synergies by using statistical analysis tools on collected EMG data or simulation results, this form of synergies is computed independently to create a reduced input space for a system that can be used to more efficiently control a system. The dynamic postural synergies generated in this paper are artificial synergies that are designed to drive the system to key dynamic postures, which are defined as the joint positions at any moment during a movement pattern. Then motions such as walking can be segmented into a finite number of dynamic postures and a dynamic postural synergy can be computed for each dynamic posture. These artificial synergies can then be activated sequentially to drive the system from one dynamic posture to the next to create the original motion.

In Bajd et al. (1983) rudimentary gait was recreated in subjects with SCI by stimulating the peroneal nerve and then the quadriceps to produce two key dynamic postures; the withdrawal reflex and knee extension. The withdrawal reflex is a spinal reflex that protects the body from damaging stimuli and can be triggered by activating the pain receptors at the bottom of the foot or stimulating the peroneal nerve. The reflex consists of the flexing of the hip, knee, and ankle joints to immediately lift the leg off of the ground or the source of the pain. In this work, the artificial synergies, defined as W ∈ ℝ4×2, that produce these dynamic postures were computed using dynamic optimizations. Then, another set of dynamic optimizations were used to find the optimal activation of these artificial synergies, defined as [image: image], to reproduce gait trajectories, qd. Below, the dynamics, excluding the fatigue factor ϕ, are written in terms of the kinematic trajectories (qd) and the activation state generated from the dynamic postural synergies and their optimal activation (i.e., μd = Wcd) as

[image: image]

where [image: image] is the ground reaction forces and walker moment, MW, resulting from the optimal trajectories (qd).

2.2.1. Computing the Synergies

The dynamic postural synergies are computed using optimizations that use the 4-link walking model in (1). The 4-link walking model was modified to reflect the hybrid neuroprosthesis testbed, therefore, only the hip motors, knee motors, and the antagonistic muscle pairs of the knee joint are used. The parameters used for this model were taken from Popović et al. (1999) for an able bodied person. Optimizations were conducted to compute the synergies that distribute the effort to the 4 inputs that minimize the error between the desired dynamic posture and the resulting motion. The joint angles for the desired dynamic postures were taken from the optimal trajectories in Alibeji et al. (2015b). For these optimizations, the convex cost function's objective was to minimize the dynamic posture's position error and minimize the activation states of the system and is defined as

[image: image]

where dynamic posture's position error is defined as E1 = qdp − q and qdp is the joint positions for the desired dynamic posture. In (8), [image: image] is a weight on the position tracking error, the matrix [image: image] is a positive-definite matrix of weights on the activation vector, and the lower and upper bound on the activations are defined as μl and [image: image]. Based on the selection of the input weight matrix R1, the distribution of the effort from the motors or stimulation can be emphasized. These optimizations were performed by using Matlab's fmincon function (MathWorks, Inc., USA). The dynamic postural synergies computed through the optimization and the postures they produce; withdrawal reflex and knee extension, can be seen in Figure 2. The first dynamic postural synergy activates the hip motor to produce a moment at the hip in the flexion direction, and activates the knee motor and knee flexor to produce a moment at the knee in the flexion direction, to produce the withdrawal reflex. The second dynamic postural synergy activates the hip motor to produce a smaller moment at that hip to maintain the hip joint's position, and activates the knee motor and knee extensor to produce a moment at the knee to fully extend the knee joint.


[image: image]

FIGURE 2. The dynamic postural synergies computed through the optimizations and the dynamic postures they result in when activated.



2.2.2. Computing the Synergies' Activation

Unlike the synergies extracted through statistical methods, such as principal component analysis in Alibeji et al. (2015b), these dynamic postural synergies were determined using separate optimizations prior to these dynamic optimizations. Using these already computed dynamic postural synergies, these dynamic optimizations now compute the optimal synergies' activations in order to complete a step.

In order to consistently and easily maintain the initial condition during experimentation, the subject will start the gait process while standing upright. Therefore, two sets of dynamic optimizations are computed; one for a half step (0.2 meters) and the second for a full step (0.4 meters).

These dynamic optimizations also include the double support phase (DSP) part of the gait sequence, i.e, when the body is supported by both legs. During the DSP the load transfers from the stance leg to the swing leg and the legs switch roles, i.e., the stance leg from the previous step becomes the swing leg for the next step and vice versa. To include the DSP, the swing leg has to the reach the desired position, where the swing leg makes contact with the ground, in the allotted time, tstep = 1 s., and maintain that position, i.e., maintain contact with the ground, for a predetermined duration, tDSP = 0.5 s. For these optimizations, the convex cost function's objective was to minimize the synergy activation for the full duration and the final position error from t = tstep to t = tDSP. The cost function is defined as

[image: image]

where final position error is defined as E = qf − q, qf is the final joint positions for a complete step, [image: image] is the positive-definite weight matrix for the synergy activation, [image: image] is the positive-definite weight matrix for the the joint angle errors, and the lower and upper bound on the synergy activations are defined as cl and [image: image]. In the cost function t0 is the time in which the step begins and tf is the final time for the step and is defined as tf = tstep + tDSP. The last variable in the cost function, Πextra is an additional cost that is activated when certain undesirable events occur in the solution, e.g., the foot drags on the ground or the swing leg overshoots.

These optimizations were performed in Matlab using a genetic algorithm particle swarm optimization (GAPSO) method to minimize the cost function. The dynamic postural synergies, their activations computed through the optimizations, the joint trajectories they produce, and the gait sequence for the half step and full step can be seen in Figures 3, 4, respectively. From the gait sequences, it can be observed that the optimizations computed the synergy activations to complete the step, whether half or full, and maintained contact with the ground throughout the DSP while interacting with the ground reaction model. In addition, it can be seen that the dynamic postural synergies are activated in sequence as intended, i.e., for the first 0.5 s. primarily the first synergy is activated and then for the remainder of time primarily the second synergy is activated. Even though the model completes the step by around 1 s. the second synergy is still activated for the remainder of the time; this is to keep the knee from buckling since both legs are supporting the body during this phase.
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FIGURE 3. (A) The dynamic postural synergies (a) and their activation to produce a half step (b), (B) the joint trajectories they produce, (C) the gait sequence for the half step.




[image: image]

FIGURE 4. (A) The dynamic postural synergies (a) and their activation to produce a full step (b), (B) the joint trajectories they produce, (C) the gait sequence for the full step.



Note that for the full step results, as the swing leg leaves the ground, the stance leg is tilted posteriorly which is not typical for normal gait. This is because this system does not currently include actuation at the ankle joints to produce push off. During normal gait the first part of the gait sequence is push off, as a result of the plantar-flexion of the ankle, to propel the body forward. The differences between gait with and without push off can be seen when comparing these results to the walking simulation results in Alibeji et al. (2015b) where ankle actuation is present. If the push off phase is to be included in this system, it would have its own dynamic postural synergy.



2.3. Control Development and Stability Analysis

2.3.1. Control Objective

The control objective is to track a continuously differentiable desired trajectory [image: image]. The tracking error, e ∈ ℝ4, is defined as

[image: image]

To facilitate the control design and stability analysis, the auxiliary error signals [image: image] are defined as

[image: image]

[image: image]

where [image: image] are control gains and [image: image] is an auxiliary signal defined as Downey et al. (2015)

[image: image]

in order to incorporate integral control. To simplify the derivations, the following notations are used: (1) the time dependence of a function is dropped [e.g., e(t) → e] and (2) a signal delayed by τ is notated as a subscript [e.g., u(t − τ) → uτ]. In addition, to facilitate the control development and stability analysis, the following assumptions were made.

Assumption 1: Only motion in the sagittal plane is considered.

Assumption 2: The unmodeled effects or disturbances, τd, are bounded as |τd| ≤ ϵ1 where [image: image] is a constant.

Assumption 3: The dynamic postural synergies, W, are bounded constants and their activation, cd, are bounded vectors.

Assumption 4: The desired trajectory, [image: image], and its derivatives, [image: image], are bounded.

2.3.2. Closed-Loop Error System

The open-loop error is derived by multiplying the time derivative of (12) with M(q) and substituting the dynamics in (1) and (2) to obtain

[image: image]

where d is the lumped disturbances and is defined as d = Γd + Γext. This expression can be written in the form

[image: image]

where [image: image], [image: image], is defined as [image: image] for each actuator and Ñ ∈ ℝ4, is defined as Ñ [image: image] N − Nd. The auxiliary signals [image: image] and Nd(t) are defined as

[image: image]

The term Ñ in (15) can be upper bounded by using the Mean Value Theorem as

[image: image]

where ρ1(||z||) ∈ ℝ is a positive monotonic bounded function and z ∈ ℝ16 is defined as

[image: image]

Note that the auxiliary signal Nd is equal to the left hand side of the desired muscle dynamics in (7). Therefore, (15) can be rewritten as

[image: image]

where [image: image]. After adding and subtracting the terms [image: image] [image: image] [image: image] bdϕμ, and bdϕμf where [image: image] and [image: image] are estimates of the activation state and the fatigue state, [image: image] is the desired activation to be later defined, and [image: image] is a filtered desired activation, and rearranging the terms, (17) becomes

[image: image]

where [image: image] is defined as [image: image], [image: image] is defined as [image: image], and [image: image] is defined as [image: image].

The estimates of the activation and fatigue states in (4) and (5) are generated through the following dynamics

[image: image]

[image: image]

where [image: image] are bounded estimates of the real parameters that can be determined through system identification experiments (Kirsch, 2016; Alibeji et al., 2017). Note that these estimators are governed by first-order differential equations, thus the estimates are bounded as [image: image] and [image: image].

In (18), the surface error, S ∈ ℝ4, is defined as

[image: image]

The delay compensation term, eI, is added to the surface error, S, to deal with the input delay in the actuator dynamics. The boundary layer error, y ∈ ℝ4, for μ is defined as

[image: image]

The filtered desired activation μf is obtained by passing [image: image] through a low-pass filter such as

[image: image]

where [image: image] is the low-pass filter time constant.

To felicitate the control design the desired activation, [image: image], is defined as

[image: image]

where ĉ ∈ ℝ2 is the estimate of cd, [image: image] is a control gain matrix and k ∈ ℝ4×4 is the feedback gain matrix that is chosen to only influence the electric motors.

In [image: image], the feedforward component, ζsfWĉ, and the feedback component, kr, are scaled by the inverse of the fatigue estimate. This feature is included in the controller so that as a muscle fatigues, the stimulation input to that muscle increases gradually to counteract the effects of the fatigue. The estimate of the synergy activation updates according to the following update law with the projection algorithm (Dixon et al., 2003).
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where F ∈ ℝ2×2 is a symmetric positive definite gain matrix. After using (24), (18) becomes
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where I is the identity matrix and [image: image] is defined as

[image: image]

Using the Mean Value Theorem, Assumption 4, and the property of projection algorithm the following terms can be bounded as

[image: image]

where ρ2(||z||) ∈ ℝ is a positive monotonically increasing bounded function and [image: image] are constants.

The surface error dynamics are derived by taking the time derivative of (21) and using (19), resulting in

[image: image]

Based on the subsequent stability analysis, the normalized input u is designed as

[image: image]

where β ∈ ℝ+ is a control gain.

Therefore, the closed-loop surface error dynamics can be written as

[image: image]

The boundary layer error dynamics are found by taking the time derivative of (22) and using (23), which results in

[image: image]

where η(e, r, S, y, t) is a continuous nonlinear function defined as [image: image] Based on the definition of u in (29), the control law v is designed as

[image: image]

where △v = vmax − vmin and △u = umax − umin. The desired feedback activation, kr, defined in (24) can be expressed in standard PID form as [image: image] where [image: image] are the proportional, derivative, and integral control gains and are defined as KP = k(α0 + α1), KD = k, and KI = kα0α1. The control schematic for the implementation of the overall controller is represented in Figure 5.
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FIGURE 5. The control schematic for the implementation of the overall controller.





2.4. Finite State Machine

The hybrid neuroprosthesis used for experimental demonstration uses 4 electric motors; one on each hip joint and knee joint, and 4 stimulation channels; the quadriceps and hamstrings of each leg. The hybrid neuroprosthesis is controlled using two of the adaptive synergy-based PID-DSC controller with delay compensation working in tandem to produce gait, one for each leg. The Finite State Machine, shown in Figure 6, is used to determine which trajectories and synergy activations of the gait sequence are used; i.e., either half right step (State 1), full left step (State 2), or full right step (State 3). In between the active states; State 1–3, the standby state (State 0) is activated by default, in which the motors at the joints hold their positions and the synergy activations are set to zero. When a leg is activated in a state, it becomes the swing leg and its counterpart becomes the stance leg. When a leg becomes the stance leg the controller only uses feedback to track the stance hip trajectory and hold the position of the knee joint. The progression of the FSM is determined by the progression button, in which the first time it is pressed State 1 is activated, then each time it is pressed after that the even transitions activate State 2 and the odd transitions activate State 3. In addition to the progression button, there is a safety button which turns off all inputs when pressed.


[image: image]

FIGURE 6. The Finite State Machine determines the desired trajectories and synergy activations based on what state is activated; either half right step, full left step, or full right step. Then two controllers are used, one for each leg, which work in tandem to produce gait.





2.5. Experimental Demonstration

The hybrid neuroprosthesis testbed, shown in Figure 7, can be broken down into four primary components: an adjustable orthosis, electric motors, a stimulation unit, and an assistive support device. The orthosis is designed to be adjustable to comfortably fit a wide variety of body types while maintaining the alignment of the joints between the orthosis and subject. Custom motor mount brackets were fabricated to attach the electric motors at the joints of the orthosis. The electric motors (Harmonic Drive LLC, MA, USA) at the hip joints can generate a maximum torque of 50 Nm. The knee electric motor were EC90 brushless motors (Maxon Motor, Switzerland) combined with a Harmonic Gear CSD-25-100-2UH (Harmonic Drive LLC, MA, USA). The knee motor can generate a maximum torque of 56 Nm. A RehaStim 8-channel stimulator (Hasomed Inc., DE) was used to generate the current modulated biphasic pulse trains used to elicit muscle contractions. A set of transcutaneous electrodes was placed on the quadriceps and hamstring muscle groups. The current modulated pulse train with a frequency of 35 Hz and a 400 μs pulse width is typically used for all experiments. An assistive support device, called an E-Pacter (Rifton, USA), is used for the experiments to help the subjects maintain their balance and propel themselves forward. An xPC target (SpeedGoat, CH) was used to interface with the different sensors and motor drivers and implement the controller in real-time at 1 kHz. The control algorithms were coded in Simulink (MathWorks Inc, USA) and used Simulink's (MathWorks Inc, USA) real-time toolbox software running on a Windows machine (Intel Xeon 3.10 GHz processor). The hybrid neuroprosthesis is controlled using a button to control the progression of gait and an emergency stop button to stop all the inputs.


[image: image]

FIGURE 7. The walking hybrid neuroprosthesis and the gait support device used in the experimental demonstration of the synergy-based control system. This system uses an electric motor at the hip and knee joints of each leg and FES of the hamstrings and quadriceps muscle group of each leg.



The overall control system was experimentally demonstrated on an able-bodied subject (male; 27 years old, height: 1.80 m, weight: 90 kg) and a person with an incomplete SCI (male; 41 years old, height 1.70 m, weight 70 kg, injury: T10 AIS A). For these experiments it is assumed that the behavior of the right and left leg are similar, therefore, both States 2 and 3 use the same synergies and activations computed in the previous sections. The optimizations to compute the synergies, their activations, and the trajectories they produce were performed using the subject's height and weight, but the model used the muscle parameters reported in Popović et al. (1999) for an able-bodied subject and person with SCI, respectively. If this system is to be implemented on a subject with a condition in which a injury/disorder in which one of his or her leg's response is much different than his or her other leg such as in hemiplegia due to a stroke, it would probably be more beneficial to use multiple subject-specific models, one for each leg.

Prior to any experimentation, an approval from the Institutional Review Board at the University of Pittsburgh was obtained. The consent procedure for human participants was written and informed. During the experiments, the subject was instructed to relax and refrain from voluntarily interfering with the hybrid exoskeleton. The estimates of the EMD, activation time constants, and fatigue/recovery rates were estimated in system identification experiments in a leg extension machine and assumed to be the same for both legs. During the experiments, the subjects used a gait assistive device called the E-Pacer (Rifton, USA) to help support and propel themselves forward. The progression and safety buttons were operated by a separate user and were used to control the FSM. The experiments were run for 6 steps, including the half right step. In order to compare the difference in power consumption between a powered exoskeleton, just motors, and a hybrid neuroprosthesis, motors and FES, the testbed was tested with two different control systems. For the first control system for the hybrid neuroprosthesis configuration, the adaptive synergy-based PID-DSC controller was used to govern the input to the FES and motors. For the second control system for the powered exoskeleton configuration, a Robust Integral of the Sign of the Error (RISE) (Xian et al., 2004) controller was used to govern the input to the motors. This controller was used for this case because it contains a unique integral signum term which can accommodate for sufficiently smooth bounded disturbances like the friction in the harmonic drive motors used in this testbed.




3. RESULTS

The experimental results from the subject with the incomplete SCI can be seen in Figures 8–12. The tracking performance for the both right and left hip and knee joints can be seen in Figure 8A. Figure 8B shows a sequence of frames from the video footage illustrating the gait produced using the control system1. The root mean squared errors (RMSE) and root mean squared voltages (RMSV) for the hip and knee joints for the right leg are presented in Table 1. From the results it can be seen that not only did the synergy-based controller result in better tracking performance, but it did so while consuming less energy compared to the RISE controller. In addition, the hybrid neuroprosthesis testbed, when using the synergy-based controller, also includes theraputic health benefits due to the use of FES. The desired feedforward component, [image: image], and desired feedback component, kr, in [image: image] can be seen in Figures 9, 10. The contribution of the inverse of the fatigue estimate scaling factor is not apparent in the experimental results as there is little change in the desired feedfoward activations, as seen in Figure 9. This is due to the small changes in the estimate of the fatigue, as seen in Figure 11. This is due to the fatigue parameters identified for the subject with an incomplete SCI. Since his injury level is incomplete, his muscles had not atrophied and resistant to fatigue. However, for the subjects with advanced muscle atrophy as a result of their complete SCI, muscle fatigue would occur more rapidly, hence this is still a practical feature in the controller. The actual input signals for all 8 inputs of the system can be seen in Figure 12. It can be observed, that when a leg takes the role of the stance leg, the synergy activation is zero which results in zero stimulation and zero desired feedforward motor activation. Hence, only feedback control of the motors is used to lock the knee joint of the stance leg. From the inputs, we can see that the timing of the stimulation is sensible as for each step the flexors is activated first to produce the withdrawal reflex and then the extensors to fully extend the knee.


[image: image]

FIGURE 8. (A) The desired and actual joint angles of the right and left hip and knee joints resulting from using the developed synergy-based DSC/DC control system in conjunction with the FSM on a subject with an incomplete SCI. The shaded regions indicate which state of the FSM is active at that time. (B) A sequence of photos illustrating the gait produce during the experiments. The depicted individual provided written and informed consent for the publication of this image.
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FIGURE 9. The desired feedforward component of [image: image] for all of the system inputs. This component is generated from the dynamic postural synergies and their activation after adaptation and with the scaling up from the fatigue estimate and the scaling factor control gain.
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FIGURE 10. The desired feedback component of [image: image] which is only applied to the four motors at the hip and knee joints of each leg. It can be observed that they majority of the effort is occurring during the swing phase of each leg.
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FIGURE 11. The fatigue estimates for the knee flexors and extensors of the right leg. The fatigue estimate ranges from 1 to ϕmin, which corresponds to no fatigue to fully fatigued, respectively. It can be observed that the fatigue occurs during the swing phase, and the muscles recover during the stance phase since there is no stimulation.
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FIGURE 12. The inputs to all of the system inputs, including feedback and feedforward, for this experimental trial. Note that there is no stimulation occurring during the stance phase of each leg.





Table 1. The root mean squared of the input voltage to the motors.
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4. DISCUSSION

As researchers, we often analyze biological systems to devise innovative solutions to real world applications. To overcome the challenge of actuator redundancy, we studied how scientists believed the human body solves its high degree of freedom and actuator redundancy problem to achieve fluid and coordinated movements such as gait. It is hypothesized that the human central nervous system (CNS) activates multiple muscle fibers in groups or patterns called muscle synergies, or motor primitives, to efficiently perform complex movements such as reaching, hand manipulations, or posture control (Sherrington, 1910; d‘Avella and Tresch, 2001; Ting, 2007; Vinjamuri, 2008; Vinjamuri et al., 2010). The benifit of synergies is their function of transforming a higher dimensional and complex systems into lower dimensional and simpler systems that are easier to control (Tresch and Jarc, 2009). In Neptune et al. (2009), muscle synergies for human locomotion were extracted and successfully applied to complex human walking models to reproduce realistic gait motions. For a more thorough literature review on synergies, readers are referred to these references (Vinjamuri, 2008; Tresch and Jarc, 2009).

In this research, a synergy-based control system is used to distribute the control effort to the multiple actuators of a walking hybrid neuroprosthesis. This approach is inspired from the human motor control concept of muscle synergies. In most studies, muscle synergies are proposed as a basis employed during human motor control and found by decomposing recorded EMG signals (collected from multiple muscles) to extract muscle synergies. Unlike these studies, in this paper dynamic postural synergies are designed, using dynamic optimizations, to be used as a basis for the control system for the walking hybrid neuroprosthesis. This synergy design approach, using optimizations to distribute the control effort among the available actuators, offers multiple advantages and convenience such as allowing for the incorporation of external inputs, i.e., electric motors and FES. Another benefit for this method of designing dynamic postural synergies is the ease of adding additional restrictions on the synergies, i.e., no co-activation or no negative stimulation. Based on the synergy principle, fewer control signals are used to control multiple actuators in a hybrid neuroprosthesis, therefore the use of synergies will not only solve the actuator redundancy problem similarly to how the body is hypothesized to do so, but it will do it in a more computationally efficient way. However, there are still other remaining challenges that could hamper the effectiveness of a closed-loop synergy-based control system if not addressed. These remaining challenges are EMD, actuator dynamics, and muscle fatigue. Therefore, Lyapunov-based control design approaches were used to derive this class of synergy-based controllers that are robust to EMD and compensate for activation dynamics and muscle fatigue. While the developed control system was capable of reproducing gait, the finite state machine can still be scaled-up to achieve motions other than gait such as sitting/standing and ascending/descending.



5. CONCLUSION

In this paper, the adaptive synergy-based DSC controller is developed and experimentally tested on an able-bodied subject and person with an incomplete SCI using a walking hybrid neuroprosthesis. This control system used dynamic postural synergies designed to reproduce the key dynamic posture; the withdrawal reflex and knee extension, which have been shown to be able to reproduce gait. Dynamic optimizations were then used to compute the optimal synergies' activation to produce a half step and full step. A finite state machine was developed to switch between the trajectories and synergy activations depending on three states; half right step, full right step, and full left step. The control system then used two of the synergy-based DSC controller, one for each leg, working in tandem to reproduce gait. The overall control system was able to recreate gait using the hybrid neuroprosthesis and the gait assistive device.
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Gait disturbance is commonly associated with stroke, which is a serious neurological disease. With current technology, various exoskeletons have been developed to provide therapy, leading to many studies evaluating the use of such exoskeletons as an intervention tool. Although these studies report improvements in patients who had undergone robotic intervention, they are usually reported with clinical assessment, which are unable to characterize how muscle activations change in patients after robotic intervention. We believe that muscle activations can provide an objective view on gait performance of patients. To quantify improvement of lateral symmetry before and after robotic intervention, muscle synergy analysis with Non-Negative Matrix Factorization was used to evaluate patients' EMG data. Eight stroke patients in their acute phase were evaluated before and after a course of robotic intervention with the Hybrid Assistive Limb (HAL), lasting over 3 weeks. We found a significant increase in similarity between lateral synergies of patients after robotic intervention. This is associated with significant improvements in gait measures like walking speed, step cadence, stance duration percentage of gait cycle. Clinical assessments [Functional Independence Measure-Locomotion (FIM-Locomotion), FIM-Motor (General), and Fugl-Meyer Assessment-Lower Extremity (FMA-LE)] showed significant improvements as well. Our study shows that muscle synergy analysis can be a good tool to quantify the change in neuromuscular coordination of lateral symmetry during walking in stroke patients.

Keywords: muscle synergies, gait symmetry, stroke rehabilitation, robotic intervention, hybrid assistive limb


1. INTRODUCTION

Stroke is a serious neurological disease commonly associated with gait disturbance (Verma et al., 2012; Esquenazi et al., 2017). This points to a need for asssitive devices that can help in patients' therapy process and personal mobility. In reviews done by Díaz et al. (2011) and Esquenazi et al. (2017), there appears to be an increasing trend in the use of exoskeletons for therapy. This has led to the development of several commercially available exoskeletons for therapy. Some examples of these exoskeletons are the Hybrid Assistive Limb (HAL) (Hayashi et al., 2005), ReWalk (Zeilig et al., 2012), Lokomat (Jezernik et al., 2003), and Lopes (Veneman et al., 2007).

Although improvements to stroke patients' gait can be clinically verified after robotic intervention, the effects of such interventions from the viewpoint of muscle activations are not well studied. Typically, studies involving the use of exoskeletons focus on clinical metrics describing the performance of patients before and after a course of therapy (Aach et al., 2014; Watanabe et al., 2014). Louie and Eng (2016) did a review on various studies that looked into the effects of exoskeletons on therapy and listed methods and results from them. It was also noted that all of the studies listed in their review used mainly only clinical measures to evaluate improvement in patients. Díaz et al. (2011) also concluded that there is a need to develop standardized protocols to obtain reliable assessment data, as clinical measures are currently not sufficient and require many clinical trials in order to be widely accepted and implemented. Although clinical measures are a good indication of the general wellbeing of patients, they are unable to reflect changes in the way muscles are coordinated in a task. We believe having knowledge in how muscle synergies change after therapy would help determine accurately if the patient has regained their mobility.

One measure where clinical measures do not quantify well is gait symmetry. However, such a measure is turning out to be an important measure to evaluate post stroke patients. Verma et al. (2012) did an extensive review on characterization of such asymmetries and found that asymmetries arise on the unaffected side due to compensation and adaptation. They also found that such asymmetries lead to inefficient energy expenditure, falls, abnormal joint loading, joint pain, deformity and pain. Since gait asymmetry is such a serious issue, having tools like muscle synergy analysis (MSA) would allow us to assess patient gait performance accurately, and thus, customize treatments. Further support for measuring gait asymmetries come from Patterson et al. (2010), who analyzed patient gait data up to a mean of 82 months, post stroke. They found that spatial and temporal gait symmetry parameters (stance time, swing time, step length symmetry), actually show a worsening of gait in those patients, whereas parameters like velocity, neurological deficit and lower extremity motor impairment did not reveal any significant worsening of gait. They conclude that gait asymmetry should be given more attention both in clinical situation and research.

Previous studies have proposed that co-activation of muscles, also known as muscle synergies or motor modules, are sufficient to describe various postural or locomotion tasks in humans (Ivanenko et al., 2007; Torres-Oviedo and Ting, 2007). These synergies can be considered strategies that the human body employs to facilitate control of limbs in various tasks. Such a method, known as muscle synergy analysis (MSA), has recently seen interest in the stroke therapy. Studies by Clark et al. (2010), Barroso et al. (2017), and Gizzi et al. (2011) used MSA to assess gait performance of stroke patients. One related work by Routson et al. (2013) employed MSA to quantify walking performance of stroke patients before and after therapy. These studies highlight the importance of having such measures, in addition to clinical measures, in order to predict stroke patient performance and to customize therapies.

In our study, we investigate muscle activation changes with MSA in stroke patients who underwent a course of robotic therapy using the HAL Lower Limb exoskeleton (Hayashi et al., 2005). Muscle synergies are extracted with Non-Negative Matrix Factorization (NNMF) (Gelsy Torres-Oviedo and Ting, 2006) and compared to evaluate changes in muscle activation of stroke patients before and after robotic therapy. This study aims to quantify gait symmetry of post stroke patients with lateral symmetry of muscle synergies on both sides of the body, when they are walking.



2. METHODS

This study was carried out in accordance with the recommendations of the University Guidelines for Clinical Trials, Institutional Review Board of University of Tsukuba Hospital, with written informed consent from all subjects. All subjects gave written informed consent in accordance with the Declaration of Helsinki. The protocol was approved by the Institutional Review Board of University of Tsukuba Hospital. The University Guidelines for Clinical Trials conforms to the ethical principles of the Declaration of Helsinki.


2.1. Participants

Eight post stroke patients in their acute phase after onset participated in the study (Table 1). Among the eight participants, there were four females and four males, aged between 43 and 80 (average: 59.3 ± 12.2) yrs. Four of them had hemiparesis on the left side, and the other four on the right side. Medical diagnosis included Atherothrombotic Cerebral Infarction (ACI), Subcortical Hemorrhage (SH), Brain Stem Infarction (BSI), Lacunar Infarct (LI) and Atherothrombotic Brain Stem Infarction (ABSI). Clinical evaluation of their Functional Ambulation Category (FAC) before starting the robotic intervention ranged from 1 (ambulation under substantial physical assistance) to 3 (independent ambulation under observation). These patients were included in the study 10–18 (average: 13.6 ± 3.4) days after onset.



Table 1. Participants characteristics.
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2.2. Robotic Intervention

Since all participants were hemiparetic, single leg version of Robot Suit HAL was used. The robot was composed of three rigid structures corresponding to lumbar, thigh and shank, and shoe, of the paretic side, weighing 9 kg in total. These parts were serially connected by joints allowing relative sagittal motion, realizing joint motion of hip, knee and ankle in the sagittal plane. Electric motors were embedded at the hip and knee joints, and controlled according to the bioelectric signals detected by surface electrodes attached on the skin surface of the relevant muscles. In equation, the hip and knee motors were controlled in real time to provide assistive joint torque as Thip = Ghip, flex * Ahip, flex − Ghip, ext * Ahip, ext and Tknee = Gknee, flex * Aknee, flex − Gknee, ext * Aknee, ext, where Ahip, flex, Ahip, ext, Aknee, flex and Aknee, ext are respectively filtered activation of Illiopsoas (hip flexor), Gluteus maximus (hip extensor), Hamstrings (knee flexor) and Vastus Lateralis (knee extensor) muscles. Ghip, flex, Ghip, ext, Gknee, flex, and Gknee, ext are gain parameters adjusted according to wearer's comfort through the sessions.

Robotic intervention was started within the participants' acute period (Table 1). Intervention sessions were performed three times per week for 3 weeks, and therefore nine times in total, for each patient. An intervention session lasted approximately 60 min, including clinical examination, attaching the robot, 20 min of walking training using the robot including rest when necessary, and detaching the robot. During walking training, the patient walked repetitively in a 25 m course composed of two straight lines and two semicircles, on a flat surface. For safety reasons, a walking device (All-in-One Walking Trainer, Ropox A/S, Naestved, Denmark) with a harness was used to prevent falls, and heart rate and oxygen saturation were monitored time to time.



2.3. Data Measurement

Gait of the patients was measured during straight walking at a self-selected speed without wearing HAL, 1–3 days before the first HAL session (pre HAL) and after the last HAL session (post HAL). Lower limb muscle activity and foot motion were recorded using a measurement system. All-In-One Walking Trainer (Ropox A/S, Denmark), with a harness, was used during the walking test to prevent falls. The harness was adjusted so that it did not provide any weight support. The patients walked for 6 m several times (Lam et al., 2010), until three consecutive steady steps were obtained. Data that did not fit the criteria of three consecutive steady steps were discarded. Also, the initiation and termination of walking during each 6 meters walking trial were discarded as well.

2.3.1. Electromyography

Skin preparation included wiping down the muscle bellies with alcohol swabs. Twelve wireless, surface EMG electrodes were placed bilaterally over the muscle bellies of: Vastus Medialis (VM), Hamstrings (HAM), Tibialis Anterior (TA), Gastrocnemius (GAS), Adductor Longus (ADD), Gluteus Maximus (Gmax), using a TrignoTM Lab Wireless electromyography (EMG) system (Delsys Inc., Boston, MA, USA). EMG data was sampled at 2,000 Hz.

2.3.2. Motion Capture System

Motion tracking of subjects was achieved with a motion capture system (VICON MX System with 16 T20S Cameras, Vicon, Oxford, UK), in synchronization with EMG and sampled at 100 Hz. Sixteen autoreflective markers were placed bilaterally on the anterior superior iliac spine, posterior superior iliac spine, lower lateral 1/3 surface of the thigh, flexion-extension axis of the knee, lower lateral 1/3 surface of shank, lateral malleolus for the ankle, posterior peak of the calcaneus for the heel and the lateral second metatarsal bone of the toe. These marker positions were used for gait phase detection during locomotion.



2.4. Data Analysis

2.4.1. Preprocessing

From the synchronized tracks of EMG and motion data, three consecutive steady steps starting from a heel strike and ending with a succeeding heel strike were extracted in the middle of 6 m walking for each leg (Right and Left), pre and post HAL, for each of the participants. EMG data was first band-passed with a 4th order, zero-lag Butterworth band-pass filter at 30–400 Hz. The bandpassed EMG was then filtered with a Hampel filter, with the parameters, time window, win = 200 and a threshold of σ = 4 (standard deviations), to remove artifacts. Finally, EMG data was fully rectified and low-passed with a 4th order, zero-lag Butterworth low-pass filter at 6 Hz to obtain the EMG envelope. The EMG envelope is then time-normalized and resampled to 100 times points.

2.4.2. Extraction of EMG Based on Kinematic Data

We segmented the EMG data into windows based on the phases of walking (Stance, Swing, Cycle). Stance is defined as the period starting from a heel strike and ending with toe off. Swing is defined as the period between starting from the toe off to heel strike. The Cycle is defined as starting from a heel strike and ending at the next heel strike.

Segmented data is further divided into sides (Affected and Unaffected). Each muscle vector in each segment was divided by its own standard deviation in that particular segment (e.g., Cycle muscle vectors are divided with the standard deviation of muscle vectors in the Cycle segment). This is based on the “UnitPer” definition (standard deviation per trial) of Banks et al. (2017), who evaluated the effect of different EMG normalization methods with NNMF MSA. This provides a consistent effect size for varying muscle synergies and timing coefficients.

Data segments from 3 consecutive walking cycles were separated and concatenated, based on their phase in the gait cycle and side of the patient, thus obtaining 6 matrices in total (Affected_Stance, Affected_Swing, Affected_Cycle, Unaffected_Stance, Unaffected_Swing, Unaffected_Cycle). Oliveira et al. (2014) noted that for intra-subject comparisons, muscle synergies extracted from concatenated signals yielded higher reconstruction quality, as compared to muscle synergies from averaged signals. This processing method was adopted as we would like extracted synergies to be representative of the subject's muscle activations. Also, we think averaging the EMG signals would mask step-to-step variability of muscle activations in hemeparetic patients.

2.4.3. Muscle Synergy Extraction With NNMF

NNMF was then used to extract muscle synergies from the concatenated EMG data. This was performed with Matlab's NNMF function, using the multiplicative update algorithm. Parameters for the tolerance for the residual (TolFun) was given as 1e−6 and the tolerance for the relative change in elements (TolX) was given as 1e−4. The algorithm was repeated 50 times and results with the lowest root mean square residual were taken to be the best. Synergies were allowed to vary per condition.

The choice of number of synergies were determined with the criteria of when the variance-accounted-for (VAFtotal) between the reconstructed and original EMG envelope was above 90% and subsequent increase of the number of synergies did not give more than a 5% increase in VAF. We also imposed a local criteria where the reconstruction VAF (VAFmuscle) for each muscle vector was above 75% (Torres-Oviedo and Ting, 2007). The VAF is defined as 100 * (uncentered Pearson correlation coefficient), which requires the total sum of squares to be taken with respect to zero (Gelsy Torres-Oviedo and Ting, 2006). This is given as:

[image: image]

where n is the number of datapoints for each channel, and m is the number of channels. Xnm and Ynm are the matrices containing the reconstructed and original signal respectively. VAF calculation code is adapted from the “rsqr_uncentered” function in the file “PosturalData_NMFvsPCA_GUI_July2013” given in Neuromechanics Lab (2016).

The mean muscle VAF was calculated for each extracted muscle synergy vector ([image: image] where i = number of synergies and n = number of muscle channels), and were used as a basis in the sorting of muscle synergy vectors. Synergy vectors were sorted according to the mean muscle VAF in descending order (i.e., a synergy with highest mean reconstruction muscle VAF, as compared to other synergies, were placed as the first synergy).

2.4.4. Synergy Analysis

Lateral synergy symmetry was determined by comparing the sorted synergies (described in section 2.4.3) from the affected side and unaffected side with the general Pearson correlation coefficient (r). Muscle synergy matrices were compared with the corresponding synergy matrix for the other side of the body (e.g., Synergyaffected with Synergyunaffected and so on). Such comparisons were performed for muscle synergies extracted from the concatenated EMG data (section 2.4.2) during different phases of gait. Note that only muscle synergies that belong to the same gait phase were compared (e.g., muscle synergies from the full cycle phase, on the affected side of the body, were compared only with the muscle synergies from the full cycle phase, on the unaffected side of the body). The motivation for this comparison is to provide a single value measure for similarity.

Synergy vector comparison with the scalar dot product (Cheung et al., 2012) was also performed to evaluate the changes in contents of the muscle synergy vectors. Muscle synergy matching was also performed to discover the presence of similar muscle synergy vectors on both sides of the body. Muscle synergies with the highest scalar dot product score are selected, matched and removed from the pool of muscle synergies. This process continues until no more muscle synergies are left to match.

2.4.5. Software

Data extraction was done using scripts on MATLAB 8.4 (Mathworks, Natick, MA, USA). NNMF and the rest of the processing were performed with scripts on MATLAB 9.3 (Mathworks, Natick, MA, USA).



2.5. Clinical Assessments

Physical therapists also evaluated the patients before and after the course of therapy. The below measures were used to evaluate patient motor functions:

1. Functional Independence Measure-Locomotion (FIM-Locomotion)

2. Functional Independence Measure-Motor (General) [FIM-Motor (General)]

3. Fugl-Meyer Assessment, Lower Extremity (FMA-LE)

For the kinematics, we measured the walking speed, step cadence, absolute lateral difference of step length and the percentage of stance in relation to gait cycle. The absolute lateral difference of step length was derived from the step length variable. The absolute difference in step length between both sides of the body was calculated to account for the differences in compensatory walking strategies employed by the patients. Step length does not take into consideration the compensatory gait patterns hemiparetic patients exhibit. For example, some patients start their swing phase with their affected leg and bring their unaffected leg to their center for stabilization (Verma et al., 2012). This causes the affected step length to be longer than the unaffected side. Similarly, patients who drag their affected leg during walking would have a longer step length on their unaffected side.



2.6. Statistical Analysis

Normality of the data were tested with the Shapiro-Wilk test, with the significance level set to 5%. Statistical comparison performed with the T-test (for normally distributed data) and the Mann-Whitney U-test (for non-normal distribution). For each paired dataset, both pairs would have to fulfill the criteria of the Shapiro-Wilk test before the T-test was applied. Otherwise, the U-Test was used instead. Significance was considered in comparisons with p < 0.05.




3. RESULTS


3.1. Clinical Assessments

Significant improvement in the kinematic measurements of the patients was observed (Figure 1). Statistically significant increase was observed in walking speed [Pre:14.36 ± 12, Post:31.47 ± 12.11m/min, (p < 0.05)] and step cadence [Pre:22.95 ± 9.04, Post:35.32 ± 8.45steps/min, (p < 0.05)], together with a decrease in the percentage of stance duration, in relation to the whole gait cycle [Pre Affected:72.17 ± 6.12, Post Affected:64.04 ± 4.51%, (p < 0.05)] [Pre Unaffected:80.89 ± 7.63, Post Unaffected:70.76 ± 4.96%, (p < 0.05)]. There was no significant improvement in absolute lateral difference of step length. [Pre:0.0783 ± 0.0473, Post:0.0575 ± 0.0153m, (p > 0.05)]. Only the range of movement for the affected hip show significant improvement [Pre Affected Hip:30.33 ± 10.15, Post Affected Hip:39.63 ± 6.98 degrees(p < 0.05)].


[image: image]

FIGURE 1. Kinematic measures Pre-Post conditions. Error bars denote the standard deviation. Improvements were observed in walking speed (Top Left), step cadence (Top Middle), stance duration percentage of affected and unaffected side (Bottom Right), and Pre-Post affected hip angles (Bottom Left). The Lateral step length difference (Top Right) and other joint angles (Bottom Left) do not show any significant differences. The asterisks indicate statistical significance.



The FIM-Locomotion score, FIM-Motor (General) score, FMA-LE scores improved after robotic intervention (Table 2). Only 1 patient (S7) did not show an improvement in FIM-Locomotion scores, however, the other measures (FIM-Motor(General) and FMA-LE) indicated improvement.



Table 2. Clinical Measures Pre-Post robotic intervention.

[image: image]






3.2. Number of Muscle Synergies in Patients

The figure below (Figure 2) details the mean overall reconstruction VAF and mean reconstruction VAF for each muscle vector (Figure 3) according to the number of muscle synergies for all subjects. Error bars denote the standard deviation.


[image: image]

FIGURE 2. Total variability accounted for (VAFtotal) based on the number of muscle synergies.




[image: image]

FIGURE 3. Total variability accounted for (VAFmuscle) based on the number of muscle synergies and condition.



The table below (Table 3) details the change in the number of muscle synergies per subject in different conditions. The number of synergies selected for each subject is based on both the overall reconstruction VAF (VAFtotal > 90%) and local reconstruction VAF (VAFmuscle > 75%) (Torres-Oviedo and Ting, 2007) for each subject. We found that 3 subjects required an increase of the number of muscle synergies by 1, No change for 3 subjects, and 1 subject required a decrease in the number of muscle synergies for their affected side. The exception to this case is S3, reduced the number of muscle synergies by 1 after therapy. We also found changes in the unaffected side of patients, with S2, S3, and S4 showing a decrease in muscle synergies. The exception to this case were S5 and S6, who had an increase in the number of muscle synergies in the unaffected side.



Table 3. Number of muscle synergies required pre and post robotic intervention for affected and unaffected sides.
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To determine the number of synergies for comparison between sides per subject, we selected the maximum number of synergy for both the affected and unaffected side in the comparison condition (e.g., In Table 3, the number of synergy for S2 is determined to be 3 for Side Similarity in the pre-intervention condition, and 2 for the post-intervention condition. However, for the same subject, the number of synergies for Pre-Post Similarity comparisons would be 3 for the unaffected side).



3.3. Muscle Synergies, EMG Waveforms and Kinematics

S2 was picked as the representative subject for reporting as this subject displays the greatest improvement in FIM (General) scores and reasonably good improvement in both FIM locomotion and FMA lower limb scores. Figures 4, 5 shows the muscle synergy vectors, timing coefficients, original EMG envelopes and reconstructed EMGs, for the affected side of S2, during the pre-intervention and post-intervention conditions respectively. Raw EMG waveforms and joint angles for S2 in the pre-intervention and post-intervention conditions (Figures 6, 7, respectively) were presented.
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FIGURE 4. Original EMG envelope, muscle synergies, timing coefficients and Reconstructed EMGs for affected side, pre HAL intervention, computed by NNMF with 3 synergies. Each bar of the synergy set is matched with the order of muscles in the “Original EMG” (Left) column, namely (from top bar to bottom bar) VM, HAM, TA, GAS, ADD, Gmax. Similarly, each plot in the “Individual Reconstructed EMG” column is matched with the order of the muscles in the “Original EMG” (Left) column. Each line pattern represents the reconstructed EMG from each motor module. Shaded areas denote stance phases.




[image: image]

FIGURE 5. Original EMG envelope, muscle synergies, timing coefficients and Reconstructed EMGs for affected side, post HAL intervention, computed by NNMF with 2 synergies. Each bar of the synergy set is matched with the order of muscles in the “Original EMG” (Left) column, namely (from top bar to bottom bar) VM, HAM, TA, GAS, ADD, Gmax. Similarly, each plot in the “Individual Reconstructed EMG” column is matched with the order of the muscles in the “Original EMG” (Left) column. Each line pattern represents the reconstructed EMG from each motor module. Shaded areas denote stance phases.
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FIGURE 6. Raw EMG waveform and joint angles, pre intervention. Positive values in angles indicate flexion, while negative values indicate extension.




[image: image]

FIGURE 7. Raw EMG waveform and joint angles, post intervention. Positive values in angles indicate joint flexion, while negative values indicate extension.



Overall reconstruction VAF for S2 is high (>90%) for both conditions, although certain abnormal looking EMG envelopes can be seen. To explain them, the raw EMG waveforms, and their corresponding joint angles, for both pre and post intervention conditions, are examined (Figures 6, 7). Due to ethical reasons, we are unable to provide the raw EMG values, hence the vertical axes of EMG plots remain unlabeled. In the Pre-intervention condition (Figure 6, Affected side), subject's VM and GAS muscles are active for most of the gait cycle (Stance percent: 80.56 ± 7.24). This can be observed in the slow rate of increase in the knee angles. ADD muscles are also highly active in the pre-intervention condition, so as to provide stability for the hip joint, where hip angles hover around values between 10 and 20° for most of the stance phase. In the post-intervention condition (Figure 7, Affected Side), the subject has an overly active TA post rehabilitation, contributing to abnormal dorsal flexion of the ankle throughout the gait cycle. We observed the VM muscles are active longer than usual in the stance phase. The timing of the GAS muscles were later, as compared to the unaffected side. The HAM muscles appear to be weaker than the unaffected side, where short activations were noted. The knee angle trajectory shows a slight parabolic curve on the Affected knee, as opposed to a relatively straight trajectory on the Unaffected knee.



3.4. Synergy Changes After Robotic Intervention

Muscle synergy similarity was quantified with the Pearson correlation coefficient (r) to provide an overall view of the lateral symmetry of the muscle synergies.

A significant increase in the bilateral symmetry in the swing phase was observed (Pre : −0.0987 ± 0.349, Post : 0.272 ± 0.291, p < 0.05) (Figure 8, Second column, Bottom). However, no significance were found for other phases of gait, although a upward trend can be observed. Stance (Pre : 0.251 ± 0.352, Post : 0.39 ± 0.514, p > 0.05), Cycle (Pre : 0.129 ± 0.368, Post : 0.344 ± 0.323, p > 0.05).
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FIGURE 8. Synergy comparison between conditions. Error bars denote standard deviation. Pre-Post comparison of r between affected and unaffected side during Stance, Swing and Full gait cycle (Top Row). Side comparison of r before and after robotic intervention during Stance, Swing and Fully gait cycle (Bottom Row). The asterisks indicate statistical significance.



Pre-Post similarities between the affected and unaffected side for all phases were also not significant, although the variability in r for the affected side is much higher than the unaffected side, possibly indicating a greater change in muscle synergies after robotic intervention. Stance (Pre : 0.142 ± 0.548, Post : 0.443 ± 0.371, p > 0.05), Swing (Pre : 0.128 ± 0.257, Post : 0.393 ± 0.174, p > 0.05), Cycle (Pre : 0.0988 ± 0.41, Post : 0.446 ± 0.397, p > 0.05) (Figure 8, Top Row).

We also evaluated muscle synergy vectors on an individual basis as well. Figures 10, 11 show our results for Subject 2. Figure 9 labels the muscles shown in Figures 10, 11.
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FIGURE 9. Reference plot displaying the arrangement of muscles in Figures 10, 11.
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FIGURE 10. Muscle synergy vectors of Subject 2, Pre intervention, Full Gait cycle. VAF to original states the contribution of each synergy to the original EMG. A higher value indicates a higher contribution. The scalar product similarity matrix shows results of comparing each synergy vector on the Affected side with all synergy vectors on the Unaffected side. Muscle synergies with the highest score are selected, matched and removed from the pool of muscle synergies. This process continues until no more muscle synergies are left to match. The synergies are matched in the sequence given by the color codes: 1st, Light gray; 2nd, Dark gray; 3rd, Black. The 1st synergy on the affected side is matched with the 2nd synergy on the unaffected side. Similarly, the 3rd synergy on the affected side is matched with the 1st synergy on the unaffected.
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FIGURE 11. Muscle synergy vectors of Subject 2, Post intervention, Full Gait cycle. With the same muscle synergy matching method, The order of muscle synergies for Subject 2 on the affected side was matched with the order of muscle synergies on the unaffected side (1st synergy on the affected side is matched with the 1st synergy on the unaffected and so on).



Pre-intervention (Figure 10), it can be observed that muscle synergies on the affected side are different from muscle synergies on the unaffected side, when sorted by task contribution levels. For example, the first synergy on the affected side has that largest similarity to the second synergy on the unaffected side. This differences in task contribution levels of similar muscle synergies could lead to the observed asymmetric gait (Figure 6).

In the post-intervention condition (Figure 11), similar muscle synergies, denoted by a high scalar dot product value, now has similar task contribution levels, and this probably lead to a more symmetric gait (Figure 7).




4. DISCUSSIONS AND CONCLUSIONS

Our current study attempts to provide a method to measure lateral symmetry by evaluating the number of synergies for each side of the body and contents of the muscle synergy vectors. We think this is a better representation of how the patient is moving, since these synergies quantify muscle activations. By comparing these muscle synergies, we can assess gait symmetries of patients. Although the usual method for previous studies to assess the performance of stroke patients is to compare them with healthy subjects (Bowden et al., 2010; Gizzi et al., 2011; Routson et al., 2013; Hayes et al., 2014; Barroso et al., 2016; Pérez-Nombela et al., 2017), we show that lateral symmetry can still be used as a relative measure by comparing the sides of the patients. Future considerations would be to analyze healthy subjects to test the accuracy of this method.

The increase in lateral symmetry is also associated with the improvement in clinical assessment and gait characteristics. This shows that robotic intervention is helpful for stroke patients (Figure 1 and Table 2). Among the kinematic measures, only absolute lateral difference of step length did not show significant improvement (Figure 1, Top Right). This is because we think the step length variable, which is the basis for absolute step length difference, is too vague as a measure. As was described in section 2.5, this variable does not consider the side favored by the patient during walking.

In our study, we utilized a sorting method to arrange muscle synergies according to their contributions for a particular task. One reason for the sorting is because the NNMF algorithm randomly orders the factorized synergies. Another reason is to account for the lack of age-matched controls. Although cluster analysis (Martino et al., 2015; Cappellini et al., 2016) is also an important method to match muscle synergies and indicate the presence of similar muscle synergies on both side of the body, muscle synergies should also be evaluated in context of the task. Nazifi et al. (2017) and Torres-Oviedo and Ting (2010) show that task-specific muscle synergies are dynamically recruited for different tasks, in addition to common muscle synergies found in all subjects. Chvatal and Ting (2013) noted that muscle synergies may be recruited by different neural circuits for a common motor task. These studies suggest that the task might influence the recruitment of muscle synergies, hence analysis should be done in context of the task. We do not expect our subjects to possess similar muscle synergies, due to differences in descending neural commands from the motor cortex caused by stroke. Hence, sorting muscle synergies would help standardize comparison to the task level, allowing muscle synergies with similar contribution levels on both sides of the body to be compared.

Our results show that stroke patients have reduced number of muscle synergies on their affected side as compared to their unaffected side pre intervention (Table 3, Affected Pre and Unaffected Pre). This agrees with the previous studies on MSA of stroke patients (Clark et al., 2010; Cheung et al., 2012). However, we have also observed patients who have decreased number of synergies on their unaffected side pre intervention [Table 3, S3 (Affected Side), and S2, S3, S4 (Unaffected Side)]. Although this appears to be contradictory, a study by Hashiguchi et al. (2016) found that subacute stroke patients exhibit both fractionation and merging of muscle synergies. They conclude that the number of muscle synergies do not consistently change with the recovery phase. They also found that the merging of synergies is associated with decrease in muscle strength and range of movement in the ankle joint, while fractionation is only related to improvement in the Barthel index.

We also noticed that the unaffected side tends to match the number of synergies on the affected side, with S2, S3, and S4 showing a decrease in the number of synergies, and S5 and S6 showing an increase in the number of synergies. This seems to agree with our results of patients having increased lateral symmetry in muscle synergies while walking. We think that the decrease in the number of synergies on the unaffected side could be due to the central nervous system trying to match the number of synergies on both sides of the body (Decrease in unaffected side of S2, S3, S4). Similarly, when the affected side sees an increase in the number of synergies, the unaffected side would probably require an increase in the number of synergies as well, in order to cater for the increased variety of movement (Increase in unaffected side of S5 and S6). A possible explanation for this phenomena is put forth by Graziadio et al. (2012), who studied bilateral reorganization of the corticospinal system of stroke patients with hemiparesis. They found that the corticospinal system appears to prioritize symmetrical recovery, even if it is achieved at the expense of the non-lesioned side.

We think that once the affected side regains sufficient motor function, there is no need for the unaffected side to compensate for the affected side, hence leading to a change in the number and contents of synergies, thus, achieving gait symmetry. This could be beneficial for the patients, as gait asymmetries would lead to further complications in future if left untreated (Verma et al., 2012). We hypothesize that this might be the central nervous system's way of regaining symmetry. Indeed, results by Clark et al. (2010) suggest that the organization of muscle synergies are similar in the legs of both healthy and post-stroke patients, with the only difference being the ability to activate muscle synergies independently, where reduction in this ability leads to merged synergies. This is also seen in the study of Cheung et al. (2012). However, associating the number of degrees of freedom to number of muscle synergies seem to contradict our results, where we observed a reduction in the number of synergies post robotic intervention, and those of Hashiguchi et al. (2016), which indicate fractionation can also occur in postacute stroke patients. As Cheung et al. (2012) pointed out, the motor system is a complex mix of descending and ascending neural pathways that interact with each other, and that changes also occur in subcortical areas. More work in understanding muscle synergies in the context of both the cortical and subcortical neural circuits have to be done before any concrete conclusions can be drawn.

Our hypothesis of HAL was that, by its function of actually performing intended motion in real time based on the detected peripheral neuromuscular activity, it can assist neurorehabilitation of the original neuro-muscular motor function of the affected limb. This is in contrast to conventional physical therapy, in which the unaffected side was trained to perform compensatory motions, with orthoses and/or walking aids prescribed to help regain functional independence in daily life (Verma et al., 2012). It was also noted by Verma et al. (2012) that the adult human brain is capable of reorganization after stroke and can be manipulated with movement stimuli involving lower limbs. Shimizu et al. (2017) showed that recovery of neuromuscular activity is possible even in patients with chronic complete spinal cord injury with quadri/paraplegia. They used HAL to allow patients to trigger voluntary ambulation with residual muscle activations in their arms. This supports our hypothesis of HAL's effect on neurorehabilitation after stroke observed in this study.

It is also widely discussed that the synergy modules of muscular activation extracted by NNMF represents the way the central nervous system organizes the coordinated control of multiple muscles by descending commands to the peripheral (Ting et al., 2015). The improvement of lateral synergy after robotic intervention using HAL shown in this study suggests possible contribution of HAL in the improvement of neuronal organization of gait by the central nervous system, in the acute phase post-stroke patients.


4.1. Limitations of Study

Limitation of the study includes the lack of control patients who did not receive HAL treatment. However, we do note that Louie and Eng (2016) have performed an extensive review of various clinical trials utilizing robotic intervention for post-stroke treatment, with findings that robotic intervention is safe and beneficial for stroke patients. Hence, this study is focused on developing methods to quantify the effects of robotic intervention. Nevertheless, comparison to control group and investigation of synergy organization during sessions remain for future consideration.

We acknowledge that the variety of impaired gait in stroke patients cannot be fully captured with 8 subjects. However, our study would like to show that muscle synergies are able to quantify gait asymmetries in stroke patients and hope that this method would inspire others to use and refine our methods. That said, increasing the number of subjects remains a consideration for future studies.
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A Corrigendum on
 Lateral Symmetry of Synergies in Lower Limb Muscles of Acute Post-stroke Patients After Robotic Intervention

by Tan, C. K., Kadone, H., Watanabe, H., Marushima, A., Yamazaki, M., Sankai, Y., et al. (2018). Front. Neurosci. 12:276. doi: 10.3389/fnins.2018.00276



In the original article, there was a mistake in Table 1 as published. The gender of S7 is wrongly listed as “M,” where it should be “F.” The corrected Table 1 appears below.


Table 1. Participants characteristics.
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Additionally, there was a mistake in Table 2 as published. The FMA-LE (Pre) of S6 is wrongly listed as “23,” where it should be “21.” The corrected Table 2 appears below.


Table 2. Clinical Measures Pre-Post robotic intervention.
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The authors apologize for this error and state that this does not change the scientific conclusions of the article in any way. The original article has been updated.
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Spasticity is a common comorbidity associated with spinal cord injury (SCI). Robotic exoskeletons have recently emerged to facilitate legged mobility in people with motor complete SCI. Involuntary muscle activity attributed to spasticity, however, can prevent such individuals from using an exoskeleton. Specifically, although most exoskeleton technologies can accommodate low to moderate spasticity, the presence of moderate to severe spasticity can significantly impair gait kinematics when using an exoskeleton. In an effort to potentially enable individuals with moderate to severe spasticity to use exoskeletons more effectively, this study investigates the use of common peroneal stimulation in conjunction with exoskeleton gait assistance. The electrical stimulation is timed with the exoskeleton swing phase, and is intended to acutely suppress extensor spasticity through recruitment of the flexion withdrawal reflex (i.e., while the stimulation is activated) to enable improved exoskeletal walking. In order to examine the potential efficacy of this approach, two SCI subjects with severe extensor spasticity (i.e., modified Ashworth ratings of three to four) walked in an exoskeleton with and without supplemental stimulation while knee and hip motion was measured during swing phase. Stimulation was alternated on and off every ten steps to eliminate transient therapeutic effects, enabling the acute effects of stimulation to be isolated. These experiments indicated that common peroneal stimulation on average increased peak hip flexion during the swing phase of walking by 21.1° (236%) and peak knee flexion by 14.4° (56%). Additionally, use of the stimulation decreased the swing phase RMS motor current by 228 mA (15%) at the hip motors and 734 mA (38%) at the knee motors, indicating improved kinematics were achieved with reduced effort from the exoskeleton. Walking with the exoskeleton did not have a significant effect on modified Ashworth scores, indicating the common peroneal stimulation has only acute effects on suppressing extensor tone and aiding flexion. This preliminary data indicates that such supplemental stimulation may be used to improve the quality of movement provided by exoskeletons for persons with severe extensor spasticity in the lower limb.

Keywords: spinal cord injury, spasticity, exoskeleton, functional electrical stimulation, locomotion, rehabilitation


INTRODUCTION

Spasticity is a common comorbidity resulting from spinal cord injury (SCI), where ~68–75% of individuals with SCI experience spasticity and 20–40% have problematic spasticity that restricts activities of daily living (Adams and Hicks, 2005). Spasticity is commonly defined as involuntary muscle activity initiated by uninhibited reflex circuits, and can be categorized as intrinsic tonic, intrinsic phasic, or extrinsic nocuous (Decq, 2003; Adams and Hicks, 2005). Tonic and phasic spasticity are thought to be caused by the hyperactive stretch reflex circuits after central neurologic impairment of the corticospinal inhibitory pathways. Symptoms of spasticity include a counter torque proportional to the angular velocity about the joint and an increase in muscle tone. Spasticity is ordinarily evaluated through the Modified Ashworth Scale (MAS) which involves a trained assessor rapidly advancing a joint through its range of motion and evaluating the stiffness of the joint on a scale from zero to four, see Table 1 (Bohannon and Smith, 1987; Biering-Sørensen et al., 2006). Significant tonic and/or phasic spasticity can be problematic for attempts to restore mobility to a paretic or paralyzed limb.



Table 1. Modified ashworth scale description (Bohannon and Smith, 1987).
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Spasticity may be managed to achieve a balance between useful and detrimental effects by progressing from physical rehabilitation, pharmacological intervention, injection, intrathecal baclofen, and surgery (Adams and Hicks, 2005). Useful effects of spasticity induced muscle activity include: reduced muscle atrophy and improved blood circulation, which can reduce predispositions to other comorbidities that commonly result from frequent wheelchair use (Demirel et al., 1998; Adams and Hicks, 2005). Therefore, spasticity is typically managed to a level that best balances comfort and quality of life (QOL).

Recently, lower limb exoskeletons have begun to emerge onto the commercial marketplace. Such devices can facilitate legged mobility for individuals with SCI. These devices have the potential to improve the QOL of people with lower limb paralysis by enabling them to walk, generally via actuated knee and hip joints (Contreras-Vidal et al., 2016). Exoskeletons have been shown to enable safe over-ground weighted walking and gait training for the mobility impaired, particularly for individuals with SCI (Contreras-Vidal et al., 2016). The presence of severe spasticity, however, can severely impair the ability of an exoskeleton to provide a viable walking movement (Esquenazi et al., 2012; Aach et al., 2013; Kolakowsky-Hayner, 2013). Severe extensor spasticity, in particular, can preclude hip and knee flexion during the swing phase of walking, thereby largely nullifying the ability of the exoskeleton to provide effective legged mobility.

Functional electrical stimulation (FES) applies artificial electrical impulses to initiate action potentials in muscle and nerves for a functional response. FES has proven effective in enabling ambulation in the SCI population, and promoting neural recovery for incomplete the SCI population (Graupe and Bazo, 2015; Young, 2015). Depending primarily on FES alone for gait can be metabolically taxing, is prone to rapid fatigue, and may lack limb control and stability. For these reasons effort has gone into combining FES with orthotic devices, generally called hybrid FES systems, which can provide several advantages relative to using FES alone (Andrews et al., 1988; Isakov et al., 1992; Goldfarb et al., 2003; Bulea et al., 2013; del-Ama et al., 2014; Chang et al., 2017; Anaya et al., 2018), and one prior study investigated a hybrid FES system that couples FES with a robotic exoskeleton (Ha et al., 2016). That study specifically coupled a lower limb exoskeleton with FES of the quadriceps and hamstrings muscle groups of each leg, and demonstrated reduced exoskeleton motor torque and power when used in a hybrid FES manner.

The intent of this research is to investigate the potential of supplementing a lower limb exoskeleton with FES for the purpose of enabling individuals with severe extensor spasticity to effectively walk in a lower limb exoskeleton when those individuals would otherwise have difficulty to do so. Preliminary studies indicate that exoskeleton walking may have beneficial effects with respect to mitigating spasticity (Esquenazi et al., 2012; Aach et al., 2013; Contreras-Vidal et al., 2016), and as such, making this technology available for individuals with moderate to severe spasticity may have particular value for this sub-population. In order to do so, the authors propose here to supplement an exoskeleton with stimulation of the common peroneal nerve with the intent of exciting the flexion withdrawal reflex. Common peroneal nerve stimulation has been shown to assist neurologically impaired individuals during the swing phase of gait by initiating a concerted flexion of the hip, knee, and ankle (Zehr et al., 1997; Bajd et al., 1999; Embrey et al., 2010; O'Dell et al., 2014; Street and Singleton, 2017). Stimulation of the common peroneal nerve activates the flexor withdrawal reflex, which comprises afferent neurons activating motor units responsible for flexion, as well as inhibitory interneurons that inhibit ipsilateral extensors while activating contralateral extensors (Sherrington, 1910). As such, the hypothesis behind peroneal stimulation is twofold: first, the reflex is hypothesized to temporarily inhibit the extensor tone resulting from severe extensor spasticity, and second, the reflex is expected to recruit the lower limb flexors, and therefore supplement the exoskeleton motors during swing. In order to evaluate this hypothesis, a lower limb exoskeleton system was configured to incorporate supplemental FES of the common peroneal nerve, and experiments were conducted on two SCI subjects with severe extensor spasticity to evaluate the effect of supplemental peroneal stimulation on exoskeleton-generated swing phase movement.



METHODS


Clinical Status

Two subjects were recruited for these experiments. The subjects met the inclusions criteria of having thoracic-level motor-complete SCI (i.e., ASIA A or B) to exclude voluntary motor control of the lower limbs; had right and left leg extensor spasticity rated on the MAS of three or greater in one or more joints; and were responsive to stimulation of the flexor withdrawal reflex. Subject characteristics relevant to the experiments are given in Table 2, and respective MAS scores given in Table 3. This study was conducted with the informed consent of each subject and with the approval of the Vanderbilt University Internal Review Board.



Table 2. Subject characteristics.
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Table 3. Modified ashworth scale ratings for each subject.
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Indego Exoskeleton

The walking controller was implemented on a lower-limb exoskeleton prototype, shown in Figure 1. The prototype utilizes a commercially-available lower-limb exoskeleton (Indego Exoskeleton, Parker Hannifin Corp) as a hardware platform, but replaced the commercial version of the software with experimental control software written by the authors—in this case, the walking controller with supplemental stimulation of the common peroneal nerve on each leg. The experimental control software was implemented in MATLAB Simulink/Stateflow (Mathworks Inc) through a controller area network (CAN) serial cable which was plugged into a CAN port in the exoskeleton. The Indego exoskeleton hardware platform incorporates four motors for powered movement of bilateral hip and knee joints in the sagittal plane, in addition to built-in ankle-foot-orthoses (AFOs) at both ankle joints to provide ankle stability and transfer the weight of the exoskeleton to the ground. Onboard electronic sensors include encoders at each joint that provide the respective joint angles and angular velocities, and a six-axis inertial measurement unit (IMU) in each thigh link, which provide the left and right thigh angles with respect to the vertical. The total mass of the exoskeleton including the battery is ~12 kg (26 lbs). Further details regarding the Indego exoskeleton functions can be found in (Quintero et al., 2011; Hartigan et al., 2015).


[image: image]

FIGURE 1. Indego exoskeleton. Photograph courtesy of Parker-Hannifin.



A custom stimulator was developed on an embedded system, which was controlled in the same MATLAB Simulink/Stateflow environment used to control the exoskeleton, and connected via the same CAN cable. As such, the sensor information and control associated with the exoskeleton and stimulator were fully synchronized. The custom stimulator employed a charge-balanced bipolar stimulation waveform with 200 μs pulse widths at a frequency of 50 hz. The device controls the peak current output with a maximum amplitude of 80 mA. Square sticky-gel 3.8 x 3.8 cm (1.5 x 1.5 in) electrodes were placed over the common peroneal nerve on each leg, see Figure 2. One electrode was positioned over the fibula head, near the underlying common peroneal nerve, and the second electrode was over the tibialis anterior, ~4 cm below the tibial tuberosity. Surface electrodes produce a diffuse electric fields so precision (< 1 cm) is not necessary. This electrode arrangement avoided significant eversion of the ankle while enabling the flexor withdrawal to be sufficiently activated. A total of two stimulator channels were used, one for each leg. The stimulation amplitude was set prior to donning the exoskeleton to a level that elicited strong ankle dorsiflexion, but not so high as to raise the heel off the ground while in a seated position. The stimulation amplitude for the subjects, respectively, were set to 28 and 44 mA on the right, and 28 and 54 mA on the left.


[image: image]

FIGURE 2. Typical electrode placement for stimulation of the common peroneal nerve.





Hybrid Controller

The state machine for the Indego walking controller is shown in Figure 3 with state transition conditions described in Table 4. To account for the latency of the stimulation to produce movement, the stimulation was activated during the lean check state, which identifies the user's intent to take a step by maintaining a forward lean (i.e., forward movement of the estimated center of pressure), as measured by inertial sensors in the exoskeleton, for 200 ms. Once swing is initiated, the stimulation remains on for 40% of the swing phase, during which the majority of flexion occurs. Figure 4 shows the desired joint trajectories commanded by the exoskeleton controller as the state machine cycles through a right and left step, along with the corresponding timing of the stimulation pulse. When the stimulation is off, the stimulation amplitude is maintained at zero.
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FIGURE 3. Walking state machine with corresponding transition conditions in Table 4.





Table 4. State machine transition conditions.
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FIGURE 4. Trajectories for the four exoskeleton joints and the stimulation amplitude for the right and left legs as the state machine progresses through two steps.





Experimental Procedure

Participants were fit with the exoskeleton and given practice sessions (< 4 h per day) walking with FES on and off, until they could comfortably walk, and advance the balance aid (i.e., the walker), see Figure 5, for 1 h taking breaks as needed. The practice sessions were scheduled approximately a week apart and did not have an appreciable effect on the subjects' spasticity during any term of the study. After sufficient training sessions, each subject had a data session where they donned the FES system, Indego, and XSens MVN Awinda system (Xsens Technologies B.V., Netherlands) motion capture system and walked for ~1 h, taking rest breaks as needed. The Xsens wireless sensor based motion tracking system was used to capture the kinematic data of the lower limbs during each session. This system includes seven sensors, one sensor for each limb segment (two feet, two shanks, two thighs, and one hip). The sensors were orientated as recommended by Xsens except the thigh sensors were placed medial rather than lateral as to not interfere with the exoskeleton. The Xsens system was calibrated in stance before each 6 min walk session. Data was saved every 6 min as to not overload the computer and risk a loss of data. Neither the environment nor exoskeleton created substantial interference with the Xsens measurement, as validated via Xsens calibration procedures. The trajectories measured by Xsens motion tracker were then processed in MATLAB to identify the peak flexion angle of each joint for each step. For these experiments, the stimulation was programmed to alternate on and off every 10 steps to assess the relative value of stimulation on exoskeleton motion. Gait data was recorded during the data session, totaling 232 steps for S1, and 329 steps for S2. MAS were evaluated prior to donning the equipment and after doffing the equipment.
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FIGURE 5. Subject walking with the exoskeleton and stimulator, using a walker for balance. The physical therapist monitors the gait as a precaution in accordance with the Vanderbilt IRB. The subject has consented to the use of this photograph.






RESULTS

Common peroneal stimulation increased the step length for both subjects, which was reflected in the kinematic data. The hip and knee angles of a representative walking session is plotted in Figure 6. The colored dots/hashes indicate the peaks found with a MATLAB algorithm, and does not include half steps, which are the steps in and out of neutral stance (when both hip equilibrium positions are equivalent). The gray bands indicate periods where FES is off. As seen in the data, the subject was able to achieve significantly greater hip and knee flexion with FES, which is indicative of larger steps and greater toe clearance.


[image: image]

FIGURE 6. Representative joint angles from walking trial with subject S2. The gray bars indicate periods with FES off and the white bars indicate steps taken with FES on. Flexion peaks are identified by hash marks; blue for steps with FES assistance, red for steps without FES assistance.



The peak flexion angle during swing was parsed for each swing joint per step and grouped by FES on or off and by subject. The median peak flexion of all steps (right and left) for the hip and knee joints of each subject are plotted in Figure 7, with error bars denoting plus and minus half the interquartile range. Stimulation assistance increased the median hip peak flexion angles by 21.1° (236%) and the median peak knee angle by 14.4° (56%). Significance in differences in the peak flexion angles were assessed using the Wilcoxon tests for the intra-participant peaks, which indicated that the differences in peak knee and hip joint flexion between the FES-on and FES-off cases were significant with greater than a 99% confidence level. Wilcoxon was chosen due to the non-normality of the data as indicated by the Lilliefors test.
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FIGURE 7. Median peak joint angle across all steps for each subject plotted for FES assistance on and FES assistance off. Error bars mark plus and minus half of the interquartile range. Wilcoxon analysis determines FES on and off had significantly different medians for each joint of each subject, p < 0.01.



Motor current data from the exoskeleton was logged and analyzed to evaluate the effects of FES assistance on motor torques. Specifically, RMS motor current provides a direct indication of how much effort is being exerted by the exoskeleton to move the paretic limbs. The RMS motor current for the swing leg was parsed for each step (right and left) and grouped into FES-on and FES-off for each subject. The median swing motor current plus and minus half of the interquartile range is shown in Figure 8 for each subject with FES on and off. Across subjects FES decreased the swing RMS current by 228 mA (15.0%) at the hip motors and 734 mA (37.8%) at the knee motors. Additionally, the intra-participant median swing RMS currents with FES-on and FES-off were significantly different with a 99% confidence level for both subjects, per Wilcoxon tests of the data.
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FIGURE 8. Median of the RMS current of the swing leg for all steps plotted for FES assistance on and FES assistance off. Error bars mark plus and minus half of the interquartile range. Wilcoxon analysis determines FES on and off are significantly different for each joint of each subject, p < 0.01.





DISCUSSION

Stimulation of the flexion withdrawal reflex improved the flexion kinematics significantly during exoskeleton assisted gait for participants with severe extensor spasticity. Qualitatively, both subjects had difficulty achieving toe clearance while walking with the exoskeleton without stimulation (i.e., toes consistently dragged on the ground). Adding stimulation greatly improved the gait kinematics and enabled these participants to take significantly larger strides.

Stimulation values were set while sitting and remained constant throughout the session that lasted over 1 h. Accommodation during the span of the trial was not assessed. It is possible that switching the FES off every ten steps effects accommodation. Continued research that specifically explores accommodation and varying FES amplitude should be performed. The stimulation amplitude was intentionally set below a level that would saturate the withdrawal reflex. Based on the experiments performed here, a relatively low-level of reflex stimulation appears to be sufficient to suppress extensor spasticity. A stronger reflex may have increased the observed effect, but may also increase habituation. FES duration during each step was established at a level that coincided with the exoskeleton flexion, accounting for the reflex delay ~100 ms; duration was not systematically evaluated. Continued studies that explore the physiological response (e.g., electromyography) of spasticity and peroneal stimulation is encouraged.

Additionally FES has been shown to provide therapeutic value for persons with SCI by activating the dormant neuromuscular tissue of the paralyzed limbs. The improved blood flow furthermore may reduce the likelihood of some comorbidities associated with SCI. For these reasons the addition of flexor withdrawal stimulation may be beneficial to all SCI individuals, including individuals with minimal spasticity.

Although some prior studies indicate a possible reduction in spasticity resulting from the use of exoskeletons, in this research, the MAS scores did not change significantly from before to after the walking session. The inherent limitations of the MAS test due to the coarse scoring and human dependent evaluation may attribute to unperceivable change in spasticity. Another consideration is severe spasticity may be more resistant to fatigue than mild spasticity. Furthermore, the focus of the study was acute spasticity (intra-step); a study that examines long term changes in spasticity should account for variables such as intervention duration, rest frequency and duration, and possibly include multiple MAS evaluators or other test for spasticity.

The significant reduction in the motor RMS current per step in conjunction with improved peak flexion is clear indication that extensor tone (spasticity) impedes the exoskeleton assisted flexion, and that flexor stimulation concerted with the exoskeleton flexion can restore a typical range of motion. The significance of the RMS current reductions is that the improved kinematics coincided with a reduction in exoskeleton effort, therefore, the improved flexion can be attributed exclusively to the FES of the common peroneal nerve. Electrical stimulation increased the electrical efficiency and improved performance by adding synergy between man and machine, muscles and motors.

Discrepancies between the exoskeleton kinematic data and the Xsens measured joint angles were perceivable suggesting that the human-robot interface (straps, soft tissue) allows for considerable deformation, especially when spasticity impedes exoskeleton motion. The Xsens provided successful means for motion capture of the user within the exoskeleton. Optical options for motion capture were not feasible due to the coverage of the exoskeleton, as well as the necessity of a very large motion capture arena for over-ground gait. Precaution was taken to securely fasten the Xsens sensors with elastic Velcro straps; trials where a Xsens sensor slipped substantially were not included.

A greater number of subjects should be evaluated to make generalized claims regarding the use of supplemental FES for subjects with severe extensor spasticity. Furthermore, the rehabilitation community would benefit from studies that explore the broader impact of exoskeletal walking in the SCI population.



CONCLUSION

In two motor-complete-thoracic-level SCI subjects with severe lower limb extensor spasticity, supplemental stimulation of the common peroneal nerve during swing was shown to significantly enhance walking movements generated by the exoskeleton, and to significantly reduce the current demand on the exoskeleton motors. Results of more subjects would strengthen the conclusion of this work. The authors hope that employing supplemental FES as described here will make exoskeletal walking a viable option for individuals with SCI and severe extensor spasticity.
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We developed a prototype of a neural, powered, transtibial prosthesis for the use in a feline model of prosthetic gait. The prosthesis was designed for attachment to a percutaneous porous titanium implant integrated with bone, skin, and residual nerves and muscles. In the benchtop testing, the prosthesis was fixed in a testing rig and subjected to rhythmic vertical displacements and interactions with the ground at a cadence corresponding to cat walking. Several prosthesis functions were evaluated. They included sensing ground contact, control of transitions between the finite states of prosthesis loading, and a closed-loop modulation of the linear actuator gain in each loading cycle. The prosthetic design parameters (prosthesis length = 55 mm, mass = 63 g, peak extension moment = 1 Nm) corresponded closely to those of the cat foot-ankle with distal shank and the peak ankle extension moment during level walking. The linear actuator operated the prosthetic ankle joint using inputs emulating myoelectric activity of residual muscles. The linear actuator gain was modulated in each cycle to minimize the difference between the peak of ground reaction forces (GRF) recorded by a ground force sensor and a target force value. The benchtop test results demonstrated a close agreement between the GRF peaks and patterns produced by the prosthesis and by cats during level walking.

Keywords: bone-anchored transtibial prosthesis, sensing and powered prosthesis, closed-loop control, cat, ground reaction force


INTRODUCTION

Individuals with lower limb loss wearing a unilateral passive prosthesis frequently show asymmetric walking, which can lead to undesirable compensations and subsequent degenerative musculoskeletal conditions (Burke et al., 1978; Jaegers et al., 1995; Struyf et al., 2009). Among the variety of underlying reasons causing locomotor asymmetry, the inappropriate motor output and the lack of somatosensory feedback from the prosthetic limb are probably most important (Hof et al., 2007; Kannape and Herr, 2014). To correct these motor and sensory deficits, it is necessary to establish a bidirectional communication interface between the nervous system and the prosthesis.

Recent studies have shown the feasibility of replicating tactile sensory feedback from the amputated, phantom limb by electrical stimulation to residual cutaneous nerves (Dhillon et al., 2004; Ortiz-Catalan et al., 2014; Tan et al., 2014; Davis et al., 2016; Graczyk et al., 2016). Myoelectric signals with built-in pattern recognition algorithms enable fine motor control in arm prostheses, even without any sensory feedback (Li et al., 2010; Tkach et al., 2014). Likewise, it might be possible to improve locomotor outcome measures (e.g., walking symmetry) by controlling a powered prosthesis or orthosis using myoelectric signals from residual or intact muscles (Sawicki and Ferris, 2009; Herr and Grabowski, 2012; Takahashi et al., 2015; Kannape and Herr, 2016).

Recent developments of bone-anchored lower limb prostheses have improved the load transmission to the skeletal system, range of motion, comfort, and osseoperception (Hagberg and Branemark, 2009; Juhnke et al., 2015; Leijendekkers et al., 2016). In addition, bone-anchored limb prostheses may potentially allow for a secure and stable neural interface between the residual nerves and muscles and the prosthesis (Pitkin et al., 2012; Al-Ajam et al., 2013; Ortiz-Catalan et al., 2014).

We have used rodent and feline animal models to test integration of skin-and-bone integrated pylons (SBIP) with the residual tissue (Pitkin et al., 2009; Farrell et al., 2014b,c; Jarrell et al., 2018). These studies have demonstrated the potential of the SBIP implant to provide secure, infection-free fixation of the prosthesis to the residual limb. This type of implant can also be used as a gateway for transmission of nerve and myoelectric signals between the residual limb and prosthesis (Pitkin et al., 2012). For example, pressure applied to the prosthesis during the stance phase of walking can be transmitted to the nervous system via electrical stimulation of residual cutaneous nerves (Park et al., 2015, 2016), whereas myoelectric activity recorded in residual muscles can be used to drive prosthetic actuators.

Although bone-anchored powered transtibial prostheses integrated with sensory and motor nerve fibers or muscles via a percutaneous pylon have the great potential for improving quality of prosthetic locomotion as discussed above, there have been no rigorous studies on animal models that tested the feasibility and performance of such prostheses. Prior to implementing this technology in people with limb loss, preclinical animal studies should address the following important questions: (i) Do these prostheses improve symmetry of locomotion and to what extent? (ii) How does continual electrical stimulation of peripheral nerves affect the nerve structural integrity and function? (iii) Does stimulation of sensory nerves engage proper reflex responses and how they change over time? (iv) Do residual muscles and their myoelectric activity controlling prosthetic actuators degrade over time to a degree that cannot be compensated by the control system? (v) Does the porous titanium implant serving as a prosthesis-body gateway allow for skin ingrowth and reduction of the infection rate, etc.

The use of animal models for testing sensing, powered prostheses during locomotion may be challenging. The first challenge is securing a limb prosthesis on the animal. Rodents, cats, and dogs are notorious for removing externally attached assistive devices (Mich, 2014); therefore, the use of bone-anchored implants for prosthesis attachment appears a viable option (Fitzpatrick et al., 2011; Farrell et al., 2014b; Jarrell et al., 2018). Another challenge is strict limitations on prosthesis small size and mass and a relatively high power output. For the cat of 3 to 4 kg, for example, the half of tibia length is approximately 55 mm (Klishko et al., 2014); mass of the foot with half of the shank is ∼80 g (Hoy and Zernicke, 1985); the average peak of the ankle moment during level walking is 0.73–0.75 Nm (Gregor et al., 2006; Prilutsky et al., 2011); and the average peak of ankle positive power in the same conditions is 0.86 W (Prilutsky et al., 2011). Thus, each component of the prosthesis [prosthetic foot, sensors, actuator, battery, neural stimulator and amplifier, microprocessor unit (MCU), and electronics] should be carefully selected to satisfy these requirements. ABS plastic, carbon fiber, or fiberglass are lightweight materials with high ultimate strength and can be used for prosthetic foot fabrication (Delussu et al., 2013; Farrell et al., 2014b; Corbett et al., 2018). Options for appropriate prosthetic actuators and batteries are more limited as they need to satisfy the conflicting requirements for lightweight and high power output. Soft pneumatic actuators, satisfying the above requirements, have been recently developed and used in limb prosthetic and orthotic applications in people and animals (Ferris et al., 2005; Roche et al., 2014; Florez et al., 2017). However, these actuators require large off-board air pressure regulators and therefore are better suited for rehabilitation and research of assisted locomotion on a treadmill. Linear electromechanical actuators has demonstrated sufficient power production in relatively light wearable, powered prosthetic ankles during human walking (Blaya and Herr, 2004; Garcia et al., 2011; Realmuto et al., 2011). Considering the above limitations on size, weight, and moment production for the cat prosthetic ankle, a miniature linear actuator (PQ12-63-06-P, Actuonix, BC, Canada) appears to be a good choice. With its small weight of 15 g, stroke length of 20 mm, and maximum force of 45 N, it should produce an extension ankle moment of ∼1 Nm with the moment arm of ∼0.025 m corresponding to that of the cat Achilles tendon (Prilutsky et al., 1996). A further challenge is the selection of an appropriate feedback control law for the prosthesis. Although a wide variety of feedback control laws are employed by terrestrial animals including humans during locomotion (Edwards and Prilutsky, 2017), proportional-derivative control laws are often used in orthotic-prosthetic ankle emulators controlled by powerful off-board electric motors or pressure regulators to reproduce either the desired joint moment or joint position (Sawicki and Ferris, 2009; Caputo and Collins, 2014). In wearable powered prostheses, finite-state controllers are often used that do not require exact tracking of a desired joint moment or angular trajectory (Au et al., 2007; Shultz et al., 2016) and thus permit the use of lighter and less powerful actuators.

The goal of this work was to develop and benchtop characterize a prototype of a bone-anchored, powered, and sensing transtibial prosthesis for a feline animal model of prosthetic gait. The developed prototype included an ABS plastic foot with force sensor, stimulator of a sensory nerve, EMG amplifier, linear actuator, battery, and microprocessor. The prototype satisfied the design criteria for prosthesis weight and moment production. In benchtop testing, the performance of a finite-state control scheme for the prosthesis was evaluated by subjecting the prosthesis to rhythmic loading that simulated the stance and swing phases of locomotion. A force sensor on the ground detected two motion states – the stance and swing, and the linear actuator generated an extension and flexion moment, respectively. An empirical relationship between muscle activity and ankle moment developed using our previous data were simplified by a step function with a variable gain. The gain of the extension moment was adjusted in each cycle automatically via a wireless interface and off-board PC to reduce the error between the desired peak of the ground reaction force (GRF) and the measured peak. The prosthetic prototype was able to reproduce the desirable GRF peaks within several cycles.



MATERIALS AND METHODS

Prosthesis Design

Prosthesis Components

The prosthesis comprised (1) MCU, (2) EMG amplifier, (3) current stimulator, (4) force-position sensor, (5) linear actuator, (6) battery and coil, (7) power management, and (8) prosthetic foot. (1) The MCU model CC2510F32 (Texas Instruments, TX, United States) included 8051 microcontroller and wireless transceiver with low-power consumption. (2) EMG amplifier INA128 with gain of 1000 (V/V) (Texas Instruments, TX, United States) included an embedded Sallen-Key active band-pass filter to suppress both motion artifact and ambient noise. (3) Current stimulator had discrete n-type field effect transistors (nFETs) and p-type field effect transistors (pFETs) designed to generate biphasic current pulses, while a programmable resistor AD5162 (Analog Devices, MA, United States) adjusted the current level of the pulses using current steering. The stimulator was tested in walking cats – electrical stimulation was applied to the distal tibial nerve during the stance phase of walking and reduced or reversed effects of paw pad anesthesia on the duty factor and step length symmetry (Park et al., 2015, 2016). (4) ThinPot linear force-position sensor (Spectra Symbol, UT, United States) was fixed on the bottom of the J-shaped foot, between the J-shaped plastic foot and the rubber layer. The sensor can record normal force with the 1-bit resolution at a threshold of 0.7 N. This is sufficient to detect paw contact during walking in cats (Park et al., 2015, 2016). (5) A miniature linear actuator PQ12-63-06-P (Actuonix, BC, Canada) with a brushed DC motor and transmission gear with a 63:1 ratio can produce a 20-mm stroke, which corresponds approximately to muscle-tendon unit length changes of a cat ankle extensor (soleus, SO) during locomotion (Gregor et al., 2006). This single linear actuator with an H-bridge motor driver (DRV8837, Texas Instruments, TX, United States) could extend and flex the prosthetic joint and thus reproduce actions of the ankle extensors (e.g., SO) and flexors (e.g., tibialis anterior, TA). (6) A Li-polymer rechargeable battery GM053040 (550 mAh, 5 mm × 30 mm × 40 mm) was selected as the power source. Its maximum discharge current (550 mA) corresponds to the maximum stall current of the linear actuator PQ12-63-06-P. We estimated the battery would last before recharging for 1.5 h based on current requirements of the linear actuator to generate force of 20 N (∼200 mA), current requirements for other electronic components (<20 mA), the DC–DC conversion ratio (∼2:1) and efficiency (∼85%), and walking duty cycle (<75%). The inductive coil was provided for wireless recharging. (7) Power management generated 3V outputs for the MCU and foot force-position sensor, 5 V outputs for the EMG amplifier and current stimulator, and a 6 V output for the linear actuator. (8) J-shaped foot was 3D printed from the ABS plastic capable of withstanding forces of 60–90 N that exceed peak ground reaction forces (GRF) during cat walking by two to three times (Corbett et al., 2018). The diagram in Figure 1 illustrates the signal and power flow between the prosthetic components. The signal flow from the ThinPot linear force-position sensor on the foot (4) to the current stimulator (3) represents the sensory pathway (green arrows), whereas the signal flow from the EMG amplifier (2) to the linear actuator (5) – the motor pathway (blue arrows).
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FIGURE 1. Block diagram illustrating power flow (on left) and signal flow (on right) between prosthetic components. The sensory pathway of signal flow on right is indicated by the green arrows; the motor pathway is indicated by blue arrows. The pathways represented by dashed arrows are not implemented in the prosthetic prototype, but will be implemented when the prosthesis is worn by the cat. See text for details.



The prosthesis was wirelessly connected with external devices, i.e., a force sensing resistor FSR406 (Interlink Electronics, CA, United States) mounted on the floor and a computer monitoring GRF and adjusting a motor gain of the linear actuator in real time. An external MCU with a wireless transceiver and microcontroller provided communications between the external devices (Figure 2) and the prosthesis.
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FIGURE 2. Block diagram of external devices (computer, ground force sensor, and microprocessor unit) that update the extension gain βSO, based on the ground reaction force (GRF) peak, and transmit it wirelessly to the prosthesis. See text for details.



Prosthesis Assembly

A rectangular aluminum bar (6061-T6511, Metalsdepot, KY, United States) 55 mm in length served as a structural frame for the prosthesis (Figure 3). The bar was connected to the J-shaped plastic foot via a pivot. The aluminum bar was also connected to the percutaneous pylon that would be implanted into the medullary cavity of the cat tibia and interfaced with residual cutaneous nerves and SO and TA muscles via implanted electrodes.
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FIGURE 3. Prosthesis prototype (A) and test rig with the attached prosthesis (B).



The linear actuator (see above) was attached to a posterior side of the aluminum bar at a 25-mm distance from the ankle pivot (this distance approximately corresponds to the moment arm of the cat Achilles tendon with respect to the ankle (Goslow et al., 1973; Prilutsky et al., 1996). Two separate printed circuit boards (PCBs) were placed to the right of the linear actuator and the flat part of the J-shaped foot. The MCU, wireless interface, EMG amplifier, and power management integrated with the PCB were placed to the right of the linear actuator. The motor driver, sensor interface, and stimulator integrated with the PCB were fixed on the flat part of J-shaped foot. Finally, a Li-polymer rechargeable battery was mounted to the left of the linear actuator.

The prosthesis components were selected to satisfy the design criteria for prosthesis weight and moment production. As a result, the prosthesis mass was 63 g with the maximum available moment (stall moment) of 1 Nm. The stall moment was calculated from the maximum push/pull force of the linear actuator (40 N) and the actuator moment arm with respect to the pivot (note that we measured the maximum force of the linear actuator and the obtained value of 40 N was slightly lower that 45 N reported by manufacturer). The value of 1 Nm is close to the maximum ankle moment during level walking in the cat (McFadyen et al., 1999; Gregor et al., 2006; Prilutsky et al., 2011).

Prosthesis Control

Finite-State Controller

A simple finite-state machine controller was implemented to control the linear actuator (Figure 4A). Transitions between the two states – stance and swing – depended on the presence of contact with the ground and EMG activity of a residual ankle extensor and flexor muscles. Transition from the stance to swing state was triggered by (i) foot unloading (interruption of contact with the ground), (ii) terminating EMG activity of the ankle extensor, and (iii) initiating EMG activity of the ankle flexor (Figure 4A). These three conditions triggered a pushing stroke of the linear actuator leading to a flexor moment at the ankle. Transition from the swing to stance state was initiated by (i) onset of ground contact with the foot, (ii) onset of EMG activity of the ankle extensor, and (iii) offset of EMG activity of the ankle flexor. These conditions triggered a pulling stroke of the linear actuator producing an extension ankle moment.
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FIGURE 4. Schematics illustrating prosthesis control. (A) Two finite states of prosthesis loading and conditions for transitions between them. S(t) is a step function indicating presence [S(t) > 0] or absence [S(t) = 0] of ground contact. EMGSO and EMGTA are step functions indicating presence or absence of EMG activity in ankle extensor soleus (SO) and ankle flexor tibialis anterior (TA), respectively. (B) Closed-loop modulation of extension gain bSO. The gain is changed by 10% in each cycle k depending on the value of error e between the measured and target peaks of ground reaction force (GRF).



Ankle Moment–EMG Relationship

To modulate the output of the linear actuator during the stance and swing states of walking, we established a relationship between EMG activities recorded from ankle extensor and flexor muscles and the resultant ankle moment (motor pathway, Figure 1).

The relationship between EMG activity of an ankle extensor SO and ankle flexor TA and ankle moment during level walking in the cat was obtained from previously recorded EMGs and ankle moment (Prilutsky et al., 2011; Markin et al., 2012) using a multivariate linear regression analysis in software STATISTICA 7 (StatSoft, United States). The equation had the following form (Prilutsky et al., 2005):
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where MANK is the ankle joint moment in Nm; EMGSO and EMGTA are normalized EMG activities of SO and TA muscles, changing from 0 to 1; t is time and Δt ≈ 60 ms is the electromechanical delay between the appearance of EMG activity and the onset of the resultant joint moment (Gregor et al., 2006); βo ≈ 0 (see Results), βSO and βTA are empirical constants (measured in Nm). Approximately two-thirds of total 22 walking cycles (n = 15) from three cats were randomly selected and used to derive regression equation (1). The remaining cycles (n = 7) were used to compare the predicted ankle moment MANK with the experimental one. The detailed description of how the joint moments and EMG activities were obtained and processed can be found in the original publications (Prilutsky et al., 2005, 2011; Markin et al., 2012).

Ground Contact Pressure and Tactile Perception

In our preliminary studies (Park et al., 2015, 2016), we have established the relationship between output of the force-position sensor under the cat hindpaw and electrical stimulation of the distal tibial nerve (sensory pathway, Figure 1) that apparently perceived by the cat as contact with the ground during walking. When the output of the force sensor exceeded a threshold (indicating the stance phase), the current stimulator delivered stimulation (trains of 200-μs biphasic rectangular pulses, 100 Hz, 1.2 T) to the distal tibial nerve. This sensory nerve stimulation reduced or reversed effects of local anesthesia of the ipsilateral hind- and forepaws on the step length symmetry and duty factor (Park et al., 2015, 2016).

Implementation of Control During Benchtop Testing

For benchtop testing of the developed prosthesis outside the animal in this study, both the sensory and motor pathways were simplified. The simplified sensory pathway transmitted information about the timing of ground contact, measured by the force-position sensor on the foot, to the linear actuator instead of the current stimulator (Figure 1). The timing of ground contact was described as a unit step function S(t):
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where F(t) is the recorded force-position sensor output, FTH is the force detection threshold, and H(x) is a Heaviside step function, i.e., H(x) = 1 if x > 0 and H(x) = 0 if x ≤ 0. Function S(t) defined the stance and swing phases (finite states of the system; Figure 4A), and this phase information was used to emulate a simplified motor pathway, i.e., the relationship between the ankle moment and EMG of SO and TA muscles. Specifically, EMG activity of SO and TA muscles was emulated by unit step functions representing the timing of muscle activity derived from the ground contact information. SO EMG was computed as
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where ΔtSO is the phase delay between the previous stance phase offset and subsequent SO EMG onset, TSO is the duration of EMGSO activity, S(t) is the step function representing contact information (see Eq. 2). In the tests described here, the following parameters of Eq. 3 were used (Prilutsky et al., 2005, 2011; Markin et al., 2012): ΔtSO = 100 ms and TSO = 500 ms.

TA EMG activity was computed as
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where ΔtTA is the phase delay between the previous stance phase onset and subsequent TA EMG onset, TTA is the duration of EMGTA activity; ΔtTA = 400 ms and TTA = 200 ms (Prilutsky et al., 2005, 2011; Markin et al., 2012).

The emulated EMG signals (Eqs 3 and 4) were used to control the linear actuator with a dual polarity. The ankle joint moment was calculated using Eq. 1 and emulated EMG activity of SO and TA obtained from Eqs 3 and 4 (Figure 4A). Because SO and TA during walking have reciprocal activity and β0 is close to zero (see Eq. 1 and Results), calculations of the ankle extension and flexion moments were simplified as Me ANK(t) = βSO EMGSO(t - Δt), and Mf ANK(t) = βTA EMGTA(t - Δt), respectively (see Figure 4A). In these equations, βSO and βTA are extension and flexion motor gains.

Closed-Loop Updates of Extension Motor Gain

The maximum of extension gain βSO was set at 1 Nm. The updated value of the gain in a next cycle could be increased or decreased by 10% depending on the difference e = GRFM -GRFT between the measured GRF peak (GRFM) and a target GRF peak (GRFT), respectively, in the current cycle (Figure 4B):
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where k is the cycle number and G(e) = 1 if e ≥ 1, G(e) = 0 if |e| < 1 , G(e) = -1 if e ≤-1. Thus, if the GRFM exceeded or was less than the target value by 1 N or more, the current extension gain would be decreased or increased by 10%, respectively; otherwise, the gain would not change (Figure 4B).

Benchtop Characterization of Prosthesis

During the benchtop characterization, we imposed rhythmic loading on the prosthesis to simulate the stance and swing phases of walking and to test the finite-state machine controller (Figure 4A) with a closed-loop modulation of the extension gain in real time (Figure 4B).

Design of a Test Rig

To perform benchtop characterization, we designed a test rig made of aluminum bars with L-shaped connectors, a zinc-plated compression spring, locking pivot, and prosthesis support arm (Figure 3B). The force produced by the compressed spring, along with the weight of the prosthesis and its support arm, caused loading of the prosthesis during contact with the ground that was comparable to GRF exerted by the hindpaw during normal level walking in the cat. The support arm was set at a vertical angle of 30° so that the J-shaped prosthetic foot could be in contact with the ground starting at both full flexion (at foot contact) until full extension (foot off) of the ankle joint.

Test Procedure

Each test cycle started from onset of the swing state of the controller – the prosthesis foot was positioned just above the ground, prosthetic ankle was fully extended, and the linear actuator started producing a flexion ankle moment. This prosthesis position corresponded to full relaxation of the compression spring. The researcher raised the prosthesis by the hand to a height of ∼40 mm, at which the spring was fully compressed, and then the prosthesis was released. The fully compressed spring accelerated the prosthesis toward the ground vertically. Given spring deformation of ∼40 mm and stiffness of 0.36 N/mm, the spring applied ∼14 N to the prosthesis when it was released by the hand.

When the prosthesis touched the ground, the foot force-position sensor detected the ground contact and the conditions for the swing to stance state transition were satisfied: S(t) > 0 (Eq. 2), EMGSO > 0 (Eq. 3), and EMGTA = 0 (Eq. 4). At that instant, the linear motor initiated a pull stroke and generated extension ankle moment (MeANK, see Figure 4A). When the prosthetic joint reached the maximum extension at the end of stance phase, the prosthesis was lifted by the experimenter’s hand and raised against the compression spring as described above. As soon as ground contact was lost, the conditions for the stance to swing state transition were satisfied: S(t) = 0 (Eq. 2), EMGSO = 0 (Eq. 3), and EMGTA > 0 (Eq. 4). At that instant, a flexion ankle moment was generated (MfANK, see Figure 4A), and the prosthesis joint angle returned to the fully flexed position. Cadence of prosthesis loading in these tests corresponded to a typical cadence of walking cats (Gregor et al., 2006).

We also tested the ability of the feedback controller to modulate the extension gain βSO and thus the magnitude of the exerted ankle moment (MeANK, Figures 4A,B) in real-time. The produced peak GRF (GRFM) was measured by the force sensor FSR406, mounted on the ground under the prosthesis foot (Figure 3B). The target value of GRFT was set and compared with the GRFM value in a custom designed LabView (National Instruments, TX, United States) application on the off-board computer. Based on the operating principle of the DC motor, we assumed that the extension gain βSO (and thus extension moment MeANK) was proportional to the duty cycle of pulse-width modulation (PWM) of control signal (Weber, 1965). The maximum value of extension gain (βSO = 1 Nm) corresponded to the extension ankle moment MeANK = 1 Nm and PWM = 100%. With this maximum gain, the linear actuator produced the maximum force of 40 N and could generate the maximum ground reaction peak of ∼13–15 N (see Results). The extension gain βSO (corresponding to PWM) was updated in each test cycle based on Eq. 5 (Figure 4B). The closed-loop control system was tested at three target values of GRFT: 14, 6, and 12 N. These three target forces were pre-programmed in the microprocessor to occur at the onset of testing, at the end of cycle 2 and at the end of cycle 8, respectively. During testing, the flexion gain βTA was set at the maximum value of -1 Nm and not changed (Figure 4A).



RESULTS

Ankle Moment-EMG Relationship

Rectified and low-pass filtered EMG activities of SO and TA, as well as the corresponding ankle joint moments, recorded in Prilutsky et al. (2011), Markin et al. (2012) during 22 cycles of level walking in three cats (Figures 5A–C), were used to obtain the regression Eq. 1. The empirical constants in Eq. 1 were β0 = 0.023528 Nm, βS0 = 0.969663 Nm, and βTA = 0.052416 Nm. The coefficient of multiple correlation for Eq. 1 was r = 0.874 (p < 0.05). The ankle moment as a function of the normalized cycle time computed from SO and TA EMGs using Eq. 1 was generally within one standard deviation from the mean experimental moment (Figure 5D). As explained in Materials and Methods, SO and TA EMG activity was simplified for the purpose of the benchtop testing of the prosthesis by step functions EMGSO and EMGTA (Eqs 3 and 4). These step functions are shown in Figures 5A,B by red dashed rectangles.
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FIGURE 5. Ankle joint moment and EMG activity of soleus (SO) and tibialis anterior (TA) muscles during level walking in the cat. The vertical dashed lines separate the stance and swing phases. Experimental EMG and ankle moment data are taken from 22 cycles of level walking of three cats (mass 3.55 ± 0.65 kg; mean ± SD) (Prilutsky et al., 2011; Markin et al., 2012). (A) Normalized SO EMG during level walking in the cat. The red dashed rectangle corresponds to emulated SO EMG signal (see text for details). (B) Normalized TA EMG during level walking in the cat. The red dashed rectangle corresponds to emulated TA EMG signal (see text for details). (C) Ankle joint moment during level walking in the cat; positive values correspond to extension (plantar flexion). (D) Ankle moment obtained experimentally (solid line with gray shade, mean ± SD) and predicted from SO and TA EMGs using Eq. 1 (dotted line). Positive values correspond to extension (plantar flexion).



Finite State Controller With Closed-Loop Update of Extension Gain

During rhythmic loading of the prosthesis, the finite state controller correctly identified the stance and swing states based on the signal from the force-position sensor on the bottom of the foot. The linear actuator produced pulling strokes (extension ankle moments) in the stance state and pushing strokes (flexion moments) in the swing state. In the example in Figure 6A, the prosthesis produced GRF in 14 cycles of rhythmic loading; the corresponding changes in the PWM duty cycle are shown in Figure 6B. In the first two cycles, the target GRF force was 14 N, which corresponded to the maximum capacity of the linear actuator (PWM duty cycle was 100%). Since the GRF peaks produced in these cycles were within ±1 N of the target value, the extension gain βSO, and PWM were not changed (Figure 6B, Eq. 5). At the end of stance phase of cycle 2, when the target force was reduced from 14 to 6 N, the force error e (Eq. 5) was detected in stance of cycle 3 and the extension gain βSO, and PWM were reduced by the control system by 10% in cycles 4 through 6 until the peak GRF error during stance became smaller than 1 N in cycle 7 (Figure 6). The peaks of GRF in cycles 7 and 8 were maintained near the target force of 6 N within ±1 N, and no changes in PWM occurred. After the target force changed at the end of cycle 8 from 6 to 12 N, the controller detected the force difference e in stance of cycle 9 and increased PWM by 10% in cycle 10. Since the measured GRF peaks in cycles 10 and 11 were lower than the target value, PWD was increased again by 10% in cycles 11 and 12. Since the GRF peaks in cycles 13 and 14 were within ±1 N from the target value of 12 N, no changes in PWD occurred in these cycles (Figure 6).


[image: image]

FIGURE 6. Ground reaction force (GRF) during 14 cycles of prosthesis loading (A) and the corresponding changes in PWM duty cycle of the actuator (B). The three target values of GRF peak (14, 6, and 12 N) are indicated by the horizontal dashed lines in (A). The numbers at bottom of force traces indicate the cycle number. For details, see text.



The peak GRF values during the transition period from the target change to achieving the target by the system (cycles 3 through 7 and 8 through 12; Figure 6A) could be considered the system step response to the error e input (Figure 6B). In the current control system design, the response time corresponded to the duration of one cycle. The prosthesis closely reproduced the target GRF peaks in steady state cycles 1–3, 7–9, and 12–14 (Figure 6A). The absolute error of peak GRF across all three target values was 0.31 ± 0.23 N (mean ± SD), and the relative error (absolute error normalized to the target value) was 3.49 ± 3.06%.

Ground Reaction Forces Produced by the Prosthesis

The time profiles of GRF measured under the prosthetic foot in 14 consecutive cycles had a double-peak pattern (Figure 6A). The mean GRF peak in cycles 1 through 3, where the PWM duty cycle was set to 100% to produce maximal GRF peaks, was 13.8 ± 0.5 N. This value was within one standard deviation of the GRF mean peak (14.9 ± 1.6 N) obtained in walking cats (Figure 7).
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FIGURE 7. Vertical ground reaction force (GRF) recorded during level walking in the cat (solid line and shade, mean ± SD; computed using data from Prilutsky et al., 2011) and mean GRF recorded during the first three cycles of prosthesis testing (dashed line), see Figure 6A.



The comparison of the prosthetic GRF profiles averaged across cycles 1 through 3 with the experimental GRF recorded previously during level walking in cats (Prilutsky et al., 2011) – the same 22 cycles from which ankle moments and EMG patterns in Figure 5 were obtained, demonstrated close qualitative and quantitative agreements (Figure 7). Specifically, both patterns had two peaks – one in the early stance phase (leg contact) and the other one in the late stance phase.



DISCUSSION

We developed a powered, sensing transtibial prosthesis for the use in the feline animal model of prosthetic gait. This animal model is needed for testing feasibility and performance of bone-anchored limb prostheses integrated with residual sensory nerves and muscles during locomotion (see Introduction). The size, mass, and maximum extension moment of the prosthesis closely matched the corresponding parameters of the cat foot-ankle with the distal shank and the peak ankle extension moment produced during level walking in the cat (Gregor et al., 2006, 2018; Prilutsky et al., 2011). The prosthetic powered ankle joint was designed for control of the linear actuator by the recorded EMG activity of the residual ankle extensor and flexor muscles. The ability of the prosthesis to detect timing of ground contact will allow for delivering tactile sensory feedback by phase dependent stimulation of sensory nerves. The foot force-position sensor detecting touch with the ground in this study was used in the past to trigger electrical stimulation of the distal tibial nerve during the stance phase of walking and to provide tactile feedback to the nervous system of walking cats with the anesthetized hindpaw (Park et al., 2015, 2016).

In the present benchtop testing of the prosthesis, only selected prosthesis functions were characterized. They included detecting timing of ground contact onset and offset, control of transitions between the stance and swing states by the finite-state machine controller, and a real-time automatic modulation of the extension gain based on the measured GRF peak in each loading cycle (Figure 4). The results of testing demonstrated that the prosthesis was able to produce the extension and flexion ankle moments in the appropriate loading states. The prosthesis was also able to generate appropriate GRF peaks by modulating the extension gain in a closed-loop real time control. In addition, the prosthesis was capable of generating realistic GRF forces similar to those observed during normal level walking in the cat. Although the maximum GRF peaks were slightly lower than the desired value of 15 N (a typical GRF peak during level walking in the cat) and much lower than peak forces during 27°-upslope walking (17-22 N; Gregor et al., 2006; Prilutsky et al., 2011), we expect that proximal joints may be able to compensate for this difference during cat walking with the powered prosthesis. This expectation is based on a recent study demonstrating that cats walking with a passive bone-anchored transtibial prosthesis with no active ankle extension are able to generated ∼70 and ∼50% of the normal GRF peak observed in intact level and 27°-upslope walking, respectively (Jarrell et al., 2018).

The double-peak GRF profiles generated by the prosthesis (Figure 6) were not expected because the control system was designed to reproduce just a target GRF peak. It appears that the observed GRF profile is a result of interactions between the constant moment produced by the linear actuator and passive dynamics of the prosthesis and its support system. The two GRF peaks had different magnitudes, and the second peak was lower than the first (Figure 6).

The magnitude of the second peak of vertical GRF depends on the magnitude of ankle extension moment in the late-stance phase of prosthetic walking in humans. For example, reduction in passive foot stiffness leads to a parallel decrease in the second GRF peak and ankle extension moment peak (Fey et al., 2011). The use of powered ankle prostheses decreases or eliminates the differences in second GRF peak and ankle extension moment magnitude between the intact and prosthetic limbs in humans (Rabago et al., 2016; Shultz et al., 2016). Since our powered prosthesis with its control system is designed to maintain a target GRF peak, we do not expect a close match of the generated GRF profile with that of the intact animal. This expected mismatch should not necessarily lead to asymmetric walking unless there is a substantial mismatch in the GRF impulse.

The linear actuator PQ12-63-06-P was selected for the cat transtibial prosthesis because it satisfied strict limitations on the size and mass of the cat foot-ankle and distal shank. To maximize the force output of the actuator to ensure it could produce its maximum moment of 1 Nm, we increased its duty cycle from its optimum value of 20%, recommended by the manufacturer as the most efficient, to 100%. We verified consistency of the actuator operation with the duty cycle of 100% over multiple cycles in our benchtop prosthesis testing. We found that this linear actuator at the duty cycle of 100% could generate consistent levels of GRF for over 100 cycles. This number of cycles is sufficient for a single recording session in the cat.

It may be necessary to increase the moment arm of the linear actuator with respect to ankle joint or replace this actuator with a larger one if testing in the animal would demonstrate its inability to generate sufficient ankle moment and power. However, a larger size of the actuator and battery would increase demands on the knee and hip flexor muscles during the swing phase of walking and could lead to abnormal asymmetric locomotor pattern.

In our benchtop testing of the prosthesis prototype, the force sensing resistor FSR406 mounted on the floor (Figure 3B) measured vertical GRF peaks, and the linear force-position sensor (ThinPot) attached to the bottom of the foot (Figure 3A) detected ground contact timing used to emulate extensor and flexor EMG bursts and determined onset-offset times of the linear actuator (Figure 4A). In the actual implementation of the prosthesis in the animal, we plan to mount the force-sensing resistor FSR406 or a similar one on the bottom of the prosthetic foot to serve both functions, i.e., detecting ground contact and measuring GRF peaks. In that case, wireless communication between the prosthesis and external computer will be used to monitor, modify, and record characteristics of the control system (target GRF peaks, actuator gains, stimulation parameters, EMG, etc.).

One potential limitation of the force-sensing resistor FSR406 for monitoring the peak GRF is that it can only measure the normal component of the 3D GRF vector (vertical component in this study, Figures 6A, 7), although the other two GRF components are also important for accurate description of foot interaction with the ground (Aubin et al., 2008). During level cat walking, the normal peak GRF force exceeds the anterior-posterior and medial-lateral peaks by ∼5 and >10 times, respectively (Farrell et al., 2014a). Thus, the peak of the normal GRG component might still be used to monitor and modify the prosthesis output during level walking in the cat. However, during 27°-upslope cat walking the normal and tangential (in progression direction) peaks are comparable (Gregor et al., 2006, 2018; Prilutsky et al., 2011). Therefore, for this walking condition some modifications in the GRF target or control algorithm may be necessary.

In the animal testing, the GRF peak measured by the force sensor FSR406 on the foot in each walking cycle will be compared with a preset target value, and gains βSO and βTA will be changed in real time if necessary. Information about ground contact onset and offset determined by the same sensor will be used to control timing of electrical stimulation of the sensory nerves. We could use the timing of ground contact to control the linear actuator as demonstrated in this study. However, we plan to use recorded EMG signals from residual SO and TA to estimate the ankle moment (Eq. 1) and use either the estimated moment peak or moment profile for control of the linear actuator. Gains βSO and βTA could be modified based on the measured GRF peaks (Figure 4B) or/and predicted ankle moment peak. This type of control seems more intuitive for the user (Ortiz-Catalan et al., 2014; Kannape and Herr, 2016) since it includes a highly adaptive living system in the control of the prosthesis output.

In our planned animal studies, we will evaluate the contribution of sensory nerve stimulation to SO and TA EMG activity magnitude, to symmetry of walking and to other locomotor characteristics by comparing walking with and without phase dependent stimulation of sensory nerves. Changes in quality of EMG signals and in activation thresholds of sensory nerves [recorded action potentials in the sciatic nerve in response to stimulation of the distal tibial, sural or superficial peroneal nerves while the animal is sedated (Ollivier-Lanvin et al., 2011; Park et al., 2016)] will be determined over several months. During testing the prosthesis in the animal model, we plan to add another sensory feedback signal – contact force from the dorsal surface of the prosthetic foot. Another force sensor FSR406 will detect contact of the dorsal surface of the prosthetic foot with an external object and trigger electrical stimulation of the superficial peroneal nerve if the contact occurs in the swing phase of locomotion. The superficial peroneal nerve is a cutaneous nerve innervating skin on the dorsum of the foot (Crouch, 1969). Electrical stimulation of this nerve during swing elicits stumbling corrective response in the cat (Forssberg, 1979; Wand et al., 1980; Quevedo et al., 2005), which helps the animal avoid tripping by enhancing stepping over the obstacle.

In the end of the study, the animals will be euthanized and the residual limb with the porous titanium implant, residual muscles, and nerves with implanted electrodes will be harvested for histological analysis (Farrell et al., 2014b,c). This analysis will reveal the extent of skin and bone ingrowth into the percutaneous implant and integrity of implanted muscles and nerves. The results of our planned animal studies will inform future designs of transtibial prostheses integrated with the residual limb in people.



CONCLUSION

In conclusion, the designed prototype of a feline bone-anchored, sensing, powered transtibial prosthesis demonstrated the ability to reproduce values and patterns of the GRF observed during normal walking in the cat. The prosthesis dimensions, mass, and extension moment produced were similar to the corresponding characteristics of the cat. The prosthesis was designed for use with a porous titanium pylon implanted in tibia (Pitkin et al., 2012; Farrell et al., 2014b; Jarrell et al., 2018) that could serve as a gateway for transmission of feedback (from the prosthesis to the peripheral sensory nerves) and feedforward (from implanted muscle electrodes to the prosthetic actuator) signals between the prosthesis and the residual limb.
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Over recent years, brain-computer interface (BCI) has emerged as an alternative communication system between the human brain and an output device. Deciphered intents, after detecting electrical signals from the human scalp, are translated into control commands used to operate external devices, computer displays and virtual objects in the real-time. BCI provides an augmentative communication by creating a muscle-free channel between the brain and the output devices, primarily for subjects having neuromotor disorders, or trauma to nervous system, notably spinal cord injuries (SCI), and subjects with unaffected sensorimotor functions but disarticulated or amputated residual limbs. This review identifies the potentials of electroencephalography (EEG) based BCI applications for locomotion and mobility rehabilitation. Patients could benefit from its advancements such as wearable lower-limb (LL) exoskeletons, orthosis, prosthesis, wheelchairs, and assistive-robot devices. The EEG communication signals employed by the aforementioned applications that also provide feasibility for future development in the field are sensorimotor rhythms (SMR), event-related potentials (ERP) and visual evoked potentials (VEP). The review is an effort to progress the development of user's mental task related to LL for BCI reliability and confidence measures. As a novel contribution, the reviewed BCI control paradigms for wearable LL and assistive-robots are presented by a general control framework fitting in hierarchical layers. It reflects informatic interactions, between the user, the BCI operator, the shared controller, the robotic device and the environment. Each sub layer of the BCI operator is discussed in detail, highlighting the feature extraction, classification and execution methods employed by the various systems. All applications' key features and their interaction with the environment are reviewed for the EEG-based activity mode recognition, and presented in form of a table. It is suggested to structure EEG-BCI controlled LL assistive devices within the presented framework, for future generation of intent-based multifunctional controllers. Despite the development of controllers, for BCI-based wearable or assistive devices that can seamlessly integrate user intent, practical challenges associated with such systems exist and have been discerned, which can be constructive for future developments in the field.

Keywords: brain-computer interface (BCI), electroencephalography (EEG), spinal cord injury (SCI), exoskeletons, orthosis, assistive-robot devices


INTRODUCTION

The field of assistive technologies, for mobility rehabilitation, is ameliorating by the introduction of electrophysiological signals to control these devices. The system runs independent of physical, or muscular interventions, using brain signals that reflect user's intent to control devices/limbs (Millán et al., 2010; Lebedev and Nicolelis, 2017), called brain-computer interface (BCI). Commonly used non-invasive modality to record brain signals is electroencephalography (EEG). EEG signals are deciphered to control commands in order to restore communication between the brain and the output device when the natural communication channel i.e., neuronal activity is disrupted. Recent reviews on EEG-BCI for communication and rehabilitation of lower-limbs (LL) could be found in (Cervera et al., 2018; Deng et al., 2018; He et al., 2018a; Lazarou et al., 2018; Semprini et al., 2018; Slutzky, 2018).

About five decades ago, EEG-BCIs used computer cursor movements to communicate user intents for patient-assistance in various applications (Vidal, 1973; Wolpaw et al., 2002; Lebedev and Nicolelis, 2017). The applications are now widespread, as machine learning has become one essential component of BCI, functional in different fields of neurorobotics and neuroprosthesis. For lower extremity, applications include human locomotion assistance, gait rehabilitation, and enhancement of physical abilities of able-bodied humans (Deng et al., 2018). Devices for locomotion, or mobility assistance, vary from wearable to (non-wearable) assistive-robot devices. Wearable devices such as exoskeletons, orthosis, prosthesis, and assistive-robot devices including wheelchairs, guiding humanoids, telepresence and mobile robots for navigation are the focus of our investigation.

Control schemes, offered by these systems, rely on the inputs derived from electrophysiological signals, electromechanical sensors from the device, and the deployment of finite state controller that attempts to implicate user's motion intention, to generate correct walking trajectories with wearable robots (Duvinage et al., 2012; Jimenez-Fabian and Verlinden, 2012; Herr et al., 2013; Contreras-Vidal et al., 2016). Input signals are typically extracted from the residual limb/muscles i.e., amputated or disarticulated lower-limbs (LL), via electromyography (EMG), from users with no cortical lesion or intact cognitive functions. Such solutions consequently preclude patient groups whose injuries necessitate direct cortical input to the BCI controller, for instance users with neuromotor disorders such as spinal cord injury (SCI) and stroke, or inactive efferent nerves/synergistic muscle groups. In this case direct cortical inputs from EEG could be the central-pattern-generators (CPG) that generate basic motor patterns at the supraspinal or cortical level (premotor and motor cortex); or the LL kinesthetic motor imagery (KMI) signals (Malouin and Richards, 2010). The realization of BCI controllers solely driven by EEG signals, for controlling LL wearable/assistive devices, is therefore possible (Lee et al., 2017). Several investigations reinstate that CPG with less supraspinal control is involved in the control of bipedal locomotion (Dimitrijevic et al., 1998; Beloozerova et al., 2003; Tucker et al., 2015). This provides the basis for the development of controllers, directly driven from cortical activity in correlation to the user intent for volitional movements (Nicolas-Alonso and Gomez-Gil, 2012; Angeli et al., 2014; Tucker et al., 2015; Lebedev and Nicolelis, 2017) instead of EMG signals. Consequently, controllers with EEG-based activity mode recognition for portable assistive devices, have become an alternative to get seamless results (Presacco et al., 2011b). However, when employing EEG signals as input to the BCI controller, there necessitates a validation about the notion that EEG signals from the cortex can be useful for the locomotion control.

Though cortical sites encode movement intents, the kinetic and kinematic changes necessary to execute the intended movement, are essential factors to be considered. Studies indicate that the selective recruitment of embedded “muscle synergies” provide an efficient means of intent-driven, selective movement, i.e., these synergies, stored as CPGs, specify spatial organization of muscle activation and characterize different biomechanical subtasks (Chvatal et al., 2011; Chvatal and Ting, 2013). According to Maguire et al. (2018), during human walking, Chvatal and Ting (2012) identified different muscle synergies for the control of muscle activity and coordination. According to Petersen et al. (2012), the swing-phase was more influenced by the central cortical control, i.e., dorsiflexion in early stance at heel strike, and during pre-swing and swing phases for energy transfer from trunk to leg. They also emphasized the importance of cortical activity during steady unperturbed gait for the support of CPG activity. Descending cortical signals communicate with spinal networks to ensure that accurate changes in limb movement have appropriately integrated into the gait pattern (Armstrong, 1988). The subpopulations of motor-cortical neurons activate sequentially amid the step cycle particularly during the initiation of pre-swing and swing (Drew et al., 2008). The importance of cortical activation upon motor imagery (MI) of locomotor tasks has been reported in Malouin et al. (2003) and Pfurtscheller et al. (2006b). Similarly, the confirmation of electrocortical activity coupled to gait cycle, during treadmill walking or LL control, for applications as EEG-BCI exoskeletons and orthotic devices, has been discerned by (He et al., 2018b, Gwin et al. (2010, 2011), Wieser et al. (2010), Presacco et al. (2011a), Presacco et al. (2011b), Chéron et al. (2012), Bulea et al. (2013), Bulea et al. (2015), Jain et al. (2013), Petrofsky and Khowailed (2014), Kumar et al. (2015), and Liu et al. (2015). This provides the rationale for BCI controllers that incorporate cortical signals for high-level commands, based on user intent to walk/bipedal locomotion or kinesthetic motor imagery of LL.

While BCIs may not require any voluntary muscle control, they are certainly dependent on brain response functions therefore the choice of BCI depends on the user's sensorimotor lesion and adaptability. Non-invasive types of BCI depend on EEG signals used for communication, which elicit under specific experimental protocols. Deployed electrophysiological signals that we investigate, include oscillatory/sensorimotor rhythms (SMR), elicited upon walking intent, MI or motor execution (ME) of a task, and evoked potentials as event-related potentials (ERP/P300) and visual evoked potentials (VEP). Such BCI functions as a bridge to bring sensory input into the brain, bypassing damages sight, listening or sensing abilities. Figure 1 shows a schematic description of a BCI system based on MI, adapted from He et al. (2015). The user performs MI of limb(s), which is encoded in EEG reading; features representing the task are deciphered, processed and translated to commands in order to control assistive-robot device.
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FIGURE 1. Generic concept/function diagram of BCI controlled assistive LL devices based on motor imagery.



Reviewed control schemes deployed by wearable LL and assistive-robots are presented in a novel way, i.e., in form of a general control framework fitting in hierarchical layers. It shows the informatic interactions, between the user, the BCI operator, the shared controller, and the robot device with environment. The BCI operator is discussed in detail in the light of the feature extraction, classification and execution methods employed by all reviewed systems. Key features of present state-of-the-art EEG-based BCI applications and its interaction with the environment are presented and summarized in the form of a table. Proposed BCI control framework can cater similar systems based on fundamentally different classes. We expect a progress in the incorporation of the novel framework for the improvement of user-machine adaptation algorithms in a BCI.

The reviewed control schemes indicated that the MI/ME of LL tasks, as aspects of SMR-based BCI have not been extensively used compared to upper limbs (Tariq et al., 2017a,b, 2018). This is due to the small representation area of LL, in contrast to upper limbs, located inside the interhemispheric fissure of the sensorimotor cortex (Penfield and Boldrey, 1937). The review is an effort to progress the development of user's mental task related to LL for BCI reliability and confidence measures.

Challenges presently faced by EEG-BCI controlled wearable and assistive technology, for seamless control in real-time, to regain natural gait cycle followed by a minimal probability of non-volitional commands, and possible future developments in these applications, are discussed in the last section.



GENERAL CONTROL FRAMEWORK FOR BCI WEARABLE LOWER-LIMB AND ASSISTIVE-ROBOT DEVICES

In order to structure the control architecture adopted by various BCI wearable LL and assistive robot-devices, a general framework is presented in Figure 2. This framework was extended from Tucker et al. (2015) applicable to a range of EEG-BCI controlled devices for LL assistance, including portable exoskeletons, orthosis, prosthesis, and assistive-robots (wheelchairs, humanoids, and navigation/telepresence robots).


[image: image]

FIGURE 2. Generalized framework in BCI controlled wearable LL and assistive devices for rehabilitation.



Figure 2 reflects the generalized control framework, where electrophysiological and transduced signal interactions, along the feedforward and feedback loops, are shown for motion intent recognition, during activity mode. Integral parts of the framework include a user of the assistive robot-device, the assistive-robot device itself, a BCI operator structure with sub-level controls, shared control, communication protocol and the interaction with environment. The BCI operator structure constitutes of three sub-layers which are the feature extraction, translation and execution layer, respectively. As a precaution to ensure human-robot interaction safety, safety layers are used with the user and the robotic device parts of the framework. The control framework is in a generalized form applicable to all brain-controlled assistive robots.

BCI control is driven from the recognition of user's motion intentions; therefore we begin from the point of origin where motion intentions arise (cortical levels). The first step involves how to perceive and interpret the user's physiological state (i.e., MI/ME or ERP) acquired via EEG. Following this, the status of physical interaction between the user and the environment (and vice versa), and the robotic device and the environment (and vice versa) are checked. The assistive-robot's state is determined via electromechanical sensors. The user and assistive-robot status inputs to the BCI operator and shared controller, respectively.

Raw signals from the user and assistive LL device pass through the communication protocol which directs them to the connected client i.e., BCI operator via pre-processing and shared control module. Real-time signal acquisition and operating software could be used to assign event markers to the recorded data e.g., OpenViBE, BioSig, BCI++, BCI2000 etc. (Schalk et al., 2004; Mellinger and Schalk, 2007; Renard et al., 2010). The streaming connection can be made using TCP (when the time synchronization requirements do not need accuracy <100 ms) or LSL which incorporates built-in network and synchronization capabilities (with accuracy of 1 ms) recommended for applications based on ERPs.

Under the control framework components, BCI operator is the core part comprising of three sub layers, described in detail in section BCI Operator.

At feature extraction layer (intent recognition), user's intent of activities related to LL movements are perceived, discerned and interpreted. Signal features associated to user's kinesthetic intent/execution of motor task (in case of SMR) are encoded in form of feature vector (Lotte, 2014). The activity-mode recognition for ERP, against displayed oddball menu for specific location, uses frequency, or time domain features. It is the user's direct volitional control that lets voluntarily manipulate the state of the device (e.g., joint position, speed, velocity and torque).

Translation layer (weighted class) takes account of the translation of extracted signal features to manipulate the robotic device, via machine understandable commands, which carry the user's intent. This is done by supervised, or unsupervised learning (classification algorithm) which essentially estimates the weighted class, represented by the feature vector, and identifies the cognitive patterns for mapping to the desired state (unique command).

The desired state of user intent is carried to the execution layer (commands for device-specific control) where an error approximation is done with reference to current state. The state of the device is also sent to the execution layer via shared controller, as a feedforward control, in order to comply with the execution layer. The execution layer sends control commands to the actuator(s) of the device and visual feedback to the user via shared control unit in order to minimize the possible error. The feedback control plays a vital role in achieving the required output (usually accounts for the kinematic or kinetic properties of the robot-device).

This closes the overall control loop and the robotic device actuates to perform the required task(s). As the wearable assistive-robot is physically placed in close contact with the user, and that the powered device is likely to generate output force, safety mechanisms are kept into consideration with the user and hardware in the control framework. Inter-networking between subsystems of the generalized control architecture relies on the exchange of information sent at signal-level as well as physical-level.



USER ADAPTABILITY AND EEG SIGNAL ACQUISITION

The type of BCI is directed based on the user's lesion level and extent of adaptability to adhere with the specific BCI protocol.


User Adaptability

In order for the portable LL wearable-BCI controllers to be compliant with residual neuromusculoskeletal structures, the sensorimotor control loop of human locomotion is taken into account, since the volitional and reflex-dependent modulation of these locomotion patterns emerges at the cortical levels (Armstrong, 1988; Kautz and Patten, 2005; Bakker et al., 2007; Zelenin et al., 2011; Pons et al., 2013; Angeli et al., 2014; Marlinski and Beloozerova, 2014; Capogrosso et al., 2016). This may essentially preclude the direct control of LL via neural activity alone, while keeping a balance and orientation during dynamic tasks. However, the sole employment of cortical activity is still useful for providing high-level commands to the controller of the device to execute volitional movements (Carlson and Millan, 2013; Contreras-Vidal and Grossman, 2013; Kilicarslan et al., 2013), for patients whose injuries necessitate a direct input from cortex to the robotic device controller. Therefore, the critical aspect for a functional portable LL device is the lesion measure and the physiological constraints based on which the user can adapt to the BCI protocol. The physiological constraints in such cases can be compensated through assistance, like shared control.



EEG Signal Acquisition

The neuronal activity can be divided into spikes and field potentials. Spikes show action potentials of neurons individually and are detected via invasive microelectrodes. Field potentials on the other hand can be measured by EEG and they reflect the combined synaptic, axonal and neuronal activity of the neuron groups (Yang et al., 2014; He, 2016).

The communication components in EEG activity useful for BCI include, the oscillatory activity comprising of delta, theta, alpha/mu, beta and gamma rhythms; the ERP (P300), the VEP, and slow cortical potentials (SCP). Oscillatory rhythms fluctuate according to the states of brain activity; some rhythms are distinguished depending on these states (Semmlow and Griffel, 2014). The Mu and beta rhythms are also termed SMR. The SMR elicit event-related desynchronization (ERD) or event-related synchronization (ERS) which are directly related to proportional power decrease upon ME/MI of limb(s) movement or power increase in the signal upon rest, respectively; they are non-phase locked signals (Kalcher and Pfurtscheller, 1995). Evoked potentials on the other hand are phase-locked. A BCI system employs evoked potentials when requiring less or no training from the user i.e., a system based on stimulus-evoked EEG signals that provides task-relevant information (Baykara et al., 2016), useful for locked-in or multiple sclerosis patients. This involves the presentation of an odd-ball paradigm in case of P300 or multiple visual stimuli flashing, e.g., letters, digits on screen in case of VEP. The P300 is derived from user response that evokes approximately 300 ms after stimulus triggering and corresponds to positive voltage peak (Lazarou et al., 2018). VEP measures the time for the visual stimulus to travel from the eye to occipital cortex.

Users can generally be grouped based on their physical and mental state, for instance locked-in patients with intact eye muscles, can communicate via ERP signals, whereas patients with motor complete but sensory incomplete SCI can utilize SMR signals based on MI. Figure 3 shows the electrophysiological signals that are extensively employed by BCI system for communication; however EEG signals employed by the wearable LL and assistive devices are highlighted for this study.
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FIGURE 3. Electrophysiological signals used in BCI controlled wearable LL and assistive-robot devices.



Deployed Oscillatory Rhythms

For assistive devices, the two commonly used SMR acquired from the motor cortex are mu (8–11 Hz) and beta (12–30 Hz) rhythms, which elicit upon ME/MI tasks. The ME task is based on the physical motion of the user's limbs that activate the motor cortex; this includes the development of muscular tension, contraction or flexion. The MI is a covert cognitive process based on the kinesthetic imagination of the user's own limb movement with no muscular activity also termed “kinesthetic motor imagery” (KMI) (Mokienko et al., 2013). Motor tasks can generally be upper or lower limb related (Malouin et al., 2008). The upper limb motor tasks activate hand area (Vasilyev et al., 2017) and LL motor tasks activate foot representation area of the cortex respectively (Wolpaw and Wolpaw, 2012). The advantage with MI signals is that they are free of proprioceptive feedback unlike ME tasks.

It was suggested by Wolpaw and Mcfarland (2004), that the use of mu and beta rhythms could give similar results as those presented by invasive methods for motor substitution. A non-invasive BCI could clinically support medical device applications (as discussed in section Lower-Limb Assistive-Robot Applications in Different Environments). The BCIs for control of medical device applications are reported in Allison et al. (2007); Daly and Wolpaw (2008), and Frolov et al. (2017). It was observed that BCI employed by assistive-robot devices for control purposes was focused on upper limb MI (Belda-Lois et al., 2011) such as hand and fingers, for applications including BCI hand orthotics and exoskeleton (Schwartz et al., 2006; Soekadar et al., 2015). This is because the foot representation area is near the mantelkante, which is situated deep within interhemispheric fissure of the human sensorimotor cortex (Penfield and Boldrey, 1937). However, it never withheld progress into this direction. Research on LL, precisely the foot MI/ME for controlling assistive robots, is in progress (Pfurtscheller et al., 2006a; Hashimoto and Ushiba, 2013; Tariq et al., 2017b, 2018). It was proved that the induction of beta ERS in addition to mu-beta ERD, improved the discrimination between left and right foot imagery and stepping tasks, as accurate as hand MI (Pfurtscheller et al., 2005, 2006a; Pfurtscheller and Solis-Escalante, 2009; Hashimoto and Ushiba, 2013; Liu et al., 2018) which provides a basis for research in BCI controlled foot neuroprosthesis. To our knowledge no literature on explicit employment of knee or hip KMI tasks in any BCI experimental protocol is available except for (Tariq et al., 2017a).

Besides the KMI of LL, cortical signals arising from the sensorimotor control loop of human locomotion intent is taken into account, for the portable LL wearable-BCI controllers to be compliant with the residual neuromusculoskeletal structures (La Fougere et al., 2010) suggested that brain areas underlying walking MI overlie the supplementary motor area and pre-frontal cortex. The idea of walking from thought based on foot imagery has also been presented in Pfurtscheller et al. (2006b). A novel way of therapy that earlier provided limited grade of motor-function recovery for chronic gait function impaired subjects due to foot-drop was described (Do et al., 2011, 2012). They integrated EEG-based BCI with non-invasive functional electrical stimulation (FES) system. It resulted in enabling the brain-control of foot dorsiflexion directly in healthy individuals. Takahashi et al. (2009, 2012) validated the feasibility of short-term training by employing ERD and FES based on dorsiflexion of paralyzed ankle experiments. Beta corticomuscular coherence (CMC) gave a measure of communication amid sensorimotor cortex and muscles. García-Cossio et al. (2015) demonstrated the possibility to decode walking intentions from cortical patterns. Raethjen et al. (2008) found coherence in EEG at stepping frequency and electromyography (EMG) anterior tibial muscles pattern for rhythmic foot movements.

Work on analyzing EEG signals for detection of unexpected obstacles during walking was presented recently (Salazar-Varas et al., 2015). Observation of electrocortical activity related to walking gait-cycle and balancing experiments has been reported in Presacco et al. (2011b). Electrocortical activity resulting from gait-like movements and balancing with treadmill, Erigo R tilt table, and customized stationary bicycle with rigid reclined backboard (as pedaling device) have been discussed in Wieser et al. (2010), Gwin et al. (2011), Presacco et al. (2011a), Jain et al. (2013), Petrofsky and Khowailed (2014), Bulea et al. (2015), Kumar et al. (2015), and Liu et al. (2015).

Deployed Event-Related and Evoked Potentials

ERPs have successfully been deployed in ambulatory and motor conditions without affecting the recorded EEG data. P300 showed to improve the performance of an EEG-based BCI system during ambulatory conditions or foot dorsiflexion/plantar-flexion condition (Lotte et al., 2009; Castermans et al., 2011b; Duvinage et al., 2012). They used similar experimental protocol i.e., oddball paradigm while subjects were physically walking or moving feet in dorsiflexion or plantar-flexion direction. In addition to this, the somatosensory evoked potentials (SEP) were deployed in assistive technologies. These potentials commonly elicit by bipolar transcutaneous electrical stimulation applied on the skin over the trajectory of peripheral nerves of the upper limb (the median nerve) or LL (the posterior tibial nerve), and then recorded from the scalp (Sczesny-Kaiser et al., 2015). In addition to the wearable devices, assistive technologies as EEG-BCI controlled wheelchairs and humanoid robots have successfully deployed the P300 (Rebsamen et al., 2007, 2010; Pires et al., 2008; Iturrate et al., 2009b; Palankar et al., 2009; Lopes et al., 2011; Kaufmann et al., 2014) and VEP signals (Bell et al., 2008). However, the only drawback, with employment of ERP and VEP signals in a BCI for the control of assistive devices precisely wearables, is the presence of visual stimulus set-up within the device that makes it less convenient for portable applications.




COMMUNICATION PROTOCOL

Like a basic communication system, the BCI for control of assistive devices has an input, an output, translation components for converting input to output, and a protocol responsible for the real-time operation onset, offset and timing.

Acquired EEG signals are transferred to the BCI operator via a communication protocol. Similarly sensor output from the robot device is directed to the shared control unit via communication protocol, Figure 2. Communication protocol could be a transmission control/internet protocol (TCP/IP), a suite of communication protocols used to interconnect network devices on the internet or a private network. For instance, in EEG-BCI controlled humanoids, the data (visual feedback images from the humanoid monocular camera and motion commands from the BCI system) were transmitted using wireless TCP/IP communication between the humanoid and other systems (Chae et al., 2011a,b, 2012).

An alternate approach is the lab streaming layer (LSL), which allows synchronization of the streaming data across devices. Information can be streamed over the network from “Presentation to the LSL” (Iturrate et al., 2009b; Renard et al., 2010; Kothe and Makeig, 2013; Gramann et al., 2014). Recent assistive applications (Galán et al., 2008; Millán et al., 2009) such as wheelchairs, and mobile robots, use controller area network (CAN) bus which is a robust vehicle bus standard. It is designed to allow microcontrollers and devices to communicate in applications without a host computer and follows a message-based protocol. It is a low cost, fault tolerant communication system, with the data transfer rates in the range of 40 Kbit/s to 1 Mbit/s.



BCI OPERATOR

After passing through the communication protocol, acquired EEG signals are directed to connected client, i.e., the BCI operator, but are pre-processed first.


Preprocessing

The acquired raw EEG signals are pre-processed, as they are susceptible to noise and artifacts. It could be hardware/environmental noise, experimental error or physiological artifact. As hardware and environmental noise are not brain-related, it is best to remove them before converting raw EEG to signal features.

Removal of Noise

Hardware noise in the EEG signal usually occurs due to instrument degradation, electrode wear, mains interference (AC power lines), electromagnetic wave sources as computers, mobile phones, notebooks, wireless routers or other electronic equipment. High noise frequencies in the signal can be removed by notch filters (50 or 60 Hz for power lines). To block electromagnetic waves, electromagnetic shields could be used.

Removal of Artifacts

EEG artifacts arise due to physiological activities such as skin impedance fluctuations, electrooculography activity, eye blinks, electrocardiographic activity, facial/body muscle EMG activity and respiration. As the frequency ranges, for the aforementioned physiological signals are typically known, the bandpass filter can be an effective preprocessing tool. Most EEG-based BCI systems for assistive technologies have shown the successful implementation of simple low-pass, high-pass, or bandpass filters to remove physiological artifacts. Other methods for artifact removal include temporal filtering, spatial filtering, independent component analysis (ICA) (Viola et al., 2009), principal component analysis (PCA), linear regression, blind source separation (BSS) (Ferdousy et al., 2010), wavelet transform, autoregressive moving average, nonlinear adaptive filtering, source dipole analysis (Fatourechi et al., 2007) or thresholding of meaningful parameters (e.g., channel variance) based on a prior statistical analysis (Nolan et al., 2010).



Feature Extraction Layer

After preprocessing of data, different brain activities are classified based on their selected features.

Band Power Features

The band power features, usually used, are the time-frequency components of ERD/ERS. After bandpass filtering, resulting signal is squared to obtain its power p[t] = x2[t], where x is the filtered single band EEG signal amplitudes and p is the resulting band-power values. To smooth-out (average) the signal, a w-sized smoothing window operation is used. This is followed by a logarithm of the processed signal sample, using Equation 1:
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where [image: image] are the smoothed band-power values, and w is the smoothing window size. In their work (Presacco et al., 2011b; Contreras-Vidal and Grossman, 2013), the feature extraction method employed by EEG-BCI lower exoskeleton, for neural decoding of walking pattern, included power spectral density (PSD) analysis of the kinematic data and adaptive Thompson's multitaper for each channel of EEG recorded, during rest and walking tasks. Decoding method employed a time-embedded linear Wiener filter, independently designed and cross-validated for each extracted gait pattern. Parameters of the model were calculated with Gaussian distribution method. This ensured the feasibility of successfully decoding human gait patterns with EEG-BCI LL exoskeleton. Similarly, the results tested a on paraplegic subject for BCI controlled lower exoskeleton (Kilicarslan et al., 2013) reflect the method of decoding closed loop implementation structure of user intent with evaluation accuracy of 98%. Data was filtered in delta band (0.1–2 Hz) using 2nd order Butterworth filter. The filtered data was standardized and separate channels were used, to create feature matrix to extract delta band features.

In 2012 (Noda et al., 2012) proposed an exoskeleton robot that could assist user stand-up movements. For online decoding they used 9th order Butterworth filter for 7–30 Hz band. After down-sampling, Laplace filter and common average subtraction were applied for voltage bias removal. The covariance matrix of the processed data was used as input variable for the two-class classifier; the results were productive. Other EEG-BCI lower exoskeletons (Gancet et al., 2011, 2012) considered employing steady-state VEP (SSVEP) for motion intention recognition. Proprioceptive artifacts removal (during walk) is aimed to be removed using ICA. Other recent work on LL exoskeleton controlled via SSVEP includes (Kwak et al., 2015). In the SEP-controlled LL exoskeleton (Sczesny-Kaiser et al., 2015), SEP signals were sampled at 5 kHz and bandpass filtered between 2 and 1,000 Hz. In total 800 evoked potentials were recorded in epochs from 30 before to 150 ms after the stimulus, and then averaged. Paired-pulse suppression was expressed as a ratio of the amplitudes of second and first peaks, which was the primary outcome parameter. For correlation analysis, they calculated the difference of mean amplitude ratios.

For a BCI controlled robotic gait orthosis (Do et al., 2011, 2013) an EEG prediction model was generated to exclude EEG channels with excessive artifacts. The EEG epochs corresponding to idling and walking states were then transformed into frequency domain, their PSD were integrated over 2 Hz bins, followed by dimensionality reduction using class-wise principal component analysis (CPCA). The results established feasibility of the application.

BCI and shared control wheelchairs, based on MI signals to ensure interference free navigation protocol, was presented in Millán et al. (2009) and Carlson and Millan (2013). They estimated PSD in the 4–48 Hz band with a 2 Hz resolution. ERD was observed in the mu band power 8–13 Hz. These changes were detected by estimating the PSD features every 16 times/s using Welch method with five overlapped (25%) Hanning windows of 500 ms. In order to select subject-specific features, that maximize the separability between different tasks (based on training data cross validation) the canonical variate analysis (CVA) was used. In a similar work presented by Galán et al. (2008) for BCI controlled wheelchair, feature selection was done by picking stable frequency components. The stability of frequency components was assessed using CVA one per frequency component on the training set.

Time-Domain Parameters

The time-domain parameters compute time-varying power of the first k derivatives of the signal; [image: image] where i = 0, 1, …, k and x is the initial EEG signal. Resulting derivatives are smoothed using exponential moving average and logarithm, used in feature vector generation, as given in Equation 2:
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where [image: image] is the smoothed signal derivatives, u is the moving average parameter, u ∈ [0;1].

EEG-BCI for control of LL orthosis (Taylor et al., 2001; Duvinage et al., 2012) combined a human gait model based on a CPG and a classic but virtual P300 to decipher user's intent for four different speeds. P300 was used to control the CPG model and the orthosis device by sending high-level commands. The frequency band for P300 were high-pass filtered (temporal) at 1 Hz cut off frequency using 4th order Butterworth filter. This was followed by designing of an xDAWN-based spatial filter, by linearly combining EEG channels. When EEG signals were projected into this subspace, P300 detection was enhanced. The resulting signal was epoched using time window that started after stimulus, averaged and sent to the classifier. In another related work (Lotte et al., 2009), the epoching of P300 signal was done by selection of related time window, followed by bandpass filtering in 1–12 Hz range using 4th order Butterworth filter. Post this; winsorizing for each channel was done by replacing values within 5% most extreme values by most extreme values from remaining 95% samples from that window. A subset of the features was selected using the sequential forward floating (SFFS) feature selection algorithm that ensured the maximization of performance of the BCI system.

The EEG-BCI for foot orthosis reported in Xu et al. (2014), employed bandpass filtering (0–3 Hz). The system was based on the detection of movement-related cortical potentials (MRCP). The data between 0.5 and before 1.5 s, after the movements, were extracted as the “signal intervals” while others were extracted as the “noise intervals.” The measure analysis of variance, ANOVA, was used for statistical analysis.

The P300-BCI wheelchair incorporated bandpass filtering between 0.5 and 30 Hz and characterized the P300 signal in the time domain. For each EEG channel, 1-s sample recordings were extracted after each stimulus onset and filtered using the moving average technique. The resulting data segments for each channel selected were concatenated, creating a single-feature vector (Iturrate et al., 2009a,b).

Common Spatial Patterns

The common spatial pattern (CSP) features are sourced from a preprocessing technique (filter) used to separate a multivariate signal into subcomponents that have maximum differences in variance (Müller-Gerking et al., 1999). The difference allows simple signal classification. Generally, the filter can be described as a spatial coefficient matrix W, as shown in Equation 3:
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where S is the filtered signal matrix, E is the original EEG signal vector. Columns of W denote spatial filters, while WT are the spatial patterns of EEG signal. In their work (Choi and Cichocki, 2008) used SMR to control wheelchair. For pre-processing they employed the second order BSS algorithm using a modified and improved real-time AMUSE algorithm that enabled a rapid and reliable estimation of independent components with automatic ranking (sorting) according to their increasing frequency contents and/or decreased linear predictability. The AMUSE algorithm worked as 2 consecutive PCAs; one applied to the input data and the second applied to the time-delayed covariance matrix of the output from the previous stage. For feature extraction, CSP filter was used that distinguish each data group optimally from the multichannel EEG signals.

SMR-based humanoid robots used the KMI of left hand, right hand, and foot as control signals (Chae et al., 2011b, 2012). Sampled EEG signals were spatially filtered with large Laplacian filter. During the overall BCI protocols, Laplacian waveforms were subjected to an autoregressive spectral analysis. For amplitude features extraction, every 250 ms observation segment was analyzed by the autoregressive algorithm, and the square root of power in 1 Hz wide frequency bands within 4–36 Hz was calculated.



Translation Layer

After passing through the feature extraction layer, the feature vector is directed to the translation layer to identify user intent brain signals, and manipulate the robotic device via machine understandable commands for interfacing. Different classification techniques for distinct features are used. Classification algorithms, calibrated via supervised or unsupervised learning, during training phase, are able to detect brain-signal patterns during the testing stage. This essentially estimates the weighted class, represented by the feature vector for mapping to the desired state (unique command). A recent review on most commonly used classification algorithms for EEG-BCIs has been reported by (Lotte et al., 2018). Some of the commonly used classification methods in EEG-BCI controllers for LL assistance are LDA, SVM, GMM, and ANN (Delorme et al., 2010, 2011).

Linear Discriminant Analysis

One of the most extensive and successfully deployed classification algorithms, in EEG-BCI for assistive technologies is the linear discriminant analysis (LDA). The method employs discriminant hyper-plane(s) in order to separate data representing two or more classes. Since it has low computational requirements, it is most suitable for online BCI systems. A feature a can be projected onto a direction defined by a unit vector [image: image], resulting in a scalar projection b, given by Equation 4:

[image: image]

The aim of LDA classification is to find a direction [image: image], such that, when projecting the data onto [image: image] it maximizes the distance between the means and minimizes the variance of the two classes (dimensionality reduction). It assumes a normal data distribution along with an equal covariance matrix for both classes (Lotte et al., 2007). LDA minimizes the expression given by Equation 5:

[image: image]

where mϕ and mΨ are the means and sϕ and sΨ are the standard deviations of the two respective classes, after projecting the features onto [image: image]. EEG-BCI lower exoskeletons used LDA for the reduction of data dimensionality (Kilicarslan et al., 2013). EEG-BCI lower orthosis employed a 12-fold LDA using voting rule for decision making in selection of speed (Lotte et al., 2009; Duvinage et al., 2012). Dimensionality reduction, using CPCA and approximate information discriminant analysis (AIDA), were used in the robotic gait orthosis system (Do et al., 2011, 2013). The BCI-driven orthosis (Xu et al., 2014) used the manifold based non-linear dimensionality reduction method, called locality preserving projection (LPP), along with LDA, to detect MRCPs. EEG-BCI wheelchairs successfully deployed LDA (Galán et al., 2008; Iturrate et al., 2009a,b). LDA was successfully used for translation of EEG signal into movement commands in humanoids (Chae et al., 2011a,b, 2012).

Support Vector Machine

The goal of SVM classifier is to maximize the distance between the separating hyper plane and the nearest training point(s) also termed support vectors. The separating hyper plane in the 2D feature space is given by the Equation 6:
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where ω, x ∈ R2 and b ∈ R1. The hyper plane (also called the decision border) divides the feature space into two parts. Classified results depend on which side of the hyper plane the example is located. In SVM, the distances between a hyper plane and the nearest examples are called margins.

Though SVM is a linear classifier, it can be made with non-linear decision boundaries using non-linear kernel functions, such as Gaussian or radial basis functions (known as RBF). The non-linear SVM offers a more flexible decision boundary, resulting in an increase in classification accuracy. The kernel functions, however, could be computationally more demanding. EEG-BCI wheelchairs have successfully used linear SVM for dynamic feature classification (Bell et al., 2008; Choi and Cichocki, 2008; Ferreira et al., 2008; Rebsamen et al., 2010; Belluomo et al., 2011). It was also successfully implemented in EEG-BCI humanoid (Bell et al., 2008) and mobile robots (Ferreira et al., 2008; Belluomo et al., 2011).

Gaussian Mixture Model

The GMM is an unsupervised classifier. This implies that the training samples of a classifier are not labeled to show their class. More precisely, what makes GMM unsupervised is that during the training of the classifier, estimation is done for the underlying probability density functions of the observations (Scherrer, 2007). Several EEG-BCI applications utilized the GMM as a feature classifier, such as lower exoskeletons, wheelchairs and mobile robots (Galán et al., 2008; Millán et al., 2009; Carlson and Millan, 2013; Kilicarslan et al., 2013).

Artificial Neural Network

The ANNs are non-linear classifiers inspired by human's nervous system ability to adaptively react to changes in surroundings. They are commonly used in pattern recognition problems, due to their post-training capability to recognize sets of training-data-related patterns. ANNs comprise of assemblies of artificial neurons that allow the drawing of non-linear decision boundaries. They can be used in different algorithms including multilayer perception, Gaussian classifier, learning vector quantization, RBF neural networks, etc. (Anthony and Bartlett, 2009). In their proposed model for lower exoskeleton (Gancet et al., 2011, 2012), they aim at adopting processing method as dynamic recurrent neural network (DRNN).



Execution Layer

Once classified, the desired state of user intent is carried to the execution layer for an error approximation. The approximation in reference to the present state of the device is used to drive the actuator for reducing any error. The execution layer of control is highly device-specific. It could rely on feedforward or feedback loops (Tucker et al., 2015).

Feedforward control needs some model to predict the system's future state, based on the past and present set of inputs and the device state. Aforementioned control inputs can be effective for reducing the undesired interaction forces, that could occur due to the added mass, inertia and friction of the device (Murray and Goldfarb, 2012). On the contrary feedback controllers do not require a model of the system, but require an estimate of the current state. The controller compares current state with the desired state of the device and modulates the power input to the device accordingly (Millán et al., 2009; Duvinage et al., 2012; Noda et al., 2012; Contreras-Vidal and Grossman, 2013; Do et al., 2013; Kilicarslan et al., 2013; Xu et al., 2014; Contreras-Vidal et al., 2016).




SHARED CONTROL

Shared control is used to couple the user's intelligence, i.e., cognitive signals with precise capabilities of the robotic device given the context of surroundings, resulting in reduced workload for the user to continuously deliver commands to drive the robotic device. Inputs to the shared control module are sensory readings of the robotic device and output of the BCI operator (classified signal). The classified signal is combined with the robot's precise parameter e.g., velocity to generate smoother driving output. Several assistive technologies for motor impairment have successfully employed shared controllers for navigational assistance to maneuver the assistive devices in different directions, independently and safely (Galán et al., 2008; Millán et al., 2009; Tonin et al., 2010, 2011; Carlson and Millan, 2013).

This refers to the idea of switching between operators, i.e., if the user needs no navigational assistance he will be granted full control over the robotic device; otherwise, sole mental commands will be used and modified by the system. One key aspect of shared control is the two-way communication between the human and the robot. The shared control is beneficial primarily for navigational directions. In the case of robots with only three possible steering mental commands such as forward, left, and right, there is a need of assistance by the device for fine maneuvering. Secondly, the cognitive commands might not always be perfect, i.e., could be vague. In the case of errors, an extra navigational safety is required by the system to interpret the meaning of the command. In this way the system would be able to perceive any new environment.



LOWER-LIMB ASSISTIVE-ROBOT APPLICATIONS IN DIFFERENT ENVIRONMENTS

The last integral part, of the control framework, is the robotic device, as observed in Figure 2. In this section, the current state-of-the-art EEG-based activity mode recognition in a BCI for control of LL assistive devices is summarized in Table 1.



Table 1. Key features of EEG-based activity mode recognition exoskeletons, orthosis, wheelchairs and assistive robots for rehabilitation.

[image: image]





BCI Exoskeletons

In order to control a LL robotic exoskeleton (NeuroRex), Contreras-Vidal and Grossman (2013) and Kilicarslan et al. (2013) decoded neural data for human walking from Presacco et al. (2011b). They evaluated the degree of cognitive-motor-body adaptations while using portable robot. Their results proved that NeuroRex can be regarded as an augmented system of locomotor therapy (LT) by reviewing its initial validation in a paraplegic patient having SCI. They also performed comprehensive clinic assessments for user safety protection.

The MINDWALKER (Gancet et al., 2011, 2012) is another project where researchers proposed a novel idea of presenting the SCI patients with intact brain capabilities. The facility of crutch-less assistive LL exoskeleton is based on brain neural-computer interface (BNCI) control for balanced walking patterns. It also evaluated the potential effects of Virtual Reality (VR) based technology that could support patient/user training for reaching a high confidence level for controlling the exoskeleton virtually before the real transition. Other brain controlled exoskeletons are reported in Noda et al. (2012), Kwak et al. (2015), Sczesny-Kaiser et al. (2015), and Lee et al. (2017).



BCI Orthosis

EEG-based activity mode recognition for orthotic devices has been investigated by Duvinage et al. (2012). They proved the concept of considering user's intent by combining CPG-based human gait model and classic P300-BCI for five different states; three speed variations, a stop state and a non-control state. Using unnatural P300 command by augmented reality eyewear (from Vuzix, Rchester, USA) decision was sent to the Virtual Reality Peripheral Network (VRPN) server to be exploited while wearing LL orthosis. This was based on the pilot study carried by Lotte et al. (2009), where a solution to the constraints, such as deterioration of signals (during ambulation), was avoided by using slow P300 for control during sitting, walking and standing. Authors of Castermans et al. (2011a) used an experimental protocol to limit movement artifacts present in EEG signals compared to real walk on treadmill. They suggested that rhythmic EEG activity could be exploited for driving a user intent-based foot-ankle orthosis built on PCPG algorithm. Similar investigation was conducted by Raethjen et al. (2008).

In their work, Do et al. (2013) proposed a novel approach of BCI controlled lower extremity orthotics to restore LL ambulation for partially and complete SCI subjects suffering from cardiovascular disease, osteoporosis, metabolic derangements and pressure ulcers. They developed an EEG prediction model to operate the BCI online and tested the commercial robotic gait orthosis system (RoGO) for two states, idling and walking KMI. Similarly, testing for intuitive and self-paced control of ambulation was also done with an avatar in a virtual reality environment (VRE) (Wang et al., 2012; King et al., 2013). Other similar investigations are reported in Wang et al. (2010) and Do et al. (2011).

The BCI driven motorized ankle-foot orthoses, known as (BCI-MAFO), intended for stroke rehabilitation was presented in Xu et al. (2014). Their system was able to detect imaginary dorsiflexion movements (for walking gait) within a short latency, by analyzing MRCPs. Upon each detection, the MAFO was triggered to elicit passive dorsiflexion, hence, providing the user a binary control of robotic orthosis. The MEP was elicited by transcranial magnetic stimulation (TMS); the results reflected an effective way to induce cortical plasticity for motor function rehabilitation.



BCI Wheelchairs, Humanoids, and Mobile Robots

Assistive technologies such as wheelchairs controlled via EEG-BCI have extensively been researched. In their work, Carlson and Millan (2013) proposed the idea of combining a commercial wheelchair and BCI with a shared control protocol. The paradigm was based on KMI of left/right hand, both feet, or in idle state; each against three distinct tasks as move left/right or forward by avoiding obstacles. Modifications in the commercial mid-wheel drive model (by Invacare Corporation) were directly controlled by a laptop. An interface module, based on remote joystick, was used between the laptop and wheelchair's CANBUS-based control network. Wheel-encoders were added for motion feedback alongside sonar sensors and webcams for environment feedback to the controller using cheap sensors compared to other systems. Previous solution required continuous commands from the user, in order to drive the wheelchair, that ended up in high user workload (Millán et al., 2009). Other similar systems were proposed by Vanacker et al. (2007) and Galán et al. (2008).

Research on the challenges faced during fully control automated wheelchairs with BCI was done by Rebsamen et al. (2007, 2010). Their results proved that if synchronous evoked P300 signals are used for mobile commands, and oscillatory rhythms are used for stop command, the system is efficient and safe enough to drive the real-time wheelchair in possible directions. They used Yamaha JW-I power wheelchair with two optical rotary encoders attached to glide-wheels for odometry, a bar code scanner for global positioning and a proximity sensor mounted in front of the wheelchair for collision avoidance. User could reach the destination, by selecting amongst a list of pre-defined locations. This was primarily for patients with lost voluntary muscle control, but intact cognitive behavior who could use a BCI, such as LL amputees.

Other P300-BCI wheelchairs' research include work done by Iturrate et al. (2009a,b) where the system relied on synchronous stimulus-driven protocol. The work done by Palankar et al. (2009) focused on, completely and partially locked-in patients, and provided them with an effective model of a 9-DOF wheelchair-mounted robotic arm (WMRA) system. Pires et al. (2008) and Lopes et al. (2011) contributed in visual P300 based BCI for steering wheelchair assisted by shared-control. Kaufmann et al. (2014) validated the feasibility of a BCI based on tactually-evoked ERP for wheelchair control. Other wheelchairs controlled via EEG-based BCI include (Choi and Cichocki, 2008; Tsui et al., 2011; Huang et al., 2012; De Venuto et al., 2017).

In their report (Tonin et al., 2010, 2011) presented a BMI-controlled telepresence robot for people with motor impairment that could allow them completion of complex tasks, in similar time as that consumed by healthy subjects. They were able to steer RobotinoTM (by FESTO), via asynchronous KMI of left/right hand and feet. The system incorporated shared control for obstacle avoidance, safety measures and for interpreting user intentions to reach goal autonomously. A similar project was earlier presented by Millan et al. (2004) for mobile robot control in indoor environment via EEG. In order to recognize environment situations, a multilayer perception was implemented. Sensory readings were mapped to 6 classes of environmental states: forward movement, turn left, follow left wall, right turn, follow right wall and stop. These environmental states were generated against mental tasks as relax, KMI of left/right hand, cube rotation imagery, subtraction and word association. Research for control of two coordinated mobile robots, via SMR and ERP, that could be useful for motor impaired people, is done by Belluomo et al. (2011). Similarly mobile robot (Pioneer 2-DX) control based on mu ERD/ERS was done by Ferreira et al. (2008).

As per our knowledge, reflected from the literature, there is no viable active prosthetic ankle-foot, or prosthetic LL device, controlled via EEG-BCI for amputees.




PRACTICAL CHALLENGES

In order to design a controller for an assistive-robot device there is a need of a seamless integration between the BCI operator, and the execution of required tasks from the output device with minimal cognitive disruption. However, there are challenges associated to the real-time implementation of the system, when dealt with motor impaired population. Some open problems and challenges associated to wearable systems have recently been summarized in (Deng et al., 2018; Lazarou et al., 2018; Semprini et al., 2018). The following sections discuss in detail practical challenges associated to EEG-BCI wearable and assistive technologies.


Wearable Lower-Limb Device Challenges

A critical need for reliable EEG-BCI is required that could interpret user intent and make context-based decisions from the user's present internal state. This would allow a direct and voluntary operation of the wearable LL devices beyond the user's affected physical, cognitive or sensory capabilities. With wearable LL devices it is observed that they did not embed shared controllers. The system should involve the development of reliable discrete classifiers, combined with continuous (model-based) neural interfaces, to predict the subject's intent without needing continuous supervisory control, but an “assist-as-needed” control from the BCI. Wearable LL technologies should embed features such as, self-calibration, self-analysis (with backward-forward failure attribution analysis) and error-correction. This is followed by adopting appropriate behavioral testing methods for performance evaluations of the system.

Clinical evaluation of wearables needs standardized safety and tolerability assessment of important factors such as cardiometabolic, musculoskeletal, skin, and biomechanical risks, followed by the assessment of cognitive-behavioral discrepancies that define the user profile. Cardiorespiratory safety is of principal importance as individuals with stroke and SCI may have autonomic instability that can alter the pressure of blood-flow. Their heart rates may not respond correctly to increased cardiorespiratory demands, depending on the lesion intensity. The cardiorespiratory demands of supported BCI-exoskeleton/orthosis usage must primarily be assessed and carefully monitored also for reasons as: (1) the mean peak heart fitness levels after SCI vary considerably depending on the lesion characteristics, but are generally much lower than normal; and (2) the skeletal muscle after SCI (or any central-nervous system injury) shifts in a shortfall severity from slow to a fast jerk molecular composition. Patients with abnormal gait biomechanics and fitness levels must show adequate cardiorespiratory tolerance based on subject perceived exertion scales, and objective monitoring of metabolic profiles. This metabolic surveillance, along with careful clinical measures, to assess muscle injury, is inevitable for validating the cardiorespiratory, metabolic, and muscle safety during exoskeleton/orthosis use.

During rehabilitation, the wearable robotics may impose unusual joint kinetics and kinematics that could potentially injure bone or skin, particularly in stroke or SCI patients that usually have osteoporosis, unusual spasticity patterns, or contractures. For safe utilization a standard screening for assessment of bone health using dual X-ray absorptiometry and identification of abnormal torque or impulses ahead of time, could retain from injury. There should be a careful consideration between engineers, clinicians, and subjects with neurological disability to rightly apply this new technology.

Substantial research and understanding of the cortical representations, for the perception of bipedal locomotion, is vital for evaluating changes in cortical dynamics when wearing closed-loop BCI portable devices, and gauging on how these changes are correlated with gait adaptation. As the BCI wearable devices are designed to be stable, they have to finish one complete cycle of gait before stopping, resulting in a slow time-response compared to the model's output. This is why in some systems the subject has to keep standing, as long as he can, after stopping the robot for continuously recording the model's output state.

With P300-wearable LL devices, the decision time is relatively slow for real-time applications such as walking. The solution could involve implementation of more complex pipelines that include artifact removal techniques specific to gait-artifacts, followed by a better management of stimulus presentation duration. The P300 pipeline does not allow working asynchronously, which is an important aspect for the patient's comfort (can be tiring). Following this, the poor experimental paradigm that usually includes a screen on a treadmill is not applicable for street walking; accordingly, an augmented reality eyewear seems to be indispensable.



Assistive-Robot Challenges

Clinical evaluations revealed that subjects with poor BCI performance require an extra need for assistance while maneuvering assistive-robots during complex path plans such as narrow corridors, despite the arduous BCI training.

The use of adaptive assistance with BCI wheelchairs increases the task performance of the user; however, the fixed activation levels of the system do not integrate the user's performance. This is due to the varying fatigue and hormone levels of the user, due to which the shared controller may not offer constant level of assistance. Consequently, similar system behavior is always activated when the activation threshold is reached, even though an experienced user might still be able to recover from the disorientation on its own. System performance could be increased, if a user model is built at runtime, and the level of experience to determine the thresholds is estimated when the system behavior is activated.

Various customized filtering approaches have been deployed by researchers during different states of wheelchair use, for instance, the regular on and off switching of filter in between sessions of start and stop. Given in Kwak et al. (2015), when the filter was switched on or off, the subject was required to use another mental mode (or at least adapt its existing one) as the driving system was different when the filtering was applied. This resulted in a confusion mode which is a common problem in shared control systems. When the subject's acquired strategies are built up using one driving system (i.e., without filtering) and applied to the other situation (i.e., with filtering), it ends up in a weak performance, leading to a situation where the environmental filter is actually working against the user's intention. With present BCI-wheelchairs that incorporate shared controllers, if the activation levels of the system do not integrate the user's performance, it could lead to degradation or loss of function.

Reportedly P300-wheelchairs were too slow to stop in real-time, after the selection of a sub-goal from menu, the user has to focus on a validation option, due to which the wheelchair stops and waits for the next command (followed by validation) from the user. Consequently this ends up in more stationary positions than actually moving to specific destinations.




CONCLUSIONS

In this paper, we have presented a comprehensive review of the state-of-the-art EEG-BCI controlled wearable and assistive technologies for users having neuromotor disorder, SCI, stroke, disarticulation or amputation of residual LL. All reviewed applications are presented in the form of a generalized BCI control framework. The control framework is inclusive of the user, the BCI operator, the shared controller, and the robot device with the environment. Each element of the control framework was discussed in detail. The BCI operator is based on sub-layers, each of which is highlighting the feature extraction, classification and execution methods respectively, employed by each application. The reviewed applications comprised of oscillatory rhythms, event-related and evoked potentials as input signals. The EEG-BCI based portable and assistive device applications included exoskeletons, orthosis, wheelchairs, mobile/navigation robots and humanoids. Key features from each application were discussed and presented in the Table 1.

Based on the review we concluded that LL tasks, such as knee, or hip joint movements, have never been explicitly employed as MI or ME tasks in any BCI experimental protocol. Only foot or upper limb kinesthetic tasks are deployed. Additionally, it is observed that the EEG-based activity mode recognition, used to control wearable LL devices, only comprise of exoskeletons and orthosis. No viable prosthetic ankle-foot, or prosthetic LL device, employing EEG signals, for activity mode recognition, is currently available.

In most applications based on P300, strong output signals were observed that resulted in accurate command functions. It was followed by a slow performance pace and a loss in the user concentration due to stimulus presentation. On the contrary, applications employing SMR, where no stimulus protocol is involved, reflected a faster performance speed, followed by a weaker output signal during asynchronous mode.

Performance of EEG-based BCI, deployed by assistive technologies, is constrained due to the design of non-invasive modalities, compared to invasive ones and due to the limited size of features employed. In the case of complex movements more sets of parameters are required to execute a seamless output. This is still one of the challenging problems that require expertise to develop efficient and robust algorithms to apprehend user's motion intention.

In the most of the reviewed applications, there is a lack of quantitative performance indicators for the algorithms' evaluations. There is no explicit signal classification, percentage given. Error measurements between expected and real system trajectories are missing. There is no indication about the measurements of the user-energy consumption, the walking endurance and the system costs. Finally, an important issue of carrying tests under realistic conditions, with patients having LL pathologies, needs special attention, provided the observations make the comparison of the dynamic behavior of each application difficult.
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Subjects with low vision often use a cane when standing and walking autonomously in everyday life. One aim of this study was to assess differences in the body stabilizing effect produced by the contact of the cane with the ground or by the fingertip touch of a firm surface. Another aim was to estimate the promptness of balance stabilization (or destabilization) on adding (or withdrawing) the haptic input from cane or fingertip. Twelve blind subjects and two subjects with severe visual impairment participated in two experimental protocols while maintaining the tandem Romberg posture on a force platform. In one protocol, subjects lowered the cane to a second platform on the ground and lifted it in sequence at their own pace. In the other protocol, they touched an instrumented pad with the index finger and withdrew the finger from the pad in sequence. In both protocols, subjects were asked to exert a force not granting mechanical stabilization. Under steady-state condition, the finger touch or the contact of the cane with the ground significantly reduced (to ∼78% and ∼86%, respectively) the amplitude of medio-lateral oscillation of the centre of foot pressure (CoP). Oscillation then increased when haptic information was removed. The delay to the change in body oscillation after the haptic shift was longer for addition than withdrawal of the haptic information (∼1.4 s and ∼0.7 s, respectively; p < 0.001), but was not different between the two haptic conditions (finger and cane). Similar stabilizing effects of input from cane on the ground and from fingertip touch, and similar latencies to integrate haptic cue from both sources, suggest that the process of integration of the input for balance control is initiated by the haptic stimulus at the interface cane-hand. Use of a tool is as helpful as the fingertip input, and does not produce different stabilization. Further, the latencies to haptic cue integration (from fingertip or cane) are similar to those previously found in a group of sighted subjects, suggesting that integration delays for automatic balance stabilization are not modified by visual impairment. Haptic input from a tool is easily exploited by the neural circuits subserving automatic balance stabilization in blind people, and its use should be enforced by sensory-enhancing devices and appropriate training.
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INTRODUCTION

Subjects with visual impairment often use a cane to move autonomously in everyday life (Jeka, 1997). The cane helps to partially overcome the mobility restriction associated with low vision, by assisting subjects in detecting obstacles along their path thereby decreasing the risk of falling (White et al., 2015), by conferring them a sense of stability (Bateni and Maki, 2005; Virgili and Rubin, 2010) and by providing a haptic cue to help estimate heading direction and orientation of the body in the gravitational field (Lederman and Klatzky, 2009; Lacquaniti et al., 2015).

Pioneering studies by Holden et al. (1994), Jeka and Lackner (1994), and Jeka et al. (1996) in sighted subjects showed that the simple contact by a finger with a solid frame is as effective as the sight of the surrounding environment in reducing postural sway when compared to no contact, eyes closed condition. Remarkably, the force levels exerted by the finger or by the cane were below those necessary to provide significant mechanical stabilization. Several studies followed, and all arrived at the conclusion that a light fingertip touch improves the control of standing by providing additional somatosensory information (Clapp and Wing, 1999; Baldan et al., 2014; Honeine and Schieppati, 2014; Schieppati et al., 2014; Bernard-Demanze et al., 2015; Honeine et al., 2015). Contact of a cane with the ground has been shown to be similarly effective in reducing postural sway in both sighted subjects and in small cohorts of non-sighted subjects as well (Jeka et al., 1996; Albertsen et al., 2010).

Sway stabilization must be rapid, in order to promptly adapt balance control to the haptic supplementation. The time that elapses from the instant of the haptic cue to postural stabilization is a critical period, during which the nervous system integrates the additional sensory input and prepares to shift to the new ‘postural set.’ This time period would be especially important in visually impaired subjects during their daily life activities. The latency of the postural resetting in response to the new haptic input from fingertip touch was estimated in sighted subjects standing with eyes closed (Rabin et al., 2006; Sozzi et al., 2011, 2012) and found to be in the order of 1 s. This was considered the time necessary for the integration and reweighting of the new information by the circuits responsible for balance control (Honeine et al., 2015). Conversely, the time period elapsing from the withdrawal of the finger touch to the increase in body sway was significantly shorter than that observed on addition of the haptic input. The latencies to the changes in CoP oscillation after the contact of a cane to the ground (or its removal) were estimated in a group of young sighted subjects (Sozzi et al., 2017). These latencies were similar to those occurring on fingertip touch, suggesting a substantial equivalence of the haptic information derived from “direct” fingertip contact and “indirect” cane contact with the floor. The latencies to fingertip light touch had been also estimated in a small population of blind subjects (Schieppati et al., 2014). They proved to be broadly similar to those of sighted people, except in a few congenital blind subjects that appeared to react early to the haptic finger cue.

Aim of the present investigation was: (a) to assess in a new population of blind subjects the effect on body sway of the haptic sensory input produced by the contact of a cane with the ground in stabilizing the standing body, and (b) to compare these effects to those produced by the light finger touch in the same cohort. Moreover, in the assumption that a prompt reaction to the haptic input would be a priority, we wanted (c) to estimate and compare in this same cohort the time necessary to achieve stabilization or destabilization, on adding or withdrawing the haptic input from either cane or finger touch.

In the background of this study stays the issue of the capacity of the blind subjects to exploit haptic inputs from a cane as an effective aid to reach balance stabilization and maintain equilibrium. Do subjects with severe visual impairment have an edge by using the cane compared to using a finger? Or does appropriate cane use require a higher level of conscious control than the finger touching task (Honeine et al., 2017) or larger anticipatory postural adjustments (Chabran et al., 2001) that might attenuate the incoming input (Starr and Cohen, 1985) and interfere with the promptness of stabilization?

Further, the two haptic inputs would depend on the activation of separate receptors and travel through separate central pathways; the distance of the supports from the body is different, and cane input from a distant point may have different effects on postural steadiness than the finger has, since light touch may be integrated as the horizontal distance between body center of mass and the haptic surface (Assländer et al., 2018); the preparation of the reaching movement to catch either of the two stable structures, and its control, would require a distinct set of postural adjustments as well (Aruin and Latash, 1996; Castellote et al., 2004; Krishnan et al., 2012) potentially leading to context-dependent modulation of tactile input (Juravle et al., 2013); different arm orientations and task features might produce changes in arm proprioception and cutaneous feedback (Rabin et al., 1999; Chapman and Beauchamp, 2006); and the difference in the features of the cutaneous stimuli may produce different cortical activation (Kojima et al., 2018). As a consequence, the integration and weighting of the two haptic inputs (direct with the finger, indirect with the cane) might produce a different degree of stabilization or need a different time interval before the stabilizing effects on balance are fully expressed. Further, the information from the cane contact with the ground would be processed by the blind subjects in a different way than that from the finger touch, because the cane also conveys some information about the free open space around them and about their orientation in that space, or because cross-modal brain plasticity might have differently affected the tactile and haptic sensory channel (Kupers et al., 2006; Fiehler and Rösler, 2010; see for a review, Parreira et al., 2017).



MATERIALS AND METHODS

Subjects

Twelve blind subjects (according to the ICD-10 classification, with visual acuity < 1/20) and two subjects with severe visual impairment (visual acuity < 2/10) participated in this study (Table 1). Their mean (±SD) age, weight and height were 47.1 years ± 14.8, 81.4 kg ± 21.9 and 171.1 cm ± 9.2. The blindness was of varied etiology. Three of the subjects had severe visual impairment from infancy (early, age <5 years), eleven had vision problems starting later in life (late, age >5 years) and became gradually blind still later. All of them had received an orienteering and training course except three, which were receiving the course at the time of their recruitment in the study.

TABLE 1. Characteristics of the participants.

[image: image]

All subjects were naïve to the experimental task and had not participated previously in balance control investigations. All of them, before participating in the experiments, signed the informed consent form approved by the ethics committee of the Istituti Clinici Scientifici Maugeri (# 757 CEC) in accordance with the Declaration of Helsinki.

The experiments took place in a normally lit room. Subjects participated in two different experimental protocols, performed in two sessions taking place in different days, maintaining the tandem Romberg posture with eyes closed (EC) on a force platform, with the great toe of the rear foot just behind the heel of the front foot (Figure 1). Seven subjects chose the right foot as the rear foot. This posture was utilized in order to magnify the medio-lateral (M-L) sway variations connected to the changes in haptic information (Sozzi et al., 2011, 2012, 2013; Honeine et al., 2015). For the entire duration of the experiments, an operator stood near the subjects in order to help them if they lost balance. This never happened and no subject even lifted a foot during the trial. The overall duration of each session (periods of rest included) lasted about 2 h.
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FIGURE 1. (A,B) Subject stood with feet in tandem position on a force platform and performed a series of trials under ‘Finger touch’ (A) and ‘Cane touch’ condition (B). (C,D) The duration of the time intervals that contained the haptic changes varied randomly from 15 s to 25 s (three such periods are shown). For the analysis, each acquisition epoch was then divided in periods of 30 s duration (dotted rectangles) centered on the change in haptic condition.



Centre of Foot Pressure (CoP) Oscillation

Platforms force (Kistler 9286BA) signals were acquired at 140 Hz (SMART-D system, BTS, Italy). The output of the platform was the instantaneous position of the centre of foot pressure (CoP) along the sagittal (antero-posterior, A-P) and the frontal plane (M-L). To quantify the amplitude of the CoP oscillations, the CoP M-L and A-P position traces were high-pass filtered with a second order Butterworth filter (cut-off frequency 0.1 Hz) and rectified with a software developed in Labview (National Instruments, United States) before averaging. No low pass filtering was applied.

Finger Touch

Subjects slowly flexed the right hand to lightly touch a pad with the tip of the index finger, or to withdraw the finger from the pad, after a verbal go-signal given by the operator. Subjects were asked not to move in a reaction-time mode on hearing the verbal signal, but to self-pace the finger movement when ready. The touch-pad was horizontally oriented and positioned in front of the subject’s right hemi-body at about the height of the flexed forearm (Figure 1A). In order to facilitate the light touch of the pad, the height of the touch pad was adjusted for each subject. The touch-pad was instrumented with a strain gauge. The signal recorded from the strain gauge was stored in a PC and then utilized to detect the time at which the touch occurred or the finger was removed from the pad, and to calculate the force applied on the pad. A few practice trials were run to obtain touch forces on the pad smaller than 1 N (Jeka and Lackner, 1994). These touching and withdrawing tasks were repeated in sequence. The time intervals between each movement varied pseudo-randomly between 15 s and 25 s.

Cane Touch

Subjects held with their dominant hand (right hand for 13 subjects) a straight plastic cane of 1 m length and 100 g weight (Figure 1B). Except for this, the protocol mirrored the ‘finger-touch’ protocol described above. The force applied by the cane on the ground and the time instant of the contact of the cane with the ground (or of cane lifting) were identified from the force signal recorded by a second force platform. This platform was placed in front of the subject and laterally spaced from the platform on which the subject stood (there were 55 cm from the center of the first platform to the center of the second platform). Again, subjects were asked not to move the cane in a reaction-time mode on hearing the verbal signal, but to self-pace the movement necessary for lowering or lifting the cane from the ground when they felt so.

Data Acquisition and Treatment

The methods below have been used in similar published studies (Sozzi et al., 2012, 2017; Schieppati et al., 2014). Briefly, for each protocol, each subject provided a series of 60 trials per direction of haptic shift (Touch → NoTouch, T-NT; NoTouch → Touch, NT-T). The two protocols (finger–cane) were spaced by a week or more. The order of conditions was randomized across the subjects. The 60 trials were acquired by performing a series of 10 successive acquisition epochs of 240 s each (for both the ‘finger touch’ condition and the ‘cane touch’ condition). Between these acquisition epochs rest periods were allowed, during which subjects were free to sit or move around. Each epoch contained six haptic changes in which the finger touched the pad, or the cane was lowered onto the ground (NT-T), and six changes in which the finger was withdrawn from the pad or the cane was lifted from the ground (T-NT). Each acquisition epoch was divided in periods of 30 s duration centered on the change in haptic condition at t = 15 s (Figures 1C,D). The exact time instant of the haptic shift was identified on the signal recorded by the strain-gauge of the pad on which the finger was leant or by the force signal recorded by the platform on which the cane was lowered. The abrupt rise in the force signals marked the contact of the finger or of the cane with the stable surface, a brusque return to zero marked the instant of finger or cane detachment. Then, equal-condition trials were aligned at the instant of the haptic shift and averaged. The big trial numbers (n = 60 per haptic shift direction: NT-T and T-NT, cane and finger) were necessary in order to get consistent mean values for body oscillation, and to estimate reliably the time following the shift in haptic information, at which body sway modifications occurred. Repetition rate, and rest periods, would not have affected the stabilizing effects of the haptic cue, since stabilization had been observed during both continuous and intermittent light finger touch (Johannsen et al., 2014).

Levels of Body Oscillation With and Without Haptic Cue

For every trial recorded in each subject, the mean A-P and M-L oscillations of the CoP were computed under all haptic (NT and T, cane and finger) conditions at steady state. These mean oscillation values were calculated on the first and last 10 s periods of each trial period. In this way, the steady state periods did not contain the 5-s intervals just before and just after the sensory shift, and were considered to be stationary and unaffected by the sensory shift (Sozzi et al., 2011, 2012; Honeine et al., 2015).

Mean Latency of the Changes in Body Sway Oscillations Following the Sensory Shifts

For each subject and condition of haptic shift (addition or withdrawal, both for finger and cane touch), we assessed the latency following the sensory shift at which the CoP oscillation started to diminish, or to increase, depending on the haptic-shift direction (NT-T or T-NT). The latency was estimated on the averaged CoP traces (n = 60), centered on the sensory shift. These latencies were assessed only for the frontal plane, because under tandem stance the presence or absence of haptic information produced a much larger gap in the oscillation level in the M-L than in the A-P direction. This allowed a secure application of the statistical procedure used to detect the time at which the oscillations began to change.

In order to estimate the time instant at which the change in haptic condition began to affect the CoP oscillation, each successive value of the averaged trace following the instant of the sensory shift was compared to the mean value of the trace computed during the 15 s before the haptic shift by one-sample Student’s t-test with n = number of repetitions. The time-interval after the shift, at which the t-value of the successive comparisons bypassed the critical value corresponding to a 0.05 probability (one-tailed t-test) and remained above that value for at least 100 ms, was taken as the time at which the presence or absence of the haptic information began to affect the postural control mode (Sozzi et al., 2012; Schieppati et al., 2014).

Time to Reach Steady State Condition

After the initial change in CoP oscillation, the averaged CoP value gradually reached a new steady state pertaining to the new sensory condition. The trace representing the time-course of the CoP oscillation was fitted for each subject and condition with an exponential model (y = A + B e-t/τ) by the Excel® Solver Utility (Sozzi et al., 2011, 2012; Schieppati et al., 2014). The parameter τ of the exponential model was the time constant of the recovery, A was the value at steady state, and A+B the intercept with the ordinate. A, B, and τ were computed by using the minimum sum squared algorithm by the iterative conjugate gradient method of the Solver utility. The curve of the mean CoP oscillation was fitted from t = latency of changes after the haptic shift until the end of the 30 s time window.

Statistical Analyses

The mean levels of CoP oscillation calculated at steady state were compared by a 3-way repeated-measure ANOVA with direction of oscillation (M-L and A-P), cane or finger touch condition and the presence or absence of haptic information (NT or T) as independent factors. Two 2-way repeated-measure ANOVAs with cane or finger touch condition and direction of haptic shift (NT-T or T-NT) were used to compare the mean latencies of the change in M-L CoP oscillation level after the sensory shift and to compare the mean time constant (τ) to reach the steady state condition. All post hoc comparisons was made with the Tukey’s HSD test. Where the differences were significant, the Cohen’s d effect sizes were also reported in order to highlight the strength of the difference (with d = 0.2, 0.5, and 0.8 considered as small, medium and large effect size, respectively). The mean forces exerted by the cane or by the finger were compared between ‘Finger touch’ or ‘Cane touch’ condition by the paired Student’s t-test, and the Cohen’s d effect size was calculated. The software package used was Statistica (StatSoft, United States).



RESULTS

Figure 2 shows the averaged traces of the signals recorded in one representative subject standing on the force platform during the T-NT (left panels) and NT-T (right panels) haptic shifts for the finger touch (Figures 2A–D) and cane touch (Figures 2E–H) protocols. During the touch periods, the force exerted by the subject by means of the finger or by the cane was always less than 1N (Figures 2A,B,E,F). When subjects lifted the finger from the touch pad (Figure 2A) or lifted the cane from the ground (Figure 2E), the values of the oscillations (Figures 2C,G, respectively) increased after a short delay from the instant of the sensory shift. Conversely, after the NT-T shift [finger on the touch pad (Figure 2B) or cane lowered onto the ground (Figure 2F)], the values of the M-L CoP oscillations (Figures 2D,H) diminished in amplitude. All subjects referred that when they touched the touch pad or lowered the cane on the ground they felt more stable than in the absence of the haptic reference.
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FIGURE 2. (A–D) Average traces (n = 60) recorded from one subject under the ‘finger touch’ protocol. (E–H) Average traces recorded from the same subject as in (A–D), but under the ‘cane touch’ protocol. The forces exerted with the finger (A,B) and the cane (E,F) were less than 1N. After withdrawal of the haptic information from finger (C) or cane (G) the values of M-L CoP oscillation increased at a short delay from the instant (t = 15 s) of the shift in haptic condition. When the haptic information entered, both by finger (D) and by cane (H) contact, the values of M-L CoP oscillation diminished in amplitude.



Body Sway Under Steady State Condition

Figure 3 shows the mean values of the CoP M-L and A-P oscillations calculated at steady state, with (T) or without (NT) the haptic information. The oscillations (finger and cane condition collapsed) were larger along the M-L (left panel) than the A-P (right panel) direction [F(1,13) = 12.41, p < 0.05; Cohen’s d = 3.92] during both NT and T conditions. Oscillations were larger in both M-L and A-P directions during the NT (black bars) than during the T period (white bars) [NT vs. T; F(1,13) = 27.57, p < 0.001; d = 5.8]. There was no difference in the CoP oscillations (M-L and A-P collapsed) between cane touch and finger touch conditions [Cane vs. Finger; F(1,13) = 0.41, p = 0.53]. There were significant interactions between NT or T condition and cane or finger touch condition [F(1,13) = 15.41, p < 0.05; d = 4.33] and between direction of oscillation (M-L or A-P) and cane or finger touch condition [F(1,13) = 5.39, p < 0.05; d = 2.56]. There were no interactions between direction of oscillation and NT or T condition [F(1,13) = 1.18, p = 0.29] and between direction of oscillation, cane or finger touch condition and NT or T condition [F(1,13) = 1.6, p = 0.23]. The post hoc test showed that the oscillations were always larger under NT than T condition (p < 0.001, d > 0.6 for all four comparisons), and were slightly smaller in the M-L direction when holding the cane without touching the ground than during the finger no-touch condition (p < 0.001, d = 1.1).
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FIGURE 3. Mean levels of M-L and A-P (A,B) CoP oscillation calculated at steady state under NT (black bars) and T (white bars) condition. The oscillation was greater along the frontal (M-L) than the sagittal (A-P) plane and greater under NT than T condition. ∗Indicates a significant difference (p < 0.05).



Figure 4A shows the mean values of the force exerted by the cane or by the finger during the touch periods and the mean values of M-L oscillations of the CoP (Figure 4B) at steady state, with (T) or without (NT) the haptic information. All subjects collapsed, there was a difference between the force exerted by the cane and the finger (paired t-test, p < 0.05; d = 2.13), because nine subjects did not succeed in maintaining a force contact of the cane with the ground below 1N (mean force was 2.3 N ± 1.05, dark gray bar in Figure 4A), even if the force exerted by their finger was always smaller than 1N. In the other five subjects (light gray bar), the cane exerted less force, and there was no difference between the force applied by the cane to the ground (0.58 N ± 0.09) and that applied by the finger to the touch-pad (0.45 N ± 0.16) (paired t-test, p = 0.17). Of note (Figure 4B), there was no difference in the mean levels of CoP oscillation while standing with a cane between the two groups of subjects applying a lower or a higher force level (white bars in Figure 4B, t-test, p = 0.51).


[image: image]

FIGURE 4. (A) Mean value of force exerted by cane or finger during the touch period. The dark column refers to the subjects that exerted more than 1N force. (B) Shows the mean M-L CoP oscillations in the two sub-group of subjects (A) standing with the cane during NT (black bars) and T (white bars) periods. The oscillations during T (cane) are not related to the level of force exerted onto the ground.



Latencies of Changes in M-L CoP Oscillation Following the Sensory Shift

The latencies of the changes in body sway on touching the ground with the cane or the solid surface with the finger (or vice versa, lifting the cane off ground or removing the finger from the touch-pad) were estimated for each subject on the mean M-L CoP oscillation trace.

As shown in Figures 5A,B, at a short delay following the shift in haptic condition (t = 15 s), the oscillations decreased when the haptic information from cane or finger was available (NT-T condition) or increased when the haptic information was removed (T-NT condition). Latencies of these changes were estimated by comparing each mean oscillation value after the haptic shift with the mean oscillation value calculated for the 15-s period before the shift (Figures 5C,D).
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FIGURE 5. (A,B) Mean M-L CoP oscillation of one subject during NT-T and T-NT haptic shift (dotted line at 15 s) under the ‘cane touch’ condition. (C,D) The traces show the t-values calculated by comparing all the successive mean values of oscillation with the mean value of all pre-shift period. The horizontal line indicates the critical t value corresponding to α = 0.05 probability. The time at which the t-value bypassed the critical value and remained above or below it for at least 100 ms (red dot in C,D) was set as the latency at which the haptic shift began to significantly affect the M-L CoP oscillation. (E) Mean time intervals from the haptic shift to the change in CoP oscillation. These latencies were longer for the addition (NT-T, black bars) than for the withdrawal (T-NT, white bars) of the haptic information. There was no difference in latency between cane touch and finger touch condition. (F) For each subject, the latency calculated for the ‘finger touch’ condition is plotted against the latency of the ‘cane touch’ condition both for the NT-T (black circles) and for T-NT shift (open circles). Across subjects, there was no significant relationship between the latencies of cane and touch within condition. ∗Indicates a significant difference (p < 0.05).



Figure 5E shows that, across subjects, for the NT-T haptic shift, mean latencies ranged from 0.96 s to 2.1 s for the cane-touch condition and from 0.99 s to 1.8 s for the finger-touch condition. For the T-NT shift, latencies ranged from 0.4 s to 1 s for the cane and from 0.5 s to 1.2 s for the finger condition. In the Figure 5, the mean latencies across subjects for the two sensory shifts (NT-T and T-NT) and for the two touch conditions are also reported. There was no difference in the mean latencies between the cane-touch and the finger-touch condition [F(1,13) = 1.59, p = 0.23]. There was a difference between NT-T and T-NT condition, since latencies were longer for addition than withdrawal of haptic information [F(1,13) = 61.29, p < 0.001; d = 6.25] and there was no interaction between cane or finger touch condition and haptic shift direction [F(1,13) = 0.79, p = 0.39].

Some subjects were equally slow in responding to both cane and finger input, and some fast on both cane and finger input. On the other hand, all subjects were equally fast on withdrawing the haptic input, from either source. However, there was a large variance in the latencies. Within each haptic shift (NT-T or T-NT), the relationships between the cane and finger latencies were not significant (linear regression for T-NT: y = 0.04x + 0.78, R2 = 0.003, p = 0.85; for NT-T: y = 0.21x + 1.09, R2 = 0.08, p = 0.3). The difference between the values of the intercepts with the ordinate of the two linear regressions was similar to the difference between the mean latencies of the NT-T and T-NT conditions. All data points collapsed, there was a good relationship between finger and cane data (y = 0.52x + 0.57, R2 = 0.44, p < 0.001, regression line not drawn in the Figure 5).

Across all subjects, we found no significant relationship between latencies (in any condition) and age at first diagnosis of visual impairment (p > 0.16 for the slope of the regression lines drawn for all four conditions). Neither was there any significant regression between latencies and the number of years that subjects had been using the cane at the time of this study (p > 0.45 for the slope of the regression lines drawn for all four conditions), in spite of the ample year range (9.9 years ± 9.7).

Time Course of the Changes in M-L CoP Oscillation

The time necessary to gradually reach a new steady state (time constant, τ) after the earliest detectable changes in body sway connected with the sensory shift was also estimated for each subject, based on the time course of the mean M-L CoP oscillation trace. In the case of the NT-T, after the latency period from the instant of the shift, the M-L CoP oscillation decreased until it reached a new steady state (for both cane or finger touch), vice versa after the T-NT shift. The mean time constant calculated for the two haptic shifts under both cane and finger touch condition are reported in Figure 6. There was a large τ variability across subjects under all conditions. There was no difference between the time constants of cane and finger touch condition [F(1,13) = 0.08, p = 0.78], no difference between directions of haptic shift [NT-T vs. T-NT: F(1,13) = 1.84, p = 0.19] and no interaction between cane or finger touch condition and haptic shift direction [F(1,13) = 0.12, p = 0.74].
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FIGURE 6. Mean time constants of the recovery of the oscillations to a new steady state pertaining to the new sensory condition. There is no significant difference in the time constant between conditions (cane or finger touch) and between directions of haptic shift (NT-T or T-NT).





DISCUSSION

In standing blind subjects, we investigated the stabilizing effect produced by the contact of the cane with the ground and those produced by a fingertip touch of a firm surface. We also estimated the promptness of balance stabilization (or destabilization) on adding (or withdrawing) the haptic inputs. We found that both the contact of the finger with the cue surface and the contact of the cane with the ground reduced the amplitude of oscillation of the CoP to a similar extent. The delay to the change in body oscillation on reaching the haptic surface was significantly longer for addition than withdrawal of the haptic information, but was not different between the two haptic conditions. The findings show that using a cane provides an aid to enhance body steadiness, as effective as a finger touch, and that both haptic cues are processed by the nervous system within an equal time interval.

Haptic information derived from fingertip or cane contact with a surface, even with a level of contact force not granting mechanical stabilization (Jeka et al., 1996; Lackner et al., 2001; Kouzaki and Masani, 2008; Sozzi et al., 2012, 2017), is sufficient for consistently reducing body sway. The haptic cues arising from cutaneous, kinesthetic, and proprioceptive sense (Lederman and Klatzky, 2009) provide useful information in terms of specifying body position in space much as vision (Peterka, 2002; Honeine et al., 2015). Haptic information can substitute for the absence of vestibular (Bernard-Demanze et al., 2015), visual (Jeka et al., 1996; Sozzi et al., 2012; Honeine et al., 2015) or somatosensory information (Kotecha et al., 2012) in the control of balance and gait. Haptic cues improves postural control in the elderly (Baccini et al., 2007; Albertsen et al., 2012), and can even help Parkinsonian patients during stance and walking (Rabin et al., 2013, 2015). Bolton et al. (2011) revealed a facilitation of the late cortical response to electrical stimulation of a nerve from the hand during haptic balance tasks. They suggested that task-specific regulation of the cortical representation of fingertip afferent input occurs when it is relevant to providing stable cues for balance control. These findings imply the relevance of the haptic input and the complexity of the changes in the cortical excitability induced by the haptic stabilization during stance. The latency from the haptic cue to the onset of balance stabilization more than accounts for the delays connected with supraspinal, possibly cortical processing (Tokuno et al., 2009; Onishi et al., 2010; see for a discussion, Sozzi et al., 2017).

In blind subjects, haptic information normally originates from touching a solid surface with the hand or fingers, or from using a tool, normally a cane. This can serve for mechanical support of the body (Maeda et al., 1998; Bateni and Maki, 2005; Virgili and Rubin, 2010), for exploration of the shape of the walking path or ground texture (Nunokawa and Ino, 2010; Ranavolo et al., 2011), or for referencing the body to the ground and to the vertical in the absence of vision (Jeka et al., 1996; Albertsen et al., 2012; Lacquaniti et al., 2015). Here, we were interested in comparing the extent and the promptness of the balance stabilization by finger touch to a cue-surface close to the body and by cane contact to the ground in visually impaired subjects, in search of a difference connected to the different features of the haptic tasks.

Cane and Finger Touch Stabilization

In this population of adult blind subjects, standing in tandem Romberg position eyes closed, we found that the effects on body sway exerted by the haptic information either from the cane or from the fingertip was undistinguishable. This were true also for the two subjects with visual acuity < 2/10. In passing, all these subjects used their preferred hand for reaching with the cane or finger much as sighted subjects do (Stone and Gonzalez, 2014), indicating that blindness did not affect the way deliberate movements in search of stabilizing sensory cues are controlled.

Not only the extent of stabilization under steady-state sensory condition was similar, but the latency of the changes in body sway on both adding or withdrawing the haptic information from either source (cane, finger) was similar as well. Further, the time course for the body sway to reach the level corresponding to the given postural condition (with or without the haptic input) was also similar, suggesting no changes in the integration and re-weighting processes of haptic cues from cane and finger.

What matters in the postural stabilization seems to be the presence (or absence) of the haptic information itself rather than the source of the haptic input or the way it is achieved. A contact far from the body, like that from the cane tip, with the arm somewhat flexed and abducted, assists balance as much as the touch with the tip of the index finger, with the hand placed very close to the body. Further, the possible prevalence of the coarser proprioceptive input in the case of the cane than the finger (Buchthal, 1982; Schieppati and Ducati, 1984; Phillips and Johnson, 1985) did not seem to count. Broadly similar stabilizing effects between different passive tactile cues had been described by Rogers et al. (2001).

We also noted that some subjects exerted more than 1 N force with the cane on the force platform, but that the level of their stabilized sway was indistinguishable from that observed when the same subjects exerted less than 1 N with the finger or from that of the subjects that exerted less than 1 N with the cane. Different forces would produce a different afferent input, but either the differences are negligible, or it is the mere haptic information from the environment that matters. As to the level of force exerted, others have shown in sighted subjects that standing while lightly or forcefully touching a wall does not produce significant difference in body sway between the two touching conditions (Watanabe et al., 2010; Ustinova and Langenderfer, 2013; Baldan et al., 2014). Similar results were obtained by Jeka et al. (1996): they asked the subjects (sighted and blind subjects) to maintain the tandem Romberg stance without the cane or while holding the cane in a perpendicular or slanted orientation and to apply two different level of force (<2 N or as much force as they desired). They found that the postural sway attenuation was greatest with a slanted cane, irrespective of the level of force applied.

Time Course of Haptic Stabilization

The latency and time-course to stabilization (or destabilization on withdrawing the haptic input) were also similar between cane and finger touch. This would imply that lowering (or raising) of the cane by a complex coordinate movement entailing a postural adjustment (although minor, given the light weight of the cane) does not produce a longer latency than the simple lowering (or raising) of the index finger. Since the instruction was to exert a very low force level during the task, we were expecting a stronger control during cane than finger lowering to the haptic surface, possibly accompanied a greater cognitive effort that would have delayed the integration process (Honeine et al., 2017). Again, what matters seems to be the contact itself, producing the sensory haptic volley.

Of course, a sizeable difference in latency was observed, as expected, between addition and subtraction of the sensory input. The origin of this difference has been discussed at length in previous papers (Sozzi et al., 2011, 2012; Schieppati et al., 2014; Honeine et al., 2017). We found here that there was no significant interaction between cane and finger or addition and withdrawal of the haptic stimulus. The control of the tool and the calibration of its contact force, which would have been expected to require a greater attention cost than the finger’s (Williams et al., 1998; Saradjian et al., 2013; Johannsen et al., 2014), was apparently not critical to the processing of the haptic information. Since attention can effectively modulate tactile change detection (Spence and Gallace, 2007; Van Hulle et al., 2013), we would also argue that under this challenging stance condition the same level of attention was likely devoted to both finger touch and cane haptic input. The brain is obviously capable of detecting meaningful haptic transients, regardless of the sensory channel through which these are conveyed (proprioceptive, tactile) and of the concurrent motor action. The peripheral receptors are designed for this. And the brain anticipates the transition (Chapman, 1994), contributing to enhanced performance during both cane and finger touch, by preparing the postural centers to assign the appropriate functional value to the relevant haptic input (Schieppati and Nardone, 1995). This process may be the same as that observed in the visual stabilization of posture in sighted subjects (Sozzi et al., 2011, 2012) pointing again to the similar processing of stabilizing cues from different modalities.

Comparison to Sighted Subjects’ Haptic Stabilization

In this population of blind subjects, the extent of the stabilization in response to cane or finger touch was similar to that of a population of sighted subjects studied previously (Sozzi et al., 2012, 2017). The latency, at which the body sway began to diminish in response to the haptic input (or to increase after its withdrawal) and the time-course for the body sway to reach the steady-state level (with or without the haptic input) were also similar to that described in sighted subjects.

It appears that blindness did not confer any advantage to the processing of the haptic input, from either cane or finger, toward a better or more prompt stabilization of balance. These considerations do not necessarily run counter to the hypothesis that blind subjects recruit visual-related cortices to process information from other perceptual sensory modalities through cross-modal plasticity (Lewis et al., 2010; Voss et al., 2016), or that adapted sensory-motor functions take place in multimodal integration regions (Easton et al., 1998; Ortiz-Terán et al., 2016). It is not clear whether new circuits are being recruited more promptly during the haptic-induced postural stabilization in low-vision subjects. What is known already is that body sway in blind and low-vision subjects is not lesser than in sighted subjects eyes closed (Schmid et al., 2007; Russo et al., 2017), indicating no superior capacity of exploiting the cutaneous input from the foot sole (Roll et al., 2002) or finger (Bolton et al., 2011) or the proprioceptive inflow from the postural muscles (Schieppati and Nardone, 1999; Marchand-Pauvert et al., 2005). The level of sway reached on obtaining the haptic cues (from either cane or finger touch) is also similar to that of sighted subjects. Under different experimental conditions, testing whether visual and haptic map learning yield functionally equivalent spatial images in working memory, Giudice et al. (2011) have shown no reliable differences between sighted and blind subjects for orientation and turning time measures, and suggested that the equivalent behavior was mediated by an amodal spatial image. Kim et al. (2014) found equivalence of sighted and low-vision subjects in the perception of tactile stimuli in terms of haptic perception and user interface needs, and suggested that the everyday use of residual visual capacities was less likely to have enhanced their haptic capabilities via brain plasticity. One of the reasons for not finding the expected edge in low-vision subjects might be connected to their inability to exploit the enhanced tactile acuity, which is normally enabled by vision in sighted subjects (Kennett et al., 2001; Serino and Haggard, 2010; Konen and Haggard, 2014; Colino et al., 2017). Even in sighted subjects, when vision is not available, proprioceptive information from the support can substitute for vision (Krishnan and Aruin, 2011). All in all, it seems that the basic mechanisms whereby stance support modulates the ‘postural set’ (Ivanenko and Gurfinkel, 2018) and reduces body postural oscillations are common to both blind and sighted subjects.

Limitations in the Assessment of the Latency to Sway Changes

As far as the rapidity with which the haptic input is integrated in the control of standing balance, the picture is not unequivocal. In a previous communication, we found that the latency to body sway change on touching a firm surface with the finger was somewhat shorter in a very small cohort of early blind subjects than in late blinds (Schieppati et al., 2014). That finding was suggested to be a sign of learning to re-weight the haptic cues in order to obtain a rapid integration of the stabilizing input, possibly connected with the brain plasticity in the early years of these subjects (Dormal et al., 2012). Those short latencies did not recur in the presently studied population. The latencies of the subjects whose vision became severely impaired early in life (3/14) is within the range of the entire population of low-vision subjects. Therefore, we would be reluctant in shedding any firm divide between congenital or early blind subjects and late blind subjects or subject with severely impaired vision, based on the extent of the stabilization (see also Soares et al., 2011) or on the latency of their postural adaptation to haptic input.

We would point out again (Schieppati et al., 2014) that our method of estimating latencies is based on statistical assumptions and is affected by the number of trials averaged, the individual mean level and variability of the center of pressure oscillation during the trials and the criteria set for the assessment. There must have been a change at the CNS level prior to the value determined by a significant t-test, but this statistical procedure cannot detect the ‘true’ time at which a change in the balancing pattern occurs. These uncertainties, though, would have affected to the same extent the measures taken in both the cane and finger condition or, for that matter, in both blind and sighted subjects. Moreover, under conditions where repeated trials are being performed, the learning ratio of different subjects of different cohorts might affect the outcome (Postma et al., 2007). Fortin et al. (2008), studying navigational proficiency in blind persons, found no differences in their superior skills and hippocampal volume, regardless of their blindness being congenital or acquired. Thus, whether or not brain plasticity in the early blindness confers an advantage in the capacity to use egocentric haptic information (Postma et al., 2007; Ruggiero et al., 2012) and to exploit it for balance stabilization would require further investigations in larger cohorts of subjects. In this context, we note that further understanding of neuroplasticity would be welcome because of its casual role in the embodiment of neural prostheses (Lebedev and Nicolelis, 2006).

Perspectives

Recent studies demonstrated that a vibratory noise applied to the fingertip while standing with eyes closed and touching a solid surface improved postural stability more than merely touching the surface (Magalhães and Kohn, 2011a,b). Whether adding a concurrent sensory stimulation through a different modality channel can also diminish the latency to integrate the haptic input into the balance control process in low-vision subjects is an open question worth investigating (see Lebedev and Ossadtchi, 2018, for a general discussion about instructing the brain to improve learning of haptic feedback).

Various devices have been developed to aid blind or visually impaired subjects in avoiding obstacles during walking (Tzovaras et al., 2004; Penrod et al., 2005; Nunokawa et al., 2014; Buchs et al., 2017; see for a review Pawluk et al., 2015). For instance, ultrasonic or infrared sensors were mounted on the cane in order to estimate the distance between the user and an obstacle, or to judge hardness of an object. Instrumentation of the cane, taking into account the time necessary to integrate haptic information, could help blind subjects to feel more stable and more confident during the activities of everyday life including gait, since dynamic stability is reduced in low-vision subjects (Hallemans et al., 2010). The latency to stabilization in response to haptic input should also be considered when designing devices to help visually impaired subjects orienting themselves while stepping along a path unbeknownst to them but with guide lines detectable by an instrumented cane (as for instance in Hirahara et al., 2006).



CONCLUSION

The haptic input can and does stabilize balance under challenging conditions, such as the tandem Romberg posture. The haptic effect is broadly similar regardless of the source of the information, finger or cane. The haptic input is given priority by the brain, independently of task differences while aiming at the haptic target. Drawing from findings by Rabin and Gordon (2004, 2006) obtained in a different perspective, one would argue that the spatially meaningful tactile cues and the proprioceptive feedback from the entire upper limb are integrated based on the specific task priority of the current task.

There does not appear to be differences between these blind subjects and the sighted subjects studied in a previous recent investigation (Sozzi et al., 2017). The similarities between cane and finger effects on balance stabilization and the similar behavior of low-vision and sighted subjects are expression of a normal processing of haptic input in low vision, and constitute a rationale for inclusion in their rehabilitation (Meyniel et al., 2017) of orienteering and training course with emphasis on the use of the cane (Kimura et al., 2012). The similarities of cane and finger input and the effectiveness of cane contact would also warrant use of the cane and instrumentation of it in order to enhance the sensory feedback when necessary, as when postural orientation is modified (Bisdorff et al., 1996) or when aging degrades haptic sense (Kalisch et al., 2008; Giudice et al., 2017).
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Hemiparetic gait is a common condition after stroke which alters importantly the quality of life of stroke survivors. In recent years, several robotic interventions have been developed to support and enhance rehabilitation strategies for such population. The Hybrid Assistive Limb® (HAL) robot suit is a unique device able to collect in real time bioelectric signals from the patient to support and enhance voluntary gait. HAL has been used before in early stages of stroke showing gait improvement after the intervention. However, evaluation of the coordination of gait has not been done yet. Coordination is a key factor for an adequate gait performance; consequently, its changes may be closely related to gait recovery. In this study, we used planar covariation to evaluate coordination changes in hemiparetic stroke patients after early HAL intervention. Before starting, impaired intersegmental coordination for the paretic and non-paretic side was evident. HAL intervention was able to induce recovery of the covariation loop shape and deviation from the covariation plane improving intersegmental coordination. Also, there was a tendency of recovery for movement range evidenced by comparison of peak elevation angles of each limb segment of the patients before and after HAL intervention, and also when compared to healthy volunteers. Our results suggest that early HAL intervention contributed to the improvement of gait coordination in hemiparetic stroke patients by reinforcing central pattern generators and therefore reshaping their gait pattern.

Trial registration: UMIN000022410 2016/05/23.

Keywords: stroke, hemiparesis, robot suit HAL, gait coordination, early intervention


INTRODUCTION

Stroke is known as a leading cause of motor impairment, whose burden in terms of disability continue increasing worldwide (Feigin et al., 2017; Benjamin et al., 2018). Exercise is the most common intervention to improve walking performance (Eng and Tang, 2007) and previous studies have shown proof that early interventions designed to be intense and repetitive depending on the patient tolerance are able to improve functional outcome when compared to conventional rehabilitation (Salter et al., 2006; Eng and Tang, 2007; Peurala et al., 2007). Additionally, it has been found that patients admitted within the first 30 days of stroke onset to rehabilitation programs experience greater functional improvement accompanied by reduction in length of hospital stay (Salter et al., 2006). In recent years, the development of new technologies to improve the outcome of exercise training in patients with gait disturbances has opened the path to the development of variated exoskeleton models (Chen et al., 2013; Esquenazi et al., 2017).

The Hybrid Assistive Limb® (HAL) robot suit, is a wearable exoskeleton able to provide bilateral or unilateral leg support. The single-leg version is used to assist patients presenting hemiparesis. This HAL version has three degrees of freedom related to the sagittal movement of hip, knee, and ankle joints of the braced side. Using surface electrodes, HAL is able to collect bioelectric signals from the action potentials reaching flexor and extensor muscles of the hip and knee during movement preparation and initiation. This information is processed by an on-board processor to control two motors located over the lateral aspects of the supported hip and knee joints, respectively, in order to assist the voluntary control of the patient joints motion during gait training in real time (Kawamoto et al., 2013). Previous studies have established the feasibility and safety of HAL intervention in early stages of stroke (Ueba et al., 2013; Ogata et al., 2015). These studies did not report major secondary effects. However, patients with intracerebral hemorrhage and low functional scores tended to present orthostatic hypotension. Regarding performance and HAL intervention, one study examining intracerebral hemorrhage patients found better outcome for patients with right intracerebral hemorrhage exclusively when compared to patients who received standard rehabilitation (Ogata et al., 2015); however, the authors reported that HAL intervention group displayed larger hematoma volumes and a trend of increased severity at the initial evaluation when compared to control group (Ogata et al., 2015). Other study including ischemic and hemorrhagic stroke patients reported gait improvement, better torso posture and ability to stand with HAL assist for patients treated with the exoskeleton (Ueba et al., 2013).

There are previous studies using other robotic interventions implemented within the first 30 days after stroke onset. Patients with severe impairment of the motor function using the end-effector-type robotic device denominated as Gait Trainer showed improvement of the motor outcome which was sustained after 2 years (Peurala et al., 2007; Morone et al., 2012). The exoskeleton Lokomat was able to induce motor recovery and improvement of cardiopulmonary fitness which is an issue for bedridden patients (Chang et al., 2012). Finally, a study implementing the gait assistance robot GAR found motor and functional recovery but it was not significantly different from regular rehabilitation; however, the extensor muscle torque improved bilaterally, being significant only for the non-paretic side (Ochi et al., 2015).

These studies focused their analysis on the comparison of functional scales and gait parameters, but there are no additional measurements to evaluate coordination changes after robotic intervention. It is known that coordination impairment is an underlying cause of gait deficit after stroke (Bleyenheuft et al., 2009; Chow and Stokic, 2015); hemiparesis alters the stabilization of head and thorax which contribute to the deviation of walking trajectories and poor balance during gait generation (Lamontagne et al., 2005). Also, muscle weakness from the hemiparetic side affect the initiation of movement and proper flexion and extension of the ipsilateral hip, knee, and ankle (Quervain et al., 1996). Likewise, post-stroke patients have more difficulties regulating their walking speed, step frequency, and step length which are important elements to execute stable gait when walking in complex environments (Hak et al., 2013). However, despite unilateral brain damage, abnormal patterns of movement are also found in the non-paretic side during gait generation (Quervain et al., 1996) accompanied by increment of the bilateral kinematic variability. These changes have been associated to asymmetry and lack of coordination of the left-right stepping phase (Meijer et al., 2011). Additionally, these conditions impair the ability to avoid obstacles bilaterally, becoming more prominent under time pressure (Otter et al., 2005). Bilateral coordination is an important component of gait pattern; therefore, evaluation of its changes may help to elucidate the impact of robotic interventions.

Kinematic analysis of gait has been attempted before by measuring changes in joint angles; however, the pattern of the flexion-extension angles of hip and knee joints tends to generate a large variation in inter-patients and inter-trial results (Boudarham et al., 2013) and becomes dependent on the gait speed (Borghese et al., 1996). Since the gait pattern is drastically altered after stroke due to hemiparesis and march instability, perturbing patients’ balance and speed (Quervain et al., 1996; Goldie et al., 2001); it is ideal to collect data using a method able to obtain reproducible results despite these gait characteristics. Analysis of the EA of the lower limbs has shown a stereotyped pattern in healthy volunteers despite gait pattern, speed variation, or anatomic discrepancies (Borghese et al., 1996; Ivanenko et al., 2008). The EA are calculated by the relationship of lower limb thigh, shank, and foot segments to the vertical. When plotted against each other, these angles covary describing regular loops over a plane (Borghese et al., 1996; Ivanenko et al., 2008). The correlation of the coordination patterns among the EA of the lower limb segments during locomotion is known as the law of intersegmental coordination (Borghese et al., 1996; Barliya et al., 2009). It has been suggested that this planar law represents the coordinated kinematic synergies of the body in charge of the maintenance of dynamic equilibrium during gait progression and anticipatory locomotor adjustments to environmental changes (Maclellan and McFadyen, 2010). This analysis has been previously used for gait analysis of stroke patients (Bleyenheuft et al., 2009; Chow and Stokic, 2015) and we previously reported a planar covariation analysis of myelopathy patients after HAL intervention (Puentes et al., 2018); however; to our knowledge, this is the first study examining planar covariation after an early robotic intervention as a measure of gait coordination in stroke patients.



MATERIALS AND METHODS

Participants

Eleven patients hospitalized with a diagnosis of acute stroke were selected for this study (8 women and 3 men). As inclusion criteria, patients within 40 to 80 years old, displaying hemorrhagic or ischemic stroke causing hemiparesis; with a stroke onset within 7 to 14 days were selected. Only first-time episode patients with a FAC higher than 4 before the stroke onset, able to give consent for the study and physically suitable for HAL fitting were included. All patients were able to control their lower extremities voluntarily, but minimal weight support was provided if necessary. One patient was excluded due to anxiety over using an exoskeleton and interference with a previous spinal surgery (included patients n = 10, age 60.7 ± 11 years; Table 1). As control, kinematics data from nine healthy age-matched volunteers (5 women and 4 men, age 58.2 ± 11 years; Table 1) was used. This study was approved by the Ethics Committee of the University of Tsukuba Hospital (approval number: H27-257) and implemented according to the ethical principles stipulated in the Declaration of Helsinki and the University Guidelines for Clinical Trials. All patients received a personalized explanation of the study, participation and data usage before signing an informed consent.

TABLE 1. Characteristics of the participants.
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HAL Intervention

The intervention consisted in 9 HAL sessions performed within the hospitalization period three times per week. Each session started with HAL fitting and both patient and robot were secured to the All-In-One® walking trainer (Ropox A/S, Naestved, Denmark). This support system provides individual harnesses for the patient and the robot in order to ensure safety during the sessions and support the robot weight (14 kg). Once the patient was ready, the HAL treatment started consisting of 20 min of walking activity in a 25 m oval course at a comfortable pace. The condition of each patient was assessed by monitoring their blood pressure, heart rate, and oxygen saturation at the beginning, end, and within treatment intervals to ensure that patients were stable. At the end of the treatment, the patients were released from the robot and harness. In total, HAL intervention takes about 1 h from HAL fitting to release.

HAL Configuration

The single leg version of the robot suit HAL was used to support the hemiparetic side of stroke patients only. The neuromuscular activity of the Iliopsoas (hip flexor), Gluteus Maximus (hip extensor), Biceps Femoris (knee flexor), and the Quadriceps (vastus lateralis and knee extensor) of the affected side was detected through surface electrodes and processed by HAL to assist the patients’ gait. The robot locates two motors beside the patient’s hip and knee; when actuated by muscle signals, these motors are able to produce torque in proportion to the weighted difference of filtered activation of the ipsilateral flexor and extensor muscles corresponding to the hip and knee, respectively. The weights multiplied on the activation of the antagonistic muscles and the overall gain were adjusted individually depending on patient’s electromyography signals, gait performance, and verbally reported subjective perception through HAL intervention sessions.

Evaluation

Before starting the first HAL session and after the last one, the degree of dependence on daily life activities of stroke patients was evaluated by using the FAC, FMA, and the FIM (total and locomotion only). Following, the patients were evaluated by using the 6MWD. Recordings were used to calculate the stride length, cadence, and speed (Figure 1). All evaluations were performed without using HAL.
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FIGURE 1. Walking performance and clinical scores: (A) patients were assessed during a 6-min walking distance test and cadence, stride length and walking speed were calculated from recordings. (B) To evaluate the degree of functionality of patients, the Functional Ambulation Classification (FAC), Fugl-Meyer Assessment (FMA), Functional Independence Measure (FIM) total, and locomotion scores were performed.



Data Collection and Analysis

Segmental kinematics were recorded by using a motion capture system (VICON MX, 16 T20s cameras, 100 Hz) with Plug-in Gait lower limbs marker-set before the first and after the last HAL intervention for 10 stroke patients, and during a single session for 9 healthy volunteers. For data collection, patients were asked to walk 10 m over a straight line; the initial and final steps were discarded to collect the steps with best performance. Six to 24 cycles were used for analysis. For the last three patients, segmental kinematics were recorded on days 1, 4, and 7 before and during HAL intervention. Since the number of patients was not enough for statistical comparison, only data from one patient was used as an example of planar covariation changes before, during, and after HAL intervention. The EA of the lower limbs were analyzed regarding the orientation of the limb segments in the sagittal plane with respect to the vertical as described before (Borghese et al., 1996). The evaluated segments (Figure 2A) were denominated as thigh (from the trochanter to the lateral epicondyle of the femur), shank (from the lateral epicondyle of the femur to the lateral malleolus), and foot (from the posterior calcaneal tuberosity to the second metatarsal). Following, planar covariation of the EA for each lower limb was calculated by using a principal component (PC) analysis after data normalization by subtracting the mean value.
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FIGURE 2. Planar covariation of elevation angles. (A) Left: thigh, shank, and foot limb segments used to calculate the elevation angles. Right: planar covariation sample from one healthy volunteer leg. (B) Planar covariation sample from one patient paretic and non-paretic leg before, during and after HAL intervention. Each dotted line corresponds to different strides of the same limb (C) PCA comparisons using second (PC2) and third (PC3) components. Comparisons of the actual data were done with the standard deviation (SD). The proportional variance of both components was also analyzed (PV2 and PV3). (D) Heat maps were used to plot the deviation from the plane for each participant. Sample from one volunteer leg and one patient paretic and non-paretic leg before and after HAL are shown.



Previous studies have described in healthy volunteers that the first (PC1) and second (PC2) components covariates over a plane describing the shape of the gait loop; nevertheless, the third component (PC3) is orthogonal to the plane, representing the data component that deviates from the covariance plane (Borghese et al., 1996). We calculated the standard deviation of PC2 and PC3 (PC2-SD and PC3-SD) to evaluate the actual width of the covariance loop and the deviation from the covariance plane, respectively. Additionally, we evaluated the proportional width of the covariance loop determined by the percentage of variance (PV) of the PC2 (PV2) and the proportional deviation from the plane determined by the PV of PC3 (PV3) as described before (Martino et al., 2014). The PV3 becomes an index of planarity of the loop, where 0% corresponds to an ideal plane fitting, thus evaluating the proportional deviation from the covariance plane.

In order to visualize the deviation pattern from the covariance plane through gait cycle, the distance from each point to the covariance plane was measured and a Kernel method (Kim and Scott, 2012) was used to create a heat map. This plot was performed over the covariance plane within the three-dimensional space of thigh, shank, and foot EA.

To evaluate the changes in the movement range of the EAs during gait performance, peak comparisons for each EA were performed. Gait cycles were extracted from the original data according to the movement of the toe and heel markers. To normalize the data, the time variable was discarded and the gait progression was accounted from 0 to 100% for each subject. The averaged cycle profile was obtained for each EA of each limb and comparisons were made from the max peaks, min peaks, and max-min difference. The obtained data was plotted for each patient’ individual limbs and split in EA before and after HAL intervention. Data from all healthy volunteers was averaged and plotted along as reference. Peak comparisons also were performed as described above for joint angles. Cycles were extracted from the original kinematic data for hip, knee, and ankle joints.

Statistical analysis was done by using a Wilcoxon signed rank test (paired for side comparisons and before-after HAL intervention; unpaired for patients’ comparisons against volunteers) analyzing the evolution of patients before and after HAL intervention or either condition against healthy volunteers. Due to sample size, a power test was applied after each analysis (10,000 times replication). Significance was considered when a P-value <0.05 was accompanied by an observed power (OP) >50% (Hoenig and Heisey, 2001). All statistical analysis was carried out by using custom made scripts on MATLAB [version 8.4.0.150421 (R2014B)] and RStudio (version 1.0.136).



RESULTS

Walking performance analysis showed an improvement in cadence (mean; pre: 52.54 ± 25.5 steps/min, post: 70.48 ± 16.6 steps/min, P-value: 0.04, OP: 25%) and a significant improvement in 6MWD (mean; pre: 97.93 ± 66.1 m, post: 217 ± 77.9 m, P-value: <0.01, OP: 74.5%), stride length (mean; pre: 0.29 ± 0.1 m, post: 0.42 ± 0.08 m, P-value: 0.015, OP: 59.4%) and walking speed (Figure 1A; mean; pre: 16.45 ± 10.1 m/min, post: 31.4 ± 13.2 m/min, P-value: <0.01, OP: 51.2%). Functional scores also showed a tendency of recovery for FMA (mean; pre: 20.6 ± 5.4, post: 25.5 ± 4.2, P-value: <0.01, OP: 35.4%), and significant improvement for FAC (mean; pre: 1.90 ± 0.7, post: 3.7 ± 0.6, P-value: <0.01, OP: 98%), FIM (mean; pre: 88.7 ± 13.4, post: 109.3 ± 10.7, P-value: <0.01, OP: 77.6%), and FIM locomotion (mean; pre: 55.5 ± 12.6, post: 75.2 ± 11.1, P-value: <0.01, OP: 73.4%) after HAL intervention (Figure 1B).

Kinematics analysis was used to understand changes in coordination given by alteration in the planar covariation of thigh, shank, and foot limb segments (Figure 2A, elevation angles). Healthy volunteers displayed a tear drop shaped pattern as previously described (Figure 2A, volunteer). In contrast, the loops corresponding to the patients’ analysis were distorted in both paretic and non-paretic limbs (Figure 2B). Additionally, the distribution size of the data over the plane was importantly reduced for patients before HAL intervention evidencing impaired intersegmental coordination (Figure 2B, before HAL intervention). An example from one patient (S7, Table 1) showed progressive loop recovery at the days of the first, fourth, and seventh HAL interventions where enlargement of the loop width is evident and the paretic side tendency to recover the tear drop shape of the loop was noticeable (Figure 2B, day 18, 25, and 35 after stroke). After complete HAL intervention, recovery of the loop width for both sides (paretic and non-paretic) was found, with recovery of tear drop like pattern more accentuated for the paretic side (Figure 2B, after HAL intervention).

Comparisons of PC2 standard deviation (PC2-SD) were significantly different from paretic and non-paretic limbs before and after HAL intervention when compared to healthy group. However, there was a tendency to recover for both sides after HAL intervention [Figure 2C, PC2-SD comparison and Supplementary Tables S1, S2. PC2-SD P-values; Par-pre Vs healthy volunteers (healthy): <0.01, OP: 96.1%; par-post Vs healthy: <0.01, OP: 96.3%; np-pre Vs healthy: <0.01, OP: 99.5%; np-post Vs healthy: <0.01, OP: 89.4%]. The PV as well showed a tendency of recovery for paretic and non-paretic limbs of patients after HAL intervention (Figure 2C, PV2 comparison; PV2 P-values; par-pre Vs par-post: 0.013, OP: 26.4%). These results suggest that HAL intervention induced a recovery trend by improving the actual and proportional width of the gait loop on the covariance plane.

Deviation from the covariance plane evaluated by PC3-SD comparisons showed improvement mainly for the np-post (Figure 2C, PC3-SD comparison and Supplementary Tables S1, S2. P-values; np-post Vs par-post: 0.019, OP: 57.1%; par-pre Vs healthy: 0.04, OP: 53.8%; par-post Vs healthy: <0.01, OP: 81.7%). Proportional deviation from covariation plane evaluated by PV3 demonstrated a tendency of recovery from patients after HAL intervention for non-paretic side as well (Figure 2C, PV3 comparison and PV3 P-values; par-pre Vs healthy: 0.03, OP: 53%). For paretic side, tendency of recovery was found when comparing between paretic and non-paretic limbs before and after HAL intervention (PV3 Par-pre Vs par-post P-value: 0.02, OP: 26.6%) and only paretic limbs before the intervention were significantly different from healthy volunteers. After HAL intervention, the PV3 reached values similar to healthy volunteers without exhibiting a statistical difference (Figure 2C; PV3 comparison P-values; np-pre Vs healthy: <0.01, OP: 92.2%; np-post Vs healthy: <0.01, OP: 74.6%). This tendency of recovery of PV3 suggests positive changes in planarity of coordination after HAL intervention. Other comparisons did not show significant differences.

Heat maps were used to graphically assess the deviation pattern from the covariance plane. The pattern found in healthy volunteers corresponded to a loop with two main hot spots in the areas related to heel strike and toe off (Figure 2D). Patients showed distorted patterns which differed importantly from the healthy pattern, encompassing a smaller surface, and evidencing one small hot spot (Figure 2D, before HAL). However, after HAL therapy, the loop shape was recovered for both sides (paretic and non-paretic), and the loop shape was closer to the volunteer conditions (Figure 2D, after HAL). The resemblance of heat maps after HAL intervention to healthy suggests an improvement in limb motion and plane stability.

Peak comparisons before and after HAL intervention were used to evaluate the range of movement of each EA. Patients before HAL intervention showed lower peaks with an increased variability when compared to plots after HAL intervention; where the SD was smaller and the pattern resembled the healthy group data (Figure 3A). Statistical comparisons of max peaks, min peaks, and max-min difference were also performed (Figure 3B and Supplementary Tables S3, S4). Max peaks for non-paretic side did not show any significance related to thigh EA. Shank and foot showed significant difference from healthy volunteers before and after HAL intervention, but a tendency of recovery was noticed (shank P-value; np-pre Vs np-post: 0.04, OP: 44%; np-pre Vs healthy: <0.01, OP: 99.1%; np-post Vs healthy: <0.01, OP: 76.6%. Foot P-value; np-pre Vs np-post: 0.019, OP: 42.4%; np-pre Vs healthy: < 0.01, OP: 98.1%; np-post Vs healthy: 0.04, power test: 56.4%). On the paretic side, significant differences between thigh, shank, and foot before HAL intervention and healthy group were found; (thigh P-value; par-pre Vs healthy: <0.01, OP: 73.2%. Shank P-value: par-pre Vs healthy: <0.01, OP: 99.9%; par-post Vs healthy: <0.01, OP: 81.5%. Foot P-value; par-pre Vs healthy: <0.01, power test 99.9%; par-post Vs healthy: <0.01, power test: 99%). Peak comparisons before and after HAL intervention showed significant difference only for shank (P-value: par-pre Vs par-post: <0.01, OP: 60.7%) but tendency of recovery was evident for all EA. Min peaks showed a tendency of recovery more marked for the non-paretic side, where thigh EA peaks showed a significant difference before HAL intervention and healthy but not after HAL intervention and healthy (thigh P-value; np-pre Vs healthy: <0.01, OP: 75.9%; np-post Vs healthy: 0.22). Shank min peaks showed statistical difference before and after HAL intervention against healthy, but tendency of recovery also was found (shank P-value; np-pre Vs np-post: <0.01, OP: 41.5%; np-pre Vs healthy: <0.01, OP: 84.4%; np-post Vs healthy: <0.02, OP: 59.63%). Foot min peaks showed a significant difference before and after HAL intervention, and also, significant difference was found before HAL intervention and healthy only (foot P-value; np-pre Vs np-post: <0.01, OP: 66.04%; np-pre Vs healthy: <0.01, power test 98.2%; np-post Vs healthy: 0.22). On the paretic limb, there were no relevant changes for thigh min peaks. On the other hand, shank and foot min peaks showed a tendency of recovery being more marked for foot peaks where significant difference was found only before HAL intervention and healthy volunteers (shank P-value; par-pre Vs healthy: <0.01, OP: 88.6%; par-post Vs healthy: <0.01, OP: 76.0%. Foot P-value; par-pre Vs healthy: <0.01, power test 75.4%; par-post Vs healthy: 0.43). Finally, the max-min difference showed a tendency of recovery mainly marked for non-paretic foot where a significant difference was found before and after HAL intervention and between before HAL intervention and healthy group only (thigh P-value; np-pre Vs healthy: <0.01, OP: 89.2%; np-post Vs healthy: <0.01, OP: 69.2%. Shank P-value; np-pre Vs np-post: 0.019, OP: 68.3%; np-pre Vs healthy: <0.01, OP: 99.4%; np-post Vs healthy: <0.01, OP: 92.4%. Foot P-value; np-pre Vs np-post: <0.01, OP: 58.4%; np-pre Vs healthy: <0.01, power test 99.5%; np-post Vs healthy: 0.051). The paretic side also showed a tendency of improvement before and after HAL intervention. Results from shank and foot evidenced significance when comparing peaks before and after HAL to healthy volunteers. However, peaks obtained after HAL intervention tended to increase to the level of the healthy group (shank P-value; par-pre Vs par-post: <0.01, OP: 43.7%; par-pre Vs healthy: <0.01, OP: 99.7%; par-post Vs healthy: <0.01, OP: 94.2%. Foot P-value; par-pre Vs par-post: <0.01, OP: 35.4%; par-pre Vs healthy: <0.01, OP: 99.9%; par-post Vs healthy: <0.01, OP: 92.8%). Peak analysis results showed important changes related principally to the foot EA for non-paretic side and thigh EA for paretic side. Despite the maintained significance between patients after HAL intervention and healthy volunteers, and overall tendency of recovery was also found for shank EA. These changes may represent an improvement in toe clearance and limb excursion induced by HAL intervention.
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FIGURE 3. Peak analysis. (A) Elevation angle profiles were plotted before and after HAL therapy for each limb segment of one example patient’s paretic and non-paretic leg. The solid line represents the profile mean and width of highlighted area represents the standard deviation. Healthy volunteer plot (green line) is given by the averaged results of all healthy volunteer participants. (B) Maximum peaks, minimum peaks, and maximum to minimum peaks differences were compared for paretic and non-paretic side before and after HAL. As control, results from healthy volunteers were also included.



In addition to EA analysis, peaks comparison was also performed for hip, knee, and ankle joint angles (Supplementary Figure S1). Before HAL, patients showed relatively flat plots. However, after HAL intervention, resemblance to healthy volunteers improved (Supplementary Figure S1A). Max peaks comparison showed a tendency of recovery for knee angle of the non-paretic side (Supplementary Figure S1B and Supplementary Tables S5, S6. Knee P-value: np-pre Vs healthy: <0.01, OP: 97.9%; np-post Vs healthy: 0.017, OP: 65.8%) although pre-post comparisons did not show significance. Min peaks comparisons did not find significance related to improvement. Max to min peaks comparison of non-paretic side showed marginal significance before and after HAL intervention for knee joint (P-value np-pre Vs np-post: 0.03, OP: 33.3%) and significant difference when comparing patients before and after HAL intervention against healthy volunteers (P-value np-pre Vs healthy: <0.01, OP: 99.8%; np-post Vs healthy: <0.01, OP: 93.4%). However, a tendency of recovery was noted. Comparisons for the paretic side evidenced significance related to improvement for hip joint angle, where comparisons before and after HAL intervention showed a marginal improvement (P-value: < 0.01, OP: 42.1). Additionally, comparisons before HAL intervention and healthy were statistically different, but when comparing healthy volunteers to patients after HAL intervention, significance was not found (P-value par-pre Vs healthy: <0.01, OP: 85.3; par-post Vs healthy: 0.29). This data reinforces the findings related to thigh and shank EA improvement after HAL intervention. Lack of significance related to other joint peaks may be related to the high variability found on joint angles analysis between subjects and between trials in healthy volunteers (Borghese et al., 1996). Due to gait deterioration in stroke patients, gait cycle variability inter-trial and inter-subject is expected to be larger. Given their stereotyped characteristics (Borghese et al., 1996; Ivanenko et al., 2008), EA analysis allows collection of less variable data which is desirable in populations with gait disturbances as stroke patients.



DISCUSSION

Gait generation is a complex dynamic process with spinal circuits able to generate basic locomotion patterns, altered by descending pathways carrying information from the brain. The system also has feedback from muscle receptors, skin afferents, and senses which help to gather information to adapt the locomotion pattern to the environment (Belda-Lois et al., 2011). However, the disruption of the descending pathways after the ischemia onset induce muscle co-activation of the paretic limb (Beyaert et al., 2015) instead of selective control of individual joint movements adapting to the new conditions in order to stabilize gait (Verma et al., 2012). In hemiparesis, the underlying mechanisms of asymmetry are poor single limb support and lack of forward movement control (Verma et al., 2012) summed to the disproportion between hemilateral motor commands leading to bilateral coordination deficit (Meijer et al., 2011). This asymmetry leads to compensation strategies leaning on the capabilities of the non-paretic limb. The achieved walking pattern is characterized by a higher proportion of the gait cycle spent in the unaffected single limb support and bipedal support in comparison to the supporting time provided by the hemiparetic leg (Olney and Richards, 1996), drifting away from regaining a coordinated gait pattern.

It has been acknowledged that planar covariation of limb segments may be a way used by the central nervous system to reduce the effective degrees of freedom thus simplifying the control of posture and locomotion (Lacquaniti et al., 1990, 2002; Ivanenko et al., 2008). During gait, the rotation of EA belonging to thigh, shank, and foot limb segments covary tracing a tridimensional trajectory of temporal changes lying close to a plane in healthy subjects (Borghese et al., 1996; Ivanenko et al., 2008). The planar law of intersegmental coordination is discussed to be representing the strategy of modularized control of the lower limbs by the central nervous system in terms of limb orientation and length (Ivanenko et al., 2007, 2008). Since healthy subjects’ trajectories correspondence to plane has minimal variation, plane fitting related data may not be so relevant; however, distorted gait patterns have an effect over this aspect. Previous studies using planar covariation analysis in different pathologies affecting locomotion as Parkinson (Grasso et al., 1999), stroke (Bleyenheuft et al., 2009; MacLellan et al., 2013; Chow and Stokic, 2015), myelopathy (Puentes et al., 2018), and cerebellar ataxia (Martino et al., 2014) have demonstrated the preservation of intersegmental coordination to some extent despite the underlying condition; however, impaired intersegmental coordination was found in all cases. Interestingly, an additional research documenting changes in planar covariation of amputees found preservation of the gait loop and adequate intersegmental coordination on novice and experienced prostheses users (Leurs et al., 2012). The integrity of the central nervous system and the preserved intersegmental coordination in such patients suggest that the relationship between segments may have a central control and that it is not dependent on biomechanical constrains (Ivanenko et al., 2008; Leurs et al., 2012). The improvement of planar covariation, may suggest changes related to neural plasticity leading to coordination and gait recovery (Poppele and Bosco, 2003; Ivanenko et al., 2008).

In the present study, the initial evaluation before HAL intervention confirmed the conservation of the law of intersegmental coordination. However, the hemiparetic gait induced distortion and size reduction of the gait loop showing impaired intersegmental coordination for both paretic and non-paretic limbs (Figure 2B). Early HAL intervention was able to induce recovery of the covariation loop shape and distance to plane distribution (Figures 2B,D). PCA comparisons also showed a tendency of recovery for the actual width of the loop and plane stability more accentuated for the non-paretic limb (PC2-SD, Figure 2C). On the other hand, the proportion of variance of loop width and proportional plane stability recovery was more prominent for the paretic side (PV3, Figure 2C). The tendency of recovery shown by the planar covariation analysis suggests a beneficial effect of HAL intervention on improvement of gait coordination.

Previous studies have shown lack of recovery of spatiotemporal coordination in gait of stroke patients after conventional rehabilitation despite improvement of balance ability and walking velocity (Patterson et al., 2008, 2014). Foot drag during swing phase, foot slap, unstable support, and weak propulsion during stance phase are the reasons which lead the non-paretic limb to adopt compensatory movements to compromise gait. The compensatory movements deviate the non-paretic limb from its original movement pattern, even to deteriorate lateral asymmetry of gait (Olney and Richards, 1996). We hypothesize that HAL intervention was able to modify gait coordination by providing functional control to the paretic limb at the earliest possible occasion post stroke. HAL allowed to perform voluntary control of the paretic leg by its function to provide joint motion assistance in accordance with the patients’ bioelectrical activity. This feature enabled patients to perform larger foot excursion during swing phase, smoother landing, better support stability, and empowered propulsion during stance phase. This characteristic may have saved the non-paretic limb from the demand to take compensatory movements through recovery, probably contributing to bilateral improvement of gait coordination. By using the patient’s own bioelectric signals, the gait output can be perceived natural and coherent, generating sensory feedback of the performed motion over to the central nervous system. A recent report by our group (Tan et al., 2018) analyzed the muscle synergies of some of the patients included in our research before and after HAL intervention. It was found that before HAL intervention, stroke patients had a reduced number of muscle synergies of the paretic leg when comparing to the contralateral limb. HAL intervention improved in some cases the synergies of the paretic side but in some cases also a reduction of synergies in the non-paretic side was found. This synergies reduction of the non-paretic side may be a strategy to balance bilateral muscle control to improve gait coordination. In contrast to conventional rehabilitation strategies, where the goal is to adapt compensatory movements to enhance performance in daily life activities (Verma et al., 2012), HAL provided support allowing a more natural recovery process thus improving coordination.

Peak analysis of the EA showed a trend of recovery more accentuated for thigh peaks in the paretic limb; on the other hand, shank and foot peak recovery seemed to be more favored for the non-paretic limb (Figure 3B). We think HAL intervention improved the range of movement of lower limbs during gait through improvement of hip flexion which is known to be affected in hemiparetic gait (Olney and Richards, 1996). Also, we think that HAL support to the hemiparetic side allowed a better performance of the non-paretic leg, balancing the gait and allowing a normal time for swing and stance phases of both limbs reducing the early foot contact of the non-paretic limb evidenced in stroke patients (Olney and Richards, 1996). Joint angle analysis showed tendency of improvement of knee angle in the non-paretic side and also hip angle of the paretic side (Supplementary Figure S1B), detecting less significant comparisons than the EA analysis. We consider that the main difference in the results is related to the high variability of joint angles regarding gait pattern and velocity in contrast to the stereotyped pattern found on EA (Borghese et al., 1996).

It is known that exercising is an effective non-invasive treatment able to induce neuroplasticity in the central nervous system and increase resistance to the brain damage (Cotman and Berchtold, 2002; Sandrow-Feinberg and Houlé, 2015). Offering rehabilitation in the early stages of stroke increases the functional recovery and reduces hospitalization time, favoring the patient to continue rehabilitation in the outpatient clinic. However, delayed admission to rehabilitation program is common for stroke patients leading to poor outcomes and long-term disability (Salter et al., 2006). We believe that HAL intervention may have a higher impact in an early stage avoiding the establishment of compensatory strategies which affect importantly gait coordination in this population. Additionally, studies analyzing adaptability changes in the post-stroke brain have found evident contralesional activation in the early stages which returns to normal in the subacute and chronic stages of the disease (Beyaert et al., 2015). This activation is supposed to correspond to automatic and intentional cognitive processes for support, balance, and progression that help patients to find strategies to generate gait despite hemiparesis (Beyaert et al., 2015). We hypothesize that patients receiving early HAL intervention may use this mechanism to find better strategies to improve motor output reducing abnormal postures and allowing a better gait recovery process.

This study has limitations with respect to the size of the population included for analysis. Also, we have not included a control group of stroke patients undergoing conventional rehabilitation to compare with patients after HAL intervention. Additionally, changes in the non-paretic side and its improvement after HAL intervention lead us to the question whether hemiparetic patients may respond differently to HAL if the double leg version is used to support also the non-paretic side. Further studies shall enlarge the population size, adding a control group of patients receiving standard rehabilitation only and comparing the output in stroke patients after an early intervention by using the single leg and double leg HAL exoskeleton.
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Background: The exoskeleton HAL (hybrid assistive limb) has proven to improve walking functions in spinal cord injury and chronic stroke patients when using it for body-weight supported treadmill training (BWSTT). Compared with other robotic devices, it offers the possibility to initiate movements actively. Previous studies on stroke patients did not compare HAL-BWSTT with conventional physiotherapy (CPT). Therefore, we performed a crossover clinical trial comparing CPT and HAL-BWSTT in chronic stroke patients with hemiparesis, the HALESTRO study. Our hypothesis was that HAL-training would have greater effects on walking and posture functions compared to a mixed-approach CPT.

Methods: A total of 18 chronic stroke patients participated in this study. Treatment consisted of 30 CPT sessions and of 30 sessions of BWSTT with a double leg type HAL exoskeleton successively in a randomized, crossover study design. Primary outcome parameters were walking time and speed in 10-meter walk test (10MWT), time in timed-up-and-go test (TUG) and distance in 6-min walk test (6MWT). Secondary outcome parameters were the functional ambulatory categories (FAC) and the Berg-Balance Scale (BBS). Data were assessed at baseline, at crossover and at the end of the study, all without using and wearing HAL.

Results: Our study demonstrate neither a significant difference in walking parameters nor in functional and balance parameters. When HAL-BWSTT was applied to naïve patients, it led to an improvement in walking parameters and in balance abilities. Pooling all data, we could show a significant effect in 10MWT, 6MWT, FAC and BBS, both therapies sequentially applied over 12 weeks. Thereby, FAC improve from dependent to independent category (3 to 4). One patient dropped out of the study due to intensive fatigue after each training session.

Conclusion: HAL-BWSTT and mixed-approach CPT were effective therapies in chronic stroke patients. However, compared with CPT, HAL training with 30 sessions over 6 weeks was not more effective. The combination of both therapies led to an improvement of walking and balance functions. Robotic rehabilitation of walking disorders alone still lacks the proof of superiority in chronic stroke. Robotic treatment therapies and classical CPT rehabilitation concepts should be applied in an individualized therapy program.

Keywords: stroke rehabilitation, exoskeleton, hybrid assistive limb, physiotherapeutic approach, locomotor training


INTRODUCTION

Stroke is a growing medical and socioeconomical problem these days (Feigin et al., 2015). Epidemiologic studies estimated an yearly incidence of 800,000 in the United States to 1.0 million in the European Union (EU) (Truelsen et al., 2006; Mozaffarian et al., 2016). Incidence and prevalence increased over the last 20 years, while mortality decreased remarkably due to improving emergency medicine (Reeves et al., 2008; Koton et al., 2014). Stroke incidence is supposed to raise to 1.5 million per year in 2025 in the EU (Truelsen et al., 2006). Total costs of stroke care were expected to increase up to $184.1 billion in the United States for the year 2030 (Ovbiagele et al., 2013). In the next years, stroke therapy will become an even greater burden for national socioeconomic systems. While acute stroke therapies mainly focus on reducing infarcted brain tissue, reducing expected acute functional deficits and stroke survival, rehabilitation therapies in chronic stroke patients usually focus on restoration and reducing existing and persisting functional deficits. Both treatment approaches are necessary to lower resulting costs for the public healthcare system. Therefore, studies in both stroke settings (acute/chronic) are needed to limit persisting disabilities and analyze the best possible rehabilitation options.

Today, it is generally accepted that outpatient physiotherapy and other therapies would not lead to a significant functional recovery in chronic stroke.

The functional recovery curve reaches saturation after 6 months with only few fluctuations (Duncan et al., 1994; Jørgensen et al., 1995; Kwakkel et al., 2004; Langhorne et al., 2011). However, only few studies have addressed whether modern rehabilitation tools could induce significant functional recovery even in chronic stages. First positive evidence was given by innovative robotic devices for arm and walking training (Kwakkel et al., 2004; Huang and Krakauer, 2009; Reinkensmeyer et al., 2009; Lo et al., 2010). The results indicated that functional recovery might be possible even in chronic stages of stroke. The implementation of recent scientific knowledge on neurorehabilitation and neuronal plasticity like task-specificity, context-specificity and/or high-intensity and repetitive practice is a great advantage of new rehabilitation approaches. Several different robotic devices for locomotor support have been developed over the last 10 years. Most of them serve primarily as a medical and nursing device for walking support, but can be used as a training tool as well. For example, the ReWalk exoskeleton (ReWalk Robotics Ltd., Yokneam, Isreal) and the Indego bionic exoskeleton (Parker Hannifin Corporation, Cleveland, OH, United States) allow people with paraparesis due to spinal cord injury (SCI) to stand up, walk with a defined pattern and climb stairs. Induced locomotion is passive, not neurological self-induced and not based on any biological signal. Both robots use pre-programmed walking patterns that were executed irrespective of patient’s remaining walking abilities. ReWalk and Indego have the intention to be applied predominantly as a walking aid for outdoor use. For walking rehabilitation, different robotic devices and gait trainers have been developed (e.g., Locomat, Gait Trainer GT a. s. o.). Even though, scientists showed therapeutic effects on walking parameters and disability, so far, in larger studies, they failed to show superiority when compared with conventional physiotherapies (Mehrholz and Pohl, 2012; Chang and Kim, 2013; Swinnen et al., 2014). Neither Locomat nor Gait Trainer GT uses neurobiological signal for locomotion control.

In contrast, the exoskeleton hybrid assistive limb (HAL) is controlled voluntarily by the patient’s own muscle signals detected by surface electrodes. This self-initiated movement is capable to induce a somatosensory feedback-loop that enhances neural plasticity and locomotor learning (Sczesny-Kaiser et al., 2015). Pilot studies on patients with SCI, and chronic stroke showed safety and beneficial effects on walking functions (Kawamoto et al., 2013; Aach et al., 2014; Cruciger et al., 2014; Nilsson et al., 2014; Yoshimoto et al., 2015; Grasmücke et al., 2017; Jansen et al., 2017). In SCI, our study group demonstrated that HAL-assisted and body-weight supported treadmill training with supervision of a specialized physiotherapist led to a significant improvement of walking parameters and ambulatory capacity as indicated by the Walking Index for SCI II. These effects were observed in acute and chronic SCI patients, even up to 19 years after ictus (Aach et al., 2014; Grasmücke et al., 2017). Treadmill- and HAL-associated parameters like walking distance, speed and time as well as independent parameters like 10-meter walk test and 6-min walk test increased significantly up to 50% (Grasmücke et al., 2017). Moreover, these improvements could be detected in chronic tetraplegic and paraplegic patients. Older age (>50 years) and spastic motor behavior were non-significant negative predictors for walking endurance improvements. In stroke patients, similar results for HAL-assisted and body-weight supported treadmill training were demonstrated by several study groups in Japan and Sweden (Wada et al., 2010; Kawamoto et al., 2013, 2014; Nilsson et al., 2014; Yoshimoto et al., 2015) The therapeutic target was hemiparesis in all studies, and predominantly, patients with hemispheric insult were enrolled. In addition to technical requirements, safety and feasibility (Kawamoto et al., 2014; Nilsson et al., 2014), effects on treadmill-bound and treadmill-independent parameters were investigated (Kawamoto et al., 2013; Yoshimoto et al., 2015, 2016; Mizukami et al., 2017). Again, study results showed significant improvements, and even promising results indicating significant improvements in the functional ambulatory category (FAC) (Kawamoto et al., 2013). In spite of these encouraging positive results of HAL-training, most of these studies were performed in an uncontrolled design, e.g., using a conventional and mixed physiotherapy setup as control group. Thus, these results encourage to perform controlled studies using HAL-assisted treadmill training in chronic stroke patients. To become an established part of neurorehabilitation programs, HAL has to be compared with conventional physiotherapy (CPT) which is the cornerstone, today. Here, Bobath’s concept and proprioceptive neuromuscular facilitation (PNF) were used regularly (Dickstein et al., 1986; Lincoln et al., 1999; Luke et al., 2004; Wang et al., 2005).

We hypothesized that, in chronic stroke patients, HAL-assisted body-weight supported treadmill training would be more effective in recovery of walking parameters than CPT (provided according to current standards of practice). We further hypothesized that exoskeletal HAL training would improve outcome parameters reflecting functional independence more than conventional therapy.



MATERIALS AND METHODS

Study Design and Patients

This study was performed in a monocentric, controlled, randomized, two-period crossover design to test the efficacy of HAL-assisted body-weight supported treadmill training compared to CPT on walking parameters in chronic stroke patients. The study was done in accordance with the Declaration of Helsinki. It was approved by the local Ethics Committee of the Medical Faculty of Ruhr University Bochum (reg. no. 4894-14). All patients provided written informed consent before participating. The study has been registered in German Clinical Trials Register (DRKS-ID: DRKS00006821). Figure 1 shows our study design. Patients were randomly assigned to Group 1 or to Group 2 using a computer-generated list. Masking to treatment allocation for therapist and patients was not feasible. 18 ambulatory, chronic stroke patients with incomplete hemiparesis were enrolled. The inclusion criteria were (1) incomplete paresis of the leg after single incident of ischemic or hemorrhagic stroke, at least 6 months prior and (2) age between 18 and 75 years. Exclusion criteria were (1) severely impaired communication due to native language or aphasia, (2) impaired cardiorespiratory capacity, (3) severe multimodal neglect, (4) history of severe infection or history of infection with multiresistant bacteria, (5) complete paralysis of the leg, (6) history of more than 1 stroke, (7) decubital ulcer of the lower extremities and the sacral region, (8) severe osteoporosis and fractures, (9) history of deep vein thrombosis and pulmonary embolism, (10) contracture of the leg, (11) body weight > 100 kg, (12) epilepsy, (13) electric medical devices like cardiac pacemaker, (14) metal implants like ventriculoperitoneal shunt. To characterize patients’ impairments in activities of daily living at baseline and cognition, the Barthel index, the FAC and the Montreal Cognitive Assessment (MoCA) were assessed (Holden et al., 1986; Nasreddine et al., 2005; Hachinski et al., 2006; Sivakumar et al., 2014). All demographic and clinical characteristics of the patients are shown in Tables 1, 2. Except patient no. 7 (pontine infarction), all patients had hemispheric lesions supplied by the middle cerebral artery.
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FIGURE 1. Study design. Two-period, controlled crossover design. Each period included 30 therapy sessions. 1-week break was held between both periods. Before, at crossover and at the end of the study, assessments were done. HAL = hybrid assistive limb, Group 1 = HAL-CPT; Group 2 = CPT-HAL.



TABLE 1. Demographic and clinical characteristics of the patients.

[image: image]

TABLE 2. Demographic and clinical characteristics of the groups.
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HAL Therapy

In both Groups, all patients underwent a 6-week HAL-assisted, supervised, body-weight supported treadmill training (BWSTT). Each patient was scheduled for a 30 min training session 5 times a week, resulting in 30 sessions. The therapy was supervised by one to two stroke-specialized and HAL-qualified physiotherapists. HAL is an exoskeleton with a patient size-adjustable frame and robotic actuators that attaches to the patient’s lower limbs. The joint movements are supported by electric motors. The exoskeleton percutaneously detects minimal bioelectric signals initiated by the patient’s voluntary muscle activities (hip and knee flexors and extensors) via electromyography (EMG) electrodes and/or the floor reaction force signals caused by patient’s intended weight shifts. Through a cable connection between the exoskeleton and the patient, this system allows a voluntary robotic-supported range of motion (cybernic voluntary control mode = CVC mode) to occur at each motor and joint separately. The electric motor support at the hip and knee joints is gradually adjustable according to the patient’s own remnant flexor and extensor muscle function. This leads to independent individual hip and knee joint motion support synchronous with the patients’ voluntary drive, so it enables individualized and adjustable muscle group locomotion training to be established for bilateral hip and knee flexors and extensors. The CVC mode has been used for the paretic leg. For the non-paretic leg, the CIC mode (cybernic impedance control) was chosen. It compensates for the weight of the device and the friction, without having any therapeutic effect. With the treadmill system (Woodway USA, Inc., Waukesha, WI, United States), the walking speed could be adjusted from 0 km/h to approximately 4.5 km/h. During treatment, the velocity of the treadmill was set individually between comfortable and maximum speed tolerated by the patient. Initially, the harness system supported approximately 25 to 50% of each patient’s body weight. This was individually reduced in subsequent training sessions depending on patient’s feedback and therapeutic progress. HAL robot suit and training setting are presented in Figure 2.
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FIGURE 2. HAL exoskeleton and training setting. Left part of the figure shows HAL exoskeleton with its electronic actuators for hip and knee joints (“power units”), its battery pack and controller at the top and its EMG-electrodes and cables for detection of bioelectrical signals. Right part of the figure demonstrates the training setting with the treadmill, the body-weight support and the exoskeleton. Official picture of Cyberdyne Inc., the person was not subject of the published study and has been engaged and paid for commercials. Copyright Cyberdyne, Inc., published with kindly permission.



Conventional Physiotherapy

All patients received CPT 5 times a week for 6 weeks resulting in 30 sessions. Patient #10 missed two sessions because of logistic trouble resulting in 28 session. All other patients underwent 30 HAL-sessions. The therapy was performed by one stroke-specialized physiotherapist. Each session lasted about 30–45 min individually based on patient’s daily condition. CPT was performed as mixed intervention consisting of different approaches and concepts, e.g., Bobath’s neurophysiological concept, PNF and motor (re-)learning programs referenced to Carr and Shepherd (1987). Main therapeutic aims were gait stability, physiological walking pattern, utilization of assistive devices, controlled activation of distinct muscle groups, and regulation of spasticity.

Primary Outcomes: Walking Performance

The 10-meter walking test (10MWT) was measured at each training session. It detects the time to walk a 10 m distance (Bohannon, 1997; Perera et al., 2006). The timed-up-and-go test (TUG) describes the time and assistance required for standing up from a chair, to walk 3 meters, turn around, walk back and sit down (Podsiadlo and Richardson, 1991). The 6-min walking test (6MWT) evaluates the distance covered over a time of 6 min (Harada et al., 1999). The TUG test and 6MWT were assessed at baseline, at crossover and at the end of the study. All tests were performed without HAL exoskeleton.

Secondary Outcomes: Functional and Balance Performance

The FAC is a functional walking test to evaluate ambulation ability. Patients were rated on 5 categories (0 = patient cannot walk, 5 = patient can walk independently anywhere) (Holden et al., 1986; Mehrholz et al., 2007). We used FAC for classification of our patients group as well as a secondary outcome parameter. Previous studies using HAL in subacute stroke patients reported a significant improvement in FAC score (Nilsson et al., 2014; Watanabe et al., 2014). The Berg-Balance Scale (BBS) is an assessment tool to evaluate balance skills and to predict falls. It contains of 14 items with a 5-point (range from 0 to 4) scale. Maximum score is 56 points. Static and dynamic activities of varying difficulty have to be performed. A score of <45 points indicates individuals with a higher risk of falls (Berg et al., 1992; Flansbjer et al., 2012). Both measurements have been tested at baseline, at crossover and at the end of the study.

Statistics

At first, to rule out carry-over effects and test our study for validity a pre-test was performed by calculating the sum of the measured values in the periods for each patient and compared across the two groups by an unpaired t-test (Wellek and Blettner, 2012). When p was greater than 0.05, we proved that no carryover effects existed and that our “wash-out” phase was sufficiently long enough (1 week). As a second step, we calculated the within-subject difference in our outcome parameters between both study periods. To prove a statistical difference between the treatment effects HAL and CPT, two-sided Student’s unpaired t-test was carried out. Significance was assumed at the 5% alpha level (p > 0.05). If no statistical effect for one therapy was present, repeated measurement analysis of variance (rmANOVA) was performed to assess significant differences between both Groups (1 = HAL-CPT vs. 2 = CPT-HAL). We defined “time” as within-subject factor and “Group” as between-subject factor. Where it was appropriate, post hoc t-test were subsequently applied. For these tests, the significance level was adjusted by dividing it by the Number of comparisons (0.05/3 = 0.017; Bonferroni correction). Additionally, for pure analysis of HAL-BWSTT effects on walking parameters, BBS and FAC within therapy-naïve patients, Student’s two-sided, paired t-test has been performed with data of the first therapy period. This analysis was not the primary aim of the HALESTRO study, but it has been important to evaluate the therapeutic effect of HAL itself and, therefore, to enable a comparison of our data with previous work from other HAL-groups.



RESULTS

Demographic and Clinical Characteristics of Both Groups

We did not find statistical differences for “age” and “time since stroke” between both groups (age: mean Group 1 = 63 years, mean Group 2 = 66 years, p = 0.371; time since stroke: mean Group 1 = 62 months, mean Group 2 = 102 months, p = 0.331). Looking at clinical characteristics like independence in activities of daily living (Barthel index), ambulation ability (FAC) and cognitive impairment (MoCA), statistical analysis revealed no significant differences between Group 1 and 2 (Barthel index: mean Group 1: 92, mean Group 2: 89, p = 0.760; FAC: mean Group 1 = 3.6, mean Group 2 = 3.9, p = 0.730; MoCA: mean Group 1: 22.6, mean Group 2: 22.0, p = 0.740). For results see Table 2.

Crossover Analysis

The first step of our analysis was to look for carryover effects between both study periods. Statistical analysis revealed no carryover effects for all primary outcome parameters (walking abilities: 10MWT: p = 0.805, 6MWT: p = 0.529 and TUG: p = 0.692) as well as for the secondary outcome parameters FAC and BBS (FAC: p = 0.244, BBS: p = 0.949). As the next step, we looked for significant differences between the therapeutic effects of “HAL-BWSTT” and “CPT.” None of primary and secondary outcome parameters showed a significant difference between both treatments (10MWT: p = 0.071, 6MWT: p = 0.840, TUG: p = 0.835, FAC: p = 0.088, BBS: p = 0.737). Table 3 shows mean values for walking parameters, standard deviation and mean period effects. Figures 3, 4 demonstrate results of our primary and secondary outcome parameters. Additionally, whisker-box plots and scatter plots are available in the Supplementary Materials.

TABLE 3. Data sheet with mean values for walking parameters, standard deviation and mean period effects.
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FIGURE 3. Walking performance parameter. Walking abilities at baseline, crossover and at the end of the study. Figure shows mean values for Group 1 (HAL-CPT) and Group 2 (CPT-HAL). Ten MWT = 10-meter walking test (A), 6 MWT = 6-min walking test (B), TUG = timed-up-and-go test (C). ∗ indicated post hoc t-tests after significant effect for factor “time,” ∗∗ indicated post hoc t-test after significant interaction between “time” and “Group” (see “Results” section for details). p-threshold < 0.017 (Bonferroni correction).
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FIGURE 4. Functional outcome and Berg-Balance Scale. Figure shows mean values for Group 1 (HAL-CPT) and Group 2 (CPT-HAL). FAC = Functional ambulation categories (A), BBS = Berg-Balance-Scale (B). ∗ indicated post hoc t-tests after significant effect for factor “time.” p-threshold < 0.017 (Bonferroni correction).



Analysis of Variance and post hoc t-Tests

We performed rmANOVA to show differences between both groups. For 10MWT, rmANOVA revealed a significant effect for the within-subject factor “time” (F2,30 = 14.459, p < 0.000). No significant interactions could be demonstrated for the interaction between “time” and between-subject factor “Group” (F2,30 = 1.346, p = 0.276) and for the between-subject factor “Group” (F1,15 = 0.028, p = 0.870). Post hoc t-test showed significant effects between baseline and crossover (p = 0.002), and between baseline and the end of the study (p = 0.001). For 6MWT, rmANOVA showed a significant interaction between the factors “time” and “Group” (F2,30 = 4.338, p = 0.022). All other rmANOVA analysis were without significant effects (within-subject factor “time”: F2,30 = 2.035, p = 0.148; between-subject factor “Group”: F1,15 = 0.819, p = 0.380). Post hoc t-test revealed significant effect for Group 1 (HAL-CPT) between baseline and end of the study (p = 0.013). Looking at the third primary outcome parameter TUG, statistical analysis demonstrated a significant effect for the within-subject factor “time” (F2,30 = 3.832, p = 0.033), but not for the interaction between “time” and “Group” (F2,30 = 0.248, p = 0.782). Again, between-subject factor “Group” revealed no significant effect (F1,15 = 0.020, p = 0.888). Post hoc t-tests revealed no significant differences (pre-cross: p = 0.06, cross-post: p = 0.993, pre-post: p = 0.039). For our secondary outcome parameter, significant effects were seen for the BBS. RmANOVA showed significance for the factor “time” (F1,2 = 12.294, p < 0.000). Again, interaction between “time” and “Group” and the between-subject factor “Group” itself revealed no significant effects (F2,30 = 1.801, p = 0.183; F1,15 = 0.015, p = 0.904). Post hoc t-tests showed significant effects between baseline and crossover assessments as well as between baseline and the end of the study (p = 0.003; p = 0.001). FAC data analysis showed significant effect for within-subject factor “time” (F2,30 = 9.900, p < 0.000) but not for interaction between “time” and “Group” (F2,30 = 2.363, p = 0.111) and the between-subject factor “Group” itself (F1,15 = 0.814, p = 0.381). Post hoc t-test showed significant effects between baseline measurements and the end of the study (p = 0.001).

Analysis of First Period Effects in Group 1 (HAL-BWSTT Effects on Naïve Chronic Stroke Patients)

Student’s paired t-test showed significant effects of HAL-therapy on therapy-naïve patients for the following parameters: 10MWT (p = 0.003), 10MWT-speed (p = 0.001), TUG (p = 0.047) and BBS (p = 0.014). Mean values and standard deviations are presented in Table 3. No significant effect could be seen for 6MWT and FAC (p > 0.05).

Analysis of First Period Effects in Group 2 (CPT Effects on Naïve Chronic Stroke Patients)

Student’s paired t-test showed no significant effects of mixed CPT on therapy-naïve patients for following parameters: 10 MWT (p = 0.099), TUG (p = 0.203), 6MWT (p = 0.197) and BBS (p = 0.081). A tendency can be observed for FAC (p = 0.051). Mean values and standard deviations are presented in Table 3.



DISCUSSION

The main finding of our study is that HAL-assisted BWSTT in chronic stroke patients did not improve walking functions and balance abilities significantly more than CPT in a mixed concept, each provided for 5 times a week for 6 weeks. Whereas, the sequential combination of both therapies, notwithstanding the order, achieved a significant improvement of walking functions, FAC and balance abilities. Although our study might stand partly in contradiction to other studies using HAL exoskeleton in stroke patients, it is the first HAL-study provided in a controlled, randomized and crossover design in chronic stroke. Besides, our study showed again that HAL-training itself can improve walking and balance functions in chronic stroke patients, like it has been reported by other study groups before (Kawamoto et al., 2013; Yoshimoto et al., 2016). The applied treatments have to be analyzed in detail to answer the question why robotic-assisted locomotor training with HAL failed to be more effective compared to CPT in chronic stroke patients.

HAL-Treatment

We observed that our HAL-BWSTT protocol led to similar results as Kawamoto et al. (2013) and Yoshimoto et al. (2015) reported in their studies on chronic stroke patients. In our study, when HAL-BWSTT was applied to “naïve” patients (i.e., Group 1, first study period), it led to an improvement in walking parameters (10MWT, TUG) and in balance abilities (BBS), but not in functional ambulation. Comparing the mean values mentioned in the other studies with our data, our results are in line with previously published studies. Walking parameter in our study and in Kawamoto’s study improved by approximately 20%. Interestingly, in Yoshimoto’s study, the effect was greater, approximately 50%. Moreover, Yoshimoto and coworkers proved that HAL-training was more effective than CPT; their study was performed in a parallel group design. Although HAL-training was an effective therapy in our patients as well, there were several differences in the design of robotic training as well as in the CPT period. In our opinion, both issues might have contributed to different results at the end of our controlled, crossover study. First, Kawamoto et al. (2013) and Yoshimoto et al. (2015) did not apply (body-weight supported) treadmill training to their patients. Patients wore a harness connected to a mobile suspension system called the All-In-One Walking Trainer (Ropox A/S, Denmark) and walked freely on a floor with therapeutic assistance. Second, in both studies, the total number of HAL sessions and the frequency were considerably lower [Kawamoto et al. (2013): 16 sessions, 2/week, Yoshimoto et al. (2015): 8 sessions, 1/week, HALESTRO: 30 sessions, 5/week]. Third, and this might be the substantial difference to the HAL training in our study, Yoshimoto et al. (2015) have used a higher walking speed in order to compensate lower amount of training sessions. In contrast, we increased the number of sessions while using a lower walking speed. Both approaches are generally accepted concepts of modern stroke rehabilitation (Langhorne et al., 2011). Looking at our treadmill data (not published), Group 1 reached a median speed of 0.78 km/h (SD: ±0.22) to 1.34 km/h (SD: ±0.37) after 6 weeks of HAL training; after 6 weeks of CPT, Group 2 accomplished a median speed of 1.11 km/h (SD: ±0.28) to 1.48 km/h (SD: ±0.36) after 6 weeks of HAL-training. Yoshimoto et al. (2015) did not mention the individual walking speed on the treadmill. Less relevant, Yoshimoto et al. (2015) used the single leg version of the HAL robot suit (Kawamoto et al., 2009). Recently, it has been discussed how far single leg type is more suitable for patients with medium to low functional impairment and the double leg type is recommended for patients with severe functional impairment (indicated by FAC ≤ 1) (Nishimura et al., 2018). Studies investigating the efficiency of both types have not been performed yet. General recommendations do not exist. Therefore, we decided to apply the combination of CVC and CIC mode as mentioned above. Patients did not report discomfort or any disturbances. Summarizing, the HALESTRO study proved the efficiency of HAL robot suit for locomotor und posture functions using a high frequency BWSTT protocol with a comfortable treadmill speed. Like in classical walking training with a physiotherapist, HAL locomotor training offers the possibility of variations that are capable to modify the training outcome, like Yoshimoto’s study has shown. It remains unclear which training type is superior and which HAL type (single vs. double leg version) is recommended for which patient. Low-frequency and high-speed HAL training seems to be more effective.

CPT in HALESTRO Study

Our study demonstrates no significant difference in walking, functional, and balance metrics between HAL-BWSTT and CPT. Because HAL-BWSTT has proven a significant effect after 6 weeks in naïve chronic stroke patients, one has to consider what was the characteristic of CPT in HALESTRO study. For the study design, it was very important for us to create a physiotherapeutic setting that is “real” and not artificially assembled only for the HALESTRO study. For this purpose, our physiotherapist was encouraged to perform an ambulatory care therapy that not only aimed on walking and gait but included the whole patient as a complex interrelated biological system. This might have been one reason why HAL-BWSTT effects were equalized. Again, we have to compare our results with Yoshimoto’s stroke study (Yoshimoto et al., 2016), especially because they could prove that HAL-therapy was significantly more effective than CPT. But, there were differences to our CPT design, leading to different results. At first, and the most important and most powerful difference was that we applied a so called “mixed” physiotherapy concept. In Pollock’s comprehensive meta-analysis, a number of CPT-approaches failed to prove superiority in rehabilitation of walking impairment after stroke (Pollock et al., 2007). Interestingly, it was insufficient to conclude that any therapy approach is more effective in promoting recovery of disability than any other. For physiotherapeutic intervention, using a “mix” of components from different approaches was more effective compared to a treatment control (Pollock et al., 2007). Indeed, it remained unclear which concept the therapists in Yoshimoto et al. (2015) have used. Instead of performing CPT one to 2 times a week for 40 min, absolutely no change of mean values of 10MWT, TUG and BBS were observed. Again, this is in contrast to our data; we clearly observed effects of CPT on all parameters. Since, there are basic differences in CPT approaches, our study failed to prove superiority of one therapeutic regime. CPT in our study was more effective than in Yoshimoto’s work. In fact, CPT is a strong instrument in walking rehabilitation as previous neurorehabilitation studies have demonstrated. Compared with the Locomat (Husemann et al., 2007; Mayr et al., 2007), with the Gait Trainer (Peurala et al., 2005), and with solely additional use of a treadmill (Duncan et al., 2011; Mehrholz et al., 2017a), hands-on physiotherapy based on “mixed” approach has proven its superiority and high efficiency on functional independence, walking speed and motor function (Pollock et al., 2007; Langhorne et al., 2009, 2011).

Global Study Effects

Indeed, the HALESTRO study could not verify a significant superiority of robotic-assisted treadmill therapy with HAL or for hands-on physiotherapy for locomotor rehabilitation in chronic stroke patients. But our data have shown a clearly significant effect on the walking parameters 10MWT, 6MWT, FAC and BBS (see Figures 3, 4) when both therapies were sequentially applied over 12 weeks. For BBS and 10MWT, we have seen significant effects after the first study period (baseline – crossover). These significant effects were seen after pooling data of all subjects irrespective of therapeutic group and intervention/interventional sequence. An interesting detail is the improvement in FAC (see Table 4 and Figure 4). Although the functional recovery curve after stroke reaches saturation after 6 months with only few fluctuations, in our small study group of 18 resp. 17 patients, we could see a functionally important improvement depicted by FAC. The mean FAC exceeded the category level 3 and reached category level 4. Category 3 represents the ambulator-dependent level, category 4 the ambulator-independent level. So, patients could not only improve their results in the 10MWT or 6MWT, but also their daily relevant independency. As well as for FAC, patients benefit from enhanced balance functions and posture. Many patients reported a close relationship between both improvements; more stability led to more confidence, which led to more independency. However, these effects were not specific to one of both interventions, but for the combination of both therapies. This is a conclusion that not only we could state for our study, but also were made in greater and larger stroke rehabilitation studies. Recently, Mehrholz et al. (2017b) published an update of their Cochrane review examining the effects of electromechanical and robot-assisted gait training devices for improving walking after stroke very detailly. Finally, 36 trials with 1.472 participants were included. Outcome parameters were independency in walking, walking velocity and capacity also. Like in our study, the authors found in this meta-analysis that the combination of electromechanical-assisted training with physiotherapy after stroke is more likely to achieve independent walking than people who received gait trainings without those devices. Interestingly, the subgroup analysis of Mehrholz’ meta-analysis reported a result regarding HAL-therapy in stroke patients which can be confirmed by us: acute and subacute stroke patients as well as patients who are not ambulatory are more likely to achieve independent walking when they receive electromechanical-assisted gait training than without. Watanabe and coworkers have shown significant improvements in independent walking after 12 session of HAL therapy compared to conventional gait therapy (outcome parameter FAC). Their study has been performed in a parallel group design on 24 subacute stroke patients. Even though it was no primary aim of the HALESTRO study and a subgroup analysis would not be reliable due to small number of subjects, we also observed that the lower the FAC score and the lower the walking speed in 10MWT, the more improvement our patients could gain. It might be a ceiling effect. But Mehrholz et al. (2017b) results encourage to propose that there is a systematic effect behind this observation. In fact, our study does not allow any conclusions about this issue; further studies aiming on this topic should be carried out.

TABLE 4. Data sheet with mean values for functional ambulatory categories and Berg-Balance-Scale.
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Limitations

Certain limitations of our study should be noted. One point is its crossover design. For a better comparability of different therapeutic effects within one patient (each patient serves as her/his own control) and to avoid problems of comparability of study and control group, we decided to perform our study in a crossover design. To rule out a carryover effect, we specified a so called “washout phase” of 1 week. The duration of 1 week was assessed by other rehabilitation study previously performed in the field of stroke rehabilitation. Statistical analysis showed that no carryover effect was present. However, is it really possible to “washout” motor movements and coordinative motoric that one has learned within 1 week? Can these complex locomotor pattern really be forgotten within 1 week? Studies focusing extinction motor learning are ongoing. First evidence for distinct brain areas like the primary motor cortex could be delivered as areas of memory retrieval and extinction whereas the sensory cortices are supposed to be essential for long-term memory (Guo et al., 2017). A specific time period allowing for safe extinction or “washout” has not been identified so far. Statistically, we could deny any carryover effect for sure, but one must assume that certain new acquired locomotor sequences endured the “washout phase.” Therefore, these reflections underline the concept of synergistic effects of “conservative” physiotherapy and “innovative” robotic therapy. Moreover, it underlines the meaningfulness of combined therapy in crossover studies and not in parallel group design. Another limitation is the statistical power was low due to the small number of patients. One may note that the recruitment was very difficult. Furthermore, we missed to investigate the after effects. Notably, Watanabe and coworkers assessed follow-up examinations for subacute stroke patients and found promising results for HAL-intervention (Watanabe et al., 2017). Similar outlasting results have been reported by our group for SCI patients (Grasmücke et al., 2017; Jansen et al., 2017).



CONCLUSION

In conclusion, our results indicate that BWSTT with HAL® exoskeleton applied with moderate walking speed 5 times a week for 6 weeks (30 sessions) is not more effective in chronic stroke patients with moderate to severe impairment than mixed approach CPT. But both therapies combined sequentially, notwithstanding the order, is likely to achieve independent walking even in chronic stroke patients. The duration of these improvements remains unclear and further studies are needed.
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Foot drop is one of the most common secondary conditions associated with hemiplegia post stroke and cerebral palsy (CP) in children, and is characterized by the inability to lift the foot (dorsiflexion) about the ankle. This investigation focuses on children and adolescents diagnosed with brain injury and aims to evaluate the orthotic and therapeutic effects due to continuous use of a foot drop stimulator (FDS). Seven children (10 ± 3.89 years) with foot drop and hemiplegia secondary to brain injury (stroke or CP) were evaluated at baseline and after 3 months of FDS usage during community ambulation. Primary outcome measures included using mechanistic (joint kinematics, toe displacement, temporal-spatial asymmetry), and functional gait parameters (speed, step length, time) to evaluate the orthotic and therapeutic effects. There was a significant correlation between spatial asymmetry and speed without FDS at 3 months (r = 0.76, p < 0.05, df = 5) and no correlation between temporal asymmetry and speed for all conditions. The results show orthotic effects including significant increase in toe displacement (p < 0.025 N = 7) during the swing phase of gait while using the FDS. A positive correlation exists between toe displacement and speed (with FDS at 3 months: r = 0.62, p > 0.05, without FDS at 3 months: r = 0.44, p > 0.05). The results indicate an orthotic effect of increased dorsiflexion and toe displacement during swing with the use of the FDS in children with hemiplegia. Further, the study suggests that there could be a potential long-term effect of increased dorsiflexion during swing with continuous use of FDS.

Keywords: functional electrical stimulation, foot drop, hemiplegia, stroke, cerebral palsy, gait, pediatric rehabilitation


INTRODUCTION

Children with hemiplegia due to stroke or cerebral palsy (CP) have unilateral motor deficits due to paralysis or weakness. Currently, 500,000 children under the age of 18 with CP (Prevalence of Cerebral Palsy, 2018) and 1 in 1,600 neonate, and 13 per 100,000 older children are affected by stroke each year in the United States (Bernson-Leung and Rivkin, 2009). Foot drop is one of the common secondary conditions associated with hemiplegia and is characterized by the inability to lift the foot (dorsiflexion) about the ankle due to paralysis or weakness of the peroneal and anterior tibialis muscles (Stewart, 2008). Foot drop, can affect the ability of the toes to clear the floor during the swing, and can also impair stability during the stance. Reduced toe clearance impedes the ability to walk efficiently and may cause reduced functional mobility. One of the most common deficits for individuals with hemiplegia is decreased dorsiflexion during swing leading to deficits in walking (Winters et al., 1987). Consequently, compensatory mechanisms like steppage gait (Dubin, 2014), hip hiking (Kerrigan et al., 2000; Dubin, 2014), toe walking(Dubin, 2014), etc. are used to successfully ambulate. These pathological deviations from the healthy walking result in slower walking speed (Sheffler and Chae, 2015), shorter step length (Sheffler and Chae, 2015), increased risk of falls due to kinematic changes (Winters et al., 1987) and decreased inter-limb temporal and spatial symmetry (Patterson et al., 2010; Nadeau, 2014).

Currently, custom molded ankle foot orthosis (AFO), a passive compensation device, is predominantly used to clinically treat foot drop. AFOs provide support and stability to the foot and ankle during stance phase, and provide clearance to the foot during the swing phase as the foot is always maintained at a predetermined angle (Lehmann et al., 1983; Gök et al., 2003). Though AFOs provide the necessary orthotic effect for foot drop, they can restrict the passive and active ankle range of motion (ROM) (Gök et al., 2003). This restricted ROM may lead to reduced muscle activity (Geboers et al., 2002).

Recent research is focusing on restoring function through the use of functional electrical stimulation (FES) (Cauraugh et al., 2010; Khamis et al., 2018). An FES device or foot drop stimulator (FDS) electrically stimulates the peroneal nerve to activate the peroneal and tibialis anterior muscles to dorsiflex the foot during swing phase (Selzer et al., 2006). Research suggests that FES can not only provide sufficient dorsiflexion to clear the foot during the swing but may also provide the user with rehabilitative benefits, as it would not restrict the user’s passive and active ROM (Comeaux et al., 1997; Van Der Linden et al., 2008; Laufer et al., 2009). Previous research on adults with foot drop has shown significant orthotic and therapeutic improvements in walking speed (Burridge et al., 1997; Voigt and Sinkjaer, 2000), temporal and spatial gait symmetry (Comeaux et al., 1997; Lin et al., 2006; Balasubramanian et al., 2007; Patterson et al., 2008), spasticity, and energy consumption with the use of FES (Yan et al., 2006). In addition, using neurophysiological measures, Stein et al. have shown that the therapeutic effects in functional outcome measures are in response to the neuroplastic changes resulting from the use of FES (Everaert et al., 2010). Extensive evidence supporting the efficacy of FES in treating foot drop is available for adults but similar evidence is not currently available in children. Previous research on children with foot drop have shown changes in functional outcome measures such as increased walking speed (Cauraugh et al., 2010; Prosser et al., 2012; Prenton et al., 2018), increased stride length (Pool et al., 2014), reduced use of compensatory mechanisms (Pool et al., 2014), and decreased mean energy expenditures (El-Shamy and Abdelaal, 2016) with the use of FES, but they have not investigated the kinematic and inter-limb asymmetry changes, and its association with functional outcomes due to immediate (orthotic) and continuous (therapeutic) use of FES. Though walking speed reflects overall gait performance, it does not depict underlying impairments in joint mechanisms and inter-limb coordination during gait, and their recovery. Winter et al. observed that ankle joint angle changes in young adults, howsoever small, could significantly improve toe clearance (Winter, 1992). Research in percutaneous stimulation and FES in children and adolescents have shown increased dorsiflexion with no significant changes in speed, but have shown changes in musculature(Orlin et al., 2005). Therefore, understanding the joint kinematic changes could provide insight into the mechanistic effects of FDS even when evidence is lacking in functional outcomes. Studying mechanistic changes could provide quantitative information about sub-clinical kinematic outcomes (Hausdorff et al., 2001).

Temporal and spatial symmetry have previously been studied to understand pathological walking patterns (Patterson et al., 2010). Studies have reported that temporal asymmetry is a significant predictor of hemiparetic walking performance such as walking speed and falls in adults (Roth et al., 1997; Patterson et al., 2010). In healthy individuals, the variability in temporal and spatial parameters is minimal (Patterson et al., 2010). In contrast, individuals with hemiplegia present with higher asymmetry between their limbs, leading to the ambulatory deficits (Patterson et al., 2010). Understanding the asymmetry characteristics during gait will help improve the design of rehabilitation interventions for individuals with deficits in functional ambulation (Wall and Turnbull, 1986). Quantifying the change in asymmetry would help us further understand the effect of using FDS on functional/clinical outcomes such as falls, etc. (Hausdorff et al., 2001).

The objective of this exploratory investigation is to evaluate the orthotic and therapeutic effects of using FDS for children and adolescents by evaluating mechanistic and functional outcomes. Orthotic effect is defined as the improvement while using the device (FDS is active on the affected limb) and the therapeutic effect is defined as any lasting effect once the device is removed (FDS is inactive or removed). The secondary objective will explore the adaptive effect, which is defined as the changes in orthotic effect over time. The primary hypotheses were that the use of a FDS will result in increased toe clearance (displacement) and temporal-spatial symmetry. The secondary hypotheses were that toe displacement and temporal-spatial symmetry will correlate with gait speed. This investigation will provide preliminary evidence for utilization of FDS in pediatric rehabilitation.



METHODOLOGY


Participants

Eleven participants with foot drop and hemiplegia secondary to brain injury (age: between 5 and 17 years) were recruited. Only data from seven participants (four male and three female) were available for analysis because kinematic data were not available, participants did not complete both time points or participants were discharged due to FDS non-compliance. The demographics of the seven participants are shown in Table 1. Additional inclusion criteria stated that participants: (1) were > 6 months post diagnosis of brain injury; (2) had no history of injury or pathology in the unaffected leg within the past 90 days; (3) were able to walk independently for 10 m without any assistive device; (4) had no history of Botulinum toxin injection to the lower limbs within 3 months of enrollment and no Botulinum toxin injection during the course of study; (5) had no severe cognitive or communication impairment; and (6) were not involved in any other interventions or were not using any devices/medications that might interfere with the study. Individuals with additional orthopedic, neuromuscular, or neurological pathologies that would interfere with their ability to walk were not included in this study. The protocol was approved by the Kessler Foundation Institutional Review Board (IRB), and consent was obtained before study participation from each participant’s parent/guardian (in addition assent was obtained for participants > 13 years). All participants used an AFO for community ambulation prior to their participation in the study, and they were encouraged to use the FDS without an AFO during the course of the study.

TABLE 1. Subject demographics.
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Foot Drop Stimulator

Functional electrical stimulation was provided through a commercially available FDS device (WalkAide®, Innovative Neurotronics, Austin, TX, United States). The WalkAide device uses surface electrodes in a single cuff located at the proximal end of the tibia about the peroneal nerve to stimulate during the swing phase of the gait cycle with customized frequency (17–33 Hz), pulse width (25–300 μs), and intensity of the generated electrical pulse to produce the desired dorsiflexion during gait. The FDS timing is controlled by a tilt sensor and accelerometer that will determine when to stimulate the peroneal nerve by monitoring the wearer’s leg position during gait. The small device [87.9 g, 8.2 cm (H) × 6.1 cm (W) × 2.1 cm (T)] is attached to a molded cuff located just below the knee, secured with a latch, and properly aligned using anatomical landmarks and visual indicators (Figure 1).
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FIGURE 1. Subject wearing the FDS.





Procedures

All participants completed up to eight study visits including screening, fitting, and device adjustment visits. These were followed by three data collection sessions (baseline, 1 month and 3 months). At their first visit, participants were screened and consented by a member of the study staff. Each participant was then fitted with a FDS by a licensed clinician at their second visit. During the device adjustment visits, a clinician provided training including review of device usage (donning and doffing), electrode placement, stimulation intensity adjustments, and a review of safety precautions. Following the adjustment visits, baseline data collection was conducted, and at the completion of the baseline session, all participants were given the device to use for community ambulation. All participants were instructed to use the device for everyday community ambulation for the entire duration of the study. Follow-up data collection was conducted at 1-month, and 3-month time points to assess the effect of continuous use of the device during community ambulation. This study was part of a larger investigation, and data from the baseline and 3-month visits were used for data analysis as 1-month data was not available for some participants. During each data collection session, retroreflective markers were placed on anatomical landmarks of the participants based on a modified Helen-Hayes marker configuration (Davis et al., 1991). Gait kinematics in the sagittal, frontal, and transverse planes were collected using a 12-camera motion capture system (Motion Analysis Corporation, Santa Rosa, CA, United States) at 60 Hz. At every data collection session, all seven participants performed in two conditions: (1) with FDS; and (2) without FDS, for a total of up to 24 walks (12 walking trials per condition). The order was randomized between with and without FDS condition for all subjects. During each trial, all participants were instructed to walk approximately 10 m on an unobstructed walkway at a self-selected speed. All participants wore shoes and did not wear any other assistive device during the data collection sessions. Participants were monitored during each trial and permitted to rest or take breaks at any time during testing to minimize the effects of fatigue.



Data Processing and Analysis

All marker positions and joint angle data were collected, processed, and exported using Motion Analysis’s Cortex software (Motion Analysis Corporation, Santa Rosa, CA, United States) and analyzed using MATLAB (The Mathworks Inc., Natick, MA, United States). The Cartesian and joint kinematics data was exported from Cortex and filtered using a fourth order low pass filter. MATLAB was used to analyze the gait trajectories for each session with and without the FDS. The exported data was further divided into gait cycles, with a gait cycle being defined as the period from ground contact of one foot to the subsequent ground contact of the same foot. A minimum of 10 and a maximum of 25 gait cycles per condition, and per session were available for each subject and used for data analysis. The outcome measures and the analyses are shown in Table 2.

TABLE 2. Outcome measures.
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RESULTS


Sagittal Kinematics

Figure 2 shows the average sagittal plane kinematics of the ankle joint for the unaffected and affected legs with and without FDS for both sessions. At 3 months compared to baseline with FDS (adaptation effect), there is an increased mean dorsiflexion during swing on the affected side as well as increased plantar flexion during the beginning of stance phase (Figure 2A) but at 3 months compared to baseline without FDS (therapeutic effect), there is only a small increase in mean dorsiflexion during swing (Figure 2B) on the affected side. Also, at 3 months, increased mean dorsiflexion was observed during swing with FDS compared to without FDS (Figures 2A,B), and at baseline a small increase in mean dorsiflexion with FDS compared to without FDS (orthotic effect). No difference was observed between baseline and 3 months on the unaffected side with and without FDS (Figures 2C,D). However, the mean dorsiflexion angle during swing of the affected ankle was close to the unaffected ankle with use of FDS at 3 months (Figures 2A,C), and the ankle angle profile with FDS at 3 months is similar to that of the healthy control (Figure 2A).
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FIGURE 2. Mean ± Standard deviation (SD) ankle plantarflexion/dorsiflexion of the (A) affected ankle with FDS, (B) affected ankle without FDS (C) unaffected ankle with FDS and (D) unaffected ankle without FDS, at baseline and 3 months of all participants. The black line represents the mean ankle plantarflexion/dorsiflexion of one representative healthy child. The dots represent the start of swing phase.



Figure 3 shows the average sagittal plane kinematics of the knee for the unaffected and affected legs with FDS for both sessions. The results show that at 3 months compared to baseline with FDS, there is a small increase in mean flexion at the beginning of swing on the affected side (Figure 3A) but was within standard deviation (SD). At 3 months compared to baseline without FDS, there is a small increase in mean flexion at the beginning of swing (Figure 3B) on the affected side but was within SD. No difference was observed at baseline or at 3 months in knee flexion/extension between with and without FDS on the affected (Figures 3A,B) and unaffected sides (Figures 3C,D). Increased flexion was observed in the knee angles of both legs in the healthy control participant compared to the mean knee angles of participants with disability.
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FIGURE 3. Mean ± Standard deviation (SD) knee plantarflexion/dorsiflexion of the (A) affected knee with FDS, (B) affected knee without FDS (C) unaffected knee with FDS and (D) unaffected knee without FDS, at baseline and 3 months of all participants. The black line represents the mean knee plantarflexion/dorsiflexion of one representative healthy child. The dots represent the start of swing phase.



Figure 4 shows the average sagittal plane kinematics of the hip for the unaffected and affected legs with FDS for both sessions. No difference was observed between baseline and 3 months or between with and without FDS at baseline or at 3 months on the affected (Figures 4A,B) and unaffected legs (Figures 4C,D).
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FIGURE 4. Mean ± Standard deviation (SD) hip plantarflexion/dorsiflexion of the (A) affected hip with FDS, (B) affected hip without FDS (C) unaffected hip with FDS and (D) unaffected hip without FDS, at baseline and 3 months of all participants. The black line represents the mean hip plantarflexion/dorsiflexion of one representative healthy child. The dots represent the start of swing phase.





Toe Displacement

On comparing toe displacement of the affected leg while walking with and without FDS both at baseline and at 3 months, following results were obtained:

There was no significant effect of duration of use (i.e., from baseline to 3 months [F(1,6) = 5.08, p > 0.05, N = 7], Cohen’s d effect size = 0.9) but there was a significant effect of FDS (i.e., with vs. without device [[F(1,6) = 18.79, p < 0.005, N = 7], Cohen’s d effect size = 0.76) and there was no significant interaction effect ([F(1,6) = 3.58, p > 0.05, N = 7], Cohen’s d effect size = 0.37) using repeated measures ANOVA. At 3 months compared to baseline with FDS, participants showed no significant difference in toe displacement in the affected leg, but participants 1, 4, 5, 6, and 7 increased their mean toe displacement (Figure 5A). Also, at 3 months compared to baseline without FDS (therapeutic effect), participants showed no significant difference [t(−6) = 1.44, p > 0.05, Cohen’s d effect size = 0.54] in the affected leg, but participants 2, 3, 4, and 7 increased their mean toe displacement while subject 6 decreased their mean toe displacement (Figure 5A). At baseline, participants 1, 2, 4, 5, and 6 increased their mean toe displacement in the affected leg when walking with FDS compared to without FDS (orthotic effect), though no significant difference was observed between the two groups after Bonferroni correction [t(6) = 2.79, p > 0.025, N = 7, Cohen’s d = 1.05]. At 3 months, there was a significant difference due to the FDS compared to without FDS (orthotic effect) after Bonferroni correction [t(6) = 3.54, p < 0.025, N = 7, Cohen’s d = 1.0] on the affected leg, where participants 1, 2, 4, 5, 6, and 7 showed increased toe displacement with FDS.
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FIGURE 5. (A) Mean ± Standard error of toe displacement of the affected side with and without FDS. (B) Mean ± Standard error of walking speed for the affected side with and without FDS.





Walking Speed

There was no significant main effect of device (i.e., with vs. without device [F(1,6) = 3.71, p > 0.05, N = 7], Cohen’s d effect size = 0.78) or duration of use (i.e., baseline to 3 months[(F(1,6) = 5.74, p > 0.05, N = 7]), Cohen’s d effect size = 0.9) or interaction effect ([F(1,6) = 3.58, p > 0.05, N = 7], Cohen’s d effect size = 0.58) using repeated measures ANOVA. The results show that at 3 months compared to baseline with FDS, participants 2, 4, 5, 6, and 7 increased their mean speed (Figure 5B). Additionally, at 3 months compared to baseline without FDS, participants 2, 3, 4, 5, and 7 increased their speed, and participants 1 and 6 decreased their mean speed (Figure 5B). At baseline, participants 1, 2, 3, 5, 6, and 7 (Figure 5B) showed a decrease in speed with FDS compared to without FDS. At 3 months, Participants 1, 4, and 6 (Figure 5B) increased their mean speed with FDS compared to without FDS, but participants 3 and 7 decreased their speed with FDS compared to without FDS.



Step Length

There was no significant effect of device or duration of use with the repeated measures ANOVA. The results show that at 3 months compared to baseline with use of FDS, participants 2 and 5 increased their mean step length by over 20 mm (Table 3). Also, at 3 months compared to baseline without the use of FDS, participants 2, 3, 4, and 5 increased their step length by over 20 mm, but participants 1 and 6 decreased their mean step length by over 20 mm (Table 3). At baseline, subject 2 showed an over 20 mm increase in their mean step length (Table 3) when walking without FDS compared to with FDS. At 3 months, participants 3 and 7 showed an over 20 mm increase in their mean step length (Table 3), but subject 6 showed a decrease in mean step length when walking without FDS compared to with FDS.

TABLE 3. The table shows the Mean ± Standard error of total time, step length, and swing time of the affected side.
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Total Time

There was a significant effect of device and duration of use but there was no interaction effect using the repeated measures ANOVA. The results show that the mean total time at 3 months compared to baseline with the use of FDS (p > 0.025, N = 7) did not show a significant effect after Bonferroni correction, but participants 2, 4, and 7 showed a decrease in mean total time (Table 3) of over 0.05 s. The mean total time at 3 months compared to baseline without the use of FDS (p < 0.025, N = 7) showed a significant effect after Bonferroni correction, where participants 2, 4, and 7 showed a decrease in mean total time (Table 3) of over 0.05 s. At baseline, there was no significant effect after Bonferroni correction (p > 0.025, N = 7) in mean total time between with and without FDS, but participants 1, 2, 5, 6, and 7 showed a decrease in mean total time of over 0.05 s while walking without the FDS compared with FDS (Table 3). At 3 months, there was no significant effect (p < 0.025, N = 7) in mean total time while walking without the FDS compared with FDS (Table 3). No participants showed a change in mean total time greater than 0.05 s.



Swing Time

There was no significant effect of device but there was a significant effect of duration of use but there was no significant interaction effect using the repeated measures ANOVA. No significant change in swing time was observed between baseline and 3 months with the use of FDS (Table 3). The results show that at 3 months compared to baseline with the use of FDS, participants 1, 2, 3, 5, 6, and 7 showed a decrease in mean swing time (Table 3). Also, at 3 months compared to baseline without the use of FDS, participants 1, 2, 3, 5, 6, and 7 showed a decrease in mean swing time (Table 3).

At baseline, the mean swing time increased for participants 1, 2, 5, 6 and decreased for subject 7 with use of FDS compared to without use of FDS (Table 3). At 3 months, the mean swing time increased for participant 3 with use of FDS compared to without use of FDS (Table 3).



Correlation Between Toe Displacement and Speed

All conditions showed no significant Pearson’s r correlation between toe displacement and speed (With FDS- Baseline: r = 0.07, p > 0.05, df = 5 Without FDS- Baseline: r = 0.20, p > 0.05, df = 5 With FDS- 3 Months: r = 0.62, p > 0.05, df = 5 Without FDS- 3 Months: r = 0.44, p > 0.05, df = 5). However, high positive correlation was observed between toe displacement and speed at 3 months with FDS compared to without FDS (Figure 6).
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FIGURE 6. Correlation between toe displacement and speed of the affected side with and without FDS at baseline and 3 months.





Temporal and Spatial Symmetry

There was no significant effect of device (i.e., with and without device [F(1,6) = 5.724, p > 0.005, N = 7], Cohen’s d effect size = 0.48) or duration of use (i.e., baseline to 3 months[(F(1,6) = 1.871, p > 0.05, N = 7]), Cohen’s d effect size = 0.24)and there was no significant ([F(1,6) = 3.426, p > 0.05, N = 7], Cohen’s d effect size = 0.4) interaction effect using the repeated measures ANOVA on temporal symmetry (Figure 7a). Overall, temporal asymmetry was higher with FDS at baseline compared to without FDS in participants 1, 2, 5, and 7. At 3 months, subject 4 showed higher asymmetry with FDS compared to without FDS, while subject 6 showed higher asymmetry without FDS compared to with FDS. Participants 2, 3 and 7 showed decreased asymmetry from baseline to 3 months without FDS. Participants 4 and 6 showed increased asymmetry from baseline to 3 months without FDS.
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FIGURE 7. (A) Overall asymmetry of the affected side with and without FDS at baseline and 3 months. (B) Spatial asymmetry of the affected side with and without FDS at baseline and 3 months. (C) Correlation between temporal asymmetry and speed of the affected side with and without FDS at baseline and 3 months. (D) Correlation between spatial asymmetry and speed of the affected side with and without FDS at baseline and 3 months.



There was no significant effect of device or duration of use using the Friedman Non-parametric test (p > 0.05) on spatial symmetry (Figure 7b). Spatial asymmetry was higher with FDS at baseline compared to without FDS for participants 2 and 7. Subject 1 showed decreased asymmetry with FDS at 3 months compared to without FDS, while participants 3, 4, and 5 showed increased asymmetry at 3 months with FDS compared to without FDS. Participants

3, 4, and 5 showed decreased asymmetry from baseline to 3 months without FDS.

No significant Pearson’s r correlation was observed between temporal asymmetry and speed in all conditions (With FDS- Baseline [r = 0.01, p > 0.05, df = 5], with FDS- 3 Months [r = 0.49, p > 0.05, df = 5] without FDS- Baseline. [r = 0.481, p > 0.05, df = 5] and without FDS- 3 Months[r = 0.261, p > 0.05, df = 5]) (Figure 7c).

Significant Pearson’s r correlation was observed between spatial asymmetry and speed at without FDS- 3 months [r = 0.76, p < 0.05, df = 5] (Figure 7d). No significant correlation was observed between spatial asymmetry and speed in the other conditions (With FDS- Baseline [r = 0.46, p > 0.05], Without FDS- Baseline [r = 0.481, p > 0.05, df = 5] With FDS- 3 Months [r = 0.49, p > 0.05, df = 5]).




DISCUSSION

Children and adolescents with foot drop have difficulty clearing their foot off the floor during swing, hence producing inefficient gait with altered gait kinematics and interlimb symmetry. This, in turn, results in reduced speed and step length, and increased gait cycle duration when walking. Current research is focused on reducing these deficits with the use of FDS, and on understanding both the orthotic and therapeutic effects of FDS. In this study, the efficacy of FDS usage for 3-month was investigated by evaluating the changes in mechanistic outcomes such as kinematics, inter-limb asymmetry, and functional outcomes such as speed, step length, and gait cycle duration. This study evaluates mechanistic parameters, using outcomes such as symmetry and toe displacement, which have not been considered in other research investigating FDS in children. Following the use of FDS, increased dorsiflexion of the ankle was observed, aiding in foot clearance. While no significant increase in speed or step length was found, a correlation between toe displacement and speed, and between spatial asymmetry and speed was observed.

The results showed that participants increased their toe displacement with FDS compared to without FDS, demonstrating that the FDS device is assisting in clearing the foot, as shown in Figure 5A. This is further supported by the mean dorsiflexion angle during swing (Figure 2), where the mean ankle angle with FDS is greater than the angle without FDS by over 3 degrees, as Winter et al. showed that a small change in dorsiflexion angle could have a considerable effect on toe displacement (Winter, 1992). These results are also in accordance with the results observed by other researchers (Van Der Linden et al., 2008; Prosser et al., 2012; Damiano et al., 2013), who found that using FDS produced increased dorsiflexion during swing phase in children. Further, a similar orthotic effect of increased dorsiflexion was also observed with percutaneous electrical stimulation (Pierce et al., 2004a,b; Postans and Granat, 2005). Additionally, an adaptive effect was observed from baseline to 3 months, where both mean dorsiflexion and toe displacement increased with the use of FDS. This could be due to the participants adapting to the FDS with time. This effect may partially explain the decrease in temporal and spatial symmetry, and walking speed with FDS compared to without FDS in some of the participants at baseline.

Though some of the participants showed an increase in walking speed at the 3-month visit when walking with the FDS compared to without FDS, they did not exhibit any statistically significant change in walking speed between conditions as shown in Figure 5B. This result is in concordance with Prosser et al., where they showed an increase in dorsiflexion angle but no statistically significant change in walking speed after a 3-month intervention with FES in “free- and fast-speed” trials (Prosser et al., 2012). Similar results were also observed by Orlin et al. with percutaneous stimulation, where they achieved improvements in kinematics but no significant change in walking speed (Orlin et al., 2005). Bertoti et al. reported a step length increase in a child with CP after 7 months of gait training with percutaneous stimulation, but no change in walking speed (Bertoti et al., 1997). One possible explanation for the lack of significant changes in walking speed could be that most of the participants in the study were already ambulating with a healthy walking speed at the time of enrollment, which limited further significant improvement. Unlike results from research in adults with hemiplegia post-stroke, where adult participants presented with slower walking speeds and have shown significant increases in speed after the use of FDS (Burridge et al., 1997). Based on our study, we can infer that walking speed in itself might not be an indicator of the deficit or of the recovery in certain populations with walking impairments. Hence, other mechanistic outcomes need to be used to better understand the deficit and recovery that may take place.

A positive correlation (r = 0.62) between toe displacement and speed was observed with the use of FDS and a moderate correlation (r = 0.44) without FDS at 3 months. This could indicate that an increase in toe displacement may be a contributing factor to the observed increase in walking speed. These results were not statistically significant which could be due to the small sample size, however, the trend could be clinically important. After continuous use of the FDS, some participants increased mean ankle dorsiflexion even while walking without the FDS from baseline to 3 months during the swing phase (Figure 2B), and 4 out of 7 participants increased toe displacement (Figure 5). These effects, however, were not statistically significant and also were not observed in all participants. These clinical improvements while walking without FDS in some participants may indicate that continuous use of the FDS may have resulted in a therapeutic effect but a larger sample is required to further conclusively prove the effect of duration of use.

Spatial asymmetry and speed showed a negative correlation in all conditions, suggesting that an increase in speed is associated with a decrease in spatial asymmetry. The negative correlation was higher at 3 months compared to baseline indicating that a decrease in asymmetry could have contributed to the increase in speed. Though there was no change in step length on the affected side, the symmetry between the two legs improved, indicating that the step length of both legs became more equivalent. Studies on hemiparetic gait have reported that temporal asymmetry is more of a predictor of walking speed than spatial asymmetry (Lin et al., 2006; Balasubramanian et al., 2007; Patterson et al., 2008, 2010; Nadeau, 2014); however, in this study, temporal asymmetry showed a lower correlation with speed compared to spatial asymmetry.

Prior to the start of the study, all the participants were exclusively relying on an AFO for community ambulation to prevent foot drop. In growing children and adolescents, AFOs needs to be fabricated multiple times, thus increasing the incurred expense over time. On the contrary, a FDS device that can be affordably adjusted to accommodate for user growth rather than being periodically replaced might be a more cost-effective solution for foot drop. In addition, the results of this study indicate the potential of FDS to providing not only an orthotic effect to the wearer but also a therapeutic effect as well, without the ROM restriction of an AFO.

A potential limitation of the current study is that participant activity in the community was not monitored. It is possible that increased activity in the community while wearing the FDS device could provide additional therapeutic advantage over time since increased steps would positively correlate with increased stimulation dosing. Researchers did not want to adjust participant behavior so no instructions were provided to increase community ambulation, instructions for community utilization were to wear the FDS device as much as possible while at home and in the community. Additionally, FDS device compliance and usage was not standardized throughout the investigation. Therefore, the individual clinical benefits from wearing the device may be related to device adoption or use. The combination between community ambulation and device usage is important to consider when evaluating the clinical benefits of FDS. In this pilot investigation, evaluating the effect of FDS in pediatric population, we were able to begin to identify relevant outcomes to consider in pediatrics when deciding if a FDS is appropriate for clinical use. Another limitation of this research is the limited sample size. The data indicated some promising results for orthotic and therapeutic effects that should continue to be explored in a larger sample.



CONCLUSION

This study indicates that there is an orthotic effect of increased dorsiflexion and toe displacement during swing with the use of the FDS in children with hemiplegia. Further, the study suggests that there could be a potential long-term effect of increased dorsiflexion during swing with continuous use of FDS. The current results are promising, but future studies with a larger sample in a controlled environment would be required to further understand the efficacy of the FDS in children and adolescents and to confirm any training effect conclusively.
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In recent years, advanced technologies featuring wearable powered exoskeletons and neuromodulation of lumbosacral spinal networks have been developed to facilitate stepping and promote motor recovery in humans with paralysis. Here we studied a combined effect of spinal cord electrical stimulation (SCES) and exoskeleton walk training (EWT) during an intensive 2-week rehabilitative protocol in spinal cord injury individuals (n = 19, American Spinal Injury Association Impairment Scale (AIS) A-11, B-5, C-3). The purpose of this study was to evaluate the compatibility of methods and to explore the main effects of combined SCES and EWT. All participants had a chronic state of paralysis (1–11 years after trauma). In addition, in the control group (n = 16, AIS A-7, B-5, C-4), we performed EWT without SCES. For EWT, we used a powered exoskeleton (ExoAtlet), while stability was assisted by crutches, with automatic arrest of stepping if excessive torques were detected. SCES was applied to the level of the mid-lumbar cord over the Th12 vertebra at 1 or 3 pulses/s (4 individuals with severe spasticity were also stimulated in an anti-spastic mode 67 pulses/s). The vertical component of the ground reaction force was recorded using the F-Scan system at the onset and after training with SCES. EWT with SCES significantly increased the foot loading forces, could decrease their asymmetry and 8 out of 19 subjects improved their Hauser Ambulation Index. The anti-spastic mode of stimulation also allowed individuals with severe spasticity to walk with the aid of the exoskeleton. Participants reported facilitation when walking with SCES, paresthesia in leg muscles and new non-differential sensation of passive motion in leg joints. Neurological examination showed an increase of tactile (7) and/or pain (7) sensation and an increase of the AIS motor scale in 9 individuals, including both incomplete and complete paralysis. Improvements in the neurological scores were, however, limited in the control group (EWT without SCES). The results suggest that SCES may facilitate training and walking in the exoskeleton by activating the locomotor networks and augmenting compensative sensitivity.
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INTRODUCTION

In the last decade, interest has grown around the use of exoskeleton-induced walk for the rehabilitation of paralyzed patients. Exoskeletons (Exo) have been shown to enable over-ground weighted walking and gait training for the mobility impaired persons, particularly for individuals with spinal cord injury (SCI) (del-Ama et al., 2012; Sylos-Labini et al., 2014; Onose et al., 2016). Single case reports of supplemental functional stimulation of leg muscles (Ekelem and Goldfarb, 2018) and spinal cord neuromodulation (Gad et al., 2017) during Exo-assisted gait have shown improved kinematics and muscle activity patterns in motor complete SCI individuals. Nevertheless, the efficacy of Exo training for individuals with SCI is still under discussion (Contreras-Vidal et al., 2016; Fisahn et al., 2016; Scivoletto et al., 2019).

Earlier works suggested a beneficial effect of spinal cord electrical stimulation on activating spinal locomotor circuits (Dimitrijevic and Larsson, 1981; Shapkov et al., 1996) and controlling spinal spasticity (Richardson and McLone, 1978; Siegfried et al., 1978; Vodovnik et al., 1984). The effectiveness of different stimulation parameters has also been explored (Iwahara et al., 1992; Dimitrijevic et al., 1998; Shapkova, 2004). In our clinic, for more than 25 years we have been developing a method of transcutaneous spinal cord electrical stimulation (SCES) to activate the neuronal locomotor networks in paralyzed individuals (Shapkov et al., 1996; Shapkova and Schomburg, 2001; Shapkova, 2004). In particular, we demonstrated that application of tonic (either epidural or transcutaneous) electrical stimulation at the mid-lumbar enlargement (about L3-L5 spinal segments, Th12 vertebrae) could evoke well-coordinated, alternating, step-like movements in individuals with complete and incomplete paralysis (Shapkova, 2004). Because the frequency of “stepping” was generally independent of the SCES frequency and rhythmic movements could continue for many cycles after the end of stimulation, the induced activity was considered to be centrally generated by activating the spinal pattern generation circuitry. Using such approaches, many researchers have put significant effort into assessing and modulating the functional state of the spinal locomotor circuits in humans (Mayr et al., 2016; Ivanenko et al., 2017; Gill et al., 2018; Hofstoetter et al., 2018; Taccola et al., 2018; Wagner et al., 2018; Megía García et al., 2020). Similar concepts have been developed using animal models (Musienko et al., 2012; Lavrov et al., 2015; Wenger et al., 2016). Epidural stimulation is typically more localized and requires less current of stimulation, while transcutaneous stimulation is non-invasive, although both techniques seem to largely activate the posterior root fibers (even if it is difficult to fully rule out that the stimulation is also acting on the neural circuitry in the cord) (see Hofstoetter et al., 2018 for a review). Since common neural structures are activated by epidural and transcutaneous lumbar spinal cord stimulation with a similar effect (Hofstoetter et al., 2018), the use of non-invasive SCES has become widely spread over for both basic and clinical research (Shapkova, 2004; Gerasimenko et al., 2015; Hofstoetter et al., 2015; Mayr et al., 2016; Solopova et al., 2017; Barroso et al., 2019).

In the context of looking for adaptive therapies for entraining the spinal locomotor circuitry, it may be of interest to explore the effect of combined interventions since the efficiency of SCES at rest might be limited without a concurrent locomotor function training, which may entrain activity-dependent plasticity of spinal neuronal networks. A combination of two highly intensive methods, such as powered exoskeleton walk training (EWT) and spinal cord electrical stimulation, stimulating afferent and efferent inputs within a functional task, may lead to effective neural plasticity that provides a basis for recovery. Therefore, the purpose of this study was to evaluate the compatibility of methods and to explore the main effects of combined SCES and EWT. To this end, thirty five participants with complete and incomplete SCI were enrolled in this exploratory study and were grouped according to the stimulation (frequency of SCES) method.



MATERIALS AND METHODS


Participants

Thirty five adults with traumatic chronic SCI participated in this study (10♀, 25♂, post-trauma period from 1 to 11 years). Figure 1A illustrates a general scheme of participants’ groups and Table 1 shows the characteristic of participants. The criteria for inclusion were: SCI with paralysis estimated as class A, B, or C of American Spinal Injury Association Impairment Scale (AIS); decompression and stabilization of spine in anamnesis, confirmed by MRI and/or CT data; post-trauma period more than 12 mo; age within 18–55 years; ability to stand for 30 min without pathological orthostatic reactions; high motivation to motor recovery; written informed consent to participate in the study. The exclusion criteria were: low extremities’ bone fractures within post-trauma period; the thrombosis in the vessels of lower extremities (ultrasound or Doppler data); decubitus or maceration of the skin; other neurological diseases. All subjects gave written informed consent. This study was reviewed and approved by the Ethics Committee of the Saint-Petersburg State Research Institute of Phthisiopulmonology and carried out in accordance with the Declaration of Helsinki.


TABLE 1. General information about the participants of the study.
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FIGURE 1. Experimental setup. (A) General scheme of participant groups and corresponding inclusion criteria. (B) Wearable powered exoskeleton (left) and an example of walking in the exoskeleton in the SCI participant (P12, AIS B, 11 years post-injury, see Table 1) without the assistance of the physiotherapist at the end of 2-week training (written informed consent was obtained from the individual for the publication of this image). The exoskeleton is attached to the wearer at five main locations: footplate, shank, thigh, pelvis, and torso. In each leg, hip flexion/extension and knee flexion/extension) are powered by actuators, providing appropriate kinematics of joint angle motion, 8 different walking modes and 3 speeds (corresponding to the cycle duration of T = 3, 4, or 5 s), and an automatic arrest of stepping if excessive torques are detected. (C) Schematic illustration of electrode placements.


Nineteen volunteers [4♀, 15♂, 31.2 ± 8.6 years (mean ± SD)] performed EWT with SCES (Groups 1–3). Fifteen participants had a lesion at thoracic level, two participants at thoracic-lumbar level, two participants at low-cervical level with partly/mostly saved functions of the arms. According to ASIA standards, neurological state of participants was estimated as class A (11), B (5), and C (3) (Table 1). The functional mobility of participants varied from 0 to 7 (3.7 ± 1.7, Rivermead Mobility Index), activities of daily living – from 8 to 90 (on average 57.8 ± 20, Barthel Index). For ambulation, all subjects used a wheelchair: ambulation was estimated as 8 and 9 by the Hauser Index (restricted to wheelchair) in 13 individuals, and as 7 (walking limited to several steps with bilateral support, less than 8 m, using a wheelchair for most activities) in 6 persons.

Sixteen participants (6♀, 10♂, 33.3 ± 9.3 years, AIS A-7, B-5, and C-4 individuals) performed EWT without SCES (Group 4, 12 training sessions), with similar inclusion/exclusion criteria and limitation for the level of spasticity MAS ≤ 3 (Modified Ashworth Scale). Most participants had a lesion at thoracic level (n = 12), three at thoracic-lumbar level, and one at low-cervical high-thoracic level with mostly unimpaired functions of the arms. The functional mobility of participants varied from 2 to 4 (3.1 ± 0.6, Rivermead Mobility Index), activities of daily living – from 40 to 90 (on average 63.4 ± 13.8, Barthel Index), and the Hauser Ambulation Index was estimated as 7 (7) and 8 (9) (Table 1).



Walking in the Exoskeleton

Wearable exoskeleton ExoAtlet Global is designed to empower lower limb disable people to walk on level ground (European patent WO 2017/069652 A1, Berezij et al., 2017)1. The exoskeleton weighs 23 kg including battery and it bears its own weight by transferring the weight via its footplates to the ground. It is attached to the wearer at five main locations: footplate, shank, thigh, pelvis, and torso (Figure 1). Its shank, thigh and foot segment lengths and pelvic widths can be accommodated to different subject height/statures (weight up to 100 kg and height 1.55–1.95 m). Footplates are made of carbon fiber to host human feet (Figure 1B) so that one degree of freedom (ankle dorsi/plantar flexion) is passively sprung with certain stiffness (150 Nm/rad). The control of the exoskeleton is initiated/performed via a PC tablet or a “smart crutch” for experienced users. The control system of the ExoAtlet is unique and allows different functions and control modes: it collects data from body angles, allows to set the height and length of the step, sitting, performing sit-to-stand, standing still, stepping in place, level walking with different cycle durations, walking on angled surface, stepping over obstacles, and comfortable walking up and down stairs (Berezij et al., 2017; Pais-Vieira et al., 2020). Comparative characteristics of the exoskeleton ExoAtlet can be found in a review (Onose et al., 2016). In each lower limb, hip flexion/extension and knee flexion/extension are powered by actuators, providing appropriate kinematics of joint angle motion. The walking trajectories during the swing phase (reference joint angles) were defined based on ensemble-averaged walking patterns of 8 neurologically intact individuals during normal overground walking at the natural self-selected speed, recorded by means of a 16-cameras Vicon system at 120 Hz (Oxford, United Kingdom) (Berezij et al., 2017). The swing phase durations were similar across conditions, however, other parameters could vary in order to allow the SCI participants to incrementally increase their performance with training by selecting shorter cycle durations and/or longer stride lengths. Hip and knee flexion angles were decreased (scaled) during swing (relative to the reference trajectories recorded in neurologically intact individuals) to ensure more stable walking of paralyzed individuals, so that the selected program for stepping determined the kinematics of the Exo-gait with three different stride lengths (about 0.6, 0.75, and 0.9 m) and three different cycle durations (3, 4, and 5 s). Sensors built into each motor provide an automatic arrest of stepping if excessive torques (exceeding by 40% the reference hip or knee joint torques during walking in the exoskeleton in neurologically intact individuals) are detected (Berezij et al., 2017). The reference hip/knee joint torques were defined based on ensemble-averaged joint torques of neurologically intact individuals walking in the exoskeleton, recorded by means of torque sensors of the exoskeleton (Berezij et al., 2017). The exoskeleton was designed to walk with crutches (since it cannot provide full balance), which can bear a significant portion of body weight since SCI individuals use their upper limbs and body to assist foot loading and stepping. The design also included two rear handholds for one or two assistants for physical help and/or safety (typically used in the initial sessions but not for advanced pilots, see Supplementary Videos). An example of walking in the exoskeleton in the SCI subject before and after EWT with SCES is illustrated in Figure 1B and Supplementary Videos.



Electrical Stimulation of the Spinal Cord

The stimulation method is thoroughly described in our previous studies (Shapkova and Schomburg, 2001; Shapkova, 2004). SCES was applied to the level of the mid-lumbar cord using the Viking Select stimulator (United States), the pair of conductive self-adhesive electrodes (3 cm× 4 cm) being placed on the skin over the Th12 vertebra (cathode) and centrally on the abdomen (anode) (Figure 1C). Once electrodes were mounted, the participant was placed in the supine position to determine the intensity of SCES. The magnitude of SCES (0.5 ms monophasic square-wave pulses) was about 1.3–1.4 of motor threshold in leg muscles. To determine the motor threshold, the electromyographic (EMG) activity was recorded bilaterally in 4 muscles (RF, rectus femoris; BF, biceps femoris; GL, gastrocnemius lateralis; TA, tibialis anterior), and the stimulation intensity was adjusted using 3 mA increments until a response was observed in at least 4 muscles (in some SCI individuals, not all muscles could be activated, see section “Results”). EMG activity was recorded at 2 kHz using bipolar surface electrodes (Nicolet Viasys Viking Select EMG System, United States). If leg muscle responses were low/absent or required too high amplitude currents (>70 mA), we considered the visible response of the abdominal muscles (multisegmental muscle responses were absent in two participants). In the anti-spastic mode, the magnitude of SCES was below the motor threshold. All SCES-procedures were painless. Some participants had previous experience of SCES and/or EWT (Table 1). We grouped participants according to the frequency of SCES (Table 1) and below we summarize the experimental procedure.

For our tasks, we set the frequency of SCES to 1 (Group 1), 3 (Group 2), and 67 (Group 3) pulses/s. In addition, in the control group (Group 4), we performed EWT without SCES. A general scheme of participant groups is illustrated in Figure 1A. First (in the preliminary study), in Group 1 of participants (Figure 1A and Table 1), with SCES at 1 pulse/s, we evaluated the compatibility of EWT and SCES in the context of potential disturbing influences and benefits, taking in account its strong influence on excitability of motor neurons and potential disturbing effects on body balance. Indeed, electrical stimulation per se may evokes perceptual or mechanical disturbing effects (for instance, it stimulates erector spinae and abdominal muscles), as well as even low frequency stimulation at 1 Hz may facilitate motor responses (Shapkova, 2004; Solopova et al., 2014). The rationale for using SCES at 3 pulses/s (Group 2, main study, Figure 1A) was to activate the spinal pattern generator networks (Shapkova and Schomburg, 2001; Shapkova, 2004). This frequency has been shown also to be effective in evoking stepping in the decerebrate cat (Iwahara et al., 1992). However, in the first session, two participants from the preliminary study and two participants from the main study were unable to use the exoskeleton because of severe spasticity (MAS 4) since the exoskeleton arrested after a few steps. These participants were excluded from Group 1 and 2, and formed Group 3 (Figure 1A). In this group, to perform EWT, we applied an anti-spastic SCES at 67 pulses/s beginning from the second or third session. After 2–3 sessions with 67 pulses/s, we used an alternating (changing every 10 min) stimulation at 67 pulses/s (to suppress spasticity, Pinter et al., 2000; Hofstoetter et al., 2014) and 3 pulses/s (to activate spinal locomotor networks, Shapkova, 2004). Using this stimulation method, they were able to complete the whole training program (9–11 training sessions with a comparable session duration as in Group 1 and 2, Table 1) and were included in the analysis as Group 3.



Exoskeleton Walk Training With SCES

The study included short (∼2 weeks) intensive rehabilitative period of exoskeleton walk training with transcutaneous electrical stimulation of the spinal cord. All subjects received daily 40 min SCES in the stationary (supine) position prior to the EWT session. All participants were clinically stable at the time of examination and capable of walking in the exoskeleton with crutches and with the assistance of physiotherapist. The novices begun the course with learning to wear the exoskeleton, to stand up and sit down, to stand with crutches, to step in place and to walk straight. In the initial sessions, they required assistance by two or three physiotherapists. The number of sessions needed for novices to achieve independent stable walking with the exoskeleton was about 3–6 (Table 1). When a participant demonstrated stable walk with one assistant for safety (from the 3–6 session for novices, and from the first or second session for experienced exoskeleton walkers), electrical stimulation of the spinal cord was applied during EWT. On average, the total number of sessions over the 2 weeks of training was 7–15 depending on the subject, and the total duration of walking in the exoskeleton was ∼250–300 min. Participants in each group received about 8 sessions (range 6–10) of combined EWT and SCES (Table 1). The total session duration (wearing the exoskeleton), the duration of walking and the maximal non-stop walk duration per each subject are described in Table 1.



Neurological Examination and Biomechanical Measurements

Spinal cord injury participants were admitted to the hospital for the purposes of this study and were submitted to neurological evaluation, routine radiological and neurophysiological tests. Radiological tests included available neuroimaging techniques of the spine and the spinal cord (CT, MRI). Neurological examination was performed before and after the training course using the American Spinal Injury Association Impairment Scale (AIS), spasticity – by the Modified Ashworth Scale (MAS), and ambulation was estimated using the Hauser Ambulation Index (HAI). Spinal motoneurons excitability was assessed by evaluating H-reflex responses (in the lateral gastrocnemius muscle of both legs), and the multisegmental muscle responses (in the rectus femoris, biceps femoris, lateral gastrocnemius, and tibialis anterior) to the electrical stimulus (0.5 ms) applied between vertebras Th11-12 (Emeliannikov et al., 2016). The GL H-reflex was evoked by stimulation of n. tibialis in popliteal fossa (0.5 ms). H-reflex and multisegmental muscle responses were recorded consecutively, without changing EMG electrodes position, on diagnostic complex Viking Select (Nicolet, United States). For the H-reflex, the peak-to-peak amplitude of the M-wave (over the 5–20 ms period after the stimulus) and the H-reflex (25–60 ms after the stimulus) was calculated from each sweep (Solopova et al., 2003; Emeliannikov et al., 2016). Using 5 mA increments, the stimulation intensity was incrementally adjusted from 5 mA to ∼100 mA and the Hmax/Mmax ratio was also computed.

The vertical component of the ground reaction force was recorded in 13 participants by means of in-shoe sensors using the F-Scan System (Tekscan, United States) in two circumstances: the first time when the participants were able to perform stable exoskeleton-induced walking with one assistant for safety and second time after 6–7 sessions of training in the presence of SCES. The individual sensor elements of the F-Scan System were elastic and arranged in a matrix insole. The local vertical force sensed by each element was recorded at 100 Hz. The insole was interposed between the participant’s foot and the sole of the shoes. Before each trial, the mean level of each sensor was measured while the foot was unloaded (lifted) for 3–5 s and this value was used as a zero level. A measure for asymmetry index (ASI) (Kim and Eng, 2003; Aruin and Kanekar, 2013) was used to assess the GRF right-left symmetry (absolute value) between the participant’s left (L) and right (R) limbs:

ASI = abs(L-R)/[0.5 × (L + R)] × 100% (1)

An ASI = 0 represents perfect symmetry. The max vertical feet loading (normalized to the body weight and averaged across strides, left and right side being pooled together) was also calculated.

Effects of EWT (with and without SCES) were assessed based on the results of neurological examination at the beginning and at the end of course (performed by an independent neurologist, not involved in the study). Due to unique individual variability, idiosyncrasies and the relationship between clinical factors and the extent to which rehabilitation potential is realized, some additional method details for individual subjects are provided in the Results. The descriptive statistics included means and standard deviation of the mean (SD). Repeated measures analysis of variance (RM ANOVA) was used (after determination that the data were normally distributed, Kolmogorov-Smirnov test) to assess the effect of EWT with SCES on changes in the foot loading force when walking in the exoskeleton with crutches. Given the heterogeneity of the sample and the treatments given, we mostly showed averaged data and we indicated individual neurological scores for all participants and groups. The characteristics of participants, neurological evaluation and durations of training are described in Table 1.




RESULTS


Learning to Walk in the Exoskeleton

While experienced exoskeleton walkers received SCES starting with the first or second session, novices required several sessions of training with the exoskeleton before we could apply SCES. After positioning the SCI participants in the upright posture, first, they were asked to learn to perform stepping in place movements and maintain balance while alternatingly loading the crutches with their upper limbs. After learning stepping in place movements, they were asked to walk forward along a 30-m walkway and could incrementally increase their performance with training. Specifically, we started EWT with the cycle duration 4–5 s and the shortest stride length (∼0.6 m). If the participant succeeded with stepping, we asked whether it would be comfortable for him/her to walk faster (i.e., to decrease the stride duration to 4 and 3 s and increase the stride length to ∼0.75 or 0.9 m) and, accordingly, we incrementally increased the walking speed throughout the course of 2-weeked EWT. Typical total duration of the experimental session was ∼1 h (Table 1). All subjects showed strong motivation since the first trial and throughout testing.

While the kinematics of Exo-gait was determined by the appropriate control of the exoskeleton actuators (Berezij et al., 2017), its functioning also depended on the interaction between the exoskeleton program and activity of a pilot, who could “follow” or “resist” stepping performance. The exoskeleton contained multiple force sensors and the control program provided an automatic arrest of walking if excessive torques were detected. In this case, the control of the exoskeleton changed to the posture maintenance mode (fixed joint angles) preventing the subject from falling. Thus, there was a period of “learning” for the subject to produce a minimal influence on the robot and SCI participants first performed standard training of walking in the exoskeleton (without SCES) to achieve stable gait. In fact, the duration of non-stop walk was shorter in the first sessions with respect to the final sessions (see below). All SCI participants were able to walk in the exoskeleton with crutches and/or assistance of two or three physiotherapists in the initial sessions. When they accomplished relatively stable walking with one assistant for safety (after a few training sessions), SCES was applied during EWT in all remaining sessions. The participants of Group 3 accomplished walking in the exoskeleton only using an anti-spastic SCES at 67 pulses/s (or an alternating, changing every 10 min, stimulation at 67 pulses/s to suppress spasticity and 3 pulses/s to activate spinal locomotor networks).



Foot Loading in SCI Individuals During Walking in the Exoskeleton

Spinal cord injury participants achieved the control of balance holding the crutches, as well as being assisted by the physiotherapists in the initial sessions (see Supplementary Videos). During Exo-walking, the body weight is distributed between the feet and crutch support. The beginners rely more on crutches, whereas with experience the participants increase loading on the feet. An example of foot pressure recordings is illustrated in Figures 2A,B for subject P5 (AIS A). Note a significant increase in foot loading following EWT with SCES (Figures 2A,B). Local loadings of the plantar side of the foot were variable for different subjects. The coefficient of variation in the max foot loading across strides was similar before [7.5 ± 2.6% (mean ± SD across subjects)] and after (6.9 ± 2.5%) the training course though the GRF right-left asymmetry index (ASI) decreased from 25 ± 16% (range 3–60%) to 15 ± 9% (range 3–33%). However, overall, there was a significant increment of the max feet loading after 2 weeks of exoskeleton walk training with SCES across all subjects (RM ANOVA, F = 16.2, p = 0.001, n = 13, Figure 2C), likely related to a lesser support of the body weight by crutches and increments in the walking speed/cadence after training.
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FIGURE 2. Foot loading characteristics. (A) An example of plantar pressure recordings at the end of the stance phase (during maximum foot loading of the right leg and of the left leg) in subject P5 (AIS A, fracture at Th10-12, 6 years post-trauma) during the initial test (2nd session, left panel) and after EWT with SCES (8th session, right panel). (B) Vertical component of GRF (Fz) expressed in% of body weight (BW) during the stance phase (averaged across 12 strides) in the same subject. (C) Max vertical foot loading force across all recorded subjects (mean + SD, n = 13, left and right foot data were pooled together) during the initial test and after a short course of EWT with SCES (asterisk denotes significant difference, RM ANOVA, F = 16.2, p < 0.001, n = 13). Note more symmetrical loading of both feet (A) and a significant increase in the foot loading (C) following EWT with SCES.


The time course of the net vertical ground reaction force varied across participants, from a simple bell-shaped trajectory (with the timing of the maximum force around midstance, Figure 2B) to a two-peaked profile with the two maxima at the beginning and the end of stance. The latter profile has an apparent similarity with the shape of the vertical GRF force curve during normal over-ground walking or at moderate levels of body weight support in neurologically intact individuals (Ivanenko et al., 2002), but it cannot be interpreted in the same way because of the extra support by crutches and/or a more “passive” nature of foot loading forces in SCI individuals (e.g., a lack of the power in the ankle joint extensors at the end of stance). For instance, the distribution of foot pressure at the end of the stance phase in most paraplegic subjects showed typical loading on both forefoot and heel areas (Figure 2A), while the anterior-posterior center-of-pressure excursion is substantial in neurologically intact individuals during stance and results in merely forefoot loading at push-off (Ivanenko et al., 2002).



Facilitation of Exoskeleton-Induced Walking and the Effect of Training

The most evident effect of SCES on stepping was observed in Group 3 (MAS∼4). In participants with severe spasticity, it was typically difficult to start the training session since the exoskeleton automatically stopped after a few steps due to an excessive resistance (Figure 3, upper panel). In two participants, muscle spasms occurred during the sit-to-stand transition before the Exo-walk started. To prevent this, the participants first donned the exoskeleton in the supine position and then we placed them directly to the upright position avoiding a sit-to-stand maneuver. The application of SCES in the anti-spastic mode (67 pulses/s) immediately increased the number of Exo-steps (Figure 3A, lower panel). With training, the duration of the non-stop step sequences gradually increased (Figure 3B). In the first session with SCES, subject P16 increased the maximum non-stop duration from 22 to 50 strides and performed 122 strides at the end of the training course. Subject P19 increased the max non-stop duration from 34 to 121 strides beginning from the 3rd session and performed 284 strides (14 min) already in the 4th session. Subjects P17 and P18 performed up to 32 and 40 min of non-stop walking at the end of EWT.
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FIGURE 3. Facilitation of stepping with SCES (in the anti-spastic mode) in subject P16 with severe spasticity (AIS B, MAS 4). (A) Examples of vertical GRF in the 4th session of EWT (1st session with SCES) without (upper panel) and with (lower panel) SCES. Each panel shows 2 attempts of stepping in the exoskeleton (indicated by horizontal lines), corresponding to the initial and final series of alternating foot loading, respectively. Note more steps performed with SCES. (B) Diagram of EWT across 11 sessions: session duration (column as a whole), total duration of walking (oblique stripes) and maximal non-stop walk duration (black). Session (#4), in which SCES started, is marked by a wide arrow. Sessions, in which F-Scan recordings were performed, are marked by thin arrows.


Overall, the average duration of walking in Group 3 did not differ significantly from Group 1 and 2 (Table 1). The max non-stop duration in the Groups 3 and 2 was comparable (23.6 ± 15 min vs. 28.3 ± 8.2 min) and exceeded that of the Group 1 value (10.6 ± 6.7 min). Thus, application of SCES in the anti-spastic mode allowed individuals with severe spasticity to walk in the exoskeleton, and the amount of training within the course was comparable to other groups. Furthermore, it is also worth noting that, in all participants of the Group 3, the level of spasticity decreased after EWT with SCES (Table 1).

The positive effect of training was observed in both motor incomplete and complete paraplegic subjects. Figure 4A illustrates a diagram of training (lower left panel) and an example of changes in the foot pressure characteristics during EWT with SCES (right panels) in subject P4 with incomplete paraplegia. After 6 sessions of training, there was a twofold increase in the amplitude of GRF. Also, after EWT with SCES, P4 subject increased an ability to walk over-ground using a walker for support and balance (without exoskeleton) from 3 to 40 strides. The subject noted the emergence of paresthesia in leg muscles and new “feeling of support” with an increase of sensation (by + 3 AIS score for both light touch and pin-prick, Table 1).
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FIGURE 4. Examples of changes in the foot pressure characteristics during EWT with SCES in subjects with motor incomplete (A) and complete (B) paraplegia. For each example: MRI image, diagram of EWT (same format as in Figure 3B), plantar pressure recordings and vertical foot loading forces (right) during the initial test and after EWT with SCES are shown. Vertical dashed lines on the right panels correspond to the time when plantar pressure distribution patterns are illustrated on the middle panels (corresponding to the maximum foot loading at the end of the stance phase). (A) Subject P4 (AIS C, 2.5 years post-trauma). MRI: structural changes of the spinal cord with post-traumatic gliosis. After 6 sessions of training, there was a twofold increase of the plantar pressure and the amplitude of GRF. Also, P4 subject increased an ability to walk over-ground using a walker for balance (without exoskeleton) from 3 to 40 strides. The subject noted the emergence of paresthesia in leg muscles and new “feeling of support” with an increase of sensation (by + 3 AIS score for both light touch and pin-prick). (B) Subject P12 (AIS B, motor – 3, sensory 103/103, 11 years post-trauma), advanced EXO-walker. MRI: non-structured spinal cord at the level for lumbar enlargement (Th12-L1) with separated neural elements. Complicated L1 vertebral fracture with SC compression. Surgery: SC decompression and instrumental fixation. P12 is actively engaged in sports, as an actual member of the National Russian Paralympic Team in curling. In the first training session with SCES, the subject improved his achievement of non-stop walking in the exoskeleton from 120 min (previous achievement) to 185 min and set the new record. After 6 sessions of training, the pressure under the feet increased and spread to the front part of the foot, and the amplitude of GRF increased from ∼75% BW up to ∼100–105% BW. Wide arrows – sessions in which SCES started, and thin arrows – sessions in which F-Scan recordings were performed.


All participants of the Group 1 and 2 also reported facilitation of exoskeleton walking when SCES was applied. The participants of the Group 1 (SCES at 1 pulse/s) attributed this facilitation to improvements in the sensitivity of the body below the lesion. Group 2 participants (SCES at 3 pulses/s) noted an ability to walk for a greater distance and/or with less fatigue. The latter could be illustrated in subject P12 (Figure 4B). P12 is actively engaged in sports, as an actual member of the National Russian Paralympic Team in curling. In the second training session with SCES, this participant improved his achievement of non-stop walking in the exoskeleton from 120 min (previous achievement) to 185 min and set the new record. After 6 sessions of training, the pressure under the feet increased and spread to the front part of the foot, and the amplitude of GRF increased from ∼75% BW up to ∼100–105% BW (Figure 4B). Also, at the end of EWT, his AIS motor scale increased by 3 points (from 6 to 9, Table 1).



Excitability of Spinal Motor Neurons

Excitability of the spinal motor neurons was assessed by the presence/amplitude of H-reflex responses and by the evoked multisegmental muscle responses to supramaximal electrical stimulus at the level of Th11-12 vertebrae. Figure 5 illustrates an example of such responses before and after EWT with SCES. Excitability of the spinal motor neurons below lesion was observed in most SCI participants. In some subjects we failed to observe muscle responses: M- and H-responses in the lateral gastrocnemius muscle were not detected bilaterally in 2 subjects and the H-response was not found in 5 subjects (bilaterally in 4 subjects and unilaterally in 1 subject). After the training period, we detected the M-response in one of those subjects and the H-response in another one. The magnitude of the H-reflex varied within 0.1–3.2 mV across all subjects, and the Hmax/Mmax ratio – within 0.07-1.0. In 6 participants with an initially low Hmax/Mmax ratio, we observed an increase of this ratio by more than 30% (Figure 5A) and a decrease in 3 subjects with an initially high ratio. Thus, there was a kind of “normalization” of this parameter toward an optimal 0.4–0.6 value after the 2 weeks of training.
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FIGURE 5. Excitability of lumbar motor neurons before and after the course of EWT with SCES assessed by the presence/amplitude of the H-reflex [(A), superposition of 12 records with gradually increased stimulus magnitude in two subjects] and by the evoked multisegmental muscle responses to supramaximal electrical stimulus at the level of Th11-12 vertebrae (B) in subject P7 (AIS A, 2.5 years post-injury). The H-reflex was evaluated in the lateral gastrocnemius muscle and was illustrated for two participants (A): with an initially low Hmax/Mmax ratio (subject P7, upper panels) and with an initially high Hmax/Mmax ratio (subject P2). After the 2 weeks of training, the H-reflex significantly increased in P7 and decreased in P2 (a kind of “normalization” toward an optimal 0.4–0.6 value for the Hmax/Mmax ratio). RF, rectus femoris; BF, biceps femoris; TA, tibialis anterior; GL, gastrocnemius lateralis (R, right; L, left).


Multisegmental muscle responses to the electrical stimulus applied between vertebras Th11-12 allowed to assess the excitability of multiple motor pools (we recorded EMG responses in 8 leg muscles) and they varied across muscles and subjects (0.1–8.5 mV). Multisegmental muscle responses were recorded in 17 subjects and were absent in two participants. They could be evoked in all (14/19) muscles or in the part (3/19) of them, and the number of muscles with evoked responses was the same before and after training. Not all changes in the excitability of different motor pools of the lumbosacral enlargement could be clearly interpreted because of technical reasons (due to some differences in the skin impedance and/or electrode placement). Nevertheless, both methods of the neurophysiological examination showed the excitability of at least a part of motor neurons of motor pools in most SCI subjects.



Changes in the Neurological State

During the course of EWT with SCES, 15 out of 19 participants reported occurrence and subsequent strengthening of paresthesia in leg muscles, new non-differential feeling of passive motion in leg joints and a “sense of support.” In one subject (P4), paresthesia reached the level of pain, interfering with night’s sleep and requiring medication using non-steroidal anti-inflammatory drug injections. Nevertheless, at the request of the subject, EWT with SCES was continued and 2 days later the subject reported an overhauled feeling of “whole legs” instead of mosaic sensations in some parts of the thigh and foot.

Table 1 shows overall changes in the neurological state (AIS, MAS) and locomotor ability (HAI) in all SCI participants after EWT with SCES, and Figure 6 illustrates the proportion of participants with neurological improvements in motor and sensory AIS depending on completeness of spinal cord damage (ASIA-class), time after injury, and frequency of SCES. Neurologic examination at the end of the training course showed an increase in pain sensitivity in 8 subjects, tactile sensitivity in 7 subjects and the leg muscle strength in 9 subjects (Table 1). After training we obtained some motor or sensory improvements in all AIS-C subjects (3/3) and in more than a half of AIS-A (7/11) and B (3/5) subjects (Figure 6A). There was no clear dependence of the rate of neurological progress on the time after injury (Figure 6B), though the progress in motor and sensory AIS seemed to be more often observed in the participants during the period of 2–5 years after injury.
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FIGURE 6. The proportion of subjects with neurological improvements in motor and sensory (LT &PP) AIS after EWT with SCES depending on: completeness of spinal cord damage (A), time after injury (B), and frequency of SCES (C). The number of subjects is also indicated. The data for the group 4 (EWT without SCES) are shown separately and marked in black. LT, light touch; PP, pin-prick. Note a significantly smaller proportion of subjects in group 4 showing improvements in the neurological indicators [especially in SCI (A,B)] with respect to the groups with SCES [(A), see also Table 1].


In Group 1 (stimulation at 1 pulse/s), there were no improvements in the motor scale (Figure 6C, left panel), while in Group 2 (3 pulses/s) and Group 3 (“67 + 3” pulses/s), the proportion of individuals with improvements in the AIS motor scale was comparable (6/9 and 3/4, respectively). After the training course, 8 out of 19 subjects improved the Hauser Ambulation Index (Table 1). Two participants (AIS C), who were initially unable to walk, started to walk using walkers and stopped using a wheelchair when ambulating indoors.

In Group 4 (EWT without SCES), we also observed increments in foot loading with training (68 ± 10% BW before and 89 ± 11% BW after training). However, a substantially smaller proportion of individuals showed improvements in the AIS motor and sensory scales (especially in SCI-A and SCI-B participants) after the course of training with respect to the groups with SCES (Figure 6A, see also Table 1).




DISCUSSION

In this study, we evaluated the compatibility of EWT and tonic electrical stimulation of the lumbar enlargement and explored the main effects of 2-weeked combined SCES and EWT. We explored diverse stimulation parameters and tested 35 individuals with post-traumatic impairment of the spinal cord (Table 1). The results demonstrated that SCES and EWT are well compatible, and SCES may facilitate training and walking in the exoskeleton in SCI individuals by activating the locomotor networks and augmenting compensative sensitivity. Facilitation of stepping with SCES was noticed by all participants, but the nature of such effects requires further investigations.


Benefits of Combined EWT and SCES

There might be several benefits of EWT with a non-invasive SCES in regard to locomotor training on a treadmill with a body weight support. Stepping in the exoskeleton provides a unique opportunity to experience over-ground weight bearing stepping. Moreover, it allows to use the upper body and arm muscles to assist leg movements and to challenge balance control by coordinating the movements between the arms, trunk and lower limbs, thus promoting connections between lumbosacral and cervical enlargements (Sylos-Labini et al., 2014; Gad et al., 2017). Reflex-related activity of lower limb muscles innervated from the spinal segments below the lesion during assisted walking in the exoskeleton (Sylos-Labini et al., 2014; Gad et al., 2017) might also be beneficial for potential gait rehabilitation since there is a relationship between facilitation of segmental reflexes and the ability to recover gait (Dietz et al., 2009; Thompson and Wolpaw, 2014). SCES aims at activating the spinal locomotor networks below the lesion, changing them to a physiologically active state and reinforcing synaptic connections of the spinal pattern generation circuitry and supraspinal-spinal connectivity (Shapkova, 2004; Gill et al., 2018; Hofstoetter et al., 2018; Wagner et al., 2018). Thus, in addition to gait assistive aspects of exoskeleton robotic devices in severely paralyzed individuals, the proposed approach of EWT with SCES may also be beneficial for gait rehabilitation.

After the training course of 2 weeks, the SCI individuals, initially able to ambulate with walkers, increased the walking distance but did not stop to use a wheelchair. The ability to walk 20–30 using a walker for balance did not change significantly their life. However, two participants, who were initially unable to walk, started to walk using walkers and stopped to use a wheelchair indoors. In our understanding, it was a drastic change in their lifestyle and future quality of life.

After 2 weeks of intensive training, we obtained some motor or sensory improvements in all AIS-C subjects (3/3) and in more than a half of AIS-A and B subjects (10/16). We did not find a dependence of the rate of neurological progress on the time after injury (within 1–11 years, Figure 6B). A traditional view and prognosis of chronic SCI is based on extensive atrophy in the spinal circuitries distal to the lesion (Dietz and Müller, 2004) and on limited plasticity and functional recovery after more than a year after a spinal complete lesion. Our findings may challenge a traditional prognosis for chronic SCI. Finally, improvements in the neurological scores were substantially limited in the Group 4 (especially in SCI A and B patients) with respect to the groups with SCES (Table 1 and Figure 6). Nevertheless, since multiple factors might play a role, further investigations are needed to develop personalized neuromodulatory interventions to meet the specific needs of individuals with spinal cord injury (James et al., 2018).



Frequency-Dependent Effects of SCES

The interventions tested included EWT with non-invasive spinal cord stimulation at 1 pulse/s (Group 1, Table 1), 3 pulses/s (Group 2) and high-frequency anti-spastic stimulation (Group 3). The most evident is an anti-spastic effect of SCES at 67 pulses/s. The usage of the spinal cord electrical stimulation to relieve spasticity dates back to the end of seventies (Richardson and McLone, 1978; Siegfried et al., 1978; Vodovnik et al., 1984) and is associated mostly with epidural stimulation (Hunter and Ashby, 1994; Midha and Schmitt, 1998; Pinter et al., 2000). It has been shown that epidural stimulation with the electrodes placed over the lumbar posterior roots in the frequency range of 50 Hz–100 Hz can significantly suppress severe lower limb spasticity (Pinter et al., 2000). The effect was accounted for by changes in the excitability of neural circuits in the lumbar spinal cord through continuous posterior root activation. Technologies with the implantation of anti-spastic stimulants have demonstrated moderate efficacy as compared to their high cost and did not find a widespread application. Nowadays, after obtaining evidence of a comparable effect of epidural and percutaneous electrical stimulation (Hofstoetter et al., 2018), an interest in the anti-spastic electrical stimulation has been revived (Hofstoetter et al., 2014). Despite some technical differences between our method and the one described by Hofstoetter et al. (2014) in the location of the electrodes and stimulation frequency (67 vs. 50 pulses/s), both methods are based on the same principle and produce similar anti-spastic effect. The application of SCES in the anti-spastic mode had an immediate effect on the number of non-stop steps and facilitated stepping in the exoskeleton (Figure 3), with some improvements in the motor and sensory AIS after 2 weeks of training (Figure 6C).

Spinal cord electrical stimulation at 1 pulse/s is routinely used in our clinic to increase excitability of motor neurons in flaccid paralysis. In this study, the frequency of 1 pulse/s (Group 1, Table 1) was chosen to test a possible disturbing effect of SCES on the exoskeleton-induced walking. Despite the magnitude of stimulation exceeded the motor threshold and the sensitivity to stimulus increased with the number of sessions, no subject reported any disturbances associated with SCES. The subjects noticed “the returning feeling of the lower body or the whole leg instead of the part of it” and a new feeling of ground support. Subjective impressions of participants were supported by the results of the neurological examination: in Group 1, improvements in sensitivity were found more often as compared to Group 2 (Figure 6C, middle panel). Based on these observations, we suggest that such stimulation gives a greater impact on sensitivity rather than results in improvements in the motor scale (Figure 6C).

For EWT with SCES at 3 pulses/s, we assumed to activate the spinal locomotor networks and/or potentiate their activity (Shapkova and Schomburg, 2001; Shapkova, 2004). It is also worth noting that this frequency was found to be most effective in inducing locomotion in the decerebrate cat (Iwahara et al., 1992). The experienced exoskeleton-walkers reported that with 3 pulses/s SCES they were able to walk longer without fatigue. For instance, potentiation of the locomotor ability was clearly demonstrated by the subject P12. This advanced exoskeleton-walker significantly improved his best achievement for the non-stop walk duration in the exoskeleton in the 2nd training session of EWT with SCES (Figure 4B). At the end of the training course, we also found significant changes in the F-Scan recordings (Figure 4B) and an increase of the muscle strength (by 3 points in the AIS motor score, Table 1). Taking into account the high physical conditions of P12 (active member of the National Paralympic Team) and 3-year experience with EWT, we explain such effects by the efficacy of SCES in activating spinal neural structures and/or increasing their excitability. Overall, in the subjects receiving 3 pulses/s SCES, an increase in the muscle strength was observed more often than in the Group 1 (Figure 6C).



Limitations of the Study

The results of the study are encouraging but need to be confirmed in a larger SCI population, also because the effects may be heterogeneous due to multiple clinical or methodological factors. For instance, we used SCES during both stationary (supine) condition and during EWT so that its duration was overall twice longer as compared to the EWT duration. We performed SCES in the stationary condition to activate the locomotor networks and thus to reinforce the potential effect of combined training but we do not know its relative effect. Also, there might be subject-specific or condition-specific optimal parameters of SCES. Various techniques have been developed to stimulate the central pattern generators (CPGs) for stepping, which may include both diffuse and quite specific tuning effects, although tonic and rhythmic spinal activity control are not separate phenomena but are closely integrated to properly sustain CPG functioning (Hofstoetter et al., 2017; Ivanenko et al., 2017). For instance, differential spinal cord segment stimulation (epidural or transcutaneous) is a promising tool to restore the functioning of the CPG circuitry in both animals (Capogrosso et al., 2016; Wenger et al., 2016) and humans (Solopova et al., 2017; Angeli et al., 2018; Gill et al., 2018; Wagner et al., 2018), and such stimulation techniques might take into account differential activation of spinal segments to selectively drive neuroprostheses depending on walking conditions (Dewolf et al., 2019) and individual affordability and efficacy of such approaches (James et al., 2018).

Nevertheless, the activation of CPG circuits largely depends on the presence of a sustained tonic excitatory drive, as it can be elicited by electrical spinal cord stimulation, or by specific pharmacological neuromodulation (Hofstoetter et al., 2017). In our study using tonic SCES, the subjective reports, increments in the max non-stop walk duration (Figure 3), the differential effect of the SCES frequency (Figure 6C left panel) and limited improvements in the neurological scores in the control group of subjects for EWT without stimulation (Figure 6), point to a facilitatory effect of stimulation. The findings also corroborate a general notion about a facilitatory outcome of SCES on the functioning of the locomotor pattern generation circuitry (Shapkova, 2004; Gill et al., 2018; Hofstoetter et al., 2018; Wagner et al., 2018), as well as the results of a recent case study that spinal cord stimulation enhances the level of effort that the subject can generate while stepping in the exoskeleton along with changes in autonomic functions including cardiovascular and thermoregulation (Gad et al., 2017). Also, no clinical changes were observed in the previous study on exoskeleton walk training in motor complete paraplegic individuals in the absence of concurrent SCES (Sylos-Labini et al., 2014), consistent with a limited effectiveness of robot-assisted gait training in severely paralyzed persons (Swinnen et al., 2010; Roy et al., 2012; Sale et al., 2012). Thus, EWT with SCES represents a considerable potential for gait rehabilitation after chronic spinal cord injury. The neurological improvement obtained after the short intensive course of combined SCES and EWT in chronic SCI individuals also suggests that a similar or greater improvement may be expected in acute paraplegic persons.

While improvements of stepping in the exoskeleton (Figures 2–4) and neurological improvements in the motor and sensory scales were observed (Figure 6), the course of 2 weeks is apparently too short and we have to find an optimal course duration and/or the number of courses to provide clinically significant and stable results for both acute and chronically paralyzed persons. Also, given that neurological improvements were observed in participants who previously received EWT or SCES interventions (Table 1), one could probably expect a cumulative effect of a series of courses.




CONCLUSION

This study showed that percutaneous electrical stimulation of the lumbar enlargement and exoskeleton-induced walking are well compatible and provide walking assistance for SCI individuals. The exoskeleton assists both posture and leg movements, and SCES may facilitate training and walking in the exoskeleton in individuals with chronic SCI. The results also suggest that facilitation may be frequency dependent (3 pulses/s to activate the locomotor networks, 1 pulse/s to augment compensative sensitivity) though further investigations with a larger sample of participants are necessary to understand the benefits of training with different modes of stimulation and the underlying mechanisms. SCES in the anti-spastic mode can decrease spasticity and thus makes the exo-walk training possible for individuals with severe spasticity. The 2-week intensive synergistic effect of EWT with SCES enriched the locomotor ability and evoked neurological improvements in chronic SCI individuals, including complete paralysis, being beneficial for gait rehabilitation after SCI.
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Sieve electrodes stand poised to deliver the selectivity required for driving advanced prosthetics but are considered inherently invasive and lack the stability required for a chronic solution. This proof of concept experiment investigates the potential for the housing and engagement of a sieve electrode within the medullary canal as part of an osseointegrated neural interface (ONI) for greater selectivity toward improving prosthetic control. The working hypotheses are that (A) the addition of a sieve interface to a cuff electrode housed within the medullary canal of the femur as part of an ONI would be capable of measuring efferent and afferent compound nerve action potentials (CNAPs) through a greater number of channels; (B) that signaling improves over time; and (C) that stimulation at this interface generates measurable cortical somatosensory evoked potentials through a greater number of channels. The modified ONI was tested in a rabbit (n = 1) amputation model over 12 weeks, comparing the sieve component to the cuff, and subsequently compared to historical data. Efferent CNAPs were successfully recorded from the sieve demonstrating physiological improvements in CNAPs between weeks 3 and 5, and somatosensory cortical responses recorded at 12 weeks postoperatively. This demonstrates that sieve electrodes can be housed and function within the medullary canal, demonstrated by improved nerve engagement and distinct cortical sensory feedback. This data presents the conceptual framework for housing more sophisticated sieve electrodes in bone as part of an ONI for improving selectivity with percutaneous connectivity toward improved prosthetic control.

Keywords: regenerative neural interface, neural interface, osseointegrated neural interface, amputation, amputation neuroma, neural prosthetic, prosthetic control, somatosensory evoked potential (SSEP)


INTRODUCTION

With an estimated 500 new cases every day within the United States, there is an increasing pool of amputees, living long and otherwise healthy lives (Ziegler-Graham et al., 2008; Mioton and Dumanian, 2018). A significant challenge in developing advanced motorized and sensate prosthetic devices is establishing neural interfaces that are highly selective, stable and capable of enhanced longevity (Navarro et al., 2005; Ortiz-Catalan et al., 2014; Ghafoor et al., 2017; Valerio et al., 2020). Electrode selectivity – i.e., the ability of a peripheral neural interface (PNI) to selectively stimulate or record from individual nerves – is a critical parameter inherently linked to the degrees of freedom a PNI is capable of controlling, as well as the differentiation between motor and sensory signals (Grill et al., 2009; Micera and Navarro, 2009; Horch et al., 2011; Tan et al., 2014, 2015; Cheesborough et al., 2015; Ghafoor et al., 2017). Sieve electrodes represent a type of PNI with the greatest potential for selectivity resulting from their well-spaced specificity within the nerve. These devices involve invasive nerve transection (Navarro et al., 2005; MacEwan et al., 2016; Desai et al., 2017; Ghafoor et al., 2017), and rely on robust neural regeneration through electrode transit zones, assimilating the PNI into the nerve. In the amputation setting, it may be possible to simply interface the sieve array with the residual nerve end, taking advantage of the regenerative process that would otherwise lead to neuroma formation.

Amputation neuroma is a non-tumorigenic bulbous mass that develops at the terminal end of the residual nerve, representing the innate capacity for the transected nerve to regenerate. Neuromas are a significant cause of neuropathic pain and can preclude use of a traditional socket prosthetic (Davis, 1993; Gallagher and Maclachlan, 2001). Symptomatic neuroma can be addressed utilizing a multitude of techniques including transposition into muscle and targeted muscle reinnervation (Woo et al., 2016; Mioton and Dumanian, 2018). Another proven treatment to handle neuropathic pain resulting from amputation neuromas transposes the affected nerve via a corticotomy into the intramedullary canal of long bones (Boldrey, 1943; Goldstein and Sturim, 1985; Israel et al., 2018).

Based on this clinical operation, Dingle et al. (2020a) have developed an osseointegrated neural interface (ONI) in a rabbit model that consists of an intramedullary array capable of both efferent and afferent signal transmission and demonstrates physiological and histological signs of regeneration over 3 months. Cuff electrodes are renowned as the least invasive, and least selective interfaces on the PNI spectrum, with sieve electrodes at the opposing end of the spectrum, being the most invasive and offering the most selectivity (Navarro et al., 2005). A confounding factor in this justification is that sieve electrodes are typically tested in neurorrhaphy models in rodents, a model that is well known for its robust neural regeneration and return of function of intact distal target organs (Vela et al., 2020), but is not reflective of the amputation paradigm, in which regeneration is typically haphazard in the absence of a distal target, leading to neuroma formation. Dingle et al. (2020a) demonstrated that the robust three-dimensional axonal sprouting associated with neuroma formation can be passively redirected through transit zones of a dummy sieve electrode housed within the medullary canal. Given this evidence, we believe that the invasive procedure of transecting a nerve in order to insert a sieve electrode is a moot point in the amputation setting, as neurotmesis is unavoidable and the true distal targets are lost. Alternatively, we propose that the neural regeneration giving rise to problematic neuromas can be utilized to innervate sieve electrodes and ultimately restore function though a neuroprosthetic.

In this research report we explore the idea and concept of housing a sieve interface within the medullary canal of long bones as part of an ONI as a method for improving selectivity within this model. This sieve is designed to abut the terminal end of residual nerve and capitalize on the axonal regeneration that would otherwise lead to neuroma formation. The working hypotheses are that (A) the addition of a sieve interface to a cuff electrode housed within the medullary canal of the femur as part of an ONI would be capable of measuring bi-directional (efferent and afferent) compound nerve action potentials (CNAPs) through a greater number of channels; (B) that signaling improves over time; and C) that stimulation at this interface generates measurable cortical somatosensory evoked potentials (SSEPs) through a greater number of channels. The cuff electrode allows for comparison to historic data utilizing our amputation model and cuff based ONI (Dingle et al., 2020a). The mechanical stability of the bone may help mitigate damage to the interface resulting from micro-motion while simultaneously providing an electrically insulated environment less prone to myoelectric noise. In addition to the favorable neural interface environment, the intramedullary canal enables the osseointegrated percutaneous integration of a prosthetic, which can simplify the percutaneous routing of leads (Ortiz-Catalan et al., 2014).



METHODS


Experimental Design

This experiment was designed to examine the concept that the medullary canal represents an ideal environment for the stable housing and engagement of a sieve electrode, as part of an ONI. In order to achieve proof of concept we performed a short-term experiment in a single animal wherein modifications were made to the intramedullary array of our previously published ONI (Dingle et al., 2020a) to include radial electrodes with substantial transit zones for the nerve regeneration (MacEwan et al., 2016). The modifications made to the array served as a less-expensive and more rapidly produced model to measure osseointegrated neural function for confirming proof of concept. Successful proof of concept was predetermined as the ability to record efferent and stimulate afferent signals through the sieve interface comparable to those generated through the original cuff component. This modified ONI was implanted in one New Zealand White rabbit (n = 1, Female, 2.7 kg), monitored with repeated electrophysiology measurements (18–34 randomized trials per stimulation) at four time points over a 12-week period to determine nerve engagement with the sieve electrodes and confirmed by complementary engagement of the cuff electrode. Engagement of the cuff was qualitatively compared to historic data (Dingle et al., 2020a). Histological assessment of regeneration was attempted, however, tissue was substantially damaged during retrieval from within the bone. This study was not intended to demonstrate the preferential function of any specific sieve interface design; rather, the intention was to demonstrate proof of concept for stably housing a sieve interface within the medullary canal in an amputation model, supporting rigorous studies of more advanced electrodes toward clinical applicability. All animal procedures were approved by the University of Wisconsin Institutional Animal Care and Use Committee (IACUC, #V005256), the United States Army Medical Research and Material Command (USAMRMC, #DARPA-8728), and the Animal Care and Use Review Office (ACURO, #DARPA-8728).



Device Fabrication


ONI Device

The ONI device (Figure 1) consists of two arrays constructed from silicon cuff tubes with embedded electrodes, each connected to a printed circuit board (PCB, Tucker-Davis Technologies (TDT), Florida, United States) secured to an osseointegrated, percutaneous screw (M4 × 50 mm cup point grub screw, ACCUGROUP, Huddersfield, United Kingdom) (Dingle et al., 2020a). In addition to basic cuff electrodes, three platinum iridium wires (Pt/Ir) with 1mm of insulation removed were placed through the distal end of the intramedullary cuff extending radially into the lumen to create a sieve electrode interface, with three 1 mm2 transit zones for sub-chronic electrophysiological interrogation of axonal engagement (Figures 1B–E). The sieve electrodes were based on previously published designs to maximize transit zones (MacEwan et al., 2016), and only added to the distal intramedullary array that interfaces with the terminal end of the amputated nerve within the bone (Figure 1F). The proximal array, connected via insulated Pt/Ir wire, is interfaced outside of the bone and required to perform stimulation and recording of CNAPs under anesthesia. Arrays consisted of silicone tubing (A-M Systems silicone tubing, 1.98 mm inner diameter, 0.6 mm wall thickness) and Pt/Ir wires (A-M Systems 125 μm Pt/Ir PFA coated wire). For the proximal array, tubing was 7.5 mm in length, electrode wires placed at 2 and 4.75 mm apart from the center. For the intramedullary array, tubing was 10 mm in length, cuff electrodes placed at 2.5 and 5 mm with sieve electrodes placed 1mm from the distal end (Figures 1B,C). All electrode wires were secured with quick setting silicone (Kwik-Sil, World Precision Instruments, Sarasota, Florida, United States). The proximal array was connected to the PCB via 7cm of Pt/Ir wire, while the intramedullary array was connected to a separate PCB via 4cm of Pt/Ir wire. Both PCBs and Pt/IR wires were affixed to the percutaneous screw with UV curable dental acrylic (Flow-It Accelerated Light Cure, PENTORN, Orange, CA, United States).
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FIGURE 1. The osseointegrated neural interface (ONI): (A) Photograph of the implanted ONI, with a modified intramedullary array (white arrow), containing an additional sieve interface. (B,C) A photograph and schematic, (respectively), of the modified intramedullary array, showing the placement of cuff and sieve electrodes. (D,E) A photograph and schematic, (respectively), of the sieve electrodes highlighting transit zones (green dotted lines, 1 mm2) around the electrodes and channel designation, representative of the implanted electrode. The cut along the silicon tubing visible in (B,D,E) is to enable implantation around the nerve. (F) A schematic diagram of an implanted ONI highlighting the placement of the modified intramedullary array (black arrow) as well as the proximal array (1), nerve entering bone via the corticotomy (2), intramedullary array consisting of a cuff and sieve (3), bone (4), bone cement (5), epoxy resin (6), PCB (7), PCB cap (8), intramedullary screw (9), cap to protect PCBs (10). Green lines indicate Pt/Ir wire used to create electrode contacts (1 and 2), and connect to independent PCBs (7).




Micro-Electrocorticography Array

A custom 16-channel Micro-electrocorticography array (μECoG) array was fabricated using a previously described photolithography lift-off process (Thongpang et al., 2011). The array measured 4 mm × 4 mm with 16 circular platinum electrodes in a 4 × 4 grid spaced 500 μm apart on parylene. Each electrode measured 200 μm in diameter.



Surgical Procedures


Surgical Creation of the ONI

The surgical creation of an ONI consists of a transfemoral amputation and subsequent implantation of the ONI device in New Zealand White rabbits as previously described (Dingle et al., 2020a). Prior to surgery animals were given one dose of Combi-Pen 48 antibiotic (500,000 IU/kg SQ. Bimdeda, Oakbrook Terrace, IL, United States). Rabbits were induced with ketamine (10–15 mg/kg IM), midazolam (0.5–2.0 mg/kg IM), and inhaled isoflurane (0–5% in 100% oxygen). After general anesthesia was reached the anesthetic plane was maintained through isoflurane (0–5% inhaled with O2) Vitals including O2 and CO2 saturation, temperature, blood pressure, and heart rate were monitored through the duration of surgery (Cardel Veterinary Monitor 9,500 HD, Midmark, Dayton, OH, United States). A corticotomy is drilled 2 cm above the midpoint of the femur before a mid-femoral amputation is performed. The transected sciatic nerve was threaded through the corticotomy and inserted into the intramedullary array so that the terminal nerve end abuts the sieve (Figure 1D). The intramedullary array is secured to the nerve with an epineurial stitch and both are pressed back into the medullary canal, followed by the intramedullary screw and secured with veterinary bone cement (BioMedtrix, Boonton, New Jersey, United States). The proximal cuff was then wrapped around sciatic nerve outside the bone, roughly 3 cm proximal to the intramedullary array, secured with an epineurial stitch and the amputation site closed.



Craniotomy

At the experimental endpoint of 12 weeks, a craniotomy was performed under anesthesia over the somatosensory cortex contralateral to the amputation to place a custom μECoG array to record SSEPs in an acute procedure. The craniotomy was initiated near Bregma, creating a window 5 mm by 8 mm, measured by the coronal and sagittal suture, respectively. After the craniotomy and electrode placement were completed the animal was taken off of general anesthesia. Subsequent continuous IV infusion of dexmedetomidine (0.06–0.12 mg/kg/hr) and ketamine (15–25 mg/kg/hr) enabled cortical recordings.



Electrophysiology Procedures


Compound Nerve Action Potentials

In this experiment, we aim to address the working hypotheses that (A) the addition of a sieve interface to a cuff electrode housed within the medullary canal of the femur as part of an ONI would be capable of measuring bi-directional (efferent and afferent) CNAPs through a greater number of channels, and (B) that signaling improves over time. Electrophysiology was performed at weeks 3, 5, 8, and 12 post-implantation under general anesthesia. Printed circuit boards (PCBs) percutaneously connected to implanted electrodes were connected to a TDT system via a zero insertion force (ZIF) clip headstage. Prior to each recording session impedance of each electrode was measured at 1,120 Hz using the PZ5 Neurodigitizer (Tucker Davis Technologies). Evoked potentials were recorded using a TDT PZ5 Neurodigitizer with a sampling rate of 25 kHz. CNAPs were generated through monophasic constant current pulses with a phase duration of 30 μs across a range of amplitudes (100 μV–8 mA), this range of amplitudes was used to find the stimulation threshold and confirm a graded response. The resulting CNAPs were low pass filtered (4th order Butterworth corner frequency = 5 kHz) and averaged to identify peak response from each of the stimulation-evoked CNAPs (n = 18–35 randomized trials per stimulation amplitude) and averaged across trials. Peak amplitude measurements were taken at 3 and 5 weeks and compared at 5 mA herein. Direction of stimulation was controlled through stimulation of the proximal or intramedullary array. Stimulation via the proximal array and recorded through the intramedullary array prompted efferent CNAPS. Conversely, afferent CNAPs were prompted through stimulation of intramedullary array and measured by the proximal array. Stimulations and recordings with the intramedullary array were performed sequentially though the cuff and each of the three sieve electrodes.



Somatosensory Evoked Potentials

In this experiment, we aim to address the working hypothesis (C) that stimulation at this interface generates measurable cortical SSEPs through a greater number of channels. The capacity to elicit somatosensory potentials from a sieve interface via an ONI was tested in an acute experiment at 12 weeks post-surgery. Stimulation was delivered to the terminal end of the nerve via the intramedullary array, stimulating through the cuff and each of the sieve electrodes separately. Responses evoked by stimulation were recorded via μECoG placed over somatosensory cortex contralateral to the amputation. Charge balanced single biphasic pulses (amplitude 100 μA–8 mA, phase 30 μs) were applied to confirm graded responses using an A-M Systems Isolated Pulse Stimulator Model 2100, controlled by a TDT Rz2 BioAmp Processor which was connected to a PCB on the μECoG via ZIF clip. Cortical responses evoked by stimulation from 30 randomized trials (n = 30) were amplified (×2), bandpass filtered (corner frequencies: 2.2 Hz–2.7 kHz) and digitized at 6 kHz using a PZ5 Neurodigitizer (TDT) (Dingle et al., 2020a).



Statistics

A total of seven data points were extracted around the time of peak response from each CNAP post filtering and averaged across time and trials in order to quantify the neural response. A two-way ANOVA with Tukey-Kramer post hoc test was performed on CNAP peak to peak response as evoked by stimulation amplitude for each of the recording electrodes (cuff, sieve electrode 1–3). All electrophysiological data analysis was performed in Matlab (Mathworks).



RESULTS

This work demonstrates proof of concept that a sieve interface can be housed and function within the medullary canal as part of an ONI. The previously published cuff based ONI (Dingle et al., 2020a) was successfully modified to contain an additional sieve interface (Figure 1). This modification consisted of three radial electrodes to form a sieve electrode based on previously published designs to combine both sieve and cuff interfaces (Kim et al., 2020) and maximize transit zones (MacEwan et al., 2016). The modifications did not impact surgical implantation and the animal recovered well and remained unremarkable throughout the 12-week experimental period.


Electrophysiology


Compound Nerve Action Potentials

These results address the working hypotheses that (A) the addition of a sieve interface to a cuff electrode housed within the medullary canal of the femur as part of an ONI would be capable of measuring bi-directional (efferent and afferent) CNAPs through a greater number of channels, and (B) that signaling improves over time. At week three neither the cuff (impedance = 3.8 kΩ, peak amplitude = 0.82 ± 2.5 μV) nor the sieve electrodes (impedances = 13.6, 13.9, and 9.5 kΩ, peak amplitudes = 0.78 ± 3.61 μV, 2.91 ± 1.04 μV, and 3.20 ± 1.12 μV for channels 1–3, respectively) were able to successfully engage the nerve. Given another 2 weeks (week 5) engagement was achieved across all channels demonstrating improved electrophysiological function of the nerve in bone. At week 5, efferent responses are not equal across all channels, demonstrating a two-fold increase in peak amplitude response from the sieve electrodes (impedances = 13.0, 15.1, and 9.2 kΩ, peak amplitudes = 53.78 ± 0.64 μV, 52.60 ± 0.59 μV, and 62.40 ± 1.30 μV for channels 1–3, respectively, average peak amplitude = 56.26 μV) compared to the cuff (impedance = 2.4 kΩ, peak amplitude = 27.72 ± 0.88 μV) (Figure 2). Statistical analysis revealed a significant main effect of stimulation amplitude (F3,245 = 902.51, P = 4.49e–132) and electrode (F3,245 = 178.98, P = 1.88e–61) on the magnitude of evoked CNAPs, demonstrating consistently higher amplitudes through all three sieve electrodes compared to the cuff, and one sieve electrode (Ch. 3) above all others (Figure 3). A confounding factor in this experiment was that the proximal array was lost due to visibly broken wires found at the percutaneous site at the week 8 recording session. The broken wires were confirmed as an open circuit with impedance testing (≥536 kΩ) and the irreparable nature was confirmed via x-ray. While this array is not considered an essential component of a true ONI, it is required for conducting stimulation and recording under anesthesia. Afferent CNAPs were not successfully recorded.
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FIGURE 2. Compound nerve action potentials: (A) Schematic representation of efferent stimulation through the ONI demonstrating application of electrical stimuli to the nerve via the proximal cuff and measured evoked potentials using the intramedullary cuff. Efferent CNAPs evoked from stimulation of the proximal cuff where recorded through the cuff and each of the sieve electrodes. (B) CNAPs recorded through the cuff at week 3 (peak amplitude = 0.82 ± 2.5 μV) and week 5 (peak amplitude = 27.72 ± 0.88 μV). (C) CNAPs recorded through Sieve Ch. 1 at 3 weeks (peak amplitude = 0.78 ± 3.61 μV) and 5 weeks (peak amplitude = 53.78 ± 0.64 μV. (D) CNAPs recorded through Sieve Ch. 2 at 3 weeks (peak amplitude = 2.91 ± 1.04 μV) and 5 weeks (peak amplitude = 52.60 ± 0.59 μV). (E) CNAPs recorded through Sieve Ch. 3 at 3 weeks (peak amplitude = 3.20 ± 1.12 μV) and 5 weeks (62.40 ± 1.30 μV). Peak amplitude at 3 weeks was determined manually, based on the timing of peak amplitude at 5 weeks, indicated by the dotted lines with times annotated on the x-axis (B–E). Stimulation at 5 mA shown. Uniform scale bars (B–E) depict 0–40 microvolts (μV, y-axis) and 0–4 ms (ms, x-axis) as annotated in (B). Standard deviation is shown underlying they average response (B–E).
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FIGURE 3. Graded response to stimulus: (A) Representative graded response to stimulation at 1, 2, 3, and 5 mA from sieve Ch. 3. (B) Graded response to stimulation recorded by the intramedullary cuff electrode. (C) Graded response to stimulation recorded through sieve Ch. 1. (D) Graded response to stimulation recorded through sieve Ch. 2. (E) Graded response to stimulation recorded through sieve Ch. 3. Scale bars depict 0–40 microvolts (μV, y-axis) as annotated in (A,B), and 0–4 ms (ms, x-axis, A).




Somatosensory Evoked Potentials

These results address the working hypothesis (C), that stimulation at this interface generates measurable cortical SSEPs through a greater number of channels. The intramedullary array remained functional throughout the sub-chronic 12-week period, as demonstrated by the ability to elicit SSEPs through the cuff electrode and each of the sieve electrodes (Figure 3). Nerve engagement through the three sieve electrodes varies from channel to channel, though statistically relevant spatiality between electrodes cannot be concluded. The strongest responses were recorded by μECoG electrodes 4, 7, and 8 (Figure 3). The three sieve electrodes demonstrate similar waveforms, all of which are greater than responses achieved through the cuff. Spatiality can be determined in the sense that stimulation elicits a response in some cortical regions (e.g., Ch. 4) and not others (e.g., Ch. 16).



DISCUSSION

Out of the myriad of potential peripheral nerve interfaces (PNIs), those with greater selectivity are considered to be the most invasive, which results in the shortest longevity and stability (Navarro et al., 2005; Ghafoor et al., 2017). Sieve electrodes enable close contact with individual nerve bundles or even individual fibers within the perineurium, resulting in greater selectivity than can be achieved with extraneural PNIs (MacEwan et al., 2016; Urbanchek et al., 2016). This increased selectively can ultimately translate to improved prosthetic control (Tyler and Durand, 2002; Ghafoor et al., 2017; Straka et al., 2018). The downside of such intimate contact is the potential for damage resulting from micro-motion (Branner et al., 2004; Desai et al., 2017; Wurth et al., 2017). Additionally, the classification of sieve electrodes as most invasive is based on the neurorrhaphy model in which they are tested (Navarro et al., 2005) and are not necessarily reflective of the amputation setting. We have previously developed a trans-femoral amputation model in rabbits based on the clinical transposition of nerve into bone to treat symptomatic neuroma that serves as the basis for creating an ONI for prosthetic control (Israel et al., 2018; Dingle et al., 2020b).

In this proof of concept study, we explore the concept of securely housing sieve electrodes in the medullary canal as part of an ONI as a potential method for increasing selectivity. By abutting sieve electrodes to the terminal end of the amputated nerve we demonstrate neural engagement improves over time comparable to a cuff electrode in the same animal (Figure 2) and historic data (Dingle et al., 2020a). Sieve electrodes demonstrated greater neural engagement (two-fold) than cuff electrodes (Figure 2). Furthermore, statistical analysis reveals that each of the sieve electrodes records a significantly higher magnitude than cuff electrodes (Figure 3), demonstrating resistance of the epineurium (Yoshida et al., 2000; Branner et al., 2004; Ghafoor et al., 2017). Histological examination of regeneration through transit zones was attempted, but failed due to tissue damage when retrieving the interface from the osseointegrated hardware within the bone. Neural regeneration through transit zones has been demonstrated previously in this model in the absence of osseointegration and associated electrode hardware. The loss of the proximal array after the fifth week precluded electrophysiological time points matching our previous studies, including the recording of afferent CNAPS from 8 weeks post-operatively (Dingle et al., 2020a).

Despite the complication of losing the proximal array after 5 weeks, the intramedullary array remained operational and viability was confirmed by the recording of afferent cortical responses to stimulation 12-weeks post implantation (Figure 4). Cuff and sieve electrodes demonstrated nerve engagement with signals propagating to cortical brain regions. The strongest responses were recorded by μECoG electrodes 4, 7, and 8, (Figure 4). Sieve Ch. 3 had the strongest efferent CNAPs in week 5 (Figures 2, 3) but the weakest afferent SSEPs through to the cortical regions in week 12 (Figure 4). In cortical regions of stimulation, the similarity in the waveforms indicates sieve electrodes are activating similar cortical regions signifying selectivity between these electrodes is poor. This is expected given the rudimentary construction of the array. Spatiality of the cortical response can be observed in the sense that responses to cuff and sieve electrodes differ enough to indicate each electrode simulates different areas of cortex with substantial overlap (Figure 4). As with CNAPs, SSEPs evoked through stimulation of the sieve demonstrated greater peak amplitudes than those achieved with the cuff, supporting the requirement for lower stimulation thresholds with more intimate neural contact (Tyler and Durand, 2002; Ghafoor et al., 2017).


[image: image]

FIGURE 4. Somatosensory evoked potentials: (A) Schematic representation of sensory information written to the CNS via a sieve interface as part of an ONI. Left to right: The intramedullary array (red arrowheads) stimulates the sciatic nerve within the medullary canal of the femur. Afferent action potentials travel from the PNS to the CNS (red arrow) and are recorded over the contralateral somatosensory cortex via μECoG. (B) SSEPs recorded via 16 channel micro-electrocorticography in a terminal operation at week 12. Stimulation was provided through the cuff and sieve electrodes. Stimulation results in cortical spatiality as demonstrated by clear signals in channels 4, 7, and 8 from the sieve electrodes and weaker responses from the cuff. Reduced cortical responses can be seen in channels 1, 2, 5, 6, and 9 and no clear signals in channels 10, 14–16. Channels 3, 11, 12, and 13 of the μECoG were not functional at the time of recording. Stimulation at 5 mA shown. Uniform scale bars (channels 1–16) depict 0–400 mV (mV, y-axis) and 0–70 ms (ms, x-axis) as annotated in B1.


This study was not intended to demonstrate the preferential function of any specific sieve interface; rather, the intention was to demonstrate proof of concept for stably housing a sieve interface within the medullary canal and engaging with transposed nerves in an amputation model based on a clinical procedure for treating neuroma (Israel et al., 2018). The ONI model for peripheral nerve interfacing and prosthetic attachment is amenable to the application of more sophisticated sieve electrodes capable of greater selectivity for improved prosthetic control. Our simplified design demonstrates the capacity for bi-directional (efferent CNAPs and afferent SSEPs) stimulation and recording aided by percutaneous connectivity of an osseointegrated prosthetic abutment. Our results support the ability for osseointegrated prosthetics to handle percutaneous neural interface connections, confirming the stability of routing wires (Ortiz-Catalan et al., 2014).



CONCLUSION

This proof of concept experiment successfully demonstrates the working hypotheses that (A) sieve interface can be housed within the medullary canal of long bones in conjunction with a cuff electrode as part of an ONI capable of recording efferent CNAPs from a greater number of channels, (B) that the signal improves over time; and (C) that afferent stimulation through the sieve can generate SSEPs, demonstrating the ability to elicit SSEPs through a greater number of channels, contributing to the literature concerning osseointegrated neural interfacing. The ONI allows the application of a sieve electrode on the terminal end of amputated nerves, secured within the bone with direct connectivity afforded by percutaneous osseointegration. This proof of concept supports future work for the application of more sophisticated sieve electrodes within the medullary canal as part of an ONI for improved prosthetic control.
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The classification of gait phases based on surface electromyography (sEMG) and electroencephalogram (EEG) can be used to the control systems of lower limb exoskeletons for the rehabilitation of patients with lower limb disorders. In this study, the slope sign change (SSC) and mean power frequency (MPF) features of EEG and sEMG were used to recognize the seven gait phases [loading response (LR), mid-stance (MST), terminal stance (TST), pre-swing (PSW), initial swing (ISW), mid-swing (MSW), and terminal swing (TSW)]. Previous researchers have found that the cortex is involved in the regulation of treadmill walking. However, corticomuscular interaction analysis in a high level of gait phase granularity remains lacking in the time–frequency domain, and the feasibility of gait phase recognition based on EEG combined with sEMG is unknown. Therefore, the time–frequency cross mutual information (TFCMI) method was applied to research the theoretical basis of gait control in seven gait phases using beta-band EEG and sEMG data. We firstly found that the feature set comprising SSC of EEG as well as SSC and MPF of sEMG was robust for the recognition of seven gait phases under three different walking speeds. Secondly, the distribution of TFCMI values in eight topographies (eight muscles) was different at PSW and TSW phases. Thirdly, the differences of corticomuscular interaction between LR and MST and between TST and PSW of eight muscles were not significant. These insights enrich previous findings of the authors who have carried out gait phase recognition and provide a theoretical basis for gait recognition based on EEG and sEMG.
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INTRODUCTION

Human locomotor disorder seriously affects the quality of life. Nontraumatic gait disorder is caused by brain damage and is a feature of many neurological disorders such as stroke, cerebral palsy, and Parkinson’s disease (Louie and Eng, 2016; Ziegler et al., 2018). Surface electromyography (sEMG)-based rehabilitative devices or robots have been developed for neurological injury rehabilitation of lower limb functions (Veneman et al., 2007; Banala et al., 2008). The classification results of gait phases from sEMG can be used to control the gait of lower limb exoskeletons for the rehabilitation of patients with lower limb disorders (Joshi et al., 2013). The human gait cycle is divided into stance and swing phases (Taborri et al., 2016). In this study, the stance phase is then subdivided into loading response (LR), mid-stance (MST), terminal stance (TST), and pre-swing (PSW). Similarly, the swing phase is divided into the initial swing (ISW), mid-swing (MSW), and terminal swing (TSW). More information about gait partitioning methods is available elsewhere in the literature (Taborri et al., 2016).

However, sEMG signals change due to muscle fatigue and sweat. Patients will suffer from muscle fatigue after training. Therefore, gait phase recognition methods only using sEMG signals are limited, meaning they cannot identify all seven gait phases. For instance, Li et al. (2016) utilized sEMG signals to recognize five gait phases, while Wei et al. applied sEMG and kinematic data from both legs to recognize five gait phases (Wei et al., 2018). However, electroencephalogram (EEG) signals will counteract these shortcomings (susceptible to fatigue and sweating) of sEMG. The cortex is activated during walking and EEG signals will enrich the gait information for gait prediction. EEG and sEMG signals, generated before movement, can be used to predict gait (Gao et al., 2018; Ziegler et al., 2018). Nevertheless, the theoretical basis of gait phase recognition based on EEG combined with sEMG has not been researched.

Human bipedal walking is an automatic activity. It includes top-down pathways (from the brain toward the spinal cord and periphery) to generate a motor action, while it also includes feedback from the periphery to the brain to correct the motion. Several research groups have observed significant cortical activation (for example, in the premotor, supplementary motor, and primary sensorimotor regions) during walking (la Fougère et al., 2010; Bradford et al., 2016; Artoni et al., 2017). In 2019, Jensen and colleagues found that the motor cortex contributes to both ankle plantar flexor muscle activity and forward propulsion during gait (Jensen et al., 2019). The authors of recent studies have found that the gait phase is associated with cortical activity modulations (Wagner et al., 2012, 2014; Bradford et al., 2016). However, corticomuscular connectivity remains unclear during walking.

Various researchers have used either coherence or correlation analysis methods to measure corticomuscular coherence (Artoni et al., 2017; Jensen et al., 2019), such as Jensen et al. who performed frequency domain analysis of the correlation between EEG–EMG and EMG–EMG. However, coherence and correlation analysis are suitable for linear signals, while both EEG and sEMG signals are nonlinear (Popivanov and Dushanova, 1999). The nonlinear characteristics include point-wise correlation dimension, Kolmogorov entropy, and largest Lyapunov exponents as functions of time. The time–frequency cross mutual information (TFCMI) method can be utilized to calculate mutual information between two time–frequency domain signals (Lu et al., 2011; Anmin Gong et al., 2018). The TFCMI method integrates the time and frequency components of the signal, then the nonlinear correlation calculation method is used to estimate the similarity of multichannel physiological signals. We used TFCMI to estimate the interaction between EEG and sEMG channels during walking.

In this study, we firstly used sEMG, EEG signals, and 3D motion trajectory data (Taborri et al., 2016) for lower limbs to predict all seven gait phases. The robustness of sEMG and EEG-based neural interface was analyzed because people cannot always walk at a fixed speed (Marchal-Crespo and Reinkensmeyer, 2009; Tefertiller et al., 2011).

Therefore, we predict the gait phases at three speeds. Secondly, we calculated TFCMI values between beta-band EEG and sEMG channels in the seven gait phases to research the theoretical basis of gait phase recognition based on EEG and sEMG (Oliveira et al., 2018; Li et al., 2019).



MATERIALS AND METHODS


Participants and Ethical Approval

Nine healthy participants (seven males and two females, aged 23–26; body weight: 62 ± 10 kg; height: 171 ± 6 cm) were recruited from Xi’an Jiaotong University. All study procedures performed were approved by the Institutional Review Board of Xi’an Jiaotong University and carried out according to the Helsinki Declaration of 1975.



Experimental Device

The custom-designed equipment used in this experiment included a treadmill, an electrode cap, an amplifier with a built-in three-axis acceleration sensor, eight sEMG electrodes, 10 motion capture cameras, and 16 Vicon reflector balls, as shown in Figure 1A. We utilized a 32-channel LiveAmp Cap with multitrodes to record EEG and sEMG signals during treadmill walking. This LiveAmp Cap was a customized, wireless, lightweight, wearable device, meaning it caused minimum disturbance to the participants’ movement while EEG and sEMG were recorded. A gaze screen with a cross symbol was used to focus the participants, as shown in Figures 1B,C shows the lower limb model in a motion capture system. All participants walked on the treadmill using their typical walking style. Participants choose a comfortable treadmill speed of 2.0 km/h during the experiment. The speeds of 1.4 and 2.6 km/h were also selected to simulate slow and fast walking speeds in everyday life.
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FIGURE 1. (A) The experimental device, (B) the cross symbol, and (C) the lower limb model in the motion capture system. The 16 positions of the Vicon reflector balls are the anterior superior iliac, posterior superior iliac, thigh, knee, tibia, ankle, heel, and toe, bilaterally.




Data Collection

All participants walked on a treadmill at three speeds (1.4, 2.0, and 2.6 km/h), respectively, in fifteen 30-s time blocks. There was a break between any two trials. Participants were asked to walk as usual, as well as to relax and minimize eye blinks, head rotation, and swallowing during the study. Participants were also asked to fix their gaze to the cross symbol, as shown in Figure 1B. The experiments were conducted in a quiet room.

EEG and sEMG signals and lower limb trajectory data were simultaneously recorded. Twenty-four-channel EEG signals (Fp1, Fp2, F3, F4, C3, C4, P3, P4, O1, O2, F7, F8, T7, T8, P7, P8, Fz, Cz, Pz, Oz, M1, M2, FPz, and VEOG) and eight muscles [biceps femoris (BF), vastus medialis (VM), tibialis anterior (TA), and gastrocnemius medialis (GM), bilaterally] of the lower limb sEMG signals were collected by the 32Ch LiveAmp Cap at a sampling rate of 500 Hz. Twenty-four unipolar channels were collected in the cap, and electrodes for eight bipolar sEMG were recorded at the BF, VM, TA, and GM. These muscles were selected as they are related to the entire gait cycle (Perry and Davids, 1992; Petersen et al., 2012). Locations for sEMG electrodes were selected based on the SENIAM guidelines1 (Artoni et al., 2017), while EEG electrodes were placed following the international 10–20 electrode system. The impedance of EEG and sEMG electrodes was kept under 20 kΩ throughout the experiment (Gwin et al., 2011).

Signals were amplified using a wireless LiveAmp amplifier (Brain Products Inc., Gilching, Germany). The track of 16 positions of the lower limbs was acquired by 16 reflective markers, using a 10-camera motion capture system Nexus 2.6 (VICON T40S, United Kingdom) at a sampling rate of 100 Hz. Reflective markers’ positions are presented in Figure 1C. The motion capture system was synchronized with the wireless LiveAmp amplifier via the LiveAmp sensor and trigger extension. 3D marker data were resampled and aligned to EEG and sEMG data using a MATLAB (MathWorks Natick, MA, United States) script, based on the EEGLAB toolbox (Delorme and Makeig, 2004) before further preprocessing.



Data Processing


EEG and sEMG Data Processing

Raw EEG data were preprocessed using Brain Vision Analyzer 2.1 (Brain Products Inc., Gilching, Germany) and a MATLAB (MathWorks, Natick, MA, United States) script based on the EEGLAB toolbox, thus minimizing motion and other artifacts (Kline et al., 2015). The raw signal processing flow can be seen in Supplementary Figure 1. The default reference position of the electrode cap is FCz. However, FCz was too close to other EEG electrodes. Therefore, raw data were re-referenced to the mastoid, and the mean of the left and the right mastoid signal was calculated as a new reference. The EEG, EOG, and three-axis acceleration channels were selected. EEG signals were then high-pass filtered using a zero-phase 0.5 Hz cutoff, second-order Butterworth filter, and low-pass filtered using a zero-phase 50 Hz.

The EEG and sEMG data were resampled to 1,000 Hz and independent component analysis (ICA) (Sun et al., 2005) was used to decompose EEG signals into many independent components (ICs). The ICs which most correlated to lateral and vertical eye movement were marked and removed. sEMG signals were passed through an elliptic bandpass filter of 30–450 Hz bandwidth, while an FIR least-square bandstop notch filter of 50 Hz was used to remove low and high frequencies and residual line noise from raw sEMG signals. Wavelet denoising technology was used to remove noise in sEMG signals. The basic functions of the wavelet we adopted were “wden” and “db4.” EEG and sEMG channels with obvious artifacts were removed following a visual inspection.



Gait Cycle Segmentation and Gait Phase Segmentation

3D marker data from the five positions were used to divide the gait cycle during treadmill walking. The z-direction corresponds to the vertical direction, the y-direction is the anteroposterior. The z-direction trajectory of the right heel with a more obvious periodicity of the gait cycle was applied to divide EEG and sEMG signals into single gait cycles (see Supplementary Figure 2). The seven gait phases are demarcated according to 3D marker data from the five positions (Perry and Davids, 1992; Ryu and Kim, 2014). The MSW is the period until the right foot is horizontal [vertical position of the right heel (Heel_RZ) equal to that of the right toe (Toe_RZ)] after ISW. TSW is the period until the distance between the left and right feet is the farthest at the first time[that is the first largest difference between the anteroposterior displacement of the right heel (Heel_RY) and that of the left heel (Heel_LY)] after the MSW. LR is the period until the right leg is being apart from land [vertical position of the right heel (Heel_RZ) equal to that of the left heel (Heel _LZ)] after TSW. MST is the period until the heel of the right leg is at the highest position after LR. TST is the period until the right foot is horizontal again after MST. PSW is the period until the distance between the left and right feet is the smallest after TST. ISW is the period until the end of the gait cycle. The gait phase segmentation result can be seen in Figure 2.
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FIGURE 2. Gait phase division results. The z-direction corresponds to the vertical direction, and the y-direction is the anteroposterior. (A) Seven gait phases of the gait cycle; (B) trajectory data. The first vertical red line—the first intersection of Heel_RZ and Toe_RZ. The second vertical red line—the point with the largest difference between Heel_RY and Heel_LY. The third vertical red line—the first intersection of the Heel_RZ and Heel_LZ. The fourth vertical red line—the maximum point of the Heel_LZ. The fifth vertical red line—the second intersection of the Heel_RZ and the Toe_RZ. Finally, the sixth vertical red line—the point with the smallest difference between the Heel_RY and the Heel_LY.




Feature Extraction

Feature extraction is a technique used to draw representation information from preprocessed input data. To analyze sEMG and EEG signals, feature extraction methods tend to include the time domain (TD), frequency domain (FD), and time–frequency (TFD) domain (Asghari Oskoei and Hu, 2007; Phinyomark et al., 2017; Martín-Clemente et al., 2018). In this study, slope sign change (SSC) and mean power frequency (MPF) were utilized to classify the seven gait phases. SSC is a time domain feature that also reflects signal frequency information. MPF is a mean frequency that is expressed as the sum of sEMG and EEG power frequency, divided by the total sum of the spectrum intensity. These extract features were combined and inputted to the library for support vector machine (LIBSVM) for classification. Three feature sets were combined. They were the SSC and MPF features of sEMG ([7 × 100, 8 × 2]), the SSC and MPF features of sEMG and the SSC feature of EEG ([7 × 100, (8 + 21) × 3]), the SSC and MPF features of sEMG, and the MPF feature of EEG ([7 × 100, (8 + 21) × 3]). In brackets are the feature set dimensions, 7 is the seven gait phases, 100 is the number of the feature values, 8 is the number of the sEMG channels, 21 is the number of the EEG channels, and 2 and 3 are the number of features (such as SSC of sEMG, SSC of EEG, etc.). Finally, two-thirds of the combined feature sets as training dataset were inputted to the support vector machine (SVM) to train the classifier. Then, one-thirds of the combined feature sets as testing dataset were inputted to the trained classifier to classify the seven gait phases. SVM parameters were optimized using the particle swarm optimization (PSO) method.



Time–Frequency Analysis Using TFCMI

TFCMI values were calculated to estimate the time–frequency correlation between EEG and sEMG channels. EEG and sEMG signals were normalized due to their large power difference before TFCMI was calculated. The calculation process can be seen below.

Morlet wavelet transformation, which contains both time and frequency domain information, was utilized to transform the EEG signal into the time–frequency domain (Vialatte et al., 2007). Time–frequency power maps of each channel for beta (16–25 Hz) data were created. Therefore, the two maps were 10 × 2,000 and 16 × 2,000, respectively. Ten and 16 represent the frequency from 16 to 25 Hz and 30 to 45 Hz, while 2,000 represents the sample points. The mean of beta-band powers was calculated, respectively, before two 1 × 2,000 power curves were created in each channel.

Cross mutual information (CMI) between any two channels was calculated using the mean power signals. CMI maps were created by computing the entropy and mutual information, which can be expressed as:
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where H(Fi) denotes entropy, Fi is the mean power signals at the ith channel, p(Fi,b) is the probability density function (PDF) of Fi, p(Fi,b,Fj,b) is the joint probability density function (JPDF) of Fi, while Fjb = 1,2,⋯,40 is the bin number of the histogram used to construct the approximated PDF. Some 40 bins were selected based on both previous research and our data (Fraser and Swinney, 1986; Tamburri et al., 2002).

Finally, TFCMI values between any two channels were obtained to create a 31 × 31 (23 EEG and 8 sEMG channels) TFCMI map (Supplementary Figure 3A). Each entry of the 31× 31 matrices is the value of mutual information from TF power between a pair of channels. TFCMI values from the ith to the jth as well as the jth to the ith are the same. Therefore, the TFCMI map is symmetrical. Since TFCMI values were normalized, the diagonal TFCMI value (self-relevance) is equal to one. TFCMI values from the 13 EEG (lower limb movement-related electrodes: F3, F4, C3, C4, P3, P4, F7, F8, P7, P8, Fz, Cz, and Pz) and eight sEMG channels were extracted from the 31 × 31 matrices. We then calculated the mean of TFCMI values between 13 EEG and 8 sEMG channels in all trials, which were illustrated as a 13-channel topographic map. The map of mean coupling strength from the Oz channel to all EEG channels as well as the Fpz channel to all EEG channels can be seen in Supplementary Figure 3B.



RESULTS


Gait Phase Recognition Results

It should be noted that the sEMG data of two participants are unavailable due to surface electrode malfunction. Therefore, this analysis is based on seven participants. Gait phase recognition was based on the SSC and MPF features of the sEMG and EEG signals. For easy understanding, we define the SSC and MPF features of sEMG as case 1, define the SSC and MPF features of sEMG and the SSC feature of EEG as case 2, and define the SSC and MPF features of sEMG and the MPF feature of EEG as case 3. Firstly, we compared gait phase recognition based on case 1 and case 2. Secondly, gait phase recognition using case 2 was compared with recognition using case 3.


Difference Between sEMG and EEG Signal Features

Gait phase identification based on case 1 and case 2 is shown in Figure 3. Gait phase identification in the seven gait phases and the three speeds (1.4, 2.0, and 2.6 km/h) can be seen in Figures 3A–C, respectively. Figure 3A demonstrates that the mean accuracy of recognition of the seven gait phases using case 1 and case 2 was 93.47 and 95.58%. Also, the standard deviation (SD) decreased from 0.062 to 0.045. The mean accuracy has increased when the SSC of EEG was applied. The same can be observed in Figures 3B,C. In Figure 3B, the mean accuracy of identifying the seven gait phases increased from 96.69 to 97.63%, while the SD decreased from 0.032 to 0.025. In Figure 3C, the mean accuracy of identifying the seven gait phases increased from 97.62 to 98.10%, while the SD decreased from 0.048 to 0.044.
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FIGURE 3. Gait phase recognition results based on case 1 and case 2. (A) Walking speed 1.4 km/h, (B) walking speed 2.0 km/h, and (C) walking speed 2.6 km/h. The blue column indicates that the results based on case 1 are better than those on case 2.


The Mann–Whitney U-test was used to analyze whether the difference in gait phase recognition between case 1 and case 2 was significant. We found that the difference between case 1 and case 2 was significant at 1.4 km/h (p = 0.034), but not at 2.0 km/h (p = 0.244) and 2.6 km/h (p = 0.746). The results for each participant based on case 1 and case 2 can be seen in Supplementary Figures 4–6.



Difference Between the EEG Features of the SSC and MPF

Figure 4 displays gait phase recognition based on case 2 and gait phase recognition based on case 3. Gait phase recognition in the seven phases at three speeds (1.4, 2.0, and 2.6 km/h) can be seen in Figures 4A–C, respectively. These figures demonstrate that the mean accuracy of recognition of the seven gait phases decreased from 95.58 to 71.90%, 97.63 to 80.63%, and 98.10 to 87.89%, respectively, while the SD increased from 0.045 to 0.158, 0.025 to 0.23, and 0.044 to 0.121, respectively, when the SSC of EEG was replaced by the MPF of EEG. Some gait phase recognition results based on case 3 were below 60%, for example, PSW in Figures 4A–C. Using the Mann–Whitney U-test, we found that the gait phase recognition difference between the two sets was significant at 1.4 km/h (p = 0.003) but not significant at 2.0 km/h (p = 0.092) and 2.6 km/h (p = 0.123).


[image: image]

FIGURE 4. Gait phase recognition based on case 2 and gait phase recognition based on case 3. (A) Walking speed 1.4 km/h, (B) walking speed 2.0 km/h, and (C) walking speed 2.6 km/h.




Time–Frequency Analysis of EEG and sEMG Signals in Seven Gait Phases Using TFCMI

We carried out a time–frequency analysis of the EEG and sEMG signals using TFCMI at a comfortable speed (2.0 km/h). TFCMI topography between EEG data (beta band) and sEMG can be seen in Figures 5–8. The results in Figures 5, 6 are based on the sEMG channels of the right (Rt.) and left (Lt.) TA as well as the right and left VM. Results in Figures 7, 8 are based on the sEMG channels of BF and GM of both legs. In Figures 5–8, we can observe that the distribution of TFCMI values of eight topographies was different in PSW (p < 0.05) and TSW (p < 0.05).
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FIGURE 5. The TFCMI topography between EEG (beta band) and sEMG (TA and VM) of the stance phase (LR, MST, TST, and PSW).
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FIGURE 6. The TFCMI topography between EEG (beta band) and sEMG (TA and VM) of the swing phase (ISW, MSW, and TSW).
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FIGURE 7. TFCMI topography between EEG (beta band) and sEMG (BF and GM) of the stance phase (LR, MST, TST, and PSW).
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FIGURE 8. TFCMI topography between EEG (beta band) and sEMG (BF and GM) of the stance phase (ISW, MSW, and TSW).


TFCMI values of the frontal, central, and parietal lobes were calculated and can be seen in Figure 9. One-way ANOVA was utilized to explore whether the difference between TFCMI values for the seven gait phases of eight muscles was significant. The results showed that the difference between TFCMI values for the seven gait phases of each muscle was significant (p < 0.05). Multiple comparisons were used to explore which two phases of the eight muscles differed significantly. The gait phases with no significant difference can be seen in Table 1 due to the fact that there were too many phases with significant differences.


[image: image]

FIGURE 9. The TFCMI values of the frontal, central, and parietal lobes in seven gait phases for eight muscles.


TABLE 1. Multiple comparison results of the seven gait phases for the beta band.
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DISCUSSION

Gait phase recognition based on case 2 was better than recognition based on case 1 and case 3, as can be seen in Figures 3, 4. The use of near-infrared spectroscopy (NIRS) (Miyai et al., 2001) and functional magnetic resonance imaging (fMRI) (Cunnington et al., 2005) has shown that the cortex is involved in steady-state walking. This suggests that the addition of SSC features of EEG will enrich gait information contained in sEMG features and improve the accuracy of gait phase recognition. However, the difference in gait phase recognition between case 1 and case 2 and between case 2 and case 3 was significant (p = 0.034, p = 0.003) only at the lowest speed (1.4 km/h), although the accuracy of gait phase recognition increased using case 2 at speeds of 2.0 and 2.6 km/h. This may be because relatively faster walking speeds reduced sensorimotor beta-band power (Nordin et al., 2019a), and this indicates that sensorimotor cortices process more sensory feedback than slow walking (Pfurtscheller and Lopes Da Silva, 1999; Nordin et al., 2019b). Previous research showed that bilateral coordination decreased in slow than in fast walking (Plotnik et al., 2013). This suggests that people need to pay more attention to slow walking than fast walking (Plotnik et al., 2013). Furthermore, we speculated that the contribution of the EEG features to gait phase recognition was reduced at faster rather than slower speeds. Overall, the mean accuracy of gait recognition using case 2 was significantly higher (95.58%) than those using other cases (case 1: 93.47%, case 3: 71.90%) at 1.4 km/h. Therefore, the gait phase recognition based on case 2 is suitable for a relatively low speed of walking.

We also investigated the difference in the results of gait phase recognition among the three walking speeds based on case 1 and case 2, respectively. The Mann–Whitney U-test showed that the difference of the results of gait phase recognition among the three walking speeds based on case 1 and case 3 was significant (p = 0.015 and p = 0.045). However, the difference in the results of gait phase recognition among the three walking speeds based on case 2 was not significant (p = 0.224). Case 2 was more robust than case 1 although the difference in gait phase recognition between the two feature sets was not significant at a faster speed (2.0 and 2.6 km/h).

Gait phase recognition for seven participants using case 2 can be seen in Supplementary Figures 4–6. Gait phase recognition based on case 1 was better than that based on case 2 in certain gait phases. For instance, gait phase recognition based on case 1 was better than that of case 2 in LR for subject 1 at 2.0 km/h. This suggests a small difference in the individual’s level of cortex participation during walking. Case 3 performed poorly, although case 2 achieved accurate gait recognition (Figure 4). This demonstrates that gait phase information weakened when combining sEMG features with MPF of EEG. MPF is a kind of frequency domain feature. Lee et al. (2019) reported that time domain features achieved the highest accuracy than the frequency domain and common spatial patterns in multiclass MI. Therefore, we speculated that the MPF of EEG is not suitable for fusing with sEMG features to identify the gait phase.

Cortical activation is time-locked to the gait cycle, as has been demonstrated by several researchers (Gwin et al., 2011; Kline et al., 2016; Artoni et al., 2017). However, leg muscles drive leg movement directly, while corticomuscular interaction analysis in a high level of gait phase granularity was not investigated in the time–frequency domain. The latter is critical for the rehabilitation of gait disorders, especially non-traumatic gait disorders. By computing TFCMI values between EEG and sEMG using beta-band EEG data and sEMG data (Figures 5–8), we found that the distribution of TFCMI values of eight topographies (eight muscles) was different at PSW (p < 0.05) and TSW phases (p < 0.05), which indicates that the cerebral cortex area is more actively involved in the regulation of eight muscles during PSW and TSW. Additionally, similar cortex areas were activated in the eight muscles at other gait phases. Previous authors have suggested that corticomuscular connectivity was stronger in the muscles of swing legs than those of stance legs (Artoni et al., 2017). These findings do not contradict ours. The PSW and TSW gait phases are the beginning and end of swing phases, respectively, therefore, our study also showed the corticomuscular connectivity was more active in the swing phases than in the stance phases. The different cerebral cortex areas are involved in the regulation of eight muscles during PSW and TSW. However, the recognition accuracies of PSW (97.05%) and TSW (94.97%) based on case 2 were lower than other phases at the speed of 2.0 km/h. One explanation is that the different distribution of TFCMI values of eight topographies (eight muscles) reduces the separability of sEMG and EEG features. For example, in Supplementary Figure 7, there is no clear line of the SSC of sEMG and EEG at PSW and TSW.

For each muscle, corticomuscular interaction analysis for the seven gait phases has not been previously investigated in the time–frequency domain using the TFCMI method. However, are the differences in TFCMI values significant in the seven gait phases? We calculated TFCMI values for the frontal, central, and parietal lobes, and the results can be seen in Figure 9 (beta-band EEG signals). We found that TFCMI value differences between LR and MST and between TST and PSW of each muscle were not significant (Table 1). Therefore, the differences in corticomuscular interaction between LR and MST and between TST and PSW were not significant. This can be proven by gait recognition results based on case 3. The post-hoc tests of the gait phase recognition results based on case 3 showed that the differences of recognition results between LR and MST (p = 0.594) and between TST and PSW (p = 0.191) were not significant. The TFCMI results also can be used to explain the bad performance of the recognition results of TST and PSW based on case 3 at the speed of 2.0 km/h.

Based on this study, a high level of gait phase granularity recognition during treadmill walking by EEG and sEMG signals of the participant is available. This can be applied to the control system of a gait rehabilitation device for people with gait disorders. The gait phase recognition based on case 2 is suitable for patients with a relatively low speed, and based on case 1, case 2, and case 3, it is suitable for patients with a relatively high speed. Also, case 2 was more robust than case 1 and case 3. The cerebral cortex area is more actively involved in the regulation of eight muscles during PSW and TSW. Therefore, targeted rehabilitation training for PSW and TSW will improve the function of the gait-related cortex. Furthermore, there is no clear line of the SSC of sEMG and EEG at PSW and TSW; thus, case 2 is not suitable for gait phase recognition at the speed of 2.0 km/h. The differences of corticomuscular interaction between LR and MST and between TST and PSW were not significant. The performance of the recognition results of TST and PSW based on case 3 at the speed of 2.0 km/h was poor. Therefore, other strategies should be used to classify TST and PSW at the speed of 2.0 km/h. Our results can guide rehabilitation physicians as they develop a rehabilitation plan for each phase of a patient’s gait.
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Cortico-basal ganglia beta oscillations (13–30 Hz) are assumed to be involved in motor impairments in Parkinson’s Disease (PD), especially in bradykinesia and rigidity. Various studies have utilized the unilateral 6-hydroxydopamine (6-OHDA) rat PD model to further investigate PD and test novel treatments. However, a detailed behavioral and electrophysiological characterization of the model, including analyses of popular PD treatments such as DBS, has not been documented in the literature. We hence challenged the 6-OHDA rat hemi-PD model with a series of experiments (i.e., cylinder test, open field test, and rotarod test) aimed at assessing the motor impairments, analyzing the effects of Deep Brain Stimulation (DBS), and identifying under which conditions excessive beta oscillations occur. We found that 6-OHDA hemi-PD rats presented an impaired performance in all experiments compared to the sham group, and DBS could improve their overall performance. Across all the experiments and behaviors, the power in the high beta band was observed to be an important biomarker for PD as it showed differences between healthy and lesioned hemispheres and between 6-OHDA-lesioned and sham rats. This all shows that the 6-OHDA hemi-PD model accurately represents many of the motor and electrophysiological symptoms of PD and makes it a useful tool for the pre-clinical testing of new treatments when low β (13–21 Hz) and high β (21–30 Hz) frequency bands are considered separately.

Keywords: 6-hydroxydopamine, Hemi Parkinson’s, deep brain stimulation, animal model, neuroprosthetic, local field potential, beta oscillation, biomarker


INTRODUCTION

Parkinson’s disease (PD) is a neurodegenerative disorder which affects an estimated 10 million patients worldwide (Dorsey et al., 2018). The disease is characterized by both motor and non-motor symptoms, including decreased and inhibited movements, resting tremor, rigidity, sleep issues, cognitive dysfunction, and depression (DeMaagd and Philip, 2015). It has been shown that neural loss in the nigral dopaminergic inputs to the striatum is one of the main causes of the condition. This leads to a major alteration in the neural activity in the cortico-basal ganglia loop, which adversely affects the ability to make voluntary movements (Brown et al., 2001; Levy et al., 2002; Kühn et al., 2005). In the presence of normal dopaminergic drive, the activity of cortico-basal ganglia loop neurons is largely desynchronized. However, upon the loss of dopaminergic neurons, in idiopathic PD and experimental models of the disease, neurons of the subthalamic nucleus (STN), (internal and external) globus pallidus (GP) and substantia nigra pars reticulata (SNr), lose their independence and show increases in burst firing, and synchronization of activity (Filion et al., 1991; Nini et al., 1995).

The synchronized neural oscillations in the aforementioned areas mostly have frequencies within the beta band (13–30 Hz), a frequency band which has been shown to correlate with bradykinesia and rigidity in PD patients (Kühn et al., 2008). Research to-date suggests that common treatments for bradykinesia, such as levodopa medication or high-frequency deep brain stimulation (DBS), work by suppressing the synchronized beta band oscillations in the cortico-thalamo-basal ganglia circuit (Levy et al., 2002; Kühn et al., 2005; Dorval et al., 2010; Delaville et al., 2015). This suppression is predominantly observed in the STN (Plenz and Kital, 1999; Gatev et al., 2006; Stein and Bar-Gad, 2013) and the motor cortex (Yamawaki et al., 2008) of PD patients. It is, however, important to note that this suppression of neural activity in the cortico-thalamo-basal ganglia circuit only leads to motor improvements in patients who already present deteriorated capabilities, and will instead impair the performance of PD patients whose motor capabilities are within normal limits (Chen et al., 2011).

Adaptive deep brain stimulation (aDBS) is emerging as a promising enhanced treatment for PD which overcomes several limitations of conventional DBS (Little and Brown, 2020). Since physiological biomarkers derived from cortico-basal ganglia loop beta band oscillations are currently the front-runners as control signals for aDBS (Little et al., 2013, 2014; Castaño-Candamil et al., 2017), the development of future control algorithms for this treatment (Hoang et al., 2017; Neumann et al., 2019) will surely benefit from a framework for the systematic testing of these biomarkers using accessible and established animal models of PD.

In this study we present an investigation on the suitability of the unilateral 6-hydroxydopamine (6-OHDA) hemi-PD rat model (Ungerstedt, 1968) as a framework for PD pre-clinical research. The unilateral 6-OHDA rat model simulates certain symptoms of PD by unilaterally injecting the highly specific neurotoxin 6-hydroxydopamine (6-OHDA) into either the medial forebrain bundle (MFB) or the substantia nigra, causing substantial ipsilateral dopamine loss (Ungerstedt, 1968; Henderson et al., 2003). This creates what is known as a hemi-parkinsonian (hemi-PD) rat, where one hemisphere of the rat brain is significantly damaged, and the contralateral side to the lesion serves as an in-animal control allowing for electrophysiological comparisons within the rat (Lundblad et al., 2005). Throughout this paper, lesioned animals are interchangeably referred to as 6-OHDA, hemi-PD, or PD animals. We use the last two names to highlight the model’s capability to simulate several symptoms of PD, though we would like to make clear that the disease model does not capture all the aspects of PD, as will be demonstrated later.

Our work aims to quantify the motor impairments displayed by the unilateral 6-OHDA model. In addition it characterizes the conditions under which an excess in the spectral power of the beta frequency band is exhibited in the neural oscillations of the primary motor cortex (M1) and the subthalamic nucleus (STN) of animals lesioned according to this. To achieve this, a series of tests assessing the different movement capabilities of the animals were performed, including the cylinder, open field, and rotarod tests. Furthermore, the characterization of the lesion’s influence on animal’s motor capabilities, the effect of standard DBS on the improvement of motor impairments and the alterations of beta oscillations were investigated through the above tests as well. Finally, all throughout our study we assessed the suitability of beta power in the STN as a biomarker to control stimulation in aDBS.



MATERIALS AND METHODS

All animal procedures were conducted in conformity with relevant institutional rules in compliance with the guidelines of the German Council on Animal Protection. Protocols were approved by the Animal Care Committee of the University of Freiburg under the supervision of the Regierungspräsidium Freiburg (approval G15/031) in accordance with the guidelines of the European Union Directive 2010/63/UE.


Surgical Procedure

Two groups of adult female Sprague-Dawley rats (290–310 g), consisting of 13 6-OHDA lesioned hemi-parkinsonian rats (PD-group) and 12 non-lesioned rats (sham-group), were used for this study. All animals were acquired from Charles River Laboratories (Germany) and were housed under temperature-controlled conditions in a 12-h light-dark cycle, with access to water and food ad libitum. Rats were allowed to acclimate to these conditions for a minimum of 2 weeks prior to any experimental procedures in order to reduce unnecessary stress.

Prior to surgery, all rats underwent at least 7 days of handling to familiarize them with the experimenter. During each surgery, the rats were anesthetized with oxygen (0.15 l/min) and isoflurane (Abbvie, United States). Anesthesia was induced with 4% isoflurane and gradually lowered to 1.5% after placing the animal into the stereotaxic frame (David Kopf, United States). Breathing, reflexes, and depth of anesthesia were monitored throughout the duration of the surgery.

All PD-group animals underwent two consecutive stereotaxic surgeries, with a 2-week recovery time between each surgery. In the first, the 6-OHDA was injected, and in the second, custom-made microelectrodes for stimulation and recording were implanted. During each surgery, holes were drilled at the injection or implantation site, and the dura was resected using a fine needle. The injection canula or electrode was subsequently lowered manually at a rate of approximately 200 μm/s. Four minutes were allowed to pass after each injection, with the needle still inserted, to allow the 6-OHDA to adequately diffuse into the target. After electrode implantation, the skull aperture around the implanted electrode was filled with bone wax. Once in place, electrodes were fixed to a nearby stainless-steel screw anchor (0–80 × 1/8; Plastics One) using a 2-compound dental cement (Palapress; Heraeus Holding GmbH; Germany).

Sham animals (n = 12) were subjected to a unilateral MFB injection of saline, following the same procedure as that of the lesion for the 6-OHDA-group (see section “6-OHDA Lesion and Apomorphine Test”). The sham rats were subsequently subjected to an electrode implantation surgery, which followed the same procedure as the implantation surgery of the PD group (see section “Electrode Implantation” for more details). This protocol ensures that the impairment observed in the hemi-PD rats is solely due to the 6-OHDA treatment and not due to the surgical procedures that the rats were subjected to.



6-OHDA Lesion and Apomorphine Test

Animals assigned to the PD group were unilaterally lesioned with a 6-OHDA solution (3.6 mg 6-OHDA, 20 mg ascorbic acid, and 10 ml 0.9% NaCl) injected into the right medial forebrain bundle (Figure 1). Table 1 contains the lesion coordinates, 6-OHDA volume and the injection rate. The Apomorphine rotation test was performed after a recovery period of 2 weeks to test dopamine depletion intensity. Animals were deemed sufficiently lesioned if at least 3 contralateral (to the lesion) rotations on average were observed per minute for 30 min after the subcutaneous injection of a 0.1ml/100 gr. Apomorphine solution (1 mg Apomorphine, 2 mg ascorbic acid acquired from Sigma-Aldrich Chemie GmbH, Germany and 20 ml NaCl).


[image: image]

FIGURE 1. Rat brain atlas; 6-hydroxydopamine (6-OHDA) Parkinson’s Disease (PD) models are made by administering 6-OHDA into nigrostriatal pathway, in this case the medial forebrain bundle (mfb). From 6-14 days post lesioning, the dopaminergic cells in the striatum (Caudate Putamen CPu) degenerate. Figure adapted from Mottaghi (2020).



TABLE 1. Lesion coordinates in MFB, quantity of 6-OHDA per coordinate and injection rate.
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Electrode Implantation

All rats received a bilateral implantation of Platinum-Iridium (70% Pt, 30% Ir) bipolar recording electrodes with 10 and 75 μm tip diameter and separation, respectively (Science Products GmbH, Germany) into the primary motor cortex (M1) and STN, to achieve a total of eight recording sites for each rat brain (Figure 2). The coordinates of the implants are available in Table 2. Additionally, rats in the PD group received custom-made bipolar stimulation electrodes, made of intertwined 50 μm Platinum-Iridium (70% Pt, 30% Ir) microwires (Science Products GmbH, Germany). The stimulation electrodes were implanted into the STN ipsilateral to the lesion and adjacent to the recording electrodes (Figure 2).
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FIGURE 2. Schematic description of the electrode implantation sites. All rats received bilateral implantations of Platinum-Iridium bipolar recording electrodes (10 mm diameter, black) to both the STN and M1. Rats in the PD group were also implanted with bipolar stimulation electrodes (50 mm diameter, gray) in the STN ipsilateral to the lesion, adjacent to the recording electrodes. Figure adapted from Mottaghi (2020).



TABLE 2. Electrode implantation coordinates in M1 and STN.
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Animal Experiments

In all experiments, video recordings of animal behavior and electrophysiological recordings of brain signals were collected. Electrophysiological data in the form of local field potentials (LFP, 0.3–300 Hz filtered using a 20th-order Butterworth filter) was recorded from the bilaterally implanted recording electrodes in the STN and M1. Data was collected using a 32-channel wireless head stage (Multi-channel System GmbH, Germany) and an AlphaLab SnR system (AlphaOmega, Israel). Prior to all behavioral tests, an adequate stimulation strength for each animal of the PD group was individually determined by titrating the current amplitude such that explorative behavior was observed, but stimulation-related side effects were not. In this way, we compensated for possible variations in electrode placement and shape. Stimulation was applied at a frequency of 130 Hz using a biphasic rectangular pulse and a pulse width of 65 μs in each of the following behavioral tests. Depending on the behavioral paradigm being tested, DBS stimulation was turned on/off at different points throughout the experiment for a fixed period of time to compare the behavior of the animals during on/off periods.


Cylinder Test

The cylinder test measures spontaneous forelimb use, body movement and exploratory activities (Cenci and Lundblad, 2005). Animals were not introduced to the cylinder prior to the experiment in order to test their motivation and capability to explore a novel environment.

Each rat was placed in a transparent cylinder (acrylic glass, 19 cm diam., 35 cm ht.) for a total of 2 min (see Figures 3A,B). A Logitech C920 HD video camera (Logitech, Switzerland) was used to record the animals from a ventral viewpoint (30fps). Rats belonging to the PD group (n = 13) were split into two groups, those receiving DBS during the experiment (PD-DBS ON, n = 7) and those which did not (PD-DBS OFF, n = 6). Sham rats (n = 12) never received DBS. The experimental schedule is shown in Figure 3C.
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FIGURE 3. Depictions of the cylinder test and open field test experimental setups. (A,B) The body angle of the animal and the position of its forepaws were measured and the latter was recorded using a binary code. The first two digits of the 4-bit code represent whether the forepaws were touching the cylinder walls and the last two represent whether they were touching the cylinder floor (e.g., 1100 = both front paws on wall, 0000 = rearing with no support, 0011 = both front paws on floor, 1000 = left paw on wall and right paw not in contact). (C) The animals were monitored for 2 min. A subgroup of PD animals received DBS treatment at the onset of the second minute, while the rest of the PD group remained untreated. (D) Open field area, a 74 cm × 74 cm square box, with the exploratory activities of different PD and Sham rats during 10 min superimposed. Note how sham rats explore most of the area available to them (with a tendency to avoid the center which is a natural reaction for rats), whereas unstimulated PD rats remain on the corners and explore much less than sham rats. Notice the significant difference in the trajectories between stimulated PD rats (episode 2, top) and non-stimulated PD rats [episode 1, 2 (bottom) and 3]. This shows that DBS considerably increases the rats’ ability or motivation to explore and corrects major motor impairments. Figure adapted from Mottaghi (2020).


The observed behavior of all rats was classified into three distinct patterns: rearing, stepping and inactive behavior. During rearing, rats stand on their hind limbs while their forelimbs touch the cylinder wall to maintain balance (Figure 3A). Stepping was defined as episodes where the orientation of the animal’s body shifted > 45 degrees while its forepaws alternated between touching the ground and being held in the air (Figure 3B). Any behavior that could not be defined as either rearing or stepping was classified as inactive.

To quantitatively assess the amount of time spent in each of the three behavioral categories, the distinct positions of the rat’s forelimbs were identified and converted into a four-digit binary code, updated every 0.25s. The first two digits represent the left and right forelimb, respectively, and indicate whether the paws touch the cylinder wall (1) or not (0). Similarly, the last two digits show whether the forelimb paws touch the ground (e.g., 1100 = both front paws on wall, 0011 = both front paws on floor, 0000 = rearing with no support, 0110 = right paw on wall and left paw on floor). The body rotation was also measured (in θ/s) using Tracker video analysis software (©2016, Douglas Brown1) combined with a virtual protractor overlay on the video, with the protractor vertex centered on the center of the urinary meatus of the rat. The endpoint of one protractor leg was aligned with the upper chest of the animal while the remaining leg served as a reference for rotation. After collection, the binary forelimb states and rotation measurements were subsequently analyzed in MATLAB (MathWorks, United States).



Open Field Test

To measure the animal’s locomotor performance and explorative behavior in a novel environment, an open field test (Seibenhener and Wooten, 2015) was performed. The rats were placed in a featureless square chamber (74 × 74 × 30 cm) and left free to explore for 10 min while their location was tracked using BioObserve Viewer II software (BioObserve GmbH, Germany, 25 fps). The experimental layout, together with the superimposed trajectories of the tested animals, are depicted in Figure 3D. The experiment was divided into three episodes. During the first 3 min (episode 1), no rat (n = 25) received DBS stimulation. Next, PD-group animals were divided into two subgroups; one received DBS for 4 min (PD-DBS ON, n = 7) while the other did not (PD-DBS OFF, n = 6). In the last episode, DBS was turned off for all the PD rats (n = 13) and stayed off for the remaining 3 min. Sham rats (n = 12) were left free to explore with no DBS for the entirety of the experiment. The environment was cleaned after each trial to prevent any lingering olfactory signals from interfering with behavior. As in the cylinder test, electrophysiological and video tracking data was collected and subsequently analyzed offline.



Rotarod

The rotarod test, first described by Dunham and Miya (1957), is widely used to assess the effect of brain injuries or experimental drugs on motor function in rodents (Cartmell et al., 1991; Bohlen et al., 2009). No experienced observer or nominal scoring procedure is required, as the test yields a discretely measurable variable (time or speed) which can be used to quantify motor behavior in an objective manner. To perform this test, the rat is placed on a rotating rod that mimics a treadmill. The rod is suspended high enough over the ground so that the rat is naturally motivated to avoid falling, but low enough to avoid any injuries should a fall occur. The rotational speed of the rod is then gradually increased until, when the rat eventually loses its grip or balance, it falls onto a switch plate beneath the rod. Both the speed of the rod and the time that the animals remained on the rotarod are measured and recorded (Figure 4A).
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FIGURE 4. (A) The rotarod is a device consisting of a rotating rod on which rats have to walk without falling for as long as they can. A timer records how long the rats walk on the rod before they fall and trip a switch which stops the timer. (B) All the animals (n = 25) were trained on the rotarod 1 day prior to the test day. They trained for three sessions (with a maximum duration of 60 s) with a 20 min break between each session. On the next day, both the sham and PD group performed two sessions of testing without DBS. A subgroup of the PD rats (n = 7) performed a third round while receiving DBS treatment. The other subgroup performed the third round without DBS (n = 6). Figure adapted from Mottaghi (2020).


The experimental schedule spans over 2 days: on the first day, all rats (n = 25) were trained on a rotarod (Rat Rota-Rod 47700; UGO Basile S.R.L. Gemonio, Italy) in three sessions with 20 min between each session. The sessions consisted of 8 trials with different velocity settings of the rod (12, 16, 19, 21, 24, 26, 28, and 38 rpm) and a maximal duration of 60s. Each trial was followed by a resting period of 1 min (Figure 4B). On the second day, the rotarod was set to accelerate from 2 to 60 rpm with 1 rpm steps over the course of 7 min. 52 s. All rats performed the test in two sessions with a break of at least 20 min in between the sessions. The PD rats were then split into two groups where PD-DBS ON rats (n = 7) performed an additional third session while constantly receiving DBS and PD-DBS OFF (n = 6) did the same but without DBS (Figure 4B).




Electrophysiological Analysis

All of our data analysis was performed in MATLAB 2017a (Mathworks, United States) and Python (Python Software Foundation, CWI). LFP signals were resampled at 1.1 kHz. Power spectral density (PSD) was calculated using Thomson’s multitaper PSD estimate (5 Slepian tapers). In this paper, the right hemisphere of PD-group animals corresponds to the lesioned side, while the left hemisphere is the intact (unlesioned) side. Sham rats only had recording electrodes and hence both of their hemispheres were intact.

The Euclidean Distances (ED) between the averaged PSD’s of different brain regions were used to quantitatively compare electrophysiological behavior across the brain. In our experiments these were used to quantify the difference in beta band power (13–30 Hz) between sham rats and PD rats as follows:
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The behavioral results and normalized band power were statistically analyzed using a non-parametric Wilcoxon rank-sum test, unless mentioned otherwise. Kendall’s rank correlation coefficient was used to assess the linear correlation between band power and speed.



Euthanasia and Histology

After having finalized all experimental testing, chronically implanted rats were euthanized with an overdose of isoflurane and were perfused transcardially with a 4% formaldehyde solution (PFA in phosphate buffer). Their brains were removed, post-fixed in PFA for 7 days and stored in 30% sucrose, after which they were cut into coronal sections (40 μm) along the probe’s implantation trajectory with a cryostat (CryoStar NX70, Thermo Fisher Scientific, United States). Sections were collected on glass slides and stored at 4°C until further processing. Tyrosine Hydroxylase TH staining (Primary AB: T-1299 Sigma 0.2 ml −20°C) was then used as a marker to identify the presence (or lack of) dopaminergic neurons and thus assess the success of the lesion. The sections were also used to verify the correct positioning of the recording and stimulating electrodes.




RESULTS

Using a series of different experimental paradigms, we provided an in-depth characterization of the motor impairments caused by the unilateral 6-OHDA lesion of the hemi-PD rat model and investigated the conditions under which excessive beta power can be observed in the STN and M1 of animals lesioned according to this model. For each experimental paradigm we analyzed the behavior and compared the impairments of the PD group with the motor abilities of the sham group. Furthermore, we investigated the differences in neural activity arising from the different behaviors. To this end, the recorded LFP signal (0.3–300 Hz) was filtered into θ (6–12 Hz), low (13–21 Hz), and high (21–30 Hz) β bands (see Figure 5).
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FIGURE 5. Electrophysiological LFP signals (0.3–300 Hz), as well as video footage, were captured during each experiment simultaneously and were analyzed offline. LFP signals were filtered into G (6–12 Hz), low p (13–21 Hz), and high p (21–30 Hz) frequency bands.



DBS Restores Exploratory Movement Patterns in the 6-OHDA Hemi-PD Rat

The cylinder and open field (OF) tests investigated exploratory movement patterns in both the PD and sham animal groups, since the animals were free to move and explore in both environments. The cylinder environment favored rearing and other stationary activities while the OF challenged their locomotion capabilities.

In the cylinder test, the time that each animal spent in each of the 3 behavioral categories (i.e., rearing, stepping, and inactive) was measured and analyzed individually for each category. To establish a baseline behavioral pattern, the performance of the sham rats during the first minute of the experiment was compared to their performance during the second minute; thus focusing on any behavioral changes resulting uniquely from the time spent in the cylinder. A significant decrease in the sham rats’ rearing time and a significant increase in the duration and frequency of their inactive episodes was observed from this comparison (prear < 0.05, pinactive < 0.01). However, the difference in the time spent stepping was insignificant (see Figure 6A). This shows that there is a natural tendency for the rats to explore less the longer they spend in the cylinder environment. These results are useful to gauge the scale of the natural decrease in exploratory behavior over time, allowing a more accurate estimation of the effects caused by the 6-OHDA lesion.
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FIGURE 6. (A) The time sham animals spend in stepping, rearing, and inactivity during the first minute of the tests was compared to the second minute. We observe decreases in stepping and rearing behavior and an increase in the time spent in the inactive state. (B) Comparison in the same behaviors as in (A) between PD and sham rats during the first minute. (C) The behavioral patterns of PD-DBS ON, PD-DBS OFF, and sham animals during the second minute of the cylinder test. We see a similar pattern for PD-DBS ON and sham rats and a drastically impaired pattern in PD-DBS OFF rats, which spend nearly all of their time in the inactive state. Level of significance (*p < 0.05, **p < 0.01, ***p < 0.001, and n.s. stands for not significant). Figure adapted from Mottaghi (2020).


A similar comparison between the PD and sham groups over the first minute shows that PD rats spent significantly less time stepping and rearing, and instead spent more time in the inactive state (pstepping < 0.05, prear < 0.001, pinactive < 0.001) (Figure 6B). The first minute differences in the time spent stepping between PD and sham rats are slightly more pronounced than comparable first to second minute sham rats’ efforts (“Stepping,” Figure 6B vs. Figure 6A). The differences in time spent rearing and in the inactive state are however much more pronounced between PD and sham rats than among sham rats only (“Rearing” and “Inactive,” Figure 6B vs. Figure 6A).

To evaluate the effect of DBS on the behavior of PD rats, the PD-group was divided into two subgroups: one PD subgroup (n = 7, PD-DBS ON) was exposed to STN-DBS at the onset of the second minute of the experiment, while the other subgroup remained untreated (n = 6, PD-DBS OFF). The results indicate that PD-DBS ON rats exhibited a similar behavioral pattern to the sham group during the second minute, whereas PD-DBS OFF rats exhibited significantly less stepping (pSham– PD–DBSOFF < 0.001 and pPD–DBSON –PD–DBSOFF < 0.01, respectively) and rearing (pSham–PD–DBSOFF < 0.01 and pPD–DBSON –PD–DBSOFF < 0.01, respectively), and instead spent significantly longer periods of time in the inactive state (pSham–PD–DBSOFF < 0.001 and pPD–DBSON – PD–DBSOFF < 0.01, respectively) compared to the sham and PD-DBS ON groups (see Figure 6C).

The data from the OF test showed similar results to that of the cylinder test. This data was analyzed for all groups by dividing the tracking data into three episodes: (1) the first 3 min of the experiment without electrical stimulation; (2) minutes 4 to 8, where only the PD-DBS ON subgroup (n = 7) received DBS, and the rest of the groups continued untreated; (3) the last 3 min, where once again no DBS was applied to any of the groups. Subsequently, we compared the behavioral patterns exhibited in each of the episodes across groups.

Figure 3D illustrates tracking data for sham and PD group animals in each episode. Similar to the cylinder test, it can be seen that the sham rats’ exploration drive declined as time progressed. Figure 3D also shows that sham rats explored significantly more than PD-group rats, where PD animals tend to move less and like to stick to the walls of the arena. Although DBS increased the extent of exploratory behavior of PD rats in episode 2, when it was removed during episode 3, PD animals returned to their mostly inactive behavior.

In order to quantify and statistically compare these behavioral differences, four parameters were considered: average velocity (see Figure 7A), average time showing large movements (LM) (speed > 4 cm/s, t > 2 s) (see Figure 7B), total distance traveled (see Figure 7C) and average time spent immobile (speed < 0.5 cm/s, t > 2 s) (see Figure 7D). Sham rats showed a decrease in average velocity, average time spent in LM and distance traveled if we compare the results from the first and third episodes. On the other hand, the average time sham rats spent immobile increased throughout this timespan. This corroborates habituation observed in the cylinder test.
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FIGURE 7. Four behavioral features of the OF test were analyzed using the animals’ tracking data. (A) The average velocity, (B) time spent in large movements, (C) distance traveled, (D) and the time spent in immobility were selected as variables to compare across groups. It is shown here that unstimulated animals exhibit lower velocity, distance traveled, and time spent in large movements than stimulated or healthy animals, and instead spend more time in immobility. However, the subgroup that received DBS exhibits significant exploratory improvements and a significant reduction in their immobility spells. Level of significance: (*p < 0.05, **p < 0.01, ***p < 0.001, and n.s. stands for not significant). Figure adapted from Mottaghi (2020).


During the first and third episodes (where DBS was not applied to any animal), significant differences in all four parameters were seen between the sham and PD groups (pspeed, pLM, ptr.dist., and pimmob. < 0.001). In the second episode, no significant difference was observed between any of the measured parameters for sham rats and the PD-DBS-ON subgroup, however the PD-DBS-OFF subgroup exhibited significantly less exploratory behavior in comparison.

The behavioral results from both the cylinder and OF tests hence show that we can reestablish severely impaired movement capabilities to close-to-healthy levels through the use of STN-DBS on subjects of the hemi-PD rat model.



Distinct Movement-Dependent PSD Profiles in 6-OHDA Hemi-PD Rats

Having characterized the behavioral differences between the sham, PD, and DBS groups, we next examined how these differences were reflected on a neural level. To relate the animals’ behavior with the measured neural activity, the digitized behavioral patterns of the animals’ forelimbs in the cylinder test were synchronized with the time-frequency power analysis of the electrophysiological recordings in order to identify possible movement-dependent patterns. A digitized value > 0100 (4 in its decimal representation) encodes for a rearing position as here at least one of the animal’s forelimb paws is touching the wall (1100 = both front paws on wall, 0000 = rearing with no support, 0011 = both front paws on floor, and 1000 = left paw on wall and right paw not in contact).

Figure 8 shows spectrograms from an electrophysiological recording from both the M1 of the unlesioned and lesioned sides of one exemplary PD rat, synchronized with a plot showing the rat’s progression through different forelimb positions. The lesioned hemisphere in this PD rat shows a strong increase in beta power (13–30 Hz) compared to its unlesioned (intact) hemisphere in moments when the rat was entering the rearing position (see arrowheads below spectrograms, Figure 8). A similar analysis applied across all rats (see Figure 9) confirms the findings of Degos et al. (2009) who also observed an excess in beta band power in the lesioned hemisphere of rats from the unilateral 6-OHDA model. The correspondence of the peak in beta power with rearing episodes shows that the model is affecting neural activity during movement planning and initiation, which could explain the tendency of PD rats to remain in the inactive state (see Figure 6B and Figure 7D).
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FIGURE 8. The top two plots show spectrogram examples from the intact (left) vs. lesioned (right) hemispheres captured from bilateral M1 of a PD rat (R21), with the digitized behavioral pattern shown below each spectrogram. Note that the arrows in the spectrograms point at the times in which the animal was rearing, as can be seen from the forelimb position plot below (green and purple correspond to the lesioned and intact hemispheres, respectively). Figure adapted from Mottaghi (2020).
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FIGURE 9. The power spectral density (PSD) during the three behavioral patterns of the cylinder test (i.e., rearing, stepping, and no-movement) was analyzed. The PSD was averaged over theta, low beta, and high beta bands measured from both hemispheres, resulting in three bins, one for each band. The averaged-PSD comparison of the right vs. left M1 of sham rats is shown in the left column (A,C,E), whilst the same comparison for PD rats is shown in the right column (B,D,F). (B) During rearing in PD rats, both the low and high beta power from the lesioned hemisphere (right hemisphere) is significantly higher than in the intact hemisphere. (D) During stepping episodes, however, only the power in the low beta band is significantly higher in the lesioned than in the intact hemisphere. (F) No significant differences between hemispheres can be observed for any band during inactive episodes in PD rats. (A,C,E) Similarly, no significant differences are found by comparing the power in PD animals to that of sham group animals for inactive episodes. Level of significance: (*p < 0.05, **p < 0.01, and ***p < 0.001). Figure adapted from Mottaghi (2020).


For both sham and PD rats, we also calculated the average band power within the frequency bands of interest [i.e., theta (6–12 Hz), low beta (13–21 Hz), and high beta (21–30 Hz)] for signals corresponding to the three behavioral patterns of the cylinder test (see Figure 9). The results show distinct low and high beta band power differences between intact and lesioned hemispheres during rearing, significant differences only in low beta band power during stepping and no significant differences at any of the three frequency bands during inactive episodes. As a control, we also looked at the differences in the band power between the two intact hemispheres of sham rats, finding no significant differences. This hence confirms that the differences in band power for PD rats were due to the lesion.

These results show us that the differences in the spectra of electrophysiological recordings from the left and right M1 of PD and sham rats change depending on the behavior of the rats. In particular during active episodes (Figures 9A–D), the spectra of intact and lesioned hemispheres differ more than in no-movement episodes (Figure 9F). Motor symptoms of PD are apparently related to an alteration of LFP spectra. In addition, the differences in spectra between lesioned and intact hemispheres were preferentially visible in the beta band (both low and high), hinting at the beta band’s importance as a potential indicator for the presence of PD symptoms.



Excessive Beta Power Is More Prominent in M1 Than in the STN

The prominence of excessive beta power in the lesioned hemisphere of PD rats was compared between recordings from M1 and the STN of PD and sham rats performing the cylinder test. To this end, we computed the PSD of M1 and STN recordings for all animals during rearing and stepping episodes – where the difference in beta power between intact and lesioned hemispheres had been found to be significant.

Figure 10 illustrates the PSD analysis of recordings from the STN and M1 of the lesioned hemisphere of PD rats during DBS-OFF and ON episodes, as well as from the corresponding intact regions of the sham group. In order to quantify the difference between the PSD’s from different regions, the Euclidean Distances (ED) between the averaged PSD’s were calculated as in Eq. 1.
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FIGURE 10. The excessive beta power of PD rats during stepping and rearing was compared between STN and M1 regions. (A) Although excessive beta can be seen in both regions, the M1 exhibits a more pronounced excess during rearing as compared to the STN. (C) The beta power excess during stepping only becomes apparent for M1 and not for the STN. We also observe that the administration of DBS lowers the beta excess power in both rearing and stepping episodes. (B,D) Euclidean Distance (ED) was used to quantify the differences between the PSDs of PD DBS-ON vs. sham and PD DBS-OFF vs. sham rats. The low beta band shows significant decreases in the ED’s upon stimulation, which can be observed in both the STN and M1 during rearing, but only in M1 during stepping. Level of significance: (*p < 0.05, **p < 0.01, and ***p < 0.001). Figure adapted from Mottaghi (2020).


The PSD plots show how, in both rearing and stepping episodes, the excess in beta power of the DBS-OFF recordings from the lesioned regions is less prominent in STN (Figures 10A,C left) than in M1 (Figures 10A,C right). In addition, we observe that the application of DBS suppresses this excessive beta power in both regions during these episodes. The results of the ED analysis show in rearing episodes (compared to no stimulation) DBS substantially lowers the ED’s in the low beta band for both the STN and M1 (Figure 10B). A similar analysis for stepping episodes shows a significant reduction in the ED’s for the low beta band only in M1 (not in the STN, Figure 10D).

As the LFPs from M1 had more clear and marked differences between the electrophysiological signals coming from lesioned and healthy hemispheres, this indicates they may be better suited for biomarker applications. Furthermore, differences in the M1 signals were also observed in a wider range of behaviors (i.e., both rearing and stepping) compared to the STN signals. In addition, in line with the results from the previous section, differences in the beta band power between the lesioned and healthy hemispheres were more pronounced as the animals’ activities become more complex and intensive. Finally, the therapeutic effects of DBS also returned the beta band power of PD rats close to the levels of healthy rats.



The Low Beta Band Is Related to Locomotion

Next, in the context of bradykinesia in PD, we investigated the correlation between movement speed and spectral power in sham and PD rats. This was done selecting time periods involving locomotion from the OF test. For each locomotion speed in the range 1–16 cm/s (1cm/s resolution), we analyzed LFP signals recorded from M1. Due to low sample points, higher speeds were excluded from the analysis. In order to assess the effect of movement speed on the power in the different frequency bands, the average band power calculated over 5-s windows was determined at each speed. Violin plots on the right side of each subplot in Figure 11 represent the distribution of the power in each band. Additionally, the raster plots placed along the top of Figure 11’s subplots indicate statistical significance for the difference in power between the sham and PD group (blue and red, respectively) at each speed.
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FIGURE 11. Speed-power relationship was analyzed in order to investigate the correlation between behavioral impairments and electrophysiological indicators. The locomotion speed of each animal was computed using the tracking data. Electrophysiological signals from M1 and STN of the same timestamps were filtered in theta, low, and high beta bands. The scatter plots above illustrate the median value of the band power at each specific speed (red for PD and blue for sham). The size of each point represents the relative amount of data (number of animals exhibiting that speed) per point. The violin plots on the right side of each figure represent the distribution of power over all the speed bins. Kendall’s rank correlation coefficient (x) was computed to assess the correlation between speed and power band values, as shown in the white box in the bottom-left corner of each subfigure. Significance tests between PD and sham band power values at each speed were performed and are shown in the raster plot along the top of each subfigure. Note: Except for the low beta band, PD animals’ LFP power does not exceed healthy animals’ power with the exemption of high beta power at low speeds in the M1. Level of significance: (*p < 0.05 and ***p < 0.001). Figure adapted from Mottaghi (2020).


Comparing the normalized power within theta, low, and high beta bands at each observed speed between healthy (blue) and PD (red) animals revealed little differences at individual speeds, but significant differences overall. Compared to sham group rats, PD rats demonstrate lower theta and higher low beta power.

The results of this experiment tell us that the speed of free movement is hardly reflected by the band power in both sham or hemi-parkinsonian rats. However, overall utilization of spectral power differs between healthy and lesioned animals (violin plots), but only in the low beta band the PD animals’ power appears more pronounced than in the healthy animals (correlation lines). In other bands the verdict is not that clear and hardly any of the differences in speed-power-pairs shows a significant difference. As a useful indicator should exhibit some kind of specific feature, this casts doubt on the beta band power to be suitable for revealing acute impediments in the movement of PD animals upon which to trigger a stimulator.



DBS Restores Locomotion and Balance During Forced Movements

Both the cylinder and OF tests assessed exploratory behavior, allowing the animal to start and stop movements freely. It was shown in Figures 6, 7 that PD animals tend to explore less than sham group animals. This motivated us to challenge their locomotion capability further by employing the rotarod test, in which the rats were forced to initiate movement and continue to walk to avoid falling. We measured the maximum speed and time that each rat was able to stay on the rotarod and compared results across groups (see Figure 12).
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FIGURE 12. The rotarod test challenges the motor and balance capabilities of animals by forcing them to move at the speed of the elevated rotating rod they are placed on. All the animals underwent two test sessions while no DBS treatment was applied. A subgroup of PD animals performed a third test session while receiving DBS (n = 7), whereas the rest of the PD group performed the third round while DBS was off (n = 6). The maximum time and speed each animal could remain on the rotarod was recorded and compared across groups. The performance of the PD and sham group during the first two rounds were compared (sham vs. All PDDBSoff). The PD group remained a significantly shorter period of time on the rotarod compared to the sham group. As for the third round, the performance difference between the PDDBSon and sham animals was not significant. However, the performance of the PDDBSoff subgroup was significantly worse compared to the sham and PDDBSon. Level of significance: (*p < 0.05, **p < 0.01, and n.s. stands for not significant). Figure adapted from Mottaghi (2020).


As no significant difference was found between the first and the second round of trials in the sham group, we compared the results of any of the two sham rounds to the other trials. Overall, we found that PD rats stayed a significantly shorter (on average 100 s vs. 200 s for sham) on the rotarod compared to the sham group when no DBS was applied. However, remarkably, the administration of DBS greatly increases the time spent on the rotarod for PD rats (n = 7) as compared to PD rats without DBS (n = 6). Moreover, no significant differences were evident between the sham and PD-DBS group.

These results demonstrate that the movement capabilities of lesioned animals were also impaired for forced movements involving balance, and that DBS is capable of restoring performance back to healthy levels.



Impairment of Movement Initiation in Hemi-Parkinsonian Rats Is Accompanied by Alterations in Frequency Band Power

Finally, we examined how power in different frequency bands related to the performance of the animals in the rotarod test (Figure 13). In the examined theta and beta bands, significant differences were exhibited between the speed-power pairs of PD and sham group animals (see raster plots). The signal power was significantly lower for the PD rats in the theta band and higher in the two beta bands for all speeds as compared to sham rats. Interestingly, significant differences between the power at each speed in the low beta bands were present only during the early phase of the experiment, and disappeared when the speed reached 4 cm/s. The theta and high beta bands instead show strong differences at higher speeds. Therefore, the speed determined whether there was a difference in the speed-power pairs between the groups, which we did not see in the analysis of the OF test (Figure 12). Moreover, contrasting with the results from the OF test, the analysis of recordings from the STN showed patterns similar to those from M1.


[image: image]

FIGURE 13. The relation between speed and band power in forced movements on the rotarod was investigated for PD and sham rats. The speeds of the rotarod as well as the electrophysiological signals (M1 and STN) of the same time stamps were plotted for theta, low, and high beta bands. Each data point represents the median of the band power measured at each speed. The size of each point represents the relative amount of data per point. The distribution of the power, over all the speeds is represented by the violin plots on the right side of each subfigure, and the results from the significance test of the difference between the PD and sham band power, at each speed are illustrated in the raster plots above the figures. The theta power, measured from both the right STN and M1 regions over all the speeds (1 16 cm/s) are significantly lower in PD rats compared to the sham group, while both low and high beta power showed higher values for PD compared to sham rats. Unlike the results from the OF test, the results from the STN are in line with the results from M1. Additionally, the low beta band shows stronger significant differences between PD and sham speed-power pairs only at lower speeds (<4 cm/s) while theta and high beta bands exhibit significant differences at higher speeds (>4 cm/s). Level of significance: (***p < 0.001). Figure adapted from Mottaghi (2020).





DISCUSSION

Closed-loop or adaptive DBS (aDBS) is hoped to ameliorate PD patient’s symptoms by turning on the stimulation only when needed to reduce PD’s motor symptoms. Clearly, a reliable indicator is needed to trigger the stimulating device and excessive beta-band activity was proposed for that purpose (Little et al., 2013).

Enhanced beta oscillatory activity throughout the cortico-thalamo-basal ganglia loop has been repeatedly reported in PD patients and pre-clinical animal models of the disease (Levy et al., 2002; Brown, 2006; Kühn et al., 2008; Dorval et al., 2010; Delaville et al., 2015). Studies show that it is mainly related to bradykinesia and akinesia symptoms and is thought to be an antikinetic feature of the disease. Dopamine replacement therapies (Heimer et al., 2002; Levy et al., 2002; Williams, 2002; Priori et al., 2004; Sharott et al., 2005) and DBS treatments (Wingeier et al., 2006) have been observed to lower its severity.

In an earlier study of a preclinical PD model, Degos et al. observed such an excessive increase of beta band oscillations in the motor cortex of awake PD rats, unfortunately after the bradykinetic/akinetic symptoms of their model became apparent (Degos et al., 2009).

In the present study we provide a deep behavioral and electrophysiological characterization of the 6-OHDA rat model of PD using three different behavioral paradigms. In each we evaluated motor symptoms, potential electrophysiological indicators, and the efficacy of DBS at recovering motor impairments. Whereas most research with PD models focuses on the basal ganglia’s effect (Dorval and Grill, 2014; Anderson et al., 2015; Hoang et al., 2017) we included LFP recordings from the motor cortex into our data set. Hence our results provide new insights both on the 6-OHDA model as on the quest for a reliable biomarker for aDBS. This is of particular interest as the beta power already has been contested in literature (Swan et al., 2019).

Motor impairments observed in the model (less exploration, slower locomotion speeds, longer immobility) can be linked to bradykinesia and akinesia, while no resting tremor was observed in any of the PD animals in our study which agrees with previous reports on the model (Asakawa et al., 2016). We noticed that excessive beta power was not measured during inactive episodes, corroborating results published by Degos et al. (2009). Similarly (Degos et al., 2009; Asakawa et al., 2016) our hemi-PD animals expressed less exploratory behavior as compared to healthy animals in the cylinder, OF and rotarod tests. We found that DBS treatment improved the performance of hemi-PD animals across all the tested experimental settings, suggesting an analogous mode of operation of DBS in rats to that of humans.

Among the behavior evaluated in unrestrained movement experiments, rearing showed the most prominent increase in the beta band power in lesioned hemispheres. In contrast, we observed when the animal was forced to move on the rotarod, at all speeds, the excessive beta power was detected more easily than during self-guided movements. We speculate that staying atop the rotating rod required better synchronized and more widespread brain networks to be activated thus contributing to a stronger signal in the beta band.

Interestingly, when analyzing the low and the high beta bands separately, we observed in the lesioned hemisphere a cross-over in significance levels at around 4 cm/s forced speed. Below that critical speed, the low beta power was higher in lesioned than in healthy animals, whereas above 4 cm/s high beta is presented stronger by PD animals. This is in line with the literature which assumes high beta band power to be an important indicator for cortico-subthalamic interactions, strongly affected by PD (Lalo et al., 2008; Hirschmann et al., 2013; Cao et al., 2019). With an increase in forced speed high beta energy increases both in the M1 and the STN as compared to the high beta contribution in healthy animals. This divergence is not observed in self-motivated movements.

Low beta power on the contrary is attributed to slower walking behavior and freezing in humans (Singh et al., 2013). A more prominent low beta contribution can be seen in PD animals during the slow phases of the forced motion experiments. Self-motivated movement doesn’t show such a clear distinction. The low-frequency effects of the 6-OHDA model were studied in Alberico et al. (2017), where it was shown that increased delta field potential power correlates with dyskinesias in 6-OHDA-lesioned mice. This low-frequency effect agrees well with our hypothesis that the interference with lower frequencies in both human PD and the 6-OHDA model leads to the disruption of slow movements or movements made when stationary. Although Alberico et al. (2017) were measuring activity in the striatum to demonstrate the correlation, the projections between the STN, M1 and striatum could explain why we have similar findings.

This difference shows that, depending on the speed and the involvement of additional brain circuits, a generalized beta band power tends to ignore important and subtle differences in its subbands. Across all the experiments and behaviors, the power in the high beta band was observed to be an important indicator in PD animals as it showed differences between healthy and lesioned hemispheres and between PD and sham rats.

Previous studies used behavioral tests in 6-OHDA hemi-PD rodent models and quantitatively evaluated the severity of PD symptoms, to investigate the effects of novel therapeutic interventions and to gain insights into PD pathophysiology (Iancu et al., 2005). However, like other neurotoxic models, a limitation is the acute neurodegenerative property of the 6-OHDA model, as it lacks the progressive, age-dependent effects of PD. Nor does it cover the occurrence of Lewy bodies found in humans (Potashkin et al., 2010). We also observed that the 6-OHDA model does not simulate resting tremor, an important symptom of PD in humans. Thus no salient features were detected in signals recorded during periods of inactivity, which would be crucial as aDBS trigger.

The main findings of our experiments were that the 6-OHDA PD model emulates the motor and balance impairments of PD in both free and forced motion and that STN-DBS is well suited to restore animals’ impaired capabilities back to healthy levels. We also discovered that excessive beta power is prominent in PD rats in all experimental settings i.e., in free and forced motion at all speeds – except when animals remain immobile. An analysis between speed and spectral power further revealed significant correlations only in forced movement which were positive in the beta band and negative in the theta band. We also noticed that excessive beta power was more prominent in high beta and M1 than in the STN.

When generously projecting our results from an animal model of PD toward treatments of human patients with adaptive DBS, we advocate to take contextual information of the surroundings into account. Self-paced walking may produce different LFP signals than walking on a treadmill. In addition, control algorithm might strongly benefit from more than one recording location in the brain, as our results showed differences in recordings from STN (the usual implant locationin humans) and the motor cortex.

All in all, we want to express our hope that the use of a better validated animal model might prove beneficial for the treatment of PD patients.
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Category

Standing skils

Walking skills

Advanced skils

Order

PRSI IR SP NI

10
1
12
13
14
15

16

17

18

19

20

21

22

23

24

25

26

27

Intermediate skill

Weight shifting forward and backward and to
the right and left

Touching the wristband during standing
Sit-to-stand

Stand-to-sit

Walk 10m with assistance (with max. 2 stops)
Stop with the preferred leg

Stop vith the not preferred leg

Walk 10m without assistance (with max. 2
stops)

Walk 10m without assistance (without stops)
Avrest gait at command

Walk a 90° curve to the right (with max. 1 stop)
Walk a 90° curve to the right (without stops)
Walk a 90° curve to the left (with max. 1 stop)
Walk 2 90° curve to the left without stops)
Walk a 180° curve (radius 1.8m) to the right
(with max. 1 stop)

Walk a 180° curve (radius 1.8m) to the right
(without stops)

Walk a 180° curve (radius 1.8m) to the left
(with max. 1 stop)

Walk a 180° curve (radius 1.8m) to the left
(without stops)

Arrest gait nearby a vaulting box (height 1.1 m)
‘and move a cone at chest height

Pass a narrow passage (width 0.8m) (vith
max. 1 stop)

Arest gait nearby a door (width 0.8m), open
the door away from you and enter (with max. 1
stop)

Arest gait nearby a door (width 0.8m), open
the door toward you and enter (with max. 1
stop)

Arest gait near a chair (height 0.5 m) and pivot
tum to sit down

Pass an upward and downward sloping
doorstep (angle up 11.3%and down 16.7°,
height 0.03m) (with max. 1 stop)

Walk up a martial arts mat (height 0.04m) (with
max. 1 stop)

Walk down a martial arts mat (height 0.04 m)
(with max. 1 stop)

Walk a slalom around 4 badminton poles
(distance between poles 3.0m) (with max. 2
stops)
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Level of SCI, median [range]
Post-injury (months), medan [range]
A'S* (VB)

*AIS, American Spinal Injury Association Impairment Scale.

Total (N = 12)

43
42(24-56]
Thoracic 9 [4-11]
75 [24-276)
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Final-skills-test 1

Digits in brackets represent the number of partcipants.
*Correlation is significant at the 0.05 level.

Intermediate-skills-test 2

~0.15 (10)

Intermediate-skills-test 3

029 (10)
037 (10)

Final-skills-test 1

0.08(8)
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No. Age range Diagnosis Genetics

1 40-45 LGMD 24 Compound heterozygous CAPNG-mutations in exon 3 ¢.390G>C (p.Trp130Cys) and in
‘exon 4: ¢.550delA

2 55-60 LaMD 21 Homozygous FKRP-mutation in exon 4: ¢.826C>A (p.Leu276lle)

3 60-65 LGMD (of unknown subtype) No mutations detected in next generation sequencing panel including CAPNS-, DYSF-,
FKRP-genes

No. Age range at disease onset ~ Proximal muscle strength of  Extraskeletal muscular involvement Physical assistance

lower extremities (MRC)

1 10-15 1-2/5 None Electric wheelchair

2 45-50 2-3/5 Cardiac, mild lowered left ventrioular function  Wheeled walker

3 45-50 235 None Walking stick

M, man; . female; LGMD, limb-girdle muscular dystrophy; MRC, medical research council.
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TPR (%)

.75
68.75
81.25

100.00
68.75

100.00
81.25
43.75
62.50
81.25
25.00
56.25
85.00
55.00
70.00
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40.00
55.00

100.00
§5.00
95.00
31.25
37.50
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91.67

100.00
58.33
87.50
62.50
75.00
91.67
66.67
66.67
50.00
25.00
58.33
86.67
80.00
73.33
85.00
60.00
45.00

100.00
86.67
73.33

Data represent the average value of the tested trials. No outliers were identified by SPSS. Best WD resuits appear in bold.
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Stop

Acc (%)

79.52
7518
7804
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93.75
58.69
9226
75.00
91.67

100.00
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68.75
92.26
66.67
56.52
81.26
52.50
53.84
83.33
56.25
70.42
83.33
57.50
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7593
36.25
77.78
30.30
25.71
38.87
37.87
59.44
42.73
74.29
33.33
69.05
79.74
35.20
38.33
50.87
3291
59.72
96.67
95.24
89.26
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Start
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65.99 % 20.59
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072014
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TPR (%)

84.06 £ 18.40
66,85 £ 21.68
67.19 £ 18.40

69.37 £ 22.24

FP/min

473£534
664+ 10.11
493428

5.44 £ 695

Stop

Ace (%)

76.36 £ 20.95
69.06 £ 21.90
63.91 £ 16.82

66.44 £20.92

The data represent the average value + standard deviation by method for the sixteen subjects. Best results for WD start and stop models appear in bold.
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Method Healthy Patient

Start Stop Start Stop
sT 072£044 0822000 073x0.44  061£024
HHT 048+0.17 0582014 0654020 037030
FFT 0612011 0642012  061£028  050£017

Average 080017  0.68£045 066£019 049025

The data represent the average WD value < standard deviation by method and type of
subject: healthy or patient. Best results in bold.





OPS/images/fnins-11-00660/inline_1.gif





OPS/images/fnins-11-00660/fnins-11-00660-t003.jpg
Method start Stop

TPR (%) FP/min Acc (%) wD TPR (%) FP/min Ace (%) wp
st 834541098 2884127 8348854 060048 7388+ 1222 159£093 8897874 0.7040.16
HHT 7214£1259  457£230 718541271 034027 6165+ 1694 182+£108 83631174 060019
FFT 75114894 3114131 80494898 0524019  7051£1253 278105 8049+ 853 053+018
Average 7690+ 1175 8524182 786141120 049024 6868+ 1469  206+112 84361019 061019

The data represent the average value , standard deviation by method for the subjects. P2 was not considered for the stop mode as it was detected as outlier. Best results for start
and stop models appear in bold.
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Method Healthy Patient

Start Stop Start Stop

sT 0.6420.10 081:£043 0564 0.24 0572014
HHT 0.34£0.23 064£0.16 0332031 055023
FFT 056 40.20 0584009 0.4940.18 0.48 +024
Average 0514022 068+ 0.14 0464026 0534020

The data represent the average WD value = standard deviation by method and type of subject: healthy or patient. P2 was not considered for the stop model as it was detected as
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Subject Height (cm) Weight (kg) BMI (kg/m?)

1 172 57 19.3
2 180 71 219
3 174 73 244
4 174 70 281
5 173 3 22.7
6 183 70 209
7 197 76 19.6
8 182 80 242
9 180 70 216
10 158 58 232
1 160 a5 176
12 160 51 199
13 157 a8 195
14 163 55 20.7
15 164 7 26.4
Mean value + SD 1718+ 11.06 64.2:+977 21742238

9 female, 6 male; SD, standard deviation; BMI, body mass index; cm, centimeter;
ka, idoaram: m, meter.
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Subject Method Start stop

TPR (%) FP/min Acc (%) wp TPR (%) FP/min Acc (%) wp
HI sT 87.50 375 7783 050 75.00 113 92.17 076
HHT 77.50 450 7479 038 8250 188 89.00 071
FFT 66.00 375 7150 038 80.00 263 85.17 061
H2 sT 87.50 263 88.00 0.66 85.00 150 91.50 076
HHT 77.50 413 7067 039 75.00 188 87.67 067
FFT 70.00 300 7933 051 8000 225 8483 064
H3 ST 8250 263 84.83 062 8250 075 95.50 084
HHT 65.00 675 60.17 006 75.00 188 80.67 068
FFT 70.00 526 7521 029 77.50 263 8200 058
H4 sT 95.00 150 93.33 081 87.50 038 98.00 LX)
HHT 82.50 263 86.71 063 7250 038 98.00 085
FFT 80.00 113 93.00 078 85.00 225 8817 068
HS ST 88.00 210 87.14 070 8200 150 %14 076
HHT 78.00 360 7695 047 74.00 180 85.17 066
FFT 72.00 210 85.14 062 84.00 360 83.06 053
HE. ST 90.00 270 84.79 064 66.00 090 93.33 075
HHT 72.00 300 84.10 054 44.00 120 90.00 062
FFT 82.00 180 89.31 071 58.00 270 7850 0.48
H7 sT 86.00 390 8125 051 8200 060 96.00 085
HHT 58.00 7.50 5476 50.00 360 67.48 030
FFT 66.00 390 7250 037 66.00 330 7714 045
H8. sT 94.00 300 84.23 063 82,00 060 96.33 086
HHT 64.00 420 68.52 032 38.00 030 86.67 065
FFT 82,00 120 93.00 079 7200 180 8208 063
P1 ST 85.00 038 97.50 089 60.00 338 85.83 047
HHT 77.50 150 84.00 069 4750 188 7050 0.46
FFT 85.00 150 92,00 077 60.00 300 77.00 045
P2 sT 53.57 268 7048 0.41 8929 429 83.16 050
HHT 96.43 964 64.49 46.43" 7.50° 26.19" 028"
FFT 67.86 482 65.24 026 7143 536 7381 028
P3 sT 66.67 563 66.67 020 50.00 188 7361 049
HHT 54.17 625 47.50 002 50.00 375 77.78 035
FFT 58.33 438 69.44 029 50.00 563 56.94 007
P4 ST 92.86 268 86.90 067 57.14 268 68,57 042
HHT 78.57 268 81.67 058 50.00 107 9357 067
FFT 7857 268 84.52 060 57.14 375 7119 034
Ps sT 90.63 234 89.64 071 7188 141 90.63 o
HHT 84.38 469 7521 040 68.75 188 9083 066
FFT 8438 375 80.68 051 6875 234 85.42 059
P6 sT 84.00 300 8393 059 7200 240 8752 061
HHT 76.00 660 63.88 0.14 66.00 240 7064 045
FFT 86.00 300 8457 0.60 68.00 210 83.81 060
P7 ST 72.00 510 69.72 028 64.00 300 79.00 048
HHT 46.00 450 6179 018 46.00 300 59.31 029
FFT 68.00 450 7042 032 68.00 270 77.64 047
P8 sT 80.00 200 89.42 069 9111 167 94.44 079
HHT 66.67 1.00 94.44 075 95.56 033 98.15 094
FFT 86.67 300 82,01 059 93.33 1.00 94.44 086

The data represent the average value of the trials (up to ten by subject) obtained by leave-one-out cross-validation technique for the diferent evaluation incices. Outlers identifed by
SPSS are marked by *. Best WD results by subject are marked in bold for the start and stop models.
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Subject

Total number of trials
Tials used for
pseudo-online model
Trials used for
pseudo-online testing

Hi-H8 P1 P2 P3 P4 P5 P6 P7

0 10 7 6 7 8 9 10
1-6  1-6 1-4 1-4 1-4 1-5 1-6 1-6

7-10 7-10 5-7 56 57 68 7-9 7-10
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Case 1 2 3 4

Sex Male Male Female Male

Age 20 67 %2 30

Reason for SCI C3/4 fracture-dislocation T5/6 Pyogenic Spondyitis Spinal cord infarction T12 burst fracture
Postinjured period 3y2m 28m 6y3m 1y9m

AIS ceB T6A TI0A TiA

Type of paralysis Spastic Spastic Spastic Flaccid
ISNCSCI UEMS 24 50 50 50

ISNCSCI LEMS 0 o 0 3

History of other gait training None None Long leg brace Long leg brace,
Frequency 1 to 2/month 2/week 1 to 2/month 2/week






OPS/images/fnins-15-607905/fnins-15-607905-g001.jpg
Nacon-
Bohestor
ball 4

i\






OPS/images/fnins-15-607905/fnins-15-607905-e001.jpg
TEMI (F;, F}) = H (F)) + H (F;) - H (F;, F})
P(FipFip)

=22 p(Fip ,u)lﬂgzm





OPS/images/fnins-15-607905/fnins-15-607905-e000.jpg
40

H(E) == p(Fiy)log, p (Fiy)

b=1





OPS/images/fnins-15-607905/cross.jpg
3,

i





OPS/images/fnins-15-613844/fnins-15-613844-g004.jpg
Time (ms
2

e e B

mm Cuff mm Sjeve Ch1 mm Sjeve Ch2 mm Sjeve Ch3






OPS/images/fnins-15-613844/fnins-15-613844-g003.jpg
B Cc

40V

Wl

I MA 2 MA S MmA s S5mA






OPS/images/fnins-15-607905/fnins-15-607905-g005.jpg
LR EEG-Rt.TA EMG

0.565
0.56
0.555
0.55
0.545
0.54

MST EEG-Rt.TA EMG
0.56

0.555
0.55
0.545
0.54

TST EEG-Rt.TA EMG

0.515
0.51
0.505
0.5
0.495

PSW EEG-Rt.TA EMG
0.505
. 0.5
0.495
0.49
0.485

0.48

I052

EEG-Lt.TA EMG

0.555
0.55
0.545
0.54
0.535
0.53

EEG-Lt.TA EMG

0.555
0.55
0.545
0.54
0.535
0.53

EEG-Lt.TA EMG

0.515
0.51
0.505
0.5
0.495
0.49

0.52

0.51

0.5

0.49

EEG-Rt.VM EMG

EEG-Rt.VM EMG

EEG-Rt.VM EMG

EEG-Rt.VM EMG

10.545

EEG-Lt.VM EMG

0.565
0.56
0.555
0.55
0.545

0.565 F 8
0.56
0.555

8
0.55

EEG-Lt.VM EMG

0.565
0.56
0.555
0.55
0.545
0.54

0.555
0.55

0.54
0.535

EEG-Lt.VM EMG

F 8
8

EEG-Lt.VM EMG

0.525
0.52
0.515
0.51
0.505
0.5

0.51 0.535
0.505 -
0.5 0.525
0.495 0.53
0.49 0.515
0.485

0.51





OPS/images/fnins-15-607905/fnins-15-607905-g004.jpg
A o0 $=1.4 km/h
100, . |1 [ g
>80/ |
o
s 60
o
< 40
20
0 W) SR
weiekat\Ksrshatat
Gait Phase
C S=2.6 km/h
__120
°\;1oo_ .
s 80
o 60
(&)
< 40
20 -
0 <
R R

Gait Phase

S
e o

(o2
o

Accuracy (%)
o)
o

HLN
o

20 -

S$=2.0 km/h

T II T

5 1

0
weisks\fetshetae

Gait Phase

Hl EMG+EEG(MPF)
[ 1 EMG+EEG(SSC)






OPS/images/fnins-15-607905/fnins-15-607905-g003.jpg
A S=1.4 km/
100 1 TIT~T1
S T T[ ‘I- T
s, 80
&
S 60
(&)
< 40.
20.
¢ \
weiska\§etststigt
Gait Phase
X100 oo Ty 7T &
> 80
o
3 60
(&)
< 40
20

weRERe\Keskshetge

Gait Phase

Accuracy (%) W
A O ©®
S S

S$=2.0 km/h

-_—

=

=
a|
4

T mTy

o

N
o

weS e\ ettty

Gait Phase

EEN EMG
[ 1EMG+EEG(SSC)






OPS/images/fnins-15-607905/fnins-15-607905-g002.jpg
A Mid- Terminal Loading  Mid- Terminal

Swmg Swmg Response Stance Stance Pre-swing Initial Swing
| | | |
f
Mld-SW g eel Foot Mid- Heel Toe Off A Mid-swing
trlkeTFlat T Stance T
B 700
| YRE
11
600
3 500
£
< 400
©
-
= 300
3
< 200
i1 1 I I
_ 11 1 I I I B
L 111 i 11
11 1 I i I
0 | |
0 0.5 1 1.5





OPS/images/fnins-12-00276/fnins-12-00276-t003.jpg
AffectedPre  Post Change Unaffected Pre  Post  Change

st 1 2 +1 2 2 o
s2 2 2 o 3 2 -1

3 2 -1 4 2 -2
s4 2 3 +1 3 2 -1

3 4 +1 2 4 42
6 3 3 o 3 4 +1
s7 1 1 o 2 2 o
s8 1 3 +2 3 3 0

Boid numbers indicate the change in the number of muscle synergies.
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FIM- FIM- FIM-Motor FIM-Motor FMA-LE FMA-LE

Locomotion Locomotion (General)  (General)  (Pre)  (Post)
(Pre) (Post) (Pre) (Post)
st 1 3 46 7 13 18
s2 1 5 40 82 19 2
S8 1 2 40 55 18 28
sa 2 7 52 7 2 20
s 2 7 78 % 20 27
s6 1 6 66 8 21 25
71 1 53 62 14 22
s8 1 5 50 65 17 20

Numbers in bold denote improvement in scores.
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D Age Gender Diagnosis Affected FAC Onset-HAL

(vears) side  before  duration
HAL (days)

st 67 F Al L 1 10

s2 52 F SH R 2 17

S F BsI L 1 11

s4 55 M u L 2 10

s 55 F ABSI L 3 16

S6 43 M u R 2 1

s7 51 F ACH R 2 18

s8 80 M Al R 2 16

Diagnosis was Atherothrombotic Cerebral Infarction (ACI), Subcortical Hemorrhage (SH),
Brain Stem Ifarction (BS), Lacunar Infarct (L) or Atherothrombotic Brain Stem Infarction
(ABS)).
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Locomotion Locomotion ~ Motor ~ Motor  (Pre)  (Post)
(Pre) (Post)  (General) (General)
(Pre) (Post)
st 1 3 46 73 13 18
82 1 5 40 82 19 26
s3 1 2 4 55 18 2
S4 2 7 52 7 26 29
5 2 7 78 % 20 27
S6 1 6 66 83 21 25
s7 1 1 53 62 14 22
s8 1 5 50 65 17 20

Numbers in bold denote improvement in scores.





OPS/images/fnins-14-00113/fnins-14-00113-t001.jpg
ID Age Gender Diagnosis Affected FAC Onset-HAL

(vears) side before duration
HAL (days)
st 67 F ACI L 1 10
s2 52 F SH R 2 17
8 71 F Bsl L 1 11
st 55 M u L 2 10
S5 55 F ABSI L 3 16
s6 43 M u R 2 11
s7 51 F ACI R 2 18
s8 8 M Acl R 2 16

Diagnosis was Atherothrombotic Cerebral Infarction (AC), Subcortical Hemorrhage (SH),
Brain Stem Infarction (BS}), Lacuner Inferct (LI) or Atherothrombotic Brain Stem Infarction
(ABS)).
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Devices  Brain activity

NeuroRex  Oscilltory
thythms

MIND-  SSVEP*

WALK-

ER

HAL® SEP

o

skeleton

Five- P300"

State

Foot

Lifter

8C- Oscilltory

RoGO rhythms™*

BCH MRCP™*

MAFO

80l Oscilltory

Wheel-  rhythms

chair

P300 P00, ERP

8l

Wheel-

chair

BMI Oscilatory

wheel- rhythms*

chair

BCI Oscillatory

mobile rhythms.

robot/humanoid

8ol SMR, ERP, P300"

mobile

robot/humanoid

Pre-processing  Classifier
and feature
extraction

Bandpass fiter, GMM, LDA

PSD analysis

ICA DRNN Chéron et al,
2011, KNN

Bandpassfiter -

Temporal LDA (using voting rule

high-pass fiter, for decision making)

XDAWN-based

spatial fiter Rivet
etal., 2009, epoch
averaging, SFFS

FFT, PSD, CPCA  AIDA, linear Bayesian
classifier

Bandpass fiter, LPP and LDA
large Laplacian
filter, ANOVA

Spatial fiter (CAR), ~ Gaussian model, LDA
Laplacian fiter,

PSD (Welch

method), CVA,

Bandpass fiter,

FFT

Bandpass fiter,  SVM, Gaussian model,
moving average  LDA
filter

2nd order BSS. s
with AMUSE

algorithm, CSP

fiter, Bandpass.

fiter

Bandpassfite,  Statistical Gaussian
Laplacian fiter, model

PSD (Welch

method)

Spatial fter, s
temporal fitter,
Bandpass fiter

*They used combined EEG and ENMG modaiiies in their system.

They used combined EEG, FES, and EMG modalities in their BCI orthosis.
“They used combined EEG and TMS modalities for brain signal acquisition and for classification purposes, they used additional features from EMG in their BCI orthosis.

Classifi-cation accuracy
(%)

-, >90 (GMM), -

92.6% (online)

83 & 15.5% (walking) 75%
(walking)

>85%, -, -
734 103%.
290%, -, 280%,
80%

~100%, ~100%, >94%,
294%, 100%, 100%,
295%, 286.8%

74%, >75.6%, 81%,
275.6%, -, -

95%, -, 95%, =93%, 80.5%

For standing-up,
self-balancing, walking and
backing, turning, ascending
and descending stairs
applcations.

An augmented form of
Locomotor Therapy (LT)
Explotation of motor cortex
EEG signals for generating
online legs kinematios
angles correspond
walking pattern and pace as
imagined by user deploying
VR

Significant improvement in
paired-puise SEP in SCI
patients compared to the
controls at baseline
following training. The
robotic-assisted BWSTT in
SCl patients is capable of
inducing cortical plasticity
following highly repetitive,
active locomotive use of
paretic legs.

Proof of the concept of
combining a human gait
model based on CPG
widely used in robotics and
P300 based BCI to consider
user's intent.

This CPG allowed to
automatically generate a
periodic gait
patternbehavior of the
patient and his desired
speed.

No reqired training by the
user to manage the P300
paradigm provided by
augmented reality eyewear
for external stimulus
presentation.

Development of EEG
prediction model based on
idling and KMI states.
Preliminary evidence from
results reflect the feasibiity
of restoring brain-controlled
walking after SCI.

Efficient induction of cortical
neuroplasticity in healthy
subjects vith a short
intervention procedure to
use self-paced BCI for
binary control of the robotic
orthosis.

Reduced cognitive
workload due to BCI
protocol coupled with
shared control, comparedto
previous systems.
Spontaneous control given
to user to move left, right or
forward and avoid obstacles
automatically by perceving
surrounding environment,
no waiting for extemal cues
‘compared to synchronous
P300 protocol.

Based on combination of
cheaper sensors for
providing controller with
environmental feedback.
Successfully targeted
people suffering from a very
low information transfer rate.
using the P300 paradigm,
using virtual guiding paths
and predictable trajectories.
Incorporation of mu/beta (a
faster BCl) to stop
wheelchair

Provision of destination
selection from predefined
localties in the menu.
Efective feedback training
method resulting in mult
DOFs/freely controling
‘wheelchair paraliel to
controling with a joystick
Allow subjects to complete
complex tasks in same time.
and with same number of
commands as required by
manual control

Development of an
interactive BCI system to
control twin coordinated
mobile robot movements via
two EEG signals (magery
left-right arm).

The concentration and
relaxation states of visual
cortex, was used to alow
operator to successfully
control a robot without
using hands.

Successful control of BCI
humanoid for sophisticated
interaction with the
environment, involving not
only navigation but also
manipulation and transport
of objects.

Type of support and
applications

Lower body exoskeleton based
on user intent control for walking
independently for subjects with
paraparesis, complete
paraplegia, stroke and SCI

Crutch-less assistive LL.
exoskeleton for walk
empowering (dynamic balance)
for SCI patients with intact brain
capabilties

HAL® exoskeleton-assisted
bodyweight supported treadmill
training BWSTT) for improving
walking function in SCI patients

A five-state foot ler orthosis for
siting, standing and walking at
four speeds & a non-control
state for stroke patients unable
tolift their feet or foot drop
problems Pilot study for
ambulatory BCI

BCI Robotic gait orthosis for SCI,
tetraplegia, and paraplegia
patients to improve neurclogical
outcomes beyond those of
standard therapy to improve
ambulation

BCl-driven motorized ankle-foot
orthosis (MAFO). An ambulatory
rehabilitation-too for stroke
patients

Brain-actuated wheelchair for
users with severe mobilty
impaimment. Suitable for
experienced/inexperienced users
to continuously and safely
operate with even complex
navigation independently

BCl wheelchair for locked-in or
ALS patients.

Intelligent and safe BCI
wheelchair where known
surroundings as, tolet, kitchen,
bedroom and living room in
house is highiighted by standard
oddbal paradigm.

BCl wheelchair based on MI
protocol for motor impaired
patients.

BC based telepresence robot for
left/right steering via imagination
of left/ right hand or feet
movement of physically impaired
people.

Control navigation of humanoid
robot via ML

BCI controlled mobile and
telepresence robots for
navigation in required direction
for motor disabity assistance.
BCI controlled humanoid for
navigation assistance as well as
transportation of objects.
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ID Included participants

S1 Stroke
S2 Stroke
S3 Stroke
sS4 Stroke
S5 Stroke
S6 Stroke
S7 Stroke
S8 Stroke
S9 Stroke
S10 Stroke
H1 Healthy
H2 ealthy
H3 ealthy
H4 Healthy
H5 ealthy
H6 ealthy
H7 Healthy
H8 ealthy
H9 ealthy

Gender

<

nm < n <

-

<

Age

67
52
71
55
55
43
51
80
61
72
56
42
59
67
60
50
45
77
68

Diagnostic

Atherothrombotic cerebral infarction
Intracerebral hemorrhage (subcortical)
Brain stem infarction

Lacunar infarct

Atherothrombotic cerebral infarction
Lacunar infarct

Atherothrombotic cerebral infarction

Atherothrombotic cerebral infarction
Cerebral hemorrhage

Hypertensive intracerebral hemorrhage

Lesion

Posterior limb of the internal capsule
Parietal lobe

Pons: paramedial left side

Right basal ganglia to corona radiata
Anterior cerebral artery territory
Lateral thalamus

Left basal ganglia to corona radiata

Putamen
Thalamus, third ventricle

Thalamus

Paretic side

Left
Right
Left
Left
Left
Right
Right
Right
Left
Right

Interval refers to the days elapsed from stroke onset to the beginning of HAL intervention. One patient excluded from the study is not listed.

Interval (days)

10
17
11
10
16
11
18
16
12
14
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Maximum peaks
*

Thigh Shank Foot Thigh Shank
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A \
&
*%
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Minimum peaks

Zk
* %

Thigh Shank Foot Thigh Shank Foot
Non-paretic side Paretic side

Maximum to minimum difference
*%
*k

A

Thigh Shank Foot Thigh Shank Foot
Non-paretic side Paretic side

** P value <0.01, obs power >50% ™ Before HAL
* P value <0.05, obs power >50% M After HAL
4 P value <0.05, obs power <50% ® Healthy volunteer
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Subject/sex

1/F
M
3M
4am

5/F
M
TIF
8m
M

10/F
11/F
12/M
13/M

14/M

Diagnosis

Age-related macular degeneration
Aniridia and nystagmus
Retinopathy of prematurity
Cortical blindness (multfocal
leukoencephalopathy in AIDS)
Stargardt macular degeneration
Retinitis pigmentosa

Leber congenital amaurosis
Congenital glaucoma
Angioblastoma with ocular nerves
damage

Meningioma of olfactory groove
Tapetoretinal degeneration
Age-related macular degeneration
and glaucoma

Bllateral retinal detachment and
glaucoma

Stargardt macular degeneration

Early, <5 years; late, >5 years; RE, right eye; LE, left eye.

Visual acuity

0, ability to tell light from dark
1/20

0, ability to tell light from dark
0

1/50
2/10

0

0

0, abilty to tell light from dark

0, abilty to telllight from dark
RE: 1/50, LE: 1/20
1/20

0, abilty to tell light from dark

RE 1/10, LE: counting finger at 30 cm distance

Age at diagnosis/cane user
for # years
Late/7
Early/1
Early/8
Late/2

Later4

Late/2
Early/11
Late/30
Late/30

Late/12
Early/0
Late/0

Late/10

Late/0
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Subject With FDS- baseline Without FDS- baseline With FDS- 3 Months Without FDS- 3 Months

Step Length (mm)

1 488.12 £ 6.14 502.38 + 5.46 479.92 £ 7.65 470.58 £ 7.33
2 600.14 + 9.02 623.33 £7.19 686.43 + 14.62 699.90 + 16.10
3 411.21 £ 11.06 42452 £ 14.76 427.61 £12.24 483.91 £ 18.89
4 553.90 + 22.10 552.55 +£7.23 563.95 + 10.88 572.33 £9.16
5 758.83 £ 10.56 762.15 + 30.92 786.26 + 15.23 802.34 £ 7.27
6 616.17 £ 6.92 617.94 + 6.69 621.08 + 8.06 549.16 £ 9.74
7 676.62 £7.15 680.69 + 10.14 627.80 + 16.66 675.48 £ 0.019
Total time (seconds)

1 1.15+0.009 112 4 0.008 1.14 £0.013 1.12 £ 0.010
2 1.10 £ 0.022 1.03 + 0.009 0.94 + 0.009 0.93 + 0.020
3 0.89 £ 0.011 0.88 £+ 0.024 0.89 £ 0.016 0.85+ 0.019
4 1.02 +£0.012 1.01 £0.017 0.91 £0.014 0.93 + 0.006
5 1.11 £ 0.008 1.08 £+ 0.01 1.07 £+ 0.009 1.06 £ 0.01
6 0.94 +£0.013 0.90 + 0.007 0.85 4+ 0.007 0.87 + 0.009
7 1.18 £0.019 1.18 + 0.03 1.08 £ 0.017 1.07 £ 0.011
Swing Time (s)

1 0.44 £ 0.005 0.40 £ 0.004 0.39 + 0.006 0.38 + 0.006
2 0.40 £ 0.006 0.38 + 0.004 0.36 + 0.003 0.35 4+ 0.007
3 0.35 + 0.006 0.35 + 0.007 0.33 + 0.007 0.31 £0.01
4 0.33 £+ 0.007 0.34 + 0.008 0.35 4+ 0.008 0.34 + 0.008
5 0.48 + 0.005 0.45 +0.015 0.45 + 0.004 0.44 £ 0.004
6 0.39 + 0.005 0.37 £+ 0.003 0.34 4+ 0.003 0.36 + 0.005
7 0.38 + 0.007 0.42 +0.013 0.36 + 0.01 0.36 + 0.004
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Outcome measure

Sagittal plane
kinematics
Toe displacement

Walking speed

Step length

Temporal measures

Temporal-spatial
symmetry

Description

The knee and ankle angles were computed for each gait cycle and
averaged for each subject

The toe displacement was calculated as the maximum of the
normalized difference in Cartesian y position of the toe ( ytoe) and
the heel ( yheel) as shown in the equation below (y position data
was normalization with respect to the foot position on the floor
during stance). The average toe displacement was calculated for
each subject

Max(normalized (ytoe — yheel)) (1)

The average walking speed was computed as the linear distance
with respect to time to complete a gait cycle

The average step length for each gait cycle was computed as the
forward linear displacement between foot contact of the ipsilateral
leg to foot contact of the contralateral leg during each gait cycle

Total time was computed as the time between foot contact of one
leg to the subsequent foot contact of the same leg. The average
total time was computed for each gait cycle. Further, average swing
time for each subject during each condition was computed as the
time between the foot off the floor of one leg to foot contact of the
same leg during the gait cycle

The swing and stance time of each foot during each gait cycle was
computed, and the following ratios were used to compute the
temporal asymmetry:

Temporal swing stance symmetry = (swing time)/(stance time)
@
Equation 2 was computed for both affected and unaffected limbs

Overall temporal asymmetry

affected swing stance symmetry
=abs|1— - 3)
unaffected swing stance symmetry

The step length of each foot was computed for each gait cycle, and
the spatial asymmetry ratio was calculated as follows:

ffected step length
Spatial asymmetry = abs (1 _ (una £C p leng )) @

affected step length

Statistical analysis

Shapiro-Wilk test (o > 0.05) of normality showed that data was
normal. Repeated measures analysis of variance (ANOVA) was used
to determine the effect of FDS and the effect of duration of use
(Baseline to 3 months). Further, a post hoc test (pairwise comparison)
with Bonferroni correction was performed to determine the difference
between the conditions

Shapiro-Wilk test (p > 0.05) of normality showed that data was
normal. Repeated measures analysis of variance (ANOVA) was used
to determine the effect of FDS and the effect of duration of use
(Baseline to 3 months) on walking speed

Shapiro-Wilk test (p > 0.05) of normality showed that data was
normal. Repeated measures analysis of variance (ANOVA) was used
to determine the effect of FDS and the effect of duration of use
(Baseline to 3 months) on step length

Shapiro-Wilk test (p > 0.05) of normality showed that data was
normal. Repeated measures analysis of variance (ANOVA) was used
to determine the effect of FDS on total time. Further, a post hoc test
(pairwise comparison) with Bonferroni correction was performed to
determine the difference between the conditions

A Friedman non-parametric test was used to determine the effect of
FDS and the effect of duration of use (Baseline to 3 months) on swing
time, as the data did not pass the test for normality (o < 0.05) using
Shapiro-Wilk test

Shapiro-Wilk test (p > 0.05) of normality showed that data was
normal. Repeated measures analysis of variance (ANOVA) was used
to determine the effect of FDS and the effect of duration of use
(Baseline to 3 months) on temporal asymmetry. Further, a post hoc
test (pairwise comparison) with Bonferroni correction was performed
to determine the difference between the conditions

A Friedman non-parametric test was used to determine the effect of
FDS and the effect of duration of use (Baseline to 3 months) on
spatial asymmetry, as the data did not pass the test for normality

(p < 0.05) using Shapiro-Wilk test of normality
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Subject Condition Affected side Gender Age at consent Height at Weight at Height at 3 Weight at 3 Years since
(years) baseline (m) baseline (Kg) months (m) Months (Kg) injury

1 CP Right F 16 1.45 45.00 1.47 47.70 16

2 CP Right F 9 1.51 40.28 1:55 41.4 9

3 Stroke Right F 6 1.22 26.10 1.24 26.55 5

4 CP Left M 7 1.30 30.60 1.33 34.20 7

5 Stroke Left M 15 1.83 71.21 1.83 70.65 15

6 Stroke Right M 8 1.35 23.85 1.35 23.85 8

7 CP Right M 10 1.67 52.65 1.60 56.70 10
Mean =+ (SD) 10.14 + 3.89 1.46 £ 0.20 41.38 +£ 16.77 1.48 £ 0.199 43.01 £ 16.79
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FAC

Group 1 (HAL®-CPT)
Group 2 (CPT-HAL®)

Training effect FAC, mean of intraindividual differences

Group 1 (HAL®-CPT)
Group 2 (CPT-HAL®)

BBS [points]

Group 1 (HAL®-CPT)
Group 2 (CPT-HAL®)

Pre
mean SD
3.67 1.12
3.89 1.54
0.5
0.11
Pre
mean SD
43.33 9.18
45.44 13.14

Training effect BBS [points], mean of intraindividual differences

Group 1 (HAL®-CPT)
Group 2 (CPT-HAL®)

2.00
1.33

Crossover Post
Mean SD mean SD
3.63 1.19 413 1.13
4.75 0.46 4.56 1.01
+0.53
+0.33
Crossover Post
mean SD mean SD
46.75 9.79 48.75 6.65
49.63 8.23 48.11 10.34
+5.29
+2.40

FAC = functional ambulatory categories, BBS = Berg-Balance-Scale, SD = standard deviation.
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10MWT [s] and speed (m/s)

Pre

mean
Group 1 (HAL®-CPT) 25.29
Group 2 (CPT-HAL®) 27.15
Group 1 (HAL®-CPT) 0.49
Group 2 (CPT-HAL®) 0.64

SD

13.66
35.25
0.21
0.29

Training effect 10MWT [s], mean of intraindividual differences

Pre

Group 1 (HAL®-CPT) -2.69
Group 2 (CPT-HAL®) -3.77
6MWT [m]

mean
Group 1 (HAL®-CPT) 169.33
Group 2 (CPT-HAL®) 242 50

SD

81.87
132.15

Training effect 6BMWT [m], mean of intraindividual differences

Group 1 (HAL®-CPT) +12.88
Group 2 (CPT-HAL®) +15.83
TUG [s]
Pre
mean SD
Group 1 (HAL®-CPT) 34.54 23.79
Group 2 (CPT-HAL®) 37.20 55.56

Training effect TUG [s], mean of intraindividual differences

Group 1 (HAL®-CPT)
Group 2 (CPT-HAL®)

+2.10
-1.46

Crossover
mean SD
21.72 11.46
13.68 4.57
0.56 0.23
0.80 0.26
Crossover
mean SD
190.38 87.98
243.06 102.62
Crossover
mean SD
29.32 17.27
23.83 5.42

Ten MWT = 10-meter walk test, 6 MWT = 6-min walk test, TUG = timed-up-and-go, SD = standard deviation.

Post
mean SD
19.34 8.99
23.28 30.23
0.60 0.22
0.73 0.3
::2.21
+7.42
Post
mean SD
203.25 86.53
236.78 115.03
+22.61
+34.66
Post
mean SD
27.22 20.26
25.65 33.86
+10.61
+46.18
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Group 1 Group 2 p-value

n 9 9

Age (mean) 63 66 0.371
Sex (m/f) 6/3 7/2 NA
Time since stroke, months (mean) 62 102 0.331
Side of paralysis (L/R) 5/4 5/4 NA
Type of stroke (ischemic/hemorrhage) 6/3 8/1 NA
FAC (mean) 3.6 3.9 0.730
Barthel index (mean) 92 89 0.760
MoCA (mean) 22.6 22.0 0.740

f = female, m = male, L = left, R = right, FAC = functional ambulation categories, MoCA = Montreal Cognitive Assessment. Group 1 = HAL-CPT; Group 2 = CPT-HAL;
NA = not assessable.
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# Sex Age
1 m 52
2 m 65
3 m 61
4 f 61
5 m 73
6 f 70
7 m 62
8 f 57
9 m 72
10 m 71
iRl m 60
12 m 69
13 m 71
14 m 57
15 m 58
16 f 74
17 f 58
18 m 75

Group

N = DN N = DN =2 NN = NN = = a4

Time since stroke, months

108
81
69
95
81

355
10
30
32
45

115

204
24
26

120
27
29
30

Etiology

ischemia
ischemia
hemorrhage
ischemia
ischemia
ischemia
ischemia
hemorrhage
ischemia
ischemia
ischemia
ischemia
hemorrhage
hemorrhage
ischemia
ischemia

ischemia

ischemia

Side of paralysis

D T I 0T

R

Assistive device

walking cane
walking cane
walking cane
wheelchair
walking cane
none

walking cane
wheeled walker

walking cane
wheelchair
wheelchair
FES*
walking cane
none

none

none

none
wheelchair

FAC

O~ OO OO AN DDA DSEDMODNDO MDD

Barthel index

100
100
100
70
90
100
100
100
100
85
80
100
100
100
95
85
80
45

MoCA

22
21
21
22
16
17
18
28
25
21
23
23
26
23
28
21
26
20

f = female, m = male, L = left, R = right, FAC = functional ambulation categories. Patient #17 was a drop-out because of massive fatigue after each training session.

Group 1 = HAL-CPT, Group 2 = CPT-HAL, *FES = functional electrical stimulation for drop foot (ActiGate®).





OPS/images/fnins-11-00725/math_1.gif
Ky = 6K (R {Qeos® -1 (D






OPS/images/fnins-12-00159/inline_7.gif





OPS/images/fnins-13-00259/fnins-13-00259-g004.jpg
)

e 1 pscrm)

e—
o o 2cPTIALE)

BS

oG 1 HALOCPT)

- G2 PTG





OPS/images/fnins-11-00725/inline_9.gif
42





OPS/images/fnins-12-00159/inline_60.gif





OPS/images/fnins-13-00259/fnins-13-00259-g003.jpg
Olotamsotnl
‘






OPS/images/fnins-12-00159/inline_6.gif
blg,q)eR™





OPS/images/fnins-13-00259/fnins-13-00259-g002.jpg





OPS/images/fnins-13-00259/fnins-13-00259-g001.jpg
Group A HAL® training HAL® training

Conventional PT

Assessments 1 Period 1 Assessments 2 Period 2 Assessments 3

6 weeks " 1weekbreak 6 weeks






OPS/images/fnins-12-00069/fnins-12-00069-g007.gif
o

Mono-artcutor
ospring.
Banicur
nospring
Banicutor
plus spring

Ak angla () o
oo A





OPS/images/fnins-12-00069/fnins-12-00069-g006.gif
s Peak mu angles (°)

Joint angles (*)

=4 e
-— @L:HH.HM:&

s eov s ® snsw»»ums« 0
PR B S L W I S N

i

£

H

N
PR S g 8 Eeiasc
oo o wop  Uosueo o vone orunes < oy





OPS/images/fnins-12-00159/math_7.gif
:7(0...., Gi)u+ - (l—;,)(l—uﬂ )





OPS/images/fnins-12-00069/fnins-12-00069-g005.gif
A EMG(%) B PeakEMG (%) A EMG(%)  © PeakEMG(%)
§ = H "
e © ol e -
: Y H
At | [N
. !
$ . J A b
3 ] il F
. ) . o
E :;A_x :IIII E:J :IIII

é J‘L T u |||I
L e {1

§ iy H
I ‘g?





OPS/images/fnins-12-00159/math_6.gif





OPS/images/fnins-12-00069/fnins-12-00069-g004.gif
e

4 Exoskeleton power (Wkg™) &

(54 m) oves
Sloqeiowy.

Exoskeloton anklo work (W kg)

oz

alyysy

(54 ) oves
Sfoqeiow v,

Exoskeleton knee work (W kg")

“Time (% side)

Ry,

Exoskeleton total work (W kg-)

SR EE]

(5% ) oves
Sliequiow y

Buads snyd
semonseg
) buds-ou
W&, semoperg
Bupids-ou

seinape-ouon

wo-
pasomog





OPS/images/fnins-12-00159/math_5.gif
3)






OPS/images/fnins-12-00069/fnins-12-00069-g003.gif





OPS/images/fnins-12-00159/math_4.gif
¢ £ diag (| P P 11])





OPS/images/fnins-12-00069/fnins-12-00069-g002.gif





OPS/images/fnins-12-00159/math_37.gif
—

ﬁs+$"[;,m+b]—u,7
o

Av
u.....] T e (32





OPS/images/fnins-12-00069/fnins-12-00069-g001.gif
ndisct
esorimelry

Compressed Preumatc loriet

Sy valvestaion

—
ENG sensors ——|—
Trosamit
Raflctive moton
capture mrkers

L

highatschments
st bas b o iy codic,
Non e 103 1o o 50 condr. hign segment
B o a0 1op0 o sachad
omogel i oo 340 o 0
g atooumars o aors
o o
dpovaea o condtars) f Knco ige o
‘Shank tachmanocstion
e wacknony
oo e v spogcontcn
Woninin 4 s o)

Praumsti musclo
Foot atachment ocation Ak ingofont

(s ot s mauntedhore)
Foot sagmant

Foot switch —





OPS/images/fnins-12-00159/math_36.gif
@1





OPS/images/fnins-12-00069/crossmark.jpg
©

2

i

|





OPS/images/fnins-12-00159/math_35.gif





OPS/images/fnins-12-00078/crossmark.jpg
©

2

i

|





OPS/images/fnins-12-00159/math_34.gif
(29)






OPS/images/fnins-12-00071/math_1.gif
©(t) = k- LEgu(t — At)
At on

[©





OPS/images/fnins-12-00159/math_33.gif
e+






OPS/images/fnins-12-00159/math_32.gif
[bon] < o1z 1zl Jod] ¢ DI = @D
lbat— cpWeal < 2. [badd'egWe| s e





OPS/images/fnins-12-00159/math_8.gif
V< Vmin
Vinin < V S Vonax (6)

V> Vmax

ult) = satl(0)






OPS/images/fnins-12-00071/fnins-12-00071-t002.jpg
Subject

o~ & e 00 N =

BL
AY (%)

14.8(14-163)
12.6(118-135)
11.8(108-128)
23.3(20.8-25.4)
17 (162-19)
181 (7.4-18)
14.4(13-16.8)
16.3(14.4-195)

AMso
Ay (%)

15.7 (13.4-17.6)
141 (12.7-158)
16.1(13.8-20.9)
212(19.4-23.1)
167 (15.4-17.5)
12.7 (11.8-138)
12,6 (12.0-133)
11.6(9.9-14.0)

AMjo0
Ay (%)

16.3(13.6-16.5)
13.7(103-16.1)
16.2 6.7-17.6)
18.8(16.7-21.5)
16.9(15.7-18.5)
13.6(11.9-15.4)
18.4 (12.6-14.4)
12.2(11.1-13.3)

AMy50
Ay (%)

145 (122-169)
12.4(114-152)
222(19.8-24.5)
190(14.8-219)
17.2(15.6-18.7)
11.0(98-12.1)
13.1(123-14.1)
109 (10.0-14.4)





OPS/images/fnins-12-00071/fnins-12-00071-t001.jpg
Subject T (%) K100 AMgy AMy0 AMyso

Ag (%) peak (N-m) A (%) poak (N-m) Ap (%) poak (N-m)
1 65 130 107 300 80 6.40 77 8.44
82-120) (2.75-3.25) 65-99) (5.82-6.93) (6.0-11.1) (7.75-9.15)
2 75 70 60 244 55 577 55 1022
(65-9.1) (2:30-2.74) (2.0-9.8) (4.93-6.25) ©.7-79) (9.64-10.94)
3 45 0 104 2.58 102 469 157 686
(8.4-14.9) (@41-2.74) @.7-11.7) (4.26-5.04) (18.6-17.9) (6.43-7.70)
4 60 8 139 253 108 628 1.2 984
(11.6-160) (2.32-2.74) 87-126) (6.56-6.77) (6.7-14.3) (9.05-11.64)
5 65 140 97 355 90 7.55 90 10.39
(7.4-10.9) (3.18-3.86) (8.0-103) (6.58-8.81) (75-10.7) (9.49-11.08)
6 15 110 100 408 108 675 80 11.84
8.9-10.7) (3.32-4.76) 87-127) (6.13-8.05) 72-93) (10.33-13.07)
7 90 50 24 335 25 574 30 939
(1929 (3.04-3.80) (19-3.1) (6.13-6.31) (1938 (8.99-10.08)
8 65 & a8 235 46 508 33 7.46
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Group 1 (1 pulse/s SCES)
P1 i a7 Tho D9 1.5 4 65 A 0/0 60/60 60/60 Spastic R2/2, 15 9 872 58 380 8.7 SCES 8/7
L2/2
p2 F 33 Th4-5 D4 4.8 3 30 A 0/0 44/48 46/48 Normal R0/0, LO/O 13 7 625 48 262 53 - 8/8
P3 21 Th5-7 D4 2 0 25 A 11 40/43 43/43 Spastic R2/3, 13 7 785 60 265 9.5 - 8/8
L2/3
P4 i a7 Th12-L1 D10-12 2.5 4 75 C  19/19 87/90 87/90 Low 12 8 743 62 394 15.2 SCES 7/6
P5 i 38 Th10-12 D10 6 4 60 A 0/0 64/64 64/64 Low 12 8 616 51 315 215 - 8/8
P6 F 55 N6-7 C8 10 8 60 B 0/0 74/74 42/42 Low 8 7 294 37 166 85 - 9/8
mean + SD 13 8 656 £202 53+10 297 +85 10.6 £6.7
Group 2 (3 pulses/s SCES)
p7 i 38 Th10 D9 2.5 3 65 A 0/1 62/62 64/64 Spastic R1/0, 10 9 432 43 302 37.6 EXO, SCES 7/6
L1/0
P8 F 34 Th5 D4 6 3 60 A 0/1 44/44 44/44 Normal R0/0, LO/O 10 8 428 43 278 37.2 EXO, SCES 8/8
P9 i 20 Th5-6 D4 11 3 65 A 6/6 78/78 66/66 Low with distal 10 9 395 40 271 215 SCES 8/8
clonus
P10 1 21 Th5 D5 4 4 55 A 0/1 44/44 44/45 Spastic R3/3, 9 9 348 39 205 25.4 EXO, SCES 8/8
L3/2
P11 1 32 Th5-6 D4 4.5 2 60 A 0/0 44/44 44/44 Low with distal 10 8 415 42 274 23.8 SCES 8/8
clonus
P12 1 37 Thi2,L1-2 L2 11 3 75 B 6/9 107/107  103/103 Low 7 7 460 66 380 185.0 EXO 8/8
P13 F 27 Th10 D11 3 7 75 B 0/3 89/91 91/93 Low with distal 10 9 404 40 286 40.8 EXO 7/6
clonus
P14 1 20 Th5-6 D7 2 7 90 B 0/0 58/58 58/58 Spastic R3/3, 7 6 223 33 137 18.4 EXO 7/6
L2/2
P15 1 24 Th12 L2 1.5 7 65 C 12/13 98/100 100/102 Spastic R1/1, 9 7 226 25 157 21.9 EXO 7/6
L1+/1+
mean £ SD (*excluding P12) 9 8 370+£88 41+£11 255476 28.3 £8.2*
Group 3 (67 + 3 pulses/s SCES)
P16 1 27 Th5-8 D6 9 3 50 A 0/0 60/63 60/63 Spastic R4/3, 1 8 766 70 278 8.15 - 8/8
L4/3
P17 1 28 Th5-7 D5 1.5 3 40 A 0/3 68/68 56/58 Spastic R4/3, 10 9 408 4 279 31.7 EXO, SCES 8/8
L4/4
P18 1 31 Th7 D7 1 3 8 A 0/2 52/52 52/52 Spastic R4/3, 1 10 507 46 388 40.4 EXO, SCES 8/8
L4/3
P19 1 32 (C57,Thi D3 4 4 75 C 12/14 110/112 75/75 Spastic R4/3, 9 8 308 34 204 14.2 SCES 7/6
L4/3
mean + SD 10 9 497 £197 48+ 15 287 +£76 23.6 £ 15.0
Group 4 (control, without SCES)
P20 M 36 Th7 D11 3 3 55 A 0/0 73/73 73/73 LOW with distal 12 0 526 44 422 39 - 8/8
clonus
P21 M 28 Th12 L1 2 3 55 B 2/2 78/78 78/78 Spastic R1/1,L.1/1 12 0 479 40 384 40 - 7/7
P22 M 44 Th12 L3 6 3 55 C 17/18 88/90 90/92 Spastic R2/2,L.3/2 12 0 469 39 390 39 - 77
P23 M 33 Th12-L1 L2 11 4 8 C 16/16 94/94 92/92 Low 12 0 502 42 419 41 - 77
P24 F 20 Th5-6, Th9-10 D4 2 4 65 A 52/52 44/44 69/69 Normal R0/0,L0/0 12 0 581 48 381 24 - 8/8
P25 M 38 C7-Th1 D3 10 4 90 B 2/2 68/68 35/35 Spastic R3/3,L.3/3 12 0 377 31 290 32 - 7/6
P26 M 38 Th12 D7 10 4 75 A 12/12 88/88 88/88 Low 12 0 462 39 400 42 - 7/6
p27 F 39 Th12 D12 10 3 45 A 0/0 74/74 72/72 Low 12 0 304 25 221 27 - 8/8
P28 M 44 Th12 L1 5 3 65 C 78/78 78/78 63/67 Spastic R1+/1+, 12 0 347 29 166 17 - 8/8
L1+/1+
P29 F 27 Th3 D1 7 2 40 A 0/0 42/42 40/40 Spastic R3/3,L.3/3 12 0 450 37 306 26 - 8/8
P30 F 18 Th12-L1 L1 5 3 65 B 6/6 78/78 78/78 Low 12 0 359 30 280 41 - 77
P31 F 21 Th11-L1 D10 4 3 7% B 0/0 72/72 64/64 Low 12 0 387 32 272 17 - 77
P32 B 27 Th7 D7 7 3 60 B 0/0 82/82 52/52 Spastic R3/3,L.3/3 12 0 237 20 114 12 - 8/8
P33 M 49 Th7-9 D10 2 2 55 C 15/15 72/82 64/64 Spastic R3/3,L.3/3 12 0 222 19 138 16 - 8/8
P34 M 41 The-7 D7 2 3 7% A 1/1 64/64 57/57 Spastic R1/1,L.1/1 12 0 411 34 340 33 - 8/8
P35 M 30 Th8-9 D8 3 3 55 A 0/0 58/60 58/58 spastic R2/2,L.0/2 12 0 437 36 285 14 - 8/8
mean + SD 12 0 4094+100 34+8 300+ 100 28.8+11.0

AIS, American Spinal Injury Association Impairment Scale (LT, light touch; PR, pin-prick), MAS, Modified Ashworth Scale before/after training for both right (R) and left (L) sides. Previous experience of SCES refers to
~2-3 weeks of SCES (~1 h per day) in the supine position, ~1 year prior to the study, to activate the spinal locomotor networks. Previous experience of EXO refers to advanced EXO-walkers (practice for ~6-12 months)
with no experience in SCES. Previous experience of “EXO, SCES” refers to experience in both SCES and EWT ~1 year prior to this study. We marked in bold changes in neurological indicators (AIS) and in the Hauser
Ambulation Index after training. *Patient (P12) was excluded from calculating the max non-stop walk (marked by the asterisk) because of his outstanding personal results (outlier).
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EEG sensor signals classification accuracies (%)

Targot HLE HLF HRE HRF LLE LLF LRE LRF Control
HLE 9.00 650 575 475 6.00 638 413 388 363
HLF 7.13 9.13 413 488 575 725 3.13 3.38 525
HRE 4.00 425 10.75 825 3.38 3.75 663 6.00 3.00
HRF 488 488 675 113 325 325 475 675 438
UE 588 6.00 438 3.00 1063 750 5.13 3.25 425
LF 7.13 625 450 250 6.00 9.50 438 383 583
LRE 525 3.50 650 538 463 388 1063 6.25 400
LRF 4.00 3.00 475 775 3.63 3.88 638 12.63 400
Control 3.13 5.25 225 3.50 438 538 438 525 16.50

Mean accuracy per class (%) 184326 18254270 216£276 2225364 2126381 19245 21254385 2626x441 33852

Mean accuracy (%) 2219185
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Current sources classification accuracies (%)

Targot HLE HLF HRE HRF LLE LLF LRE LRF Control
HLE 3163 263 225 125 225 263 2.00 163 375
HLF 1.00 3550 126 1.88 250 3.25 138 100 2.25
HRE 238 138 35.38 1.38 138 200 3.25 1.00 188
HRF 1.00 225 163 3463 1.00 238 1.88 3.13 2.13
UE 150 275 200 1.38 3275 2.75 2.13 188 288
LF 188 338 126 238 325 29.75 213 200 4.00
LRE 125 1.75 218 263 263 313 20.75 238 438
LRF 2.00 1.50 1.00 225 113 338 2.13 34.25 238
Control 188 138 126 125 325 438 275 213 31.75

Mean accuracy per class (%) 63264828 71£890 7076626 6926+680 655+840 5050+ 1199 50504658 685+6.59 6350+ 7.11

Mean accuracy (%) 65,64 +4.11
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ParticipantD  Group  Sex Age  Surgery-HAL interval (days)

Al Acte  F 78 15
2 Acte M 64 26
A3 Acte M 52 18
A4 Acte F ] 32
A5 Acte  F 41 31
ct Chroric M 70 288
c2 Chronic M 3 287
3 Chronic M 68 3,655
c4 Chronic M 78 372
cs Chronic M 7 2,188
3 Chronic M 58 540
c7 Chronic M 66 730
HI Healthy ~ F 56 -
H2 Healthy  F a2 -
Ha Healthy ~ F 59 -
Ha Healthy ~ F 67 -
H5. Healthy  F 60 -
HE Healthy M 50 -
H7 Healthy M 45 -
H8. Healthy M 7 -

Surgery-HAL interval refers to the days elapsed from surgery to the beginning of HAL
therapy.
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