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Neuroprostheses designed to interface with the nervous system to replace injured or missing senses can significantly improve a patient’s quality of life. The challenge remains to provide implants that operate optimally over several decades. Changes in the implant-tissue interface may precede performance problems. Tools to identify and characterize such changes using existing clinical measures would be highly valuable. Modern cochlear implant (CI) systems allow easy and regular measurements of electrode impedance (EI). This measure is routinely performed as a hardware integrity test, but it also allows a level of insight into the immune-mediated response to the implant, which is associated with performance outcomes. This study is a 5-year retrospective investigation of MED-EL CI users at the University of Southampton Auditory Implant Service including 176 adult ears (18–91) and 74 pediatric ears (1–17). The trend in EI in adults showed a decrease at apical electrodes. An increase was seen at the basal electrodes which are closest to the surgery site. The trend in the pediatric cohort was increasing EI over time for nearly all electrode positions, although this group showed greater variability and had a smaller sample size. We applied an outlier-labeling rule to statistically identify individuals that exhibit raised impedance. This highlighted 14 adult ears (8%) and 3 pediatric ears (5%) with impedance levels that deviated from the group distribution. The slow development of EI suggests intra-cochlear fibrosis and/or osteogenesis as the underlying mechanism. The usual clinical intervention for extreme impedance readings is to deactivate the relevant electrode. Our findings highlight some interesting clinical contradictions: some cases with raised (but not extreme) impedance had not prompted an electrode deactivation; and many cases of electrode deactivation had been informed by subjective patient reports. This emphasizes the need for improved objective evidence to inform electrode deactivations in borderline cases, for which our outlier-labeling approach is a promising candidate. A data extraction and analysis protocol that allows ongoing and automated statistical analysis of routinely collected data could benefit both the CI and wider neuroprosthetics communities. Our approach provides new tools to inform practice and to improve the function and longevity of neuroprosthetic devices.
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INTRODUCTION

Neuroprosthetics is a rapidly developing and profoundly important area of medical science and engineering. Substantial progress in this field, owing to improvements in biomaterials, electronics and computer science, presents opportunities to manage sensory and motor deficits that were previously untreatable. Neuroprosthetic interfaces of the central or peripheral nervous system share three common design objectives; selectivity of stimulation/recording to supplement function, bio-compatibility, and long-term reliability. Despite their differences in target tissue, size and function they all face the same challenges of longevity. Device wear and tear and the biological response to the device such as fibrosis are currently major limiting factors of efficacy in neuroprosthetics (Adewole et al., 2017). Although the micro-environments of the central and peripheral nervous system exhibit specific chemical and cellular profiles, the broad challenges are universal and are driving the need for improved understanding of the tissue-implant interactions.

Cochlear implants (CIs) are the most common and successful sensory neuroprosthetic device with almost 600,000 recipients worldwide (Ear Foundation, 2016). They enable people with severe and profound deafness to hear speech, music and environmental sound (Wilson and Dorman, 2008). They make ideal models for neuroprosthetic research because their performance can be measured both subjectively and objectively: CI users can describe their hearing experience to clinicians and researchers who can then remotely measure hardware performance in-situ. The most common cause of deafness is loss or damage to the hair cells in the cochlea, meaning that they cannot convert vibrations in the air into electrical signals for the brain to process. CIs collect sound through an external microphone, convert it to electrical signals, and directly stimulate the auditory nerve with these signals, bypassing the normal hearing mechanism within the outer, middle and inner ear. The device delivers a sequence of current pulses, similar to those generated by the biological hearing apparatus, through a platinum multi-electrode array positioned in the cochlea. The signals from the auditory nerve are then interpreted as for normal biological hearing, by processing in the central auditory pathways of the brain. In many cases this affords 100% speech recognition for the implant user when listening in favorable acoustic conditions (Gifford et al., 2008).

The cochlea consists of a bone encased membranous spiral containing the sensory apparatus of hearing and its supporting structures, which are essential for sensory transduction and homeostasis. The scalae of the cochlea are three tube-like chambers projecting through the spiral: the scala tympani, the scala media and scala vestibuli. The electrode is usually surgically inserted into the scala tympani, in close proximity to the spiral ganglion neurons (SGNs). The average total length of the cochlear spiral is 42 mm and the total length of the first complete turn is 22.6 mm (Rask-Andersen et al., 2011). The majority of human cochleae have between 2.5 and 2.75 turns (Biedron et al., 2009). For ease of reference, these turns are conventionally denoted base, middle and apex, from the largest to the smallest (Rask-Andersen et al., 2012) (Figure 1A).
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FIGURE 1. Example corrections of electrode number to account for extra-cochlear electrodes. Schematic represents the MED-EL Standard electrode array. (A) Full insertion (720°). (B) 1 extra-cochlear electrode. (C) 2 extra-cochlear electrodes. In (A), the three turns of the cochlea are indicated by color: yellow, base; cyan, middle; gray, apex.



Since the widespread introduction of CIs in the 1980s, there have been several refinements to the technology and related health policy. Improvements in hardware manufacture, signal processing strategies, surgical techniques and the relaxation of CI candidacy criteria have all contributed to better clinical outcomes, including preservation of residual hearing (Nguyen et al., 2016), improved speech recognition (Wilson and Dorman, 2008) and fewer device related adverse events (Causon et al., 2013). Despite these improvements, however, some users still experience poor or declining speech recognition, poor sound quality and stimulation of non-auditory sensations. In around 2% of cases, additional surgery is needed to explant and replace the CI. The explanted device is tested, and if hardware failure and surgical complications are excluded, a “soft failure” is diagnosed (Balkany et al., 2005). As hardware has improved, these soft failures, or idiopathic cases, have become relatively more common (Causon et al., 2013), and research is clearly needed to better understand how individual biology, and in particular the immune system, interacts with the neuroprosthesis to drive these adverse events. Conventional counts of soft failures only record those devices which perform badly enough to need surgical removal and not those that underperform, and so will necessarily under-estimate the influence of these biological factors.

Cochlear implants, like any bio-implant, stimulate an inflammatory response, which culminates in the encapsulation of the prostheses, in a sheath of fibrotic or scar tissue (Anderson et al., 2008). Currently, CIs are constructed from a silicone carrier and platinum electrodes. A common type of medical grade silicone, polydimethylsiloxane (PDMS) is quite well understood and is used in many bio-implants including breast implants (Hillard et al., 2017), cardiac pacemakers and spinal cord stimulators which help patients with chronic pain and to manage incontinence (Hassler et al., 2011). As well as the materials themselves, though, the tissue response is modulated by electrode microscopic surface topography and chemical composition (Christo et al., 2015). It seems that tissue growth in response to CI is inevitable (Li et al., 2007) although the nature and extent of the response is somewhat variable across individuals (Fayad et al., 2009).

Although fibrosis can foul the implant and impair its function, it is also beneficial in mechanically fixing the array within the cochlea. This helps create a seal to prevent both loss of perilymph and infiltration of bacteria from the middle ear (Stöver and Lenarz, 2009). A healthy inflammatory response to an injury comprises successive waves of pro- and anti-inflammatory chemokines and cytokines, controlled cellular migration to the wound site, with eventual resolution of inflammation and controlled apoptosis of recruited cells accompanied by wound repair and remodeling. In the case of implanted biodevices, the immune system reacts to the acute surgical trauma as well as the protracted exposure to the implanted biomaterials. Initially, the inflammatory response is characterized by exudation of fluid and plasma proteins from the circulation together with active infiltration of neutrophils to the surgical wound site. Proteins including fibrin are rapidly adsorbed onto the implanted biomaterial to form a provisional matrix that attracts macrophages, which can fuse to form multi-nucleated giant cells. Macrophages contribute to the fibrotic capsule by releasing cytokines that attract fibroblasts and stimulate them to secrete collagen.

The inflammatory process leads to the commonly described tissue reaction to a CI: a tightly packed layer of fibroblasts and collagen with occasional macrophages surrounding the electrode array (Grill and Thomas Mortimer, 1994). In the majority of cases, this tissue state remains stable over time. However, in some instances there is tissue hypertrophy, or extensive fibrosis and bone formation, which hinders the function of the electrode. Lim et al. (2011) found that pathological foreign body reactions (FBR) requiring revision surgery are rare. However, evidence from post-mortem temporal bones suggests that the characteristic indicators of FBR such as foreign body giant cells are more common than expected (Nadol et al., 2014; Seyyedi and Nadol, 2014). This highlights the potential for sub-clinical FBR, which does not reach soft-failure but is clearly detectable to post-mortem histological analysis. The complex reaction to CI often also includes new bone formation (osteogenesis) (Somdas et al., 2007). Osteogenesis appears more detrimental to implant performance than fibrosis and is associated with reduced speech discrimination scores, (Kamakura and Nadol, 2016) and an effective reduction in dynamic range of stimulus current (Kawano et al., 1998). It is therefore crucial to understand the transition from a healthy short-lived tissue response to a chronic or spontaneous over-exuberant response.

Studies of donated temporal bones from CI users have shown that intra-cochlear location can significantly affect tissue development after CI implantation. The basal, high-frequency region of the cochlea exhibits significantly greater fibrosis and osteogenesis, and poorer survival of both hair cells and peripheral projections of SGNs (Fayad et al., 2009). Histological analysis identifies greater numbers of giant cells and lymphocytes at the cochleostomy site than at the mid and apical regions of the cochlea (Seyyedi and Nadol, 2014). In addition to the consistent pattern of basal tissue hypertrophy, some individuals also exhibit fibrosis that extends along the full length of the electrode array and beyond (Somdas et al., 2007). There is evidence that the volume of new tissue correlates with the level of damage to the lateral wall (Li et al., 2007) and other structures including the basilar membrane (Kamakura and Nadol, 2016). While this data is intriguing, and clearly points to the importance of the biological response to the implant, it is limited to post-mortem studies, meaning that the majority of the data is collected after long-term implantation. This means it cannot be used to interpret performance fluctuations, and does not give us the early warning of soft failure that would be so useful in the clinic.

A readily available, non-invasive, clinical measure from a CI is electrode impedance (EI) telemetry (Hughes et al., 2001). EI describes the ease with which electrical current flows through and between implanted electrodes. The CI stimulator delivers a current pulse that flows through the platinum electrodes of the CI and into the ionic environment of the cochlear tissue. This pulse must be calibrated so that it delivers sufficient of charge to stimulate the SGN, without damaging the tissue. High EI means the implant must deliver a higher voltage to maintain the delivered charge. This has two undesirable effects: it drains the battery of the device faster and, more importantly, it spreads the excitation across more SGN reducing frequency resolution, and in turn the quality of the perceived sound. In general, therefore, low EI makes it more likely that an implant performs well.

The EI is determined by delivering a low-level current pulse through the relevant electrode inputs on the CI and measuring the resulting voltage across the associated electrodes. It can be performed quickly in the clinic using a hardware interface that connects the implant to a computer via a transcutaneous link. In the clinic, EI telemetry is primarily used as an electrode integrity test. Open or short circuit faults (very high or very low impedances, respectively) can easily be diagnosed, which is useful to clinicians in deciding whether a given electrode should be activated. These faults are relatively common: Carlson et al. (2010) showed a 9% chance of either at least one open- or short-circuit fault in an implanted device.

Despite its primary role as an integrity check, EI is a continuous measure, which can provide much more information on the biology around the implant. A major factor in determining EI is the volume and composition of bulk tissue surrounding the implanted electrode array (Tykocinski et al., 2001). Clark (2003) recommends that EI levels should be monitored routinely as an indicator of cochlear tissue changes such as fibrosis and electrode surface roughening. In a study of chronic high-rate stimulation using cats, Xu et al. (1997) demonstrated that levels of fibrosis and presence of inflammatory cells were greatest in the cochleae that exhibited the greatest EI levels. Clark et al. (1995) found that EI was significantly correlated with the amount of tissue around the electrode contacts and cases where inflammatory cells were found in the tissue showed particularly high levels of EI.

The studies above show the value of EI as an indicator of tissue status, but initial studies also show that it may be useful for predicting patient outcomes. Electrodes that exhibit high impedance levels are associated with raised thresholds of auditory sensation and reduced dynamic range (Busby et al., 2002) which can be associated with poorer performance outcomes (Wolfe et al., 2013). EI increase and/or fluctuation are recognized as clinical indicators of soft-failure (Balkany et al., 2005). The onset of sudden changes in EI over time are correlated with marked loss of residual hearing in CI users (Choi et al., 2017).

Considering the potential value of monitoring and interpreting EI fluctuations, there is a surprising lack of consensus guidance on clinical utility of impedance telemetry, especially in light of its proven association with the immune-mediated tissue response. A number of authors have shown greater EI levels in the basal region of the cochlea compared to more apical locations. Jia et al. (2011) analyzed EI from 20 adult CI users and found higher levels at the basal position after 3 months that were maintained for the 36-month study duration. The pattern of raised EI at basal electrodes has been observed in other clinical CI studies (Hughes et al., 2001; Busby et al., 2002; Leone et al., 2017) and supports the temporal bone histology studies showing greater tissue growth in this region. These studies, which draw from cohort sizes ranging from 19 to 35 individuals, have generated useful preliminary evidence. However, a lack of larger study groups—ideally complete clinical caseloads—combined with the known inter-patient variability, is a major factor in the lack of clinical consensus. To date there is no published evidence of a clinical platform for systematic analysis of EI to produce normative models, against which individuals can be compared.

There is evidence that change in EI over time can serve as an indicator of the immune-mediated tissue response. Following surgical implantation of the CI electrode array, the tissue undergoes rapid changes attributable to the acute inflammatory response (Shepherd et al., 1994). This change manifests in a measurable increase in EI between implantation and the date of activation (Busby et al., 2002; Saunders et al., 2002). Several studies report a significant reduction in EI following commencement of electrical stimulation, which often plateaus over 1–3 months (Hughes et al., 2001; Henkin et al., 2006; Jia et al., 2011). After the initial stimulation-induced reduction, EI usually remains at a stable level in actively stimulated electrodes for several months (Henkin et al., 2003, 2006), while inactive electrodes show a steady increase over time (Dorman et al., 1992; Hughes et al., 2001).

The present study is a retrospective investigation of clinical data from an auditory implant service and demonstrates the untapped value in clinical recordings taken from neuroprostheses—in our case, CIs. As shown above, there is a pressing need to reduce the wide variance of outcomes and improve implant longevity, which will be substantially helped by improving observations of the CI-tissue interface. We describe sample-wide variability over 5 years. This view is not available through the clinical software, which prevents clinicians from easily identifying deviations from normal. We asked the question: what is the general trend of impedance change over time for different electrode positions? Based on previous evidence of tissue proliferation around the round window and hook region we predicted that the electrodes furthest from the base would show lower impedance with a downward trend over time. Next, we applied an upper threshold to identify individuals with raised impedance, statistically outside the main distribution but below the manufacturer’s “high impedance” warning level. We asked the questions: how many individuals exhibit significantly raised impedance levels? Of these, how many were identified with raised impedance at electrodes away from the base? These are particularly interesting cases to consider because no mechanism has been proposed for localized tissue proliferation away from the site of array insertion, i.e., cochleostomy or round window. This information could be used as early detection of unwanted inflammatory responses caused by the implant and its function rather than the surgery, which may go on to affect the CI interface and therefore longer-term performance. Clinical data review, like that proposed here, incurs a negligible burden on the CI user and minimal cost in both money and time.



MATERIALS AND METHODS

Ethics Statement

This study was carried out in accordance with the recommendations of the University of Southampton Ethics Committee (UEC) and Faculty of Engineering and the Environment Ethics Committee (FEC). The protocol was approved by the FEC. All subjects gave written informed consent in accordance with the Declaration of Helsinki. [UEC Ethics ID: 17430].

Participants

The study included 172 adult (176 adult ears) and 47 children (74 ears). Mean adult age was 58 years (18–91) and mean child age was 4.5 years (1–17). The patients included were implanted using either cochleostomy (approximately one third) or round window insertion (approximately two thirds). Data were collected from two sources within the University of Southampton Auditory Implant Service (USAIS); the clinical software database MED-EL Maestro and the local patient database.

Electrode Characteristics

Study participants had previously received MED-EL Standard (n = 131), Flex-28 (96), Flex-24 (7), Flex-Soft (2), or Form24 (1) CI arrays. These are relatively long arrays enabling EI measures to be taken at a wide range of physical positions in the cochlea. For example, the Standard array has an active stimulation range of 26.4 mm, which is equivalent to two turns of the cochlea or an insertion angle of 720°. Each array carries 12 electrodes, each of which has either one or two exposed electrical contacts, depending on the array model. The effective electrode surface area for these MED-EL electrodes is 0.13–0.14 mm2.

EI Data Acquisition

The main study aims were to describe the trends of EI in a large sample and highlight individuals who deviate from this. A single manufacturer and limited number of arrays were chosen to minimize the hardware variability with a view to focusing primarily on the soft or biological mechanisms for impedance evolution. Importantly, the method of voltage acquisition and impedance calculation varies significantly between manufacturers. The method used by the MED-EL telemetry system is shown in Supplementary Figure S1. The change in EI can be separated into two components; access resistance and polarization impedance. The latter reflects the physical properties of the electrode surface and is therefore affected by protein adsorption, surface area increase and localized ionic changes (Tykocinski et al., 2005; Newbold et al., 2010). The stimulation-induced EI reduction, which occurs rapidly following device activation, is dominated by this component (Newbold et al., 2014). Access resistance is known to reflect the bulk material around the electrode such as fluid, cells and tissue and is likely to change over longer time scales. Clinically available impedance telemetry does not allow the two components to be measured separately; however, using the MED-EL system allows both impedance components to be captured. Therefore, changes occurring over different time scales give some indication of the relative contribution of the two components. The impedance measurement is performed using monopolar, low-amplitude bi-phasic current pulses, similar to those used for stimulation via the device. Total impedance (Zt) can calculated using total voltage which is measured at the end of the current pulse (See Supplementary Figure S1). Total impedance comprises the developing polarization component (Zp) and the access resistance component (Ra). EI is calculated as: Zt = Vt/I.

EI Data Management

Data were exported from MED-EL Maestro in Microsoft Access format. A custom database query was then used to return anonymized individual patients with their age at implant, implanted ear, date of birth, electrode activation status, electrode specific EI and corresponding date stamp. The difference between the date of implant and date stamp for each EI measurement was used to normalize data to a 0 date (day 0 is date of implantation) for each patient. Subsequent EI measurements were split according to the 12 individual electrodes and then averaged into 3-month time bins. All query results were exported in Microsoft spreadsheet format. MathWorks MATLAB (R2018a) was used to read data from excel spreadsheets and plot Figures 2–8.
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FIGURE 2. Electrode impedance (kΩ) measured over 5 years from implantation. (A) (adult, n = 176) and (B) (pediatric, n = 66) data are split into separate electrodes, from apical (1) to basal (12). Each dot represents the 3-month-average EI for one individual patient. The timeline for each patient begins with their respective device activation (time 0). Black dots, active electrodes; Red dots, deactivated electrodes. These data have been adjusted to correct for extra-cochlea position (see Figure 1).
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FIGURE 3. Percentage activation for 12 electrodes over 5 years. Each square represents a 3-month epoch for a given electrode. (A) (adult, n = 176) and (B) (pediatric, n = 66).
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FIGURE 4. Reasons for deactivation across 12 electrodes. Patient Report (e.g., poor sound quality), Clinical Measure (e.g., impedance telemetry). (A) (adult, n = 176) and (B) (pediatric, n = 66).
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FIGURE 5. Mean EI (solid gray line) with SD (light gray shading). Regression line of least-squares (black dotted line) was fitted. (A) (adult, n = 176) and (B) (pediatric, n = 66) data are split into separate electrodes from apical (1) to basal (12). At this stage of analysis data from deactivated electrodes were removed and electrode number was corrected to account for basal extra-cochlear electrodes. The timeline for each patient begins with their respective device activation (time 0) and subsequent points represent 3-month intervals.
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FIGURE 6. Gradient of regression lines (Figure 5) for each electrode. (A) (adult, n = 176) and (B) (pediatric, n = 66). Positive gradient values represent a trend of EI increase over time and negative gradient values represent a trend of EI decrease over time.
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FIGURE 7. Two individual adult cases showing EI at active electrodes only. Case (A) shows 5 years CI use. Case (B) shows 2 years CI use indicated by vertical dotted line. Electrode marked by ∗ met the SEI criteria which indicates high EI compared to the sample distribution. These data have been adjusted to correct for extra-cochlea position (see Figure 1).
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FIGURE 8. Two individual pediatric cases showing EI at active electrodes only. Case (A) shows 4.25 years CI use (indicated by vertical dotted line). Case (B) shows 4.25 years CI use (indicated by vertical dotted line). Electrode marked by ∗ met the SEI criteria which indicates high EI compared to the sample distribution. These data have been adjusted to correct for extra-cochlea position (see Figure 1).



Deactivated Electrode Data Filtering

It is very common for CI users to have electrodes deactivated by clinicians. As discussed, several studies show an increasing EI in the absence of electrical stimulation. Therefore, to minimize the effect of this upward bias on the analysis, only data from actively stimulating electrodes (black dots in Figure 2) were included in analyses from Figure 5 onward; deactivated electrodes (red dots in Figure 2) were automatically removed from the analysis using a custom MATLAB script.

Electrode Numbers Were Corrected for Extra-Cochlea Position

During surgery, it is common for the electrode array not to be fully inserted in the cochlea, meaning that electrodes (referred to by position along the array) may be shifted relative to the cochlear anatomy. We corrected for this effect to allow meaningful comparison of electrode positions between patients. Surgical records were interrogated to determine presence/number of extra-cochlear electrodes. The following correction was applied: correct electrode number = [original electrode number + number of extra cochlear electrodes; maximum of 12]. Figure 1 shows how this results in new electrode numbers being assigned to intra-cochlear electrodes. This does not allow for an estimation of insertion depth, but it does enable analysis of electrodes from “most basal” onward. This correction is applied to all data in Figures 2, 3, 5–8. The correction is not applied to Figure 4 (analysis of reasons for deactivation) as it would mask extra-cochlear deactivations.

Statistical Analysis

The software program MathWorks MATLAB was used for data analysis. The adult and pediatric groups were analyzed separately. Least-squares linear regression lines were fitted to the average impedance data (Matlab polyfit) (Figure 5).

Using MATLAB, an outlier-labeling rule was applied to identify instances of raised EI (Figures 7, 8 and Supplementary Material)
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(Hoaglin et al., 1986):

where Qu and Ql are the upper and lower quartiles, respectively, and T is the threshold for an outlier. The constant k was fixed at 2.2, equivalent to a 5% probability of any given measurement being an outlier, for the adult and pediatric sample sizes tested (Hoaglin and Iglewicz, 1987). Cases were highlighted as statistically raised EI (SEI) when the EI was greater than T in ≥2 time bins within the first 2 years of CI use. Current methods of “high impedance” detection are based on the upper limits of the stimulus delivery hardware for individual cases. Our new approach allows investigation of raised, but not extreme, levels of EI that would otherwise be considered sub-clinical.

Highlighted cases of SEI are split into “basal” (9–12) and “non-basal” (1–8) depending on the position of the electrode showing raised EI. Basal electrodes, which are nearest to the insertion site, are expected to show significantly stronger immune-mediated tissue development: previous studies show significantly greater EI corresponding to this region. A judgment was made to categorize electrodes that are likely to be in the hook region as “basal.” This is the straight region of the first cochlear turn, which extends 9 mm from the round window before it curves (Clark et al., 1990). The MED-EL Standard and Flex28 electrode arrays have contacts spaced at 2.2 and 1.9 mm, respectively (Med-El, 2013). This means that the basal portion of the array (electrodes 9–12) spans 8.8 and 7.6 mm for Standard and Flex-28 electrodes, respectively.



RESULTS

Data from 242 ears (176 adult and 66 pediatric) were included in the main analysis of EI changes over time. Figure 2 shows subplots representing 12 separate electrodes. The magnitude of EI is plotted against time from initial CI activation to 5 years later. Each single dot represents the average EI level for a single patient over 3 months. Impedance data measured from actively stimulating electrodes are indicated by black dots whereas data measured at deactivated electrodes are indicated by red dots. The subplots both show a large number of deactivated electrodes, particularly at the most apical and basal electrodes (1 and 12, respectively), the reasons for which are analyzed below. Figure 2A identifies a high number of deactivated basal electrodes for the adult population. Note that there are fewer dots at later time points, as not all patients had been using the device for the whole 5-year study period. The EI data were corrected to account for electrodes that were positioned outside the cochlea (see Section “Materials and Methods” and Figure 1). This was done to allow alignment of impedance data around an approximate physical position in the cochlea.

The proportion of deactivated electrodes in the population is shown in Figure 3. Deactivation is clearly most common in the most basal electrodes for both adults and children. The figure also shows an increasing number of deactivations over the first 1–2 years of CI use. The peak number of deactivations was higher in the adult group (Figure 3A) than the pediatric group (Figure 3B). Both groups had most deactivations at electrode 12, which can be seen as black at 2.25 years. At that epoch, only 60% of adult electrodes were active while 81% of pediatric electrodes were active. Electrode 11 showed the second highest number of deactivations for both groups. For example, 80% of adults had electrode 11 remaining active at 2.5, 3.25, 4 and 4.25 years. There was a slight increase in deactivations at the most apical electrodes compared to the mid-array for both adults and children. For example, adults had 88% of electrode 2 remaining active at 4 years. The children had 92% of electrode 1 remaining active at 4.5 years. A difference between the two groups was the mid-array electrodes were mostly active in the pediatric group, indicated by white area in Figure 3B. Although the adults were initially 100% active at electrodes 3 and 6, a few deactivations were made in the next 3-month epoch. In contrast, the children had 100% activation for the majority of the 5-year study period in electrodes 4, 5, 6 and 7.

The patterns of deactivation seen above are better understood in light of the clinical reasons for deactivation shown in Figure 4. Electrodes in the most basal portion of the array were deactivated because they were outside the cochlea (extra-cochlear). In the basal electrodes (9–12), extra-cochlear position accounted for about one third of the adult reasons (Figure 4A), and about half of the pediatric reasons (Figure 4B). The majority of deactivations, however, in the adult group were informed by the patient reports of their subjective experience, such as “poor sound quality” (See Supplementary Figure S2 for a complete list of deactivation reasons); there were relatively few deactivations owing to “Clinical Measures” which offer objective information. The percentage of subjective “Patient Report” reasons is highly likely to be biased by the age of the CI user: many of the children are very young and could not communicate their perception of sound. As shown in Figure 3, the children had significantly fewer deactivations overall.

Data points acquired at deactivated electrodes were removed at this stage of the analysis (red dots in Figure 2). Figure 5 shows the mean EI for the adults (Figure 5A) and the children (Figure 5B). Least-squares linear regression lines were fitted to the average impedance data (Matlab polyfit) for each electrode to show the trend of EI change over time. The adult group show a tendency for EI reduction at apical electrodes (negative slope), increase at basal electrodes (positive slope) and no change for mid electrodes. The pediatric group shows a different pattern of regression lines across the electrodes. All of the electrodes in this group, except electrode 1 show a positive slope. This suggests a difference in long-term EI evolution in children compared to adults, although the mean is more variable in this age group. This is probably caused by the lower overall sample size and fluctuation of sample size in each time window (i.e., by chance fewer individuals were seen in some 3-month epochs).

The data above indicates that EI changes over time in a way that varies with electrode position. We describe this EI change over time using a regression line for each electrode in Figure 5. The gradient of each line is plotted for each electrode in Figure 6. The adult group (Figure 6A) shows a positive relationship between gradient and electrode number. Each consecutive electrode shows a general increase in gradient with electrode number. The largely monotonic relationship between gradient and electrode fits the consensus in the literature and highlights the phenomena quite simply. Another observation is that the crossover point from EI reduction (negative gradient) to increase (positive gradient) is at electrode 7, which is roughly the middle of the electrode array. This shows that EI evolution varies from base to apex in a continuous fashion. The relationship between fit-line gradient and electrode number in the pediatric group (Figure 6B) shows that EI largely increases over the 5-year period for all electrodes except number 1. The increase is steepest at electrode 7. We note that the regression lines are an approximate linear fit and hence describe general trends. The pediatric sample shows a large degree of variability between timepoints because of the relatively low sample size and irregular frequency of clinical appointments. The peaks and troughs of mean EI cause some biasing of the fit lines so we have been conservative in our interpretation of differences between age groups.

In the adult group, 14 patients met the SEI criteria (8%): one in basal electrodes, three in both basal and non-basal and 10 in non-basal electrodes only. The case shown in Figure 7A was implanted with a standard electrode array and the clinical record did not include the hearing-loss etiology. The case shown in Figure 7B was implanted with a Flex28 electrode array and the clinical record showed head injury as the cause of hearing loss. Figure 7A shows an EI increase at electrode 7 over the 5 years of CI use. This electrode is highlighted by (∗) to indicate that EI level met the SEI criteria. A key observation is the difference in temporal development and absolute level of EI of this electrode compared to its immediate neighbors. This difference is unusual for non-basal electrodes where the EI is often mirrored in neighboring electrodes. The absolute EI level shown in Figure 7B is lower than Figure 7A although the SEI criteria have been met at electrode 2.

In the pediatric group, three cases met the SEI criteria (5%): two in non-basal and one in both basal and non-basal electrodes. Figure 8 shows the EI measurements taken from two pediatric cases. Each was found to meet the SEI criteria in one of two implanted ears. The black line shows that EI is greater in these cases than the other cases in the sample (gray dots) which are mostly clustered around or below 10 kΩ. The case shown in Figure 8A was implanted with a Flex-28 electrode. Clinical records show they were diagnosed with congenital hearing loss associated with Pendred syndrome. This case met the SEI criteria at electrode 5 (indicated by ∗). After the initial activation and tuning appointment, the EI increased relatively rapidly to peak around 1 year of CI use. A similarly sharp reduction is shown in the following 3-month period before EI plateau around 12 kΩ. This case shows a general tendency for raised EI over the duration of observed CI use. This is especially marked in electrodes 2, 3 and 4, although the level did not meet the criterion for SEI. The case shown in Figure 8B was fitted with a Standard electrode array. The clinical record showed a diagnosis of genetic mutation of the gene GJB2 (connexin26). The case shown in Figure 8B met the SEI criteria at electrode 7, 8, 9 and 10. Unlike the pattern shown in Figure 8A, the EI tracked a stable level across the period of use.



DISCUSSION

This retrospective study of clinical data from a large sample of MED-EL CI users showed population-level trends in EI across time and between cochlear regions, and also yielded a potential new approach to define EI outliers for whom further clinical action may need to be taken. The analysis showed that most adult electrode deactivations were made because of reported experiences rather than clinical measures such as neural-response telemetry or electrode-impedance telemetry. The population-based method of outlier detection used here offers an objective insight into intra-cochlear tissue status to inform decisions to deactivate electrodes. Ongoing challenges for neuroprostheses include biocompatibility and functional longevity (Adewole et al., 2017). Performance decrement, as contrasted with frank failure, is difficult to monitor and almost impossible to predict using current approaches. The consensus in the field of CI for clinical assessment of soft failure recommends a broad-spectrum approach. This includes patient interview, medical investigations such as X-ray imaging, audiological and hardware testing (Balkany et al., 2005). This relies on the CI user having well-established linguistic abilities. In children the consensus is that the clinician should record and interpret the user’s behaviors, although this has limited reliability (Moberly et al., 2013). The methods presented here allow deeper enquiry into the telemetry data that is already routinely gathered. Our results suggest that a minority of raised impedance cases can be detected in a population, which may aid triaging of patients, including those who can provide only limited verbal reports.

We describe the evolution of EI for adults and children at 12 electrodes along the MED-EL array. The measurement at the first (0 months) and second time points (3 months) identifies a drop in EI across all conditions. The drop is consistent with an increase in electrode surface area due to the electrolytic activity (Brummer and Turner, 1977), and/or clearance and reorganization of organic molecules, cells, tissues on and around the electrode (Marsella et al., 2014). The main observation in the adult group is EI growth at basal electrodes and EI reduction at apical electrodes. Growth in basal-electrode EI is likely to be caused by fibrosis and osteogenesis based on its slow evolution over time. Previous findings from a post-mortem study of cochleae from CI users have shown the levels of fibrotic and bone tissue to be greatest in the basal turn of the cochlea (Fayad et al., 2009). The magnitude of fibrosis is also correlated with the level of trauma caused by surgery (Richard et al., 2012). It is also possible that there are differences in capacity for inflammatory response in different regions of the cochlea, e.g., due to anatomical variations such as vasculature, nerve supply or cochlear-duct width.

We observed the trend that children show an increase in EI for all electrodes except electrode 1. This data shows more variability over time than the adults, possibly due to the lower number of cases analyzed. If a difference exists, the likely explanation is a difference in the chronic tissue response to surgery in children and adults (i.e., developmental stage) or differences in etiology among children vs. adults. Previous studies have shown increasing EI for basal, mid and apical electrodes in children compared to the adult group which only showed increase at the base (Hughes et al., 2001; Busby et al., 2002). Our data appear to support this although no formal age-group comparison was made. There is some published evidence of differences in hearing preservation between adults and children. One study showed a small trend toward better residual hearing in children (Zanetti et al., 2015), although another found no effect of age (Skarzynski et al., 2013). The findings of the present study suggest an increased growth of intra-cochlear tissue around the base that is particularly clear in the adult group.

The fact that gradual increases in basal impedance were observed is indicative of a slow proliferation of tissue indicative of immune-mediated fibrosis. Studies have shown that such reactions lead to structurally organized fibrotic tissue and bone (Li et al., 2007; Somdas et al., 2007), which would begin to emerge within the same timeframe as the impedance increase shown here, i.e., months to years. It should be noted that the exclusion of deactivated (mainly basal electrodes) would suggest that our findings under-estimate the extent of basal tissue growth. The data shows individual variability in EI, which may reflect surgical approach, age, etiology, noise exposure or other factors. The cases included were implanted using either cochleostomy (approximately one third) or round window insertion (approximately two thirds). No formal assessment of surgical approach and its impact on EI was carried out. Evidence shows that this variable has no significant effect on EI or listening performance for phonemes or sentences (Cheng et al., 2018).

We have limited understanding of the wide variability in performance and outcomes for CI users. A wealth of evidence suggests that the biological response to the implant is pivotal to its long-term functionality. It is possible to measure the response using impedance telemetry, although the currently available tools are limited to detection of extreme high or low EI levels. In order to address this, we applied a statistical method of outlier-labeling to detect cases of raised impedance (SEI). This is distinct from the absolute threshold used by the MED-EL and other manufacturers, which serves to highlight high and low impedances that are extreme enough to prevent normal current delivery. These cases mostly indicate hardware faults and extra-cochlear electrode position. The cost of using high threshold methods for detecting raised impedance is the relative insensitivity to biological perturbations associated with EI changes below 20 kΩ. Our technique could be validated by measuring CI performance following customization of processor maps where electrodes with SEI levels are deactivated. If validated, this would provide a quicker and more clinically useful method to guide electrode deactivation as compared with more challenging and time-consuming methods based on psychophysical measurements proposed in the literature: Mathew et al. (2017) and Zhou (2017). Further work to determine any correlation between the sorts of psychophysical methods proposed by these authors and the proposed outlier-EI values would help to further validate this approach.

The long-term pattern of change of EI in those individuals identified as outliers may inform the underlying mechanism. Results show EI increase at discrete electrodes, some developing slowly over the 5-year study period. In several cases (13 of 14) the SEI criteria was met at non-basal electrodes, which is counter to the model that the tissue development driven by inflammation is most prevalent at the base near the site of array implantation (Richard et al., 2012; Bas et al., 2015). In some cases, gradual EI differences are specific to particular non-basal electrodes. For example, electrode 7 in Figure 7A shows a pronounced example of EI increase that develops slowly over many months. In most cases, this was limited to one, or at most, very few electrodes, which suggests the change is driven by spatially localized factors. No hardware malfunctions were detected, and the electrode remained actively stimulated for the duration of the studied time period. One possible explanation is the presence of a spatially discrete trigger of inflammation such as mechanical trauma. This might have occurred during surgery as the electrode array tip passed through this region of the cochlear duct causing an abrasion, as lateral wall damage is known to elicit fibrotic changes (Li et al., 2007). To further understand the cause of raised but not “open-circuit” EI in particular electrode regions, the ability to cross-reference with newer and more sensitive imaging methods (Aschendorff, 2011) could also lead to a greater understanding of whether localized surgical trauma, cochlear anatomy, or other factors, predispose some individuals to showing higher EI values in apical or mid-cochlear regions.

Electrical stimulation is known to electro-chemically effect the endo-cochlear environment. When charge is delivered within safe tolerances the predominant mechanisms are ionic transfer and platinum hydrogen plating (Brummer and Turner, 1977). These processes are safe and reversible when bi-phasic charge-balanced pulses are used. It has been suggested that such charge delivery mediates the process of protein adsorption onto platinum electrodes and can affect the organization and density of the fibrotic capsule (Newbold et al., 2010). It is well documented that electrode deactivation contributes to EI increase, so ideally clinicians would access objective evidence before making electrode deactivations that make future reactivation more difficult. Neuburger et al. (2009) presents further evidence of the effect of electrical stimulation on impedance. They observed cases of increasing EI in CI users with high rates of stimulation, which necessitate short pulse-width and high current to produce the desired perceived loudness. A therapeutic intervention involving increased pulse-width along with antibiotics and steroids proved effective at significantly reducing EI. The author suggests that the original EI increase could be caused by the occurrence of out-of-compliance charge delivery leading to slight asymmetries in bi-phasic pulses. Early detection of increasing impedance could therefore be clinically important: it will inform stimulus parameter adjustments, which could lower impedance levels before they cause voltage compliance problems.

Recent work has identified improved preservation of spiral ganglion neurones after dexamethasone elution in chronically stimulated animals (Scheper et al., 2017). Another study of dexamethasone eluting CI electrodes in guinea pigs showed significant reductions in fibrotic tissue and EI compared to no-steroid controls (Wilk et al., 2016). A complementary result was shown in humans where the cochlea was perfused with the steroid triamcinolone; long-term EI levels were significantly lower in the treatment group compared to controls (De Ceulaer et al., 2003). Systemic delivery of the steroid methylprednisolone in another study did not reduce EI spikes (Choi et al., 2017), which suggests the anti-inflammatory action of steroids is most effective when topically administered. It would be interesting to study the benefit of steroid based intervention that is directed by the outlier-labeling rule used here.

Our analysis of the proportion of deactivated electrodes in children and adults was quite telling. Generally, both age groups showed a pattern of electrode deactivation primarily at basal electrodes. However, the reasons for deactivations were overwhelmingly patient feedback from adults whereas the most common reason in children was extra-cochlear position. In addition, deactivation was less common in children than in adults. One possible explanation for this was that clinical decisions about deactivations are more cautious with children, or, rather, that adult feedback to clinicians does lead to choice of deactivation of electrodes with more fibrous tissue grown/higher EI (e.g., primarily basal). This begs the question of whether choice to deactivate electrodes is optimal, and in particular whether the smaller proportion of basal electrode deactivations among children in particular is clinically appropriate or whether deactivation of basal electrodes in adults is excessive. Cross-referencing with the outlier method of EI analysis and other methods noted above could help to determine the answer to these questions. Alternatively, it may be that some differences in etiology and/or anatomy pre-dispose the child’s cochlea to be more susceptible to other types of problem (e.g., non-auditory stimulation).



CONCLUSION

An important outcome of this work is the insight gained from applying a custom analysis protocol to existing clinical data. Our approach was to characterize sample-wide trends and apply an outlier detection rule that could improve our early detection of sub-optimal performance. A key benefit of using this method alongside manufacturer-specific proprietary telemetry systems is the sensitivity to changes of lower magnitude that may be associated with performance. This offers clinicians and researchers working in neuroprosthetics a method for interrogating their existing population data to identify incremental changes in device behavior, without extra financial, technical or ethical burden.

Our first question addressed the trend of impedance change over time for different electrode positions. The results showed that electrodes exhibit distinct trends of impedance evolution over 5 years. In the adult group growth in the basal electrodes contrasted with reduction for apical electrodes. The results also describe the range of the adult and pediatric dataset, which provides useful insights into individual variability. One reason for characterizing the EI trends over time was to improve interpretation of any individual deviation from the normative range. We asked how many individuals show statistically raised EI. The main analysis showed 8% of adults and 5% of children exhibited raised EI levels compared to the sample distribution. These cases were detected using a statistical outlier-labeling rule, which could be used to inform electrode deactivations with improved objectivity. Indeed, our findings show that clinical decisions to deactivate electrodes for adults were most commonly informed by patient subjective reports. The fact that adults had proportionally more electrodes deactivated than children may be caused by differences in capacity and confidence for verbal communication. The method used here to detect raised impedance in individuals of a clinical population may offer an opportunity to activate or deactivate electrodes long before the current device-specific floor or ceiling levels are reached. We determine that the information extracted from populations of users can be used alongside subjective reports to inform clinical management of individual patients. More work is needed to explore the sensitivity of this method as a biomarker of CI performance decrement.

The immediate benefit of these methods and findings is to give clinicians fresh insight into their existing data. The increasing size and accessibility of clinical datasets presents an opportunity to professionals working with neuroprosthetics. Population-wide norms can be used to better interpret measurements from individual patients. The aim is to personalize clinical management to improve the function and biocompatibility of the implant interface over a user’s lifetime.
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Introduction: Intradural spinal cord stimulation (SCS) may offer significant therapeutic benefits for those with intractable axial and extremity pain, visceral pain, spasticity, autonomic dysfunction and related disorders. A novel intradural electrical stimulation device, limited by the boundaries of the thecal sac, CSF and spinal cord was developed to test this hypothesis. In order to optimize device function, we have explored finite element modeling (FEM).

Methods: COMSOL®Multiphysics Electrical Currents was used to solve for fields and currents over a geometric model of a spinal cord segment. Cathodic and anodic currents are applied to the center and tips of the T-cross component of the electrode array to shape the stimulation field and constrain charge-balanced cathodic pulses to the target area.

Results: Currents from the electrode sites can move the effective stimulation zone horizontally across the cord by a linear step method, which can be diversified considerably to gain greater depth of penetration relative to standard epidural SCS. It is also possible to prevent spread of the target area with no off-target action potential.

Conclusion: Finite element modeling of a T-shaped intradural spinal cord stimulator predicts significant gains in field depth and current shaping that are beyond the reach of epidural stimulators. Future studies with in vivo models will investigate how this approach should first be tested in humans.

Keywords: spinal cord stimulation, intradural, modeling, power efficiency, fiber targeting, selectivity


INTRODUCTION

All commercially available spinal cord stimulators in clinical use at present are intended for implantation in the epidural space. That is, the electrode lead or array is positioned dorsal to the dura matter that forms the thecal sac containing the spinal cord and the intervening layer of CSF. While some of the original stimulator arrays were inserted intradurally, the epidural space proved simpler to access, and avoided CSF leakage. Taken together, these and other clinical and technical advantages (Gibson-Corley et al., 2014) have driven the field to the present paradigm.

There are currently as many as 50,000 epidural devices implanted annually worldwide (American Association of Neurological Surgeons, 2018). Decades of intense industrial activity and system refinements (Levy, 2013) sparked this change with many patients being the beneficiaries of this progress (Taylor et al., 2014; Kapural et al., 2016). Even so, there are fundamental limitations to the epidural approach that prevent selective neuromodulation of deeper fiber tracts beyond a thin superficial layer of spinal cord. This is in sharp contrast to the direct interface that exists between deep brain stimulator electrodes and neuromodulation targets within the brain. As a result, the capacity of conventional spinal cord stimulators to selectively deliver current to the spinal cord has largely reached a plateau (Zhang et al., 2014). This stimulus delivery limitation may contribute in part to the observation that many patients do not achieve relieve of their symptoms or experience loss of therapeutic effect over time (Hayek et al., 2015; Geurts et al., 2017). Because of these limitations of epidural SCS, our group has explored intradural stimulation as a means of achieving selective, high-efficacy neuromodulation of fiber tracts deep within the spinal cord in order to more effectively treat patients with neuropathic pain (Reddy et al., 2018), visceral pain (Nagel et al., 2018b), and spasticity (Nagel et al., 2017).

In its original conception, the electrode array of our intradural device, termed the I-Patch, was designed to rest directly on the pial surface of the spinal cord (Howard et al., 2011a; Song et al., 2013). The position was gently stabilized by a compliant configuration of lead loops (Oliynyk et al., 2013) that traversed the dura and were anchored to the laminectomy defect (Dalm et al., 2016). Human-scale prototypes were built and their biomechanical performance characteristics were evaluated using both in vitro anthropomorphic spinal cord surrogates (Howard et al., 2011b; Oya et al., 2012; Wilson et al., 2012) and in vivo large animal (ovine) models (Gibson-Corley et al., 2012; Oya et al., 2013; Safayi et al., 2014). The design parameters were derived from rigorous assessments of the spinal cord geometries across a large number (n = 50) of patients (Viljoen et al., 2013a). This was done to insure that the implanted stimulator array would remain fixed to the pial surface of the cord as it moves within the thecal sac during flexion and extension of the back (Viljoen et al., 2014). The mechanical robustness of the device was also investigated by experiment (Viljoen et al., 2013b) and FEM (Grosland et al., 2014). In parallel, SSEPs were recorded in sheep during acute SCS experiments to confirm and quantify the potential advantages of the approach. The findings included post-presentation persistence of stimulation-induced effects (Flouty et al., 2012) and significantly reduced voltage thresholds for evoking SSEPs as compared with epidural stimulation (Flouty et al., 2013). This work culminated in the development of an ovine model of moderate spinal cord injury capable of serving as a test bed for quantifying the response to intradural SCS therapy of animals with mild spasticity (Safayi et al., 2015). Taken collectively, our preliminary data suggested that it would be technically feasible to create a device that could be safely positioned on the surface of the spinal cord and directly modulate targeted spinal cord neural pathways. Explicit advantages of this approach included increased selectivity of deeper neural fibers and a significant reduction in the pulse generator’s power requirements (Dalm et al., 2014).

Ultimately, in order for a new medical device to achieve a substantial impact on public health, many factors must be considered beyond the single issue of potential efficacy. These include cost, ease of use, and the perceived risk vs. benefit ratio of a new device and implantation procedure. For example, when surgeons perceive existing SCS devices as being moderately effective, they will be hesitant to adopt a new device that in theory will be substantially more effective but will require a longer, more technically demanding implantation procedure associated with increased risks. The original I-Patch (IP1) fell into this category because the electrode array was placed directly on the spinal cord surface, and the dural closure technique was technically demanding and did not achieve an immediate watertight seal. The present report describes a second-generation I-Patch (IP2) that is designed to capture the stimulus delivery benefits of an intradural device, without the limitations of increased procedure time and risk associated with the IP1. The IP2 achieves these objectives through design features that enable intradural implantation and the creation of an immediate watertight dural seal using minimally invasive surgical techniques, and with procedure times and risk that are comparable to that of a standard paddle lead stimulator. We anticipate that the implementation of this approach will result in several advantages, including (1) the elimination of risk of lead migration because the electrode array is secured to the dura, (2) no blockage of intrathecal CSF flow because of the thin profile of the intradural component, and (3) much improved penetration depth and target selectivity of the electrical stimuli delivered to the spinal cord, as discussed in detail below.

The IP2 device concept is shown in Figure 1. As suggested there, an intradural plate with the stimulator’s electrode array on the distal side has been inserted inside the thecal sac. A hollow threaded stud on the top of the intradural plate extends through the durotomy slot and the overlying extradural plate. A fixation nut is used to secure closure of the durotomy by sandwiching the dura matter between the intradural and extradural plates. Each plate has a gasket consisting of a thin lining of either a dural substitute or some other suitable compressible material on the surfaces contacting the dura, in order to ensure a watertight seal with no significant risk of dural tissue necrosis (Nagel et al., 2019). The leads from the individual electrodes on the intradural array form a bundle that passes through the axial lumen of the threaded stud. The device is secured in place using standard epidural stimulator anchoring techniques, providing stress relief for the lead bundle to ensure that the electrode array remains suspended stably above the spinal cord and does not make contact with it. At its proximal end, the lead bundle is connected to the system’s implantable pulse generator (not shown), used to create and control the stimulation montages.


[image: image]

FIGURE 1. (A) Artist’s rendering of the intradural IP2 electrode array projecting current into the dorsal column of the thoracic spinal cord. (B) Face-on view of the IP2 array fixed to the spinal dura.



Our goal here is to present the results of a detailed FEM effort that will optimize the design and location of the intradural electrode array of the hybrid device. This will enable maximal selectivity when targeting of neural fibers within the spinal cord. In particular, we demonstrate that selectivity and depth of stimulation of myelinated nerve fibers in the dorsal columns can be improved by bipolar or tripolar currents emanating from sites on the cross of a T-shaped configuration of electrodes (termed the “T-Array” or “T-Patch”) on the intradural array. Selectivity and depth can be accentuated by lowering the array closer to the dorsal columns (i.e., deeper within the CSF) and perhaps scaling the array down in size to be more specific to the central portion. Additional benefits can be derived by incorporating epidural stimulation sites into the strategy as well. In general, we anticipate that this approach will be able to package reduced power consumption with an enlarged therapeutic window in an easily deployed device.

In what follows, we provide a brief overview of the important role played by modeling in the design, development and clinical use of spinal cord stimulators, with emphasis on intradural approaches. We then present the electro-mechanical details of the hybrid stimulator that has been the focus of our work and describe the COMSOL Multiphysics®representation of it, along with the computational approach used to generate the stimulation patterns of interest within the spinal cord and its environs. The results of the work consist of activation mappings of the targeted fiber populations, estimates of power consumption during stimulation sessions, and establishment of the charge density limits for reversible vs. irreversible tissue damage, all as functions of device configuration, location, and stimulation current levels. We then discuss our findings relative to those of others, explore the implications for implementation of novel modes of intradural stimulation, and lay out a program for future studies that will include validation of the model via experimentation and assessment of the issues to be resolved prior to eventual clinical trials.



MATERIALS AND METHODS

Ultimately, the effectiveness of any SCS device depends on its capacity to modulate targeted neural elements selectively within the spinal cord, while at the same time sparing non-targeted structures. At the most elementary level this means controlling or steering the electrical fields generated by the currents delivered from the electrode contacts; this usually involves both spatial and temporal control attributes. The spatial distribution of the field strength and gradient determines which neural elements are affected. Current flow through the axons passing into these fields may be susceptible to exogenously triggered depolarization. The temporal pattern of the fields also will influence the axonal action potentials. From this summated response to the field strength and temporal application emerges the ‘selectivity’ and the desired modulation of neural activity.

Our objective is to show how an intradural stimulation device enhances the effectiveness of field control by its closer proximity to the targeted neural elements and by removing the electrical resistance of the dura from the current path. This will dramatically reduce power and contain diffusion of current flow. To carry out this analysis, we have employed FEM, which has been used extensively over the past 30 years to create quantitative bioelectrical descriptions of SCS (Coburn, 1980; Coburn and Sin, 1985; Holsheimer et al., 1991; Holsheimer and Wesselink, 1997; McIntyre and Grill, 2001; Manola et al., 2007; Hernández-Labrado et al., 2011; Holsheimer and Buitenweg, 2015), including high frequency stimulation (Lempka et al., 2015; Arle et al., 2016) and, in a few cases, intradural stimulation (Howell et al., 2014; Huang et al., 2014).

Model

COMSOL®Multiphysics Electrical Currents is used to solve for electrical fields and currents over axial and transverse segments of the spinal cord deep to the dural membrane. Data and graphics are exported for illustration and use by MATLAB-based programs that reconstruct complex fields and simulate the effect of the fields on axons of various sizes within the dorsal column.

Geometry

Figures 2A,B are renderings of the present version of the implantation tool and intradural stimulator. The device design as shown there reflects the results of careful studies of several different electrode-array arrangements, with the final version optimized for performance in terms of minimizing the overall surface area of the array vs. maximizing the targeting specificity during stimulation. After the dura is opened, the surgeon uses the tool to insert the electrode array within the thecal sac. The inner shaft of the tool gently tightens a closure nut onto the surface of the extradural compression plate. This clamps the dura between the gasket materials on either side of the compression plates and secures the electrode array in place. The outer shaft of the implantation tool is then rotated to release it from the opposing tongue-and-groove joints on the extradural plate, and removed. The lead bundle is connected to one channel of the pulse generator, thus completing the procedure.
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FIGURE 2. Three-dimensional renderings of prototypes of (A) the intradural stimulator implantation tool, and (B) the T-shaped intradural electrode array on the distal end of the implantation tool prior to insertion.



The scale and contour of the intradural electrode array is matched to that of the adult spinal cord at vertebral levels T8 to T10, which would be the typical locational range for the therapeutic applications discussed later. The features of the human spinal cord captured in geometry for computational purposes are shown in Figure 3. For our simulations, these included (1) a gray matter core, (2) white matter surrounding the gray matter, (3) a CSF layer bounded by the spinal cord and the dura, and (4) the dura itself, which is the outer layer of the model and includes both the dural layer and the extra-dural fat. The boundary condition simulating the dura is a conductive layer which allows current to exit the model and pass to ground. This is not a detailed geometry of the external environment, but it does account for shunting of some internal electric currents, thus reducing the current projected to the excitable tissue and affecting the neural thresholds. The intradural device provides a much higher impedance path for current to enter the extradural space than the traditional paddle positioning.
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FIGURE 3. Geometric configuration, conductance parameters, and dimensions of the spinal cord and T-shaped electrode array used in the modeling study.



Also per Figure 3, an electrical conductivity was assigned to each volume. All the conductivities are scalars apart from that of the white matter, which has different longitudinal and radial conductances. Electrical continuity is assumed between each volume. While the volume outside the dura is complex, we are modeling the extradural volume with a single low conductivity material grounded at its outer surface. The cross section of the cord was held constant over the 80 mm of cord simulated. Dimensions, biophysical and electrical quantities are within the range found in the spinal modeling literature (Coburn and Sin, 1985; Holsheimer, 2002; Nagel et al., 2018a), which provides the generally accepted properties of the relevant intradural structures. The substrate holding the 12 sites is positioned just beneath the dura and projects 0.3 mm below the dura in the CSF space. The electrode substrate is not conductive but there is some current leakage beyond the edges of the substrate into the dura and the external space.

Internal Physics and Boundary Conditions

The continuity condition for zero charge creation (∇σ∇V = 0) holds everywhere in the model interior, all surfaces at the ends of the cord have zero potential (V = 0), the outer elliptical surface representing the extra-dural space is conductive and grounded. The sites are current sources such that: [image: image]. The actual distribution of the current over each site is determined by the surrounding electrical environment. V is the dependent variable representing the internal scalar potential voltage, σ is the conductivity scalar or tensor.

The geometry and boundary conditions are used to solve the electrical fields. This is done by discretizing the volume of the model with tetrahedral meshing and then employing the finite element method, both of which are implemented within COMSOL®.

Field Evaluation

Several post-processing methods are available within COMSOL®to produce important data products from the field solutions. Among these are visualizations of the fields and currents superimposed on the geometry, calculation of quantiles such as maximums, minimums, averages, integrals etc. over points, lines, surfaces or volumes, and export of any of the products.

Basis Function Method for Field Reconstruction

When performing many serial computations on fields under different drive conditions, it is convenient to use a basis method to reconstruct each new field dictated by new electrode current delivery. This is accomplished by solving the model for each site excited alone with a unity current (1 mA) while the other sites are set to zero current. A portion of the voltage field covering the mostly white matter and adjoining gray matter is transferred to MATLAB®using the COMSOL®suite of link functions with the voltage of each site. A complex field generated by several sites with different currents can be approximated accurately by superposition of the basis fields scaled by the current from the sites. In a like manner, the voltage on each site is determined and the power calculated. This method was used when computations such as neural simulation were performed using the MATLAB®platform outside COMSOL®.

Neural Models

There are several variations of models for the active nodes of axons, the propagation of neural spikes in myelinated axons and how electrical field potentials can initiate them. The minimum construction is a string of nodes consisting of a capacitive membrane populated by simulators of different voltage-controlled channel species for Sodium and Potassium and held at an equilibrium potential by diffusion potentials. The nodes are then capable of an action potential upon sufficient depolarization of the membrane. When the nodes are connected by conductive and perfectly insulated axonal interiors, it is then possible to propagate action potentials from one node to another through depolarization of adjacent nodes by action potential-driven currents.

The triggering mechanism is the following: electrical stimulation causes initiation of the first action potential by positive second potential differences external to nodes. This will drive the currents causing depolarization of a single node or group of nodes within the influence of a sufficiently strong second difference. Thus, both field strength and field shape are important for initiating action potentials. For example, a constant field potential or a constant potential gradient cannot initiate an action potential in an axon. Figure 4A is a view from under the pia surface. The pia and a cross section plane are colorized with a representation of the potential field. In addition, lines parallel to the axis of the cord are inserted to mark locations of waveform samples shown in Figure 4B. The negative peaking of these spatial waveforms clearly indicate a positive second spatial derivative or difference surrounded by a lesser negative spatial second derivative. Figure 5 shows waveforms of the several axon nodes as several nodes near the electrode substrate are depolarized and ignited into action potentials. Nodes further from the electrode come under the influence of the first to respond and the action potential propagates in both directions from the initiation with nearly identical waveforms but delayed in time.
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FIGURE 4. The pia covering of the white matter is viewed from below with a cross section across the white matter and the gray matter cross section. A color coded electrical potential (lower color scale) resulting from a current drive on the cross of the T sites is projected on the pia surface and the white matter cross section (upper color scale). The black lines shown in (A) are test lines that are voltage-sampled and displayed in (B).
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FIGURE 5. During stimulation pulses, electrode sites over the intended target deliver currents balanced over the several sites of the electrode array. These consist of cathodic depolarizing pulses of short duration on some sites and anodic pulses on other sites, sending some nodes of neurons into action potentials followed by propagation of the action potential in both directions from the initialization. To assure that all sites are individually charge balanced, a recovery pulse is delivered which is opposite in polarity, longer in duration, and lower in amplitude than the stimulation pulse. To achieve the focusing effect to avoid stimulation of off-target tissue, anodic first pulses are delivered peripheral to the central electrode sites. A well-designed pulse complex prevents spread of stimulation from the target area and does not induce off-target action potentials.



To visualize neural activation in the model white matter, we create a grid of points in the white matter and adjacent portion of gray matter cross section-spaced 0.1 mm from each other. Each point is populated by three neurons differing in size. The particular axons chosen have node separations of 750, 1250, and 1450 μm corresponding to 7.3, 11.5, and 15 μm diameters, respectively, from Table 1 of McIntyre et al. (2002), which is the MRG model. The calculation proceeds by scanning the grid of points in the white matter by deriving the spatial waveform for that point. Each neuron is tested using the spatial waveform derived for the grid point, resampling to the node spacing and submitting sample points and axon parameters to the MATLAB®ODE solver ode45. The solver proceeds with the activation of the test axon with a 200 μs pulse. If any node in the axon passes +5 mV, the solution stops and the axon is recorded as activated. If the smallest axon is activated, the other two are not tested and the grid point is marked with a red x. Similarly, if the medial sized axon is activated, the largest one is not tested and a green x is placed at the grid point. If only the largest axon is activated, a blue x is placed at the grid point. A mark is not placed if no activation is achieved. If activation occurs in the gray matter, a white x is placed on that grid point. These activity cross sections are used in the following figures to indicate excitation within the white matter.

From this minimally complex axon model, several features can be added which increase the fidelity of the simulation. These include better models of the myelinated axon by adding piece-wise cable properties to the conductive segments and more refined populations of channels to the nodes, among others. For instance, the full MRG model separates the membrane/myelin lumped circuit into membrane leakage and capacitance in series with a myelin leakage and capacitance. In addition, a conductive space is added between the membrane and the myelin and this network is often distributed into several networks along the internode. This model adds two differential equations per internode network, which may be repeated as many as ten times. Details in the model matter particularly when investigating complex temporal aspects of stimulation signals but have been suppressed here for simplicity.



RESULTS

Tissue Targeting and Selectivity

The flow of current from any single site on the implant will spread preferentially in the CSF because it has the highest conductivity of any media in the model, e.g., ≈20 times the lateral component of the white matter conductivity tensor. The equipotential lines in the gray and white matter of the spinal cord will tend to be straight lines therefore cutting across not only the white matter but also the gray matter leading to unintended stimulation of cells in the gray matter. The solution is to excite central sites of the implant with a cathodic potential while exciting lateral sites on the tips of the T with an anodic potential. This limits the cathodic potentials from spreading laterally, thus missing the dorsal horns of the gray matter. Figure 6 illustrates this for nine different current levels in the central two sites of the T. As the current from the central sites is diminished, the balancing currents contributed from the tip sites and the base sites are not only reduced to match but also re-proportioned to favor the base sites.
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FIGURE 6. The nine trials shown are a progression from balanced cathodic and anodic currents between the center sites (CS) and the tip sites (TS) of the T cross to balanced currents from the center sites to the base sites (BS) producing different depths of stimulation. As the transition from TS to BS is progressing, all the currents are being scaled down to prevent excitation of neurons outside the white matter. In Trial No. 1, a large current is flowing between CS and TS causing iso-potential lines of the cross section insert to bow downward at the midline of the model. In Trial No. 9, the iso-potential lines are almost horizontal across the model.



The neural activities shown in the cross sections of Figure 6 are expressed in Figure 7 as areas consisting of large diameter neurons only (squares), middle and large sizes (diamonds), and all sized neurons (triangles). As the anionic current stimulation progresses from all tip sites to all base sites during the nine-step sweep from the left dorsal horn to the center, the areas of all neuron classes decrease somewhat uniformly. The trace with black circles shows that the total power for each trial experiences a dramatic quadratic reduction from maximum tip site involvement to minimal tip site involvement. Note that the reduction of total neural activation does not begin to decrease until the fourth trial, indicating that a considerable power saving (about 75%) can be obtained for the deepest activity profile by involving the base sites.


[image: image]

FIGURE 7. As seen in the previous figure, the depth of stimulation in the white matter can be controlled while preventing unintended stimulation of the gray matter. This is achieved by increasing the anodic currents at the tip sites in greater proportion to the increases in cathodic currents at the central sites. That process can also be viewed in terms of the activation levels of the different sized axon populations as shown here for the nine stimulation trials. The power consumption increases approximately quadratically with the increase in the activities of the three axon classes.



As with achieving greater stimulation depth, currents from sites on the T can be manipulated to move the effective stimulation zone horizontally across the cord. Figure 8 illustrates how sweeping of current sources across the T can position the center of stimulation with high spatial resolution. Nine steps are shown but more instances can be placed within the progression thus creating an increased resolution of position. The linear step method utilized to achieve progression of the stimulation center across the cord can be diversified considerably to gain greater depth and perhaps a more skewed pattern by departing from the symmetry of the montage as practiced in the example. The power consumption for the different trials in Figure 8 is not constant but reduces as more sites take part in the stimulation. The first trial uses only three sites, while the ninth uses six sites.
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FIGURE 8. Sliding the stimulus profile across the cross of the T allows selecting different populations of axons laterally across the upper layers of the white matter. This is accomplished by making a linear sweep of current values coming from the six sites of the T cross as shown in the top center of the Figure. Almost identical activation profiles for all three sizes of neurons are seen to progress across the cord from left to center as shown in the three colored graphics and the area curves. The power (circles) is shown for each trial diminishing from left to center to right as current is distributed more evenly over the six sites on the T cross.



When shaping the stimulation field, we can constrain the cathodic pulse to a target area but the electrochemistry of the electrode sites requires that there be a recovery phase of the stimulus waveform that charge-balances the net stimulation to zero. This means that the tissue volume not included in the target will receive a cathodic current during the recovery phase that may excite neurons in an unintended volume. The method that is usually used makes the recovery current much smaller than the stimulation phase over a longer time. The requirement for this factor in the stimulus design may limit the depth and selectivity strategy in some cases.

Power Consumption

Electrically bypassing the dura achieves a large power saving due largely to the impedance of the dura with respect to the subdural materials such as the CSF. In addition to the extra voltage drop over the dura, some of the current from the sites leaks out of the dural layer and never reaches the CSF. Depending on the exact geometry and the materials at the interface, additional work now underway indicates that this loss can be in excess of 10% of the current delivered by the sites if the seal to the upper surface of the dura is perfect, and more if there is scar tissue between the dura and the device. This leakage must be made up in extra current through the sites to achieve results comparable to the subdural device. This feature can result in longer battery life. In addition, the subdural device projects slightly (0.3 mm) into the CSF space bringing the electrode sites closer to the excitable elements of the white mater and thus less current spread within the CSF. This better proximity improves the ability to steer or focus the electrical potential within the white matter, but is not evident in this simulation due to the low profile of the device below the dura.

Independent of the reduced impedance barrier and improved proximity, curving of the iso-potentials is needed to obtain selectivity and improved depth. Figure 6 shows improved depth by passing more current through the central sites and through the tip sites on the ends of the T cross. However, the improvement of depth obtained from no involvement of the tips sites on the ends of the T cross to maximal involvement of them requires an 18-fold increase in power. Figure 7 shows that much of this power increase can be mitigated by passing some of the anionic current through the base sites of the electrode array. Any large current places an electrochemical stress on the electrode materials and also on the tissues just under the pia mater. To determine the limits, a safety analysis is required as discussed below.

Safety Limits

There are two important safety considerations required for long-term sustainability of neural stimulation devices. The primary consideration is the tissue’s tolerance to current density and total charge per pulse-phase, but prevention of electrode failure is also paramount (McCreery et al., 1990; Cogan et al., 2016). Site corrosion can lead to failure of a device and poisoning of the target tissue. The electrode sites used in the IP2 are small by the standards of dorsal column stimulation devices. This is justified by the proximity of the sites to the target tissue and the absence of the impedance and distance barrier presented by the dura. The area of the sites is 1.72 mm2 and the accepted safe charge delivery per phase for platinum (Kelliher and Rose, 1987; Grill, 2005) is 50 μC/cm2 yielding 0.86 μC as the charge limit per phase for the T-array site. (We note that this value of 50 μC/cm2 refers to the threshold for the onset of electrochemical effects for platinum electrodes, and not to the threshold for the onset of neurological tissue damage. The latter has a different value and it is discussed separately below). Thus, for a 200 μs pulse, the largest current allowed is 4.3 mA. We further assume that the capacitance of the electrode’s surface is 0.45 F/m2. In principle, materials with higher effective capacitance might also be considered for this application, but platinum is typically chosen because its properties allow for high charge densities with relatively low risk of Faradaic reactions.

As an example, a pulse sequence consisting of a 200 μs cathodic phase of 2 mA followed by a 400 μs anodic phase at 1 mA uses about half the capacity of the site. The average interface voltage and the drive voltage will be equal as the sequence starts but diverge as the site becomes charged. As the sequence begins, the drive voltage jumps to overcome the spreading resistance then ramps downward due to (1) the increased average charge across the site and (2) to lower efficiency of charge transfer resulting from greater charge at the periphery. This rapid accumulation of charge at the site edge results from increased current flow there. If the sites and pulse protocols are not designed to control edge currents, site corrosion can occur. During the first few microseconds of a pulse, the imbalance between center and edge current can be somewhat extreme, but as time progresses, the current density across the site becomes more even. At the end of the cathodic phase, the potential difference due to extra charge at the edge is about 100 mV. The magnitude of the edge current at the beginning of the pulse can be reduced by several ways. (1) Keeping the curvature of the site perimeter to a minimum is important. Circular sites are the most efficient when used alone. (2) Shaping the pulse’s leading edge to have a longer rise-time allows charge to build up more slowly, thus reducing the maximum current density at the edge (Wang et al., 2014). (3) Preventing adjacent sites from having extreme polarity differences will prevent large currents from flowing directly from site to site. Evenness of this current is promoted by parallel edges of adjacent sites. This is another cost of target selectivity. (4) Adding a resistive layer over the site forces the current flow to be more evenly distributed, but at the cost of additional power because of the resistive voltage drop and a less efficient current flow into the media. Figure 9 shows an example of the current distributions for the sites and the pial surface of the white matter at the instant the cathodic stimulation phase is started. The pial surface current density distribution changes minimally over the charge injection pulse because of the gap between the site and target, but the current distribution on the sites changes considerably as described above.
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FIGURE 9. Current distributions are shown for sites and the pia surface of the white matter at the instant the cathodic stimulation phase is started. The current on the site edges (upper color bar) are very large with respect to the average current but this quickly disappears as the charging of the site progresses. The current passing in and out of the white matter (lower color bar) is much less than the current at the sites because of the shunting effect of the CSF. While the total current at the cathodic sites is 4 mA, the current passing into the white matter is only 0.13 mA or 3.25%.



None of the examples used in this paper exceed the threshold for the onset of electrochemical effects in platinum of 50 μC/cm2. Similarly, there are limits of current density that can be tolerated by neural tissue. The maximum current density seen in our maximum depth-of-excitation figure is 1.33 mA/cm2, which for the 200 μs pulse is 0.266 μC/cm2, well below the commonly accepted boundary of 30 μC/cm2 (McCreery et al., 1990; Cogan et al., 2016).



DISCUSSION

Comparison With Results of Others

Huang et al. (2014) carried out an early effort to model stimulation profiles of the original version of the I-Patch, in which the electrode array rested directly on the dorsal pial surface of the spinal cord and compared them against epidural stimulation. The COMSOL®implementation employed a volume conductor model with domains for the CSF, white matter, gray matter and a pair of electrodes, and the nerve fiber model of McNeal (McNeal, 1976). They found that the current threshold for axonal recruitment in the dorsal columns was over 10 times smaller for direct intradural vs. epidural stimulation, with equally improved depth of stimulation. Moreover, these findings were consistent with the outcome of an in vivo study of acute intradural stimulation in an ovine model (Flouty et al., 2013). While pointing the way toward potentially greater therapeutic efficacy, the invasive implantation procedure for a clinically useful device placed directly on the surface of the spinal cord would have carried greater surgical risk than a device placed in the extradural space. The present configuration of the IP2, per the device depicted in Figure 2, addresses this limitation by placing an intradural electrode array flush with the inner surface of the dura, and not in direct contact with the spinal cord.

For purposes of comparison with our findings, those of Howell et al. (2014) are perhaps the most relevant. Their detailed report covered the COMSOL®-based modeling and acute clinical testing of intradural SCS, as carried out both epidurally and intradurally with an AD-TECH®Spencer Probe Depth Electrode. They found that there was a > 90% reduction in the power needed to activate dorsal column fibers with intradural stimulation relative to epidural stimulation, and that there was likewise a significant improvement in stimulation selectivity. The specific configurations investigated involved having the electrodes (a) 1 mm above the dura matter, (b) 1 mm above the spinal cord, and (c) 1 mm below the dura matter, with the alignments directly above the midline and also at 10 and 20° angular offsets from the midline. The configurations where the electrodes were just below the dura would bear the closest resemblance to the intradural T-array IP2 described here.

Although the vast majority of all the other efforts aimed at modeling SCS have focused on epidural methods, the goals have typically been similar to ours, i.e., to investigate the selectivity of stimulation and optimize the potential for therapeutic benefit. The University of Twente Spinal Cord Stimulation Software in particular has been used extensively to study how different configurations of electrodes and stimulation montages can enable steering of the current distributions (Sankarasubramanian et al., 2011, 2013, 2014). One of the goals is to achieve improved recruitment of dorsal column fibers, which in our case is accomplished by sweeping the current sources across the sites on the T-array and, in general, by the closer proximity of the array to the dorsal surface of the spinal cord.

Limits of the Study and of the Device Design

The design of our intradural stimulation system incorporates the possibility of using one or more auxiliary epidural electrodes to enable comparisons between montages that are purely epidural, purely intradural or combined in nature. However, since the structure of the implant prohibits any such auxiliary site from being simultaneously positioned directly above the same tissues underlying the intradural array, it has played no role in our modeling effort.

Moreover, while there are several other possible geometrical arrangements for the electrodes of the intradural array, we report results for only the T-shaped version, as it will likely be the easiest to place intradurally of the various alternatives we have considered so far. The version of the T-array modeled here employs 12 electrode sites, whereas most standard paddle leads at present incorporate 16 sites. The need to minimize the array’s surface area is partly responsible for this difference. However, as shown above, the closer proximity to the target fibers, the circumvention of the dura mater, and the unique geometric arrangement of the sites all combine to optimize the selectivity of stimulation targeting. Even with those advantages, a 12 site design may have limited compatibility with some implantable pulse generators requiring 16-line connectors.

Implications for Improved Therapies

Visceral Pain

The depth and control of the stimulation patterns achievable with intradural stimulation suggest that it may be possible to activate a narrow column (1–2 mm wide) of midline pathways perhaps up to 5 mm below the dorsal surface, thus achieving the reversible modulation equivalent of punctate midline myelotomy. The inception of this procedure was first described by Armour (1927) and termed the “commissural midline myelotomy” for the treatment of visceral cancer pain. The surgical goal of the commissural midline myelotomy was to transect the crossing fibers of the anterior lateral sensory system at the level of the patient’s pain. This technique, despite years of refinement, continued to yield an elevated rate of unwanted side effects (Viswanathan et al., 2010). This is believed to be due to the need to access the ventral portion of the spinal cord via a dorsal approach, increasing the likelihood of undesired injury to surrounding spinal tissues. However, basic scientific studies have revealed the presence and importance of the newly described post-synaptic dorsal column visceral pain pathway, lesioning of which likely produces the efficacious benefits of the commissural midline myelotomy. First, the rodent model utilized by Hirshberg et al. (1996) demonstrated the anatomical presence of the post-synaptic dorsal column pathway. In this visceral pain system, the peripheral sensory neurons synapse with dorsal horn neurons within laminae II and IV. The dorsal horn neurons then project axons that ascend ipsilaterally within the dorsal columns and synapse with neurons within the nucleus gracilis or cuneatus. These third-order neurons then decussate in the brainstem and synapse in the thalamus to be relayed to higher order cortical structures. Further physiological studies confirmed that these neurons are activated by visceral pain stimuli (Ness and Gebhart, 1988; Al-Chaer et al., 1996), and a small targeted transverse lesion in the midline dorsal column of the spinal cord resulted in decreased activity in the visceral pain pathway neurons within the ventral-posterolateral nucleus of the thalamus (Al-Chaer et al., 1996).

The localization and physiological characterization of this pathway has led to a modification of the original surgical technique of treating visceral pain described as the “punctate midline myelotomy.” The first reported case of the punctate midline myelotomy involved creating a lesion at the T8 level that completely eliminated a patient’s intractable, residual visceral pelvic pain following treatment of uterine cervical cancer (Nauta et al., 1997). In a later series of five patients performed by the same surgeon a lesion 5 mm in depth and 1 mm on each side of the midline was highly effective in relieving visceral pain symptoms (Nauta et al., 2000). Additionally, a percutaneous midline cervical spinal cord myelotomy technique (Kanpolat et al., 2002) has been used to effectively treat medically refractory visceral pain in patients with advanced malignancies. Currently the myelotomy procedure is used to treat only a small subset of patients with debilitating medically refractory visceral pain; typically patients with end stage malignancies. This restricted use is based on a combination of factors which have limited clinical adoption, the most significant being that the myelotomy is an ablative procedure. Based on the limited clinical series reported to-date, the risk of creating new neurological deficits that can be detected by standard clinical testing appears to be very low. However, lesions of this pathway may cause irreversible disruption of more difficult to quantify functions, such as sexual functions. In patients with end stage terminal illnesses, these risks are outweighed by the benefits of an ablative procedure that is highly effective in reducing or eliminating debilitating visceral pain.

For all patients with medically refractory visceral pain, but in particular for those with a prolonged life expectancy, it would be highly desirable to have the capacity to safely and reversibly modulate the neural pathway that is ablated during the punctate myelotomy procedure. The potential clinical indications for such a device would be expanded dramatically if its use could be extended to patients with non-cancer visceral pain. Chronic abdominal pain from inflammatory conditions is unfortunately common, and treatment modalities are limited. As pain management alternatives to the extensive use of opioids are sought, new technologies such as the present can become increasingly relevant. In addition, if improved modulation of midline pathways proves effective in relieving axial spine pain, as suggested by the results of recent experimental animal studies (Nauta et al., 2018), the relevance of this novel approach to public health will be even greater. The results of the present modeling study demonstrate that the IP2 will be capable of selectively projecting neuromodulatory current to a depth within the dorsal column that fully recapitulates the punctate midline myelotomy procedure (i.e., 5 mm). In contrast, earlier modeling work shows that standard extradural spinal cord stimulators are only capable of selectively modulating the most superficial ∼0.3 mm (<10%) of this pathway (Holsheimer, 2002; Holsheimer and Buitenweg, 2015). Carefully designed IP2 clinical studies will be required to determine how this greater than ten-fold improvement in neuromodulation capacity for the visceral pain pathway correlates with clinical efficacy.

Neuropathic Pain

The SCS is commonly used to treat select patients with medically refractory neuropathic pain. A wide range of device design and electrical stimulation parameter concepts have been reported. All of these strategies are designed to inhibit the transmission of neuropathic pain signals by applying an electrical stimulus that disrupts pathologic sensory neuron firing patterns associated with the perception of neuropathic pain. These include standard frequency stimulation protocols that evoke paresthesias, as well as more temporally complex higher frequency approaches designed to achieve paresthesia-free pain relief. Despite its frequent use, there are still limitations related to the implementation of SCS for the treatment of neuropathic pain syndromes; in particular, difficulties in driving stimulation to the dorsal columns without activating nearby dorsal rootlets. The IP2 is designed to accommodate delivery of the full range of electrical stimulation paradigms that are currently in use with extradural SCS devices. The results of this study show that the IP2 device will be capable of delivering these same stimuli to the targeted regions of the spinal cord with markedly improved power efficiency, site selectively, and volume of tissue activation, hence producing more effective stimulation with a lower probability of causing adverse or undesired effects. In addition, recently developed closed-loop sensing and stimulus adjustment technologies might be enhanced by using higher fidelity neural signals recorded from intradural IP2 electrode contacts (Russo et al., 2018).

Spasticity Following Spinal Cord Injury

In the past, at small number of centers, extradural spinal cord stimulators were placed to treat patients with medically refractory spasticity. Spasticity resulting from central nervous system injury causes pathologic changes in neural processing within the spinal cord. The rationale for SCS treatment in this clinical setting is that electrical stimulation of certain targeted spinal cord structures may reverse or mitigate these post-injury changes and reduce spasticity. Results from published series were mixed and spasticity is not an approved indication for SCS placement currently (Nagel et al., 2017). Extrapolating from information derived from contemporary neuroscience research regarding the pathophysiology of spasticity, and the promising clinical results observed in some patients implanted with extradural SCS devices, it is possible that the enhanced stimulus delivery capacity of an intradural stimulator may enable a device such as the IP2 to be more consistently effective in relieving the symptoms of spasticity.

Directions of Future Work

We are presently carrying out a series of pre-clinical tests in a large animal (porcine) model using the prototype device shown in Figure 2. The goal of these studies is to provide evidence of the technical feasibility and safety of the IP2 device and surgical implantation procedure, in support of a future FDA approved first-in-human pilot clinical study. During that pilot clinical study the efficacy and safety of intradural stimulus delivery will be systematically examined.



CONCLUSION

The results of the current study quantify the advantages of intradural electrical stimulation using validated stimulation modeling methods. An intradural device such as the IP2 will have the capacity to modulate key therapeutic targets within the spinal cord that cannot be selectively modulated using current devices. A future clinical trial will be required in order to determine how this enhanced stimulus delivery capacity impacts clinical efficacy.
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State of the art myoelectric hand prostheses can restore some feedforward motor function to their users, but they cannot yet restore sensory feedback. It has been shown, using psychophysical tests, that multi-modal sensory feedback is readily used in the formation of the users’ representation of the control task in their central nervous system – their internal model. Hence, to fully describe the effect of providing feedback to prosthesis users, not only should functional outcomes be assessed, but so should the internal model. In this study, we compare the complex interactions between two different feedback types, as well as a combination of the two, on the internal model, and the functional performance of naïve participants without limb difference. We show that adding complementary audio biofeedback to visual feedback enables the development of a significantly stronger internal model for controlling a myoelectric hand compared to visual feedback alone, but adding discrete vibrotactile feedback to vision does not. Both types of feedback, however, improved the functional grasping abilities to a similar degree. Contrary to our expectations, when both types of feedback are combined, the discrete vibrotactile feedback seems to dominate the continuous audio feedback. This finding indicates that simply adding sensory information may not necessarily enhance the formation of the internal model in the short term. In fact, it could even degrade it. These results support our argument that assessment of the internal model is crucial to understanding the effects of any type of feedback, although we cannot be sure that the metrics used here describe the internal model exhaustively. Furthermore, all the feedback types tested herein have been proven to provide significant functional benefits to the participants using a myoelectrically controlled robotic hand. This article, therefore, proposes a crucial conceptual and methodological addition to the evaluation of sensory feedback for upper limb prostheses – the internal model – as well as new types of feedback that promise to significantly and considerably improve functional prosthesis control.
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INTRODUCTION

The ease with which adults use their hands is owed to an intricate feedforward-feedback mechanism that has been honed since birth (Johansson and Cole, 1992). To those who have lost a hand (i.e., amputees) or were born without it, some feedforward motor functions can be restored with hand prostheses. However, while prostheses with myoelectric control represent the clinical state of the art (Schmidl, 1973), current commercial devices do not intentionally provide sensory feedback, and only few sensory feedback systems have found their way out of the research labs (Antfolk et al., 2013; Clemente et al., 2016; Ortiz-Catalan et al., 2017).

Feedforward control of myoelectric hand prostheses is chiefly influenced by two factors: (1) the robustness of the control of the movements of the prosthesis, which is affected by the method of recording and decoding the users’ intent (i.e., their signals) (Geethanjali, 2016). (2) the users’ ability to produce these control signals that is dependent on their understanding of the system – how it is represented in the central nervous system – which is known as the internal model (Kawato, 1999). In the unimpaired individual, internal models are continuously updated through multi-modal sensory feedback (tactile, visual, and auditory) during and after any movement (Imamizu et al., 2000). In amputees wearing a prosthesis, this differs due to the poor implicit sensory feedback available. Prosthesis users rely, chiefly, on proprioception in the remaining muscles (sense of contraction), visual feedback and, to some extent, on the incidental feedback that motor noise, and socket vibration provide (Simpson, 1973; Childress, 1980; Antfolk et al., 2013; Markovic et al., 2018b). Consequently, they cannot adequately hone their internal model, which negatively affects their ability to control the prosthesis (Lum et al., 2014; Shehata et al., 2018c). When highly reliable efferent signals are available for control, incomplete sensory inputs may suffice to retain the internal model (Hermsdörfer et al., 2008; Saunders and Vijayakumar, 2011; Ninu et al., 2014; Dosen et al., 2015b; Markovic et al., 2018b). However, it is a desirable goal to restore natural closed-loop control with supplementary (explicit) sensory feedback.

To address this goal, researchers have devised and assessed ways of providing feedback through invasive and non-invasive methods (Childress, 1980; Antfolk et al., 2013). Invasive peripheral nerve stimulation holds the promise of eventually being able to restore close-to-natural, modality- and somatotopically matched sensations (Riso, 1999; Graczyk et al., 2016). So far, however, realization of this hope has proven difficult; truly natural “touch” sensations have only been reported once (Tan et al., 2014). Non-invasive feedback does not directly interface with the nerves and is thus potentially less informative, but it is preferred by prospective users (Engdahl et al., 2015). It has also proven capable to improve functional performance in prosthetic hand users (Chatterjee et al., 2008; Ninu et al., 2014; Raspopovic et al., 2014; Clemente et al., 2016; Dosen et al., 2016; Markovic et al., 2017, 2018a). All these studies demonstrated new technological devices and methods, produced new knowledge, and revived the interesting question on the need/effectiveness of sensory feedback and how to assess it. However, no study had assessed the effects of sensory feedback on the internal model within a formalized framework.

In an attempt to reduce this gap, we recently proposed to assess the internal model strength developed while controlling myoelectric prostheses by using a psychophysical framework borrowed and modified from motor adaptation studies (Johnson et al., 2017; Shehata et al., 2018a,c). This framework uses parameters, such as sensory and control noise, to compute uncertainties in the developed internal model. Our recent work (Shehata et al., 2018c) showed that this framework can be used to investigate the effect of the feedback level on internal model strength. As a test bed for assessing this new method, we developed a versatile non-invasive human-machine interface that included a classifier for control and an audio sensory feedback system conveying continuous information about the control inputs of the classifier (EMG biofeedback) (Shehata et al., 2018a,b). The psychophysical framework proved that the strength of the internal model depends on the sensory input received (Shehata et al., 2018c). In particular, it showed that when audio biofeedback was added to vision, it outperformed the visual feedback alone in terms of internal model strength and performance in a functional task – both in a virtual environment and while using a multi-DoF hand prosthesis (Shehata et al., 2018a,b).

Based on these results, we sought to further enhance the sensory input available to the user, with complementary cues, in order to assess whether and how this could result in an even stronger internal model, and better performance in a functional task. To this aim we assessed and compared four sensory feedback conditions while controlling a myoelectric research hand prosthesis in psychophysical and functional tests. The three main conditions differed regarding the amount of complementary information: “visual-only (V),” “visual-plus-audio (VA),” and “visual-plus-audio-plus-tactile (VAT).” To disentangle the effects of the tactile component on the outcomes of the VAT feedback, the fourth condition was “visual-plus-tactile (VT).” The tactile feedback was provided by means of short-lasting vibrotactile cues (time-discrete) rather than continuous feedback, according to our previous work (Cipriani et al., 2014; Crea et al., 2015; Clemente et al., 2016; Barone et al., 2017; Aboseria et al., 2018) and the discrete event-driven sensory feedback control (DESC) policy (Johansson and Cole, 1992; Johansson and Edin, 1993; Johansson and Flanagan, 2009). The latter is a neuroscientific hypothesis of the mechanisms involved in human sensorimotor control, which posits that manipulation tasks are organized by means of multi-modally encoded discrete sensory events, e.g., resulting from object contact and lift-off.

Our findings show that all augmented feedback types significantly improved the performance compared to vision alone in the functional task, but only the audio biofeedback (VA) had an effect on the internal model strength, as measured by the psychophysical framework/metrics. Conversely, the tactile feedback demonstrated poor psychophysical metrics without (VT) and in combination with the audio biofeedback (VAT). These results on how the different inputs combine (either constructively or destructively) in the integrated sensory percept contribute to the scientific debate on the internal model and suggest ways for providing effective supplementary sensory feedback to prosthetic hand users.



MATERIALS AND METHODS

Study Participants

We collected data from 28 healthy participants without any limb difference [13 females; age: 25 ± 4.5 (mean and standard deviation)]. All participants had normal or corrected-to-normal vision, were right-handed, and had no previous experience with myoelectric control. We had already collected the data for the “visual-only (V)” and “visual-plus-audio (VA)” groups (14 participants) and presented some aspects of it in our previous study (Shehata et al., 2018a). Written informed consent according to the University of New Brunswick Research and Ethics Board and the Scuola Superiore Sant’Anna Ethical Committee was obtained from all participants before conducting the experiments (UNB REB 2014-019 and SSSA 02/2017). The protocol used in this study was approved by the University of New Brunswick Research and Ethics Board and the Scuola Superiore Sant’Anna Ethical Committee.

Experimental Setup

The experimental setup was similar to that of our previous study (Shehata et al., 2018a) and is briefly described here. It comprised an array of eight custom-made myoelectric sensors in a bracelet; a right-handed sensorized research hand prosthesis (IH2 Azzurra hand, Prensilia S.r.l., IT) that was mounted on a bypass attached to the participant’s forearm; a PC running the control and feedback algorithms; standard commercial headphones (MDRZX100, Sony, JP) for the audio feedback; a vibrotactor for the tactile feedback (Pico Vibe 312-101, Precision Microdrives, United Kingdom); and an instrumented test object [57 mm × 57 mm × 57 mm, ca. 180 g; (Controzzi et al., 2017; Figure 1)].
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FIGURE 1. Overview of the setup. The robotic hand was attached to the participant via bypass. The EMG signals recorded from the electrode bracelet around the forearm controlled the hand. A vibrotactor on the dorsal forearm provided discrete feedback i.e., discrete event-driven sensory feedback control (DESC), and the headphones provided continuous feedback. If the grasping force on the test object exceeded a breaking threshold in fragile mode, its red LED turned on. Modified from Shehata et al. (2018a), used under CC BY 4.0.



The myoelectric sensor bracelet was placed around the forearm of the participant and recorded the muscle activity used to control the robotic hand. We limited robotic hand movements to two degrees of freedom (DoF): (1) flexion/extension of the thumb, index and middle fingers, and (2) abduction/adduction of the thumb. Each of the four directions of movement of the robotic hand was mapped to one of four specific wrist movements: flexion and extension of the wrist corresponded to flexion/extension of the digits, while wrist abduction and adduction corresponded to abduction/adduction of the thumb. To implement the mapping, i.e., to interpret the electromyographic (EMG) signals, we used a Support Vector Regression algorithm that provided two regression-based control signals, which could simultaneously activate the two DoFs (e.g., thumb adduction and finger flexion) (Shehata et al., 2017, 2018c). These signals were then gated by a classifier; that means, the hand only moved in one direction at a time (Figure 2).


[image: image]

FIGURE 2. Overview of the control and feedback loop. The dotted lines indicate the three types of feedback provided to the participants.



Biofeedback is the technique of providing biological information to participants in real-time that would otherwise be unknown (Giggins et al., 2013). Accordingly, the audio biofeedback continuously relayed the two outputs of the regression-based controller to the participant, in the form of four distinct tones. Wrist flexion and extension were mapped to tones of 400 and 500 Hz, wrist abduction and adduction to 800 and 900 Hz, respectively. The amplitude of the tones was proportional to the output of the regression algorithm (max volume = 53 ± 3 dB Sound Pressure Level). With this architecture (Figure 2), while the hand moved only one DoF at a time, the audio biofeedback provided richer information about the participant’s myoelectric signals, which encompassed both proprioceptive and motor output information.

The tactile feedback provided information about the physical interactions of the robotic hand with the environment through the vibrotactor on the dorsal forearm. It delivered a short-lasting vibration burst (60 ms, 150 Hz, peak-to-peak force amplitude of ca. 0.3 N) upon contact, liftoff, replacement, and release of the test object. These events are known to be highly significant for the normal grasp-and-lift control, as per the DESC policy (Johansson and Cole, 1992; Johansson and Edin, 1993; Cipriani et al., 2014).

The test object – called an iVE – contained load cells measuring the grasp and load forces. The iVE could virtually break when a grasp exceeded a force of ca. 3 N, which was signaled to the participant by the activation of a red-colored LED on the iVE (Controzzi et al., 2017).

Experimental Protocol

Participants were divided into four groups (7 persons each) according to the kind of feedback they received: “visual-only (V),” “visual-plus-audio (VA),” “visual-plus-tactile (VT),” and “visual-plus-tactile-plus-audio (VAT).” They performed two tests according to a previously developed psychophysical framework (Shehata et al., 2018c): the “adaptation rate test” to measure the rate of optimization of grasping due to the feedback, and the “just-noticeable difference (JND) test” to measure the threshold of perceiving a control perturbation. A third “functional test” was added in order to measure the ability to use the robotic hand in a manipulation task (Clemente et al., 2016).

In the adaptation rate test, the participants had 40 trials and were asked to grasp, lift, and replace the iVE as quickly as possible without breaking it. The iVE was placed in front of the participant so that the LED faced upward and the two instrumented sides could be grasped without the need to turn the object. A limit of 5 s was given to execute each trial, after which the hand automatically reopened. During trials 1–25, breaking was signaled through a red LED (fragile mode); during trials 26–40, the breaking was no longer signaled (rigid mode). This was done to keep subjects engaged with the task and prepare them for the following test.

In the JND test, the participants grasped the iVE (fragile mode) in two consecutive trials, lasting 4 s each (after which the hand automatically reopened). In one of the two, a stimulus perturbed the control of the hand. Participants were told to identify the altered trial (two-alternative forced choice) by pressing a key on a keypad placed near their unconstrained hand. The stimulus was calculated using an adaptive staircase procedure with a target probability set to 0.84 and a step size of 67 degrees and repeated until 23 reversals were achieved, as in our previous work (Shehata et al., 2018c).

In the functional test, for 20 trials of 10 s each, the participants attempted to grasp, and transfer the iVE over a barrier (H: 14.5 cm × W: 25 cm) without breaking it (fragile mode), akin to the well-known Box and Block test (Mathiowetz et al., 1985; Clemente et al., 2016). For a more detailed description of the tests please refer to (Shehata et al., 2018a).

In all groups, participants first trained freely to become familiar with the control and then trained to grasp and lift the test object. After that, they completed the three tests receiving only visual feedback. Subsequently, participants repeated the training and the three tests with either V, VA, VT, or VAT feedback. Ergo, each participant completed training and the three tests twice. The four groups were thus different and received the following feedback (in order): V-V, V-VA, V-VT, and V-VAT. In between the tests, the participants took short breaks; they took additional breaks during the (long-lasting) JND (every 12 min, or more often if desired). Each trial of the three tests was started with the hand fully opened and ended with the hand (automatically) returning to this starting pose. In the adaptation rate test and in the JND test, the thumb was fully adducted, meaning that participants had to activate only one DoF to close the hand [see also Figure 3 in Shehata et al., 2018a]. In the functional test, the fingers were extended, and the thumb fully abducted in resting position, meaning that the participants had to activate the two DoFs, mimicking the control of a multi-DoF prosthetic hand.
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FIGURE 3. (A) Internal model uncertainty (Pparam). (B) Sensorimotor threshold (JND). Horizontal bars denote p < 0.05. Error bars show the standard error of the mean for each group.



Outcome Measures

The internal model developed while using the robotic hand was reconstructed from the data of the second repetition of the tests, by extracting four metrics from the adaptation rate and the JND tests, following the procedure described in our previous study (Shehata et al., 2018a). These are termed psychophysical metrics and consist of:

• Pparam: Internal model uncertainty. This measure describes the confidence participants have in their developed internal model, and it is computed from the outcomes of the adaptation rate test and the JND test (Shehata et al., 2018c and their Supplementary Materials).

• JND: Just-noticeable difference (or sensorimotor threshold). It describes, in degrees, the smallest external control perturbation from the trajectory (generated by the participant) that the participant perceived. The JND was defined as the final noticeable stimulus after 23 reversals of the adaptive staircase in the JND test (Shehata et al., 2018c).

• R: Sensory uncertainty. R determines the participants’ trust in the sensory information they receive from the system (Shehata et al., 2018c). It is derived from the JND and the controller noise (Q) as follows:
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Q was extracted from the adaptation rate test as the variance in the control signal between the start of each trial and the first activation of the muscles (ca. 100–200 ms).

• −β1: Adaptation rate. This is a measure of the participants’ modification of the feedforward control signal (from one trial to the next) based on the perceived error between the optimal and their actual movement (Bastian, 2008; Johnson et al., 2017). It was computed from each trial in the adaptation rate test by analyzing the first 150–300 ms window of the output signal from the controller (Shehata et al., 2018b). This window was selected to truly assess modifications in the control signals before integration of the visual feedback (Elliott and Allard, 1985). Since this test required only flexion of the digits, any other activations were considered self-generated errors (Shehata et al., 2017). Participants were incentivized to minimize these errors while executing the task as quick as possible without (virtually) breaking the object. We computed the −β1 as follows:
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where error is the angle between the ideal and the actual hand trajectory, β0 is the linear regression constant, β1 is the adaptation rate, and n is the trial number. A unity value for β1 indicates perfect adaptation, i.e., an internal model that is modified to perfectly compensate for errors. Higher or lower adaptation rates suggest over- or under-compensation.

In addition – to infer the way participants used the sensory input to control the robotic hand to grasp and lift the object – we computed the number of sub-movements from the second block of data in the adaptation test. Sub-movements are defined as the number of zero-crossing pairs of the third derivative of the grasp force profile per trial (Fishbach et al., 2007). This measure describes the real-time (or closed-loop) regulation of the grasp force and depends on the received feedback (Doeringer and Hogan, 1998; Kositsky and Barto, 2001; Dipietro et al., 2009). Specifically, a higher number of sub-movements indicates closed-loop regulation of the grasp force.

Finally, the completion rate (defined as the proportion of successful transfers) and the mean completion time (the average time needed to successfully transfer the object) were computed from the second repetition of the functional test, akin to our previous studies (Clemente et al., 2016).

Statistical Analysis

We tested all parameters for homogeneity in variances of the data by using Levene’s test in SPSS (IBM Corp., United States). If data variances were homogenous, one-way ANOVAs were used to assess differences among metrics for the feedback types tested. If statistical significance was found, Bonferroni post hoc analysis test was performed. However, if data variances were found to be non-homogeneous, robust Welch ANOVA was used instead and followed by post hoc analysis using Games-Howell test. The confidence interval was calculated using the standard deviation (95% CI = mean ± 1.96 × SD).



RESULTS

The internal model uncertainty, Pparam, proved significantly lower with the audio augmented feedback (VA) compared to all other conditions [robust Welch ANOVA (F (3, 24) = 8.6, p = 0.006) and Games-Howell post hoc tests p < 0.05] (Figure 3A). No other statistical differences were observed. In contrast to our expectations, with VAT, Pparam (2.0 ± 0.45) was larger than VA (0.22 ± 0.11) and VT (1.4 ± 0.4), and not statistically different from V (2.14 ± 0.64). In other words, adding the tactile component to the audio biofeedback not only produced a lower confidence on the internal model than the two components (VA and VT) individually, but it degraded to the level of visual feedback alone.

The JND was 67 ± 7.2 degrees for V, 44.6 ± 3.9 degrees for VA, 78.6 ± 2.5 degrees for VT, and 70.6 ± 5.4 degrees for VAT. Its trend matched with that of Pparam. Indeed, it was lowest for the VA condition (one-way ANOVA with Bonferroni post hoc tests, p < 0.05), while no other statistical differences were found among the conditions (Figure 3B).

Akin to Pparam and JND, the sensory uncertainty (R) was lowest under VA and largest under VT (Figure 4A).
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FIGURE 4. (A) Sensory uncertainty, R. The graph is a visualization of the variance of each feedback strategy in the probability curve. It displays Gaussian curves constructed with a variance of R and an arbitrary area under the curve of 1 unit. Visual-plus-audio biofeedback (VA) shows the narrowest variance, i.e., the lowest uncertainty. Conversely, visual-plus-tactile (VT) shows the widest variance, i.e., the highest uncertainty. (B) Adaptation rate (−β1). The adaptation rate describes the extent to which participants adapted to the self-generated error, i.e., how well they could optimize their control from one trial to the next. Horizontal bars denote p < 0.05. Error bars show the standard error of the mean for each group.



The adaptation rate was 0.82 ± 0.1 for V, 1.2 ± 0.1 for VA, 0.98 ± 0.1 for VT and 1.03 ± 0.1 for VAT. These outcomes indicated that, when using the VA feedback, participants adapted more than when using the other types, although this difference was statistically significant only in comparison to V (Figure 4B; Shehata et al., 2018a). No other statistical differences could be observed across conditions. It is worth noting that the controller noise Q extracted from this test was consistent across all conditions (<20%; not shown). This means that any variability in R is an effect of the sensory feedback, not of the variability of Q.

Altogether, the psychophysical metrics all indicated VA as the condition yielding the strongest internal model, as assessed by a lower JND and sensory uncertainties, higher adaptation rate, and a stronger internal model.

The analysis on the sub-movements highlighted a statistically significant difference across conditions (one-way ANOVA; p = 0.001) (Figure 5). Participants using VA adjusted their control signals significantly more than participants using the other feedback types (Bonferroni post hoc tests, p < 0.05). In other words, the participants tended to use the audio biofeedback in real-time, in order to modulate their grasp force to prevent breaking the object. Conversely, participants using the VT performed significantly less sub-movements than participants using the audio biofeedback (VAT and VA) (Bonferroni post hoc tests, p < 0.05). No other statistical differences were observed. These general behaviors were nicely captured by the time series of the grasp forces during the adaptation rate test (Figure 6). The evolution of the grasp force profiles, under the different conditions, suggest that, in the VAT, the participants used the audio biofeedback in the initial trials (light gray traces in Figure 6), and the discrete tactile feedback in the later trials (dark gray traces).
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FIGURE 5. Trial sub-movements. The graph shows significantly more sub-movements with VA than with all other feedback types. VAT lead to significantly more sub-movements than VT. VT and V are not statistically different. Horizontal bars denote p < 0.05. Error bars show the standard error of the mean for each group.
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FIGURE 6. Grasp force profiles. Representative grasp force profiles from individual trials during the adaptation rate test for all feedback types. A participant using (A) only visual feedback had lower variance in their grasping patterns over trials, (B) visual-plus-audio adjusted their grasping force throughout the trials and had higher variance in their grasping patterns, (C) visual-plus-tactile had automated grasping patterns with very low variance, and (D) visual-plus-audio-plus-tactile seemed to have highly variable grasping pattern in the initial trials but more automated grasping pattern at the final trials. Earlier trials are in lighter, later trials in darker shades of gray. The red horizontal bar indicates the breaking threshold. Incomplete trials in which the iVE was broken are not shown.



Regarding the functional test, the completion rate with visual feedback only (V) proved significanly worse than with VA, VT, and VAT (One-way ANOVA; Bonferroni post hoc tests, p < 0.05). Further, there may be a slight trend toward more successful transfers with VAT (70 ± 5.4) compared to VT (55 ± 8.5) and VA (65 ± 4.6) but it did not reach significance (p = 0.3 and p = 0.6, respectively) (Figure 7).
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FIGURE 7. Completion rate. The figure shows that the percentage of successful transfers (i.e., the iVE was not broken) was significantly higher when the participants received any kind of augmented feedback compared to visual alone. Horizontal bars denote p < 0.05. Error bars show the standard error of the mean for each group.



The mean completion time was not affected by the different feedback types and was 8.4 ± 0.65 s for V, 8.3 ± 0.74 s for VA, 8.6 ± 0.32 s for VT, and 8.4 ± 0.34 s for VAT.



DISCUSSION

Many researchers have explored ways of providing hand prostheses with supplementary sensory feedback, showing that it could indeed improve the performance in functional tasks. Yet, very little consideration has been given to the causes underpinning improved performance; in particular, it is still unknown how feedback contributes and combines to build strong internal models of the myoelectric control system. Here, we hypothesized that increasing the sensory information provided to a myoelectric hand user could result in a stronger internal model and better performance in a functional task. Hence, we combined continuous audio biofeedback with event-based vibratory tactile feedback in a myocontrolled prosthetic hand. Furthermore, we also explored the complex interactions between different feedback types (i.e., continuous visual and audio, and discrete tactile feedback) and their effects on the internal model strength.

Audio biofeedback provided continuous information about intensity of the control signal but not about the actual grasp, whereas time-discrete tactile feedback exclusively conveyed precise information about the interactions between the robotic hand and the environment. According to Johansson and colleagues (reviewed in Johansson and Flanagan, 2009), these interactions are processed and signaled to the nervous system through discrete sensory events and are crucial for developing efficient and natural feed-forward grasping in humans.

In this study we confirmed our previous findings (Shehata et al., 2018a): adding complementary audio biofeedback to visual feedback enables the development of a stronger internal model for controlling a myoelectric hand, as assessed by all psychophysical metrics (Pparam, JND, R, and −β1). The fact that the VA feedback yielded a lower sensory uncertainty (or variance) than V (cf. Figure 3A) suggests that the audio component dominates the integrated visual-audio percept, according to the maximum-likelihood estimate theory (Ernst and Banks, 2002). In other words, when the visual input is complemented with a coherent audio biofeedback, participants would likely rely more on the latter to execute the motor task. This is in agreement with current understanding of human sensorimotor control: the nervous system can never be completely certain about the relevance of visual information, as it provides only indirect information about the motor task, and the interactions with the environment (Johansson and Flanagan, 2009; Wei and Kording, 2009). Whether these results are due to the modality of the biofeedback (i.e., audio) or to the nature of the biofeedback itself (i.e., the sensory input which closely matches the intended motor output), remains to be assessed. Interestingly our results align with those of Dosen et al. (2015a), who conveyed EMG biofeedback using a visual interface.

The reconstructed internal model did not further improve when another piece of redundant information – this time about the touch event – was added to visual and audio biofeedback. In fact, the VAT condition yielded significantly worse psychophysical metrics compared to VA, showing results closer to the basic condition V (and also to VT). These results – if the psychophysical metrics are a truthful and complete description of the internal model – indicate that adding sensory information, albeit consistent with the already available information, may not necessarily enhance the formation of the internal model in the short term. In fact, it could even degrade it. A possible explanation for this is given by the causal inference hypothesis (Knill, 2003; Ernst, 2006; Körding et al., 2007), which posits that the nervous system interprets cues in terms of their causes. When the cues are very different from one another in space and time, the nervous system will infer that they are not related and thus should be processed separately. The visual and audio cues were indeed caused by the same process (i.e., the control input) while the tactile cues were due to the interaction of the robot hand with the environment (the control input is also causal of touch but through a transformation that involves extrinsic factors as well).

Combined in the VAT, the tactile component apparently dominated in the so-integrated percept, as indicated by the sub-movements and grasp force profiles (Figures 5, 6) and also shown by the clear degradation of the psychophysical metrics. This suggests that, when combined and during grasping, (extrinsic) tactile sensory cues are more relevant to the central nervous system than (intrinsic) biofeedback cues – at least in the time frame explored. It is interesting to observe that this degradation was not immediate, as the tactile feedback only became predominant after several trials (Figure 6). This could mean that, when both types are present, audio biofeedback may be easier to pick-up in the initial phases – perhaps because it is very informative and closely matches the motor output – whereas it becomes less relevant in the later stages – possibly because it is more cognitively taxing compared to the tactile input. This argument would be supported by the literature on motor adaptation (Wei and Kording, 2009) and sensorimotor control of dexterous manipulation tasks (Johansson and Flanagan, 2009). Another possible reason for favoring the continuous feedback in the initial phases is related to how people expect to receive information of the grasp based on their top-down knowledge of the interactions of the body with the environment: in nature these interactions are continuous (although they may be processed differently by the nervous system). However, why and how the tactile input corrupted the psychophysical metrics (instead of enhancing them), remains unclear so far. Future tests could investigate whether the internal model is updated more efficiently with audio biofeedback than with tactile feedback after disturbances, for example by doing a pick-and-lift task with unexpectedly changing object weight (Jenmalm et al., 2006).

The degradation of the psychophysical metrics with VAT is, nevertheless, interesting, as one would expect that the tactile feedback should barely interfere in such tests, contrary to what we observed. The JND tested how well the participants could perceive discrepancies in the control input. Here, audio biofeedback provided a lot of relevant information, visual some (because the hand was not always, and completely under visual control) but tactile only notified the participants about touching the object (which was expected to be meaningless in the JND). In the adaptation rate test – where the task was to grasp and lift the object – tactile info conveyed some more information about the final result of the control, i.e., a successful or unsuccessful grasp. In fact, in the adaptation rate test, tactile information (VT and VAT) yielded optimal results (−β1 close to 1) whereas with only audio feedback (VA) participants overcompensated (−β1 > 1). While the near-perfect adaptation with VT and VAT may be due to the saliency of the time-discrete sensory feedback policy (Johansson and Cole, 1992; Johansson and Edin, 1993; Johansson and Flanagan, 2009), we argue that audio feedback alone – being a reliable and continuous sensory input coherent with vision – induced the participants to adapt continuously. However, it is still unclear whether this difference between VA and VT/VAT (and V and VT/VAT) is meaningful.

The results from the functional test were complementary to those from the psychophysical tests. We found that all kinds of augmented feedback (VA, VAT, and VT) enabled users to perform significantly better than with vision alone (Figure 7). It was expected that VT would allow for better performance than V alone (Clemente et al., 2016). Further, this result advocates that continuous audio biofeedback can enhance motor control of a myoelectric prosthesis [in agreement with the work of Dosen et al. (2015a) and our previous study (Shehata et al., 2018a)]. However, it also reveals a significant deviation from the results of the other tests. Indeed, while participants with VT or VAT integrated the sensory input and exhibited a predictive control behavior, participants with VA used it for continuously regulating their grip force in real-time, in a closed-loop manner (as seen in the data from the adaptation test in Figures 5, 6B). We believe this was due to the nature of the feedback: the time-discrete sensory cues could only be used by participants as checkpoints for the motor task (Johansson and Edin, 1993; Clemente et al., 2016), whereas the audio biofeedback – as discussed above – induced the participants to use it constantly, even when the grasp was successful. Both approaches seem to be equally adequate to improve grasping performance with a prosthetic hand.

During object manipulation, the brain uses sensory predictions and afferent signals to adapt the motor output to the physical properties of the manipulated object, as well as to monitor and update task performance (Johansson and Flanagan, 2009). In this way, humans can predict and use an adequate level of grip force required to lift an object by producing highly coordinated grasping and lifting forces and correcting their actions in the case of unexpected events (e.g., object slip or incorrectly predicted weight). Sensory feedback plays a crucial role in building and keeping the motor control repertoire updated. However, neural delays make continuous closed-loop control of dynamic motor behaviors impractical at frequencies above 1 Hz (Hogan et al., 1987; Johansson and Edin, 1993). Hence, natural grasping largely involves predictive feedforward rather than closed-loop (servo control) mechanisms. With this in mind, and considering that the VAT and VT yielded a successful predictive control behavior in the functional test (a sign of a mature internal model), we suspect that the psychophysical tests used may not grasp all the facets of the internal model. In particular, they may not be capable to properly assess the contribution of touch-related sensory information, or, alternatively, the discrete tactile feedback may have masked the measurements.
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Background: Invasive cortical stimulation (ICS) is a neuromodulation method in which electrodes are implanted on the cortex to deliver chronic stimulation. ICS has been used to treat neurological disorders such as neuropathic pain, epilepsy, movement disorders and tinnitus. Noninvasive neuromodulation methods such as transcranial magnetic stimulation and transcranial electrical stimulation (TES) show great promise in treating some neurological disorders and require no surgery. However, only acute stimulation can be delivered. Epicranial current stimulation (ECS) is a novel concept for delivering chronic neuromodulation through subcutaneous electrodes implanted on the skull. The use of concentric-ring ECS electrodes may allow spatially focused stimulation and offer a less invasive alternative to ICS.

Objectives: Demonstrate ECS proof-of-concept using concentric-ring electrodes in rats and then use a computational model to explore the feasibility and limitations of ECS in humans.

Methods: ECS concentric-ring electrodes were implanted in 6 rats and pulsatile stimulation delivered to the motor cortex. An MRI based electro-anatomical human head model was used to explore different ECS concentric-ring electrode designs and these were compared with ICS and TES.

Results: Concentric-ring ECS electrodes can selectively stimulate the rat motor cortex. The computational model showed that the concentric-ring ECS electrode design can be optimized to achieve focused cortical stimulation. In general, focality was less than ICS but greater than noninvasive transcranial current stimulation.

Conclusion: ECS could be a promising minimally invasive alternative to ICS. Further work in large animal models and patients is needed to demonstrate feasibility and long-term stability.

Keywords: transcranial electrical stimulation, neuromodulation, concentric-ring electrode, motor cortex stimulation, direct cortical stimulation


INTRODUCTION

Electrical and magnetic brain stimulation can successfully treat a wide range of neurological and psychiatric disorders. In general, these neuromodulation methods fall into two categories: invasive or noninvasive. Invasive neuromodulation methods, such as deep brain stimulation (DBS) and invasive cortical stimulation (ICS, often simply referred to as motor cortex stimulation), require the implantation of an electrode array in a specific brain area to deliver chronic electrical stimulation. The advantage of invasive neuromodulation is that relatively strong stimulation can be chronically delivered to a very focused target. The main disadvantage is the highly invasive nature of the implantation procedure: a burr hole or craniotomy is required and the patient is often awake during parts of the surgery to ensure correct electrode placement. This surgical procedure exposes the patient to significant risk and discomfort and increases therapy cost. Noninvasive neuromodulation methods such as transcranial magnetic stimulation (TMS), transcranial direct current stimulation and transcranial alternating current stimulation (both referred to as transcranial electrical stimulation or TES) have the advantage that no surgery is required, thus significantly reducing patient risk and discomfort, in addition to reducing costs associated with hospitalization and surgery. However, noninvasive neuromodulation methods have a number of significant disadvantages: Stimulation can only be delivered in an acute clinical or laboratory setting. The neuromodulatory effects of TES are typically relatively weak and not well focused. While the effects of TMS are stronger and more focused, it requires expensive and bulky equipment to generate the strong magnetic fields required.

Recently, a novel minimally invasive approach to neuromodulation has emerged – epicranial current stimulation (ECS). In ECS an electrode array is implanted under the scalp and on, or in close proximity to, the skull. ECS has a number of potential advantages over standard invasive and noninvasive neuromodulation methods. The implantation of an ECS device is much less invasive than an ICS or DBS device and could potentially be done under local anesthesia. This would allow delivery of chronic stimulation at a significantly reduced cost, in addition to reduced patient risk and discomfort. With TES most of the delivered current is shunted by the scalp, resulting in relatively weak neuromodulatory effects. By stimulating under the skin, ECS could potentially deliver much stronger neuromodulation. ECS has been tested in animal models and shown to be an effective method for controlling epileptic seizures (Besio et al., 2007; Berényi et al., 2012; Besio et al., 2013). Beyond epilepsy, ECS could offer an alternative approach to treating the wide range of neurological and psychiatric disorders that are currently treated with standard neuromodulation methods. For example ICS is used to treat neuropathic pain (Tsubokawa et al., 1991; Tsubokawa et al., 1993; Nguyen et al., 2000) and has been investigated as a treatment for movement disorders (Pagni et al., 2005; Canavero and Bonicalzi, 2007; Priori and Lefaucheur, 2007; Moro et al., 2011) and depression (Nahas et al., 2010; Kopell et al., 2011). ECS has the potential to offer a less invasive neuromodulation therapy for these disorders. ECS has not yet been tested in humans but systems for patient use are currently in development (Lee et al., 2007).

The aim of the current study was to investigate the feasibility and limitations of using concentric-ring electrodes for ECS in humans. Concentric-ring electrodes consist of an inner disk electrode surrounded by an outer ring and have the potential to deliver more focused stimulation than standard mono or bipolar electrode configurations (Datta et al., 2008; Bortoletto et al., 2016; Gbadeyan et al., 2016; Heise et al., 2016; Martin et al., 2017). We first tested the feasibility of using ECS concentric-ring electrodes in a rat experiment. We verified that we could achieve selective stimulation of the motor cortex by measuring stimulation induced limb movements and comparing the results to that of unfocused stimulation. We then used an MRI based electro-anatomical human head computational model to simulate the electric field strength and focality that could be achieved in patients with ECS concentric-ring electrodes. We used the model to investigate the effect of different ECS concentric-ring electrode designs on electric field strength and focality. Finally, we compared the strength and focality of the cortical electric field generated by ECS with that generated by both ICS and TES.



MATERIALS AND METHODS


Concentric-Ring ECS: Proof-of-Concept in Rats


Animals

Six male Wistar rats (391 ± 91 g, Janvier labs, France) were used. They were housed in a rat colony at ∼19∘C and maintained on a 14/10 h light/dark cycle (lights on at 7:00 a.m.). Rats had unrestricted access to food and water. All procedures were approved by the KU Leuven ethics committee for laboratory experimentation (project P096/2015).



Surgery and Preparation

On experiment days rats were anaesthetized with an IP injection of a combination of ketamine (45 mg/kg, Anestekin, Eurovet, Belgium) and medetomidine HCl (0.3 mg/kg, Narcostart, Kela Veterinaria, Belgium), placed in a stereotaxic frame (Narishige type SR-6, No. 7905) on a heating pad and the core temperature monitored via a metal rectal probe. Anesthesia level was routinely monitored using the toe-pinch reflex. The anesthesia level was held constant by giving an additional IP injection of around 100 μL of the ketamine-medetomidine mixture approximately every hour. The skull was exposed by making an incision and then retracting the scalp. A tripolar concentric-ring electrode (CRE medical, Kingston, United States, outer ring diameter: 5.5 mm, inner ring diameter 5 mm and center disk diameter 2 mm) was used to target the hind-limb area of the motor cortex. The general location was determined stereotactically using coordinates from the Paxinos and Watson rat brain atlas (Paxinos and Watson, 2007). The specific location was then found by slowly moving the electrode while delivering electrical stimulation. Using this approach the electrode was finally positioned on the skull over the motor cortex at a location that could elicit a limb movement.



Electrical Stimulation

Electrical stimulation was delivered using a DS5 current source (Digitimer, Hertfordshire, United Kingdom) controlled by an analog voltage waveform input. The voltage waveform was generated using an output channel on a data acquisition card (NI USB-6343, National Instruments, TX, United States) and controlled via custom written MATLAB software (MathWorks, MA, United States) at a sample rate of 20 kHz. Electrical stimulation was delivered through the central disc of the concentric-ring electrode and returned through the outer ring. Stimulation consisted of biphasic rectangular pulses (300 μs per phase) delivered in a pulse train (10 pulses per train, 300 pulses per second) and repeated every one second. These parameters were already shown to induce measurable and reproducible kick-like limb movements (Khatoun et al., 2017). We measured the limb movement when the stimulation amplitude was increased from 1 to 8 mA in 1 mA steps while keeping all other parameters the same. This stimulation amplitude range is enough to cover the variability in the limb movement threshold that occurs between the different rats. The complete sweep (i.e., all amplitudes from 1 to 8 mA) was repeated four times with a 1 min break between repetitions. To deliver unfocused (or monopolar) stimulation, the concentric-ring electrode was kept in the same location. However, now stimulation was only delivered through the central ring. No current was returned through the outer ring, instead current was returned through a large disk electrode (9 mm diameter) placed on the midline 9 mm posterior to bregma. For unfocused electrode configuration, stimulation parameters were exactly the same, except that the stimulation amplitude was increased from 1 to 4 mA. For the same current amplitude, an unfocused electrode configuration gives a stronger electric field, meaning that lower current amplitudes are needed to cause a limb movement.



Limb Movement Measurements and Quantification

To monitor the limb movement two tri-axial accelerometers (ADXL353, Analog Devices, MA, United States) were used. One accelerometer was attached to the targeted limb contralateral to the stimulation site and the other was attached to another limb of interest. Comparing data from both accelerometers showed that we selectively stimulated the motor area controlling the targeted limb, while avoiding stimulation of the motor area controlling the other limb. The six axes (three from each accelerometer) were digitized (NI USB-6216, National Instruments) at 4 kHz sample rate, displayed and recorded for off-line analysis using custom written MATLAB software (MathWorks, MA, United States).

After the experiment, the raw acceleration data were band pass filtered between 3 and 500 Hz (second-order Butterworth) and integrated twice to give the limb displacement in arbitrary units. Principal component analysis was used to combine the three displacement axes and limb displacement was defined as the first principal component. The difference between the minimum and maximum limb displacement occurring after stimulation was then calculated to give limb displacement amplitude for each stimulus presentation.




Concentric-Ring ECS: Feasibility in Humans

An electro-anatomical human head computational model was used to investigate the feasibility of applying ECS in humans and to explore possible electrode designs. The anatomical model enabled us to obtain a quantitative estimate of electric field strength in the different tissue layers during ECS and to explore the effect of different electrode designs. Additionally, we used the model to compare the results with other electrical neuromodulation techniques such as ICS and TES.


MIDA Anatomical Model

The model is based on modified data from the MIDA study: a publicly available homogenous head model, which was built by combining different tissue classes from a multimodal imaging–based detailed anatomical (MIDA) model of human head and neck (FDA, Center for Devices and Radiological Health, MD, United States, and IT’IS Foundation, Zurich, Switzerland) (Iacono et al., 2015). The MIDA model was imported into ScanIP 7 (Simpleware Ltd., Exeter, United Kingdom) as a series of 116 surface meshes – each mesh representing a different tissue type. We first simplified the model by reducing it to tissue types relevant for this study and with known conductivity values. To do this we converted the meshes to volumes (masks). Then merged tissue volumes to obtain just five tissue types and assigned them the following standard electrical conductivity values (σ): skin 0.465 S/m; skull 0.01 S/m; CSF 1.65 S/m; gray matter 0.27 S/m; and white matter 0.126 S/m (Peters et al., 2001; Akhtari et al., 2002; Datta et al., 2009; Gabriel et al., 2009).



Addition of ECS With Concentric-Ring Electrode to Anatomical Model

ECS concentric-ring was modeled as an inner disc electrode and an outer ring electrode both embedded in an insulating silicon material (polydimethylsiloxane or PDMS, typically used for invasive electrode designs) (Meacham et al., 2008; Guo et al., 2013; Ochoa et al., 2013; Salam et al., 2014). The electrode was placed in contact with the skull with the disc and ring electrodes facing the skull and the silicon layer in contact with the skin. We assumed that the electrode pushed the overlaying skin tissue resulting in a slight skin bulge. This was modeled by dilating the skin layer above the electrode with similar dimensions to the electrode. The edges of the dilation were further smoothed to mimic skin stretch. The silicon layer was modeled as a subcutaneous 1.6 mm thick layer of polydimethylsiloxane (PDMS) with 10–14 S/m conductivity (Mark, 1999; Danial et al., 2017), with a radius of 80 mm.



Effect of ECS Concentric-Ring Electrode Design

We used the model to explore the effect of two ECS concentric-ring electrode design parameters: (1) the spacing between the central disc electrode and the outer ring electrode (referred to as disc-ring spacing) and (2) the size of the central disc electrode (referred to as disc size). Both parameters are expected to effect the strength and focality of the electric field reaching the cortex. The central disc was always positioned in the center of the same silicon layer. Firstly, we fixed the central disc to have a diameter of 8 mm (50.25 mm2 surface area) and investigated the effect of disc-ring spacing using three settings for the ring electrode diameters: close, standard and far. Table 1 provides the ring diameters. Secondly, we investigated the effect of the disc size using three sizes for the central disc: small, medium and large. Table 1 provides the disc diameters and surface areas.

TABLE 1. List of the ECS concentric-ring electrode dimensions investigated in the study.
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For a concentric-ring electrode, the central disc is the stimulating electrode and the current returns via the outer ring electrode. This was the standard configuration used in the model and was the configuration used to test the effect of disc-ring spacing. However, since changing the size of the central disc will also change the disc-ring spacing, we opted to use a monopolar stimulation configuration (i.e., where current returns via an implantable pulse generator located in the chest) to investigate the effect of disc size (i.e., small, medium, and large) in isolation. The MIDAS model contains the head and the neck only and does not contain a body. We modeled the body as a cube connected to the neck (135 mm × 30 mm × 100 mm dimension) and we set the bottom surface of this cube as the return electrode (135 mm × 100 mm). The chosen dimension of the body cube provides a compromise solution between computational cost and reality. Importantly, we choose a body size that completely covered the base of the neck which closely matches the real life situation. This ensures that current flow patterns are only minimally affected as they passed from the neck to the body, thus current flow patterns in the brain will also be relatively unaffected. With this approach increasing the body size would only have a minimal effect the electric field in the brain.



Comparison With ICS and TES

To compare ECS with other invasive and noninvasive neuromodulation methods, the same model was used to simulate both ICS and TES. Given its invasive nature and its direct intact with the cortex, we would expect ICS to induce a stronger and more focused cortical electric field than ECS. On the other hand, we would expect TES to induce weaker and less focused cortical field than ECS given that most of the current is shunted by skin during TES.

The ICS electrode was modeled as a 3.3 mm diameter disk electrode (Lesser et al., 2010) with thickness of 1.6 mm (Kim et al., 2011). ICS used the same monopolar configuration described above.

The TES electrode was modeled as a central disc and ring electrode configuration. The central electrode diameter was set to be 16 mm and the ring electrode’s inner and outer diameters were set to be 52 and 66 mm, respectively. These dimensions are similar to those reported in TES concentric-ring electrode studies (Datta et al., 2008; Gbadeyan et al., 2016; Heise et al., 2016; Martin et al., 2017). Each TES electrode (disc and ring) were modeled as a 1.6 mm thick layer of gel with 0.3 S/m conductivity in direct contact with the scalp.

One gyral crown was manually selected from the motor cortex and the central electrodes from all the methods (ECS, ICS, and TES) were positioned rectilinearly above the same gyral crown.



Electric Field Calculation

In ScanIP, volumetric tetrahedral models were calculated for all generated models. The results were imported into COMSOL multiphysics 5.3 (COMSOL, Inc., Burlington, MA, United States) where electric field (E) and current density (J) was calculated by solving Laplace’s equation,
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with φ representing the electrical potential. This assumes a quasi-static approximation of Maxwell’s equations, valid for alternating electric fields in the brain with frequencies < 1 MHz (Nunez and Srinivasan, 2006). Boundary conditions were set to have a positive current at the anodic central electrode with peak-amplitude equal to 1 mA and the negative current was set on the ring electrode during ECS and TES and on the bottom area of the modeled body during monopolar ICS.

To avoid a measure of maximum electric field strength that is skewed by one or two voxels containing very high values, the maximum electric field strength was calculated as the average value of the electric field strength in a 10 mm3 volume containing the highest electric field strengths in one particular tissue. This 10 mm3 volume was found by first ranking all voxels in one tissue from high to low electric field and then selecting the number of voxels, starting with the highest ranking and progressing to lower, which were needed to make up a 10 mm3 volume. To quantify electric field spatial spread (i.e., a measure of focality) we calculated the half-value volume (Deng et al., 2013; Khatoun et al., 2018), this is the volume of the brain with an electric field magnitude higher than half of the maximum electric field strength. For a field that is distributed over a larger volume of brain, the half-value volume will be higher than for a field that is distributed over a smaller volume of brain.





RESULTS


Concentric-Ring ECS: Proof-of-Concept in Rats

We used a rat experiment to demonstrate that ECS with concentric-ring electrodes can deliver focused cortical stimulation, strong enough to cause selective limb movement. The left upper panel in Figure 1 is an example from one rat showing the amplitude of the hind limb movement as a function of the pulse-train amplitude delivered through an ECS concentric-ring electrode. When stimulation amplitude was below 4 mA, neither of the hind limbs contralateral (blue) nor the ipsilateral (red) to the stimulated hemisphere moved. When the stimulation amplitude was increased above 4 mA and up to 8 mA, the contralateral hind limb showed a corresponding increase in movement amplitude. However, the ipsilateral hind limb did not move, even at these higher amplitudes. The right upper panel in Figure 1 shows the results from a second rat. We observed a similar effect to that of the first rat. However, the threshold for limb movement in this rat was slightly lower at around 3 mA. At higher amplitudes we also observed a small increase in the ipsilateral hind limb movement, but this was much smaller than in the contralateral hind limb. The lower panel of Figure 1 shows similar results to the upper one but from different rats. However, this time stimulation targeted the fore limb cortical area. Movement was detected in the contralateral fore limb but not in the contralateral hind limb. The threshold for limb movement in these rats were 3 and 5 mA, respectively. Similar results to the panels in Figure 1 were obtained from seven limbs recorded from three different rats (Supplementary Table 1 and Supplementary Figures 1–4). In two of these rats we compared hind and fore limbs movements from the same side (see Supplementary Figures 1, 2). The results from these measurements show a movement of the targeted contralateral limb but not the other contralateral limb. Interestingly, we compared the focality of concentric-ring to unfocused stimulations in these three rats. Figure 2 shows an example from one rat. The left panel shows the amplitude of the hind limbs movements when the concentric-ring electrode was used and the right panel shows the movements amplitudes of the same limbs when the unfocused electrode was used. The results show that using concentric-ring electrode the stimulation was focused to the contralateral hind limb with threshold of 6 mA while no movement was recorded in the ipsilateral hind limb even at 8 mA. On the other hand, during the unfocused stimulation, the ipsilateral hind limb showed a high but slightly lower limb movement compared to the contralateral limb. In addition, the threshold for limb inducing limb movement was 2 mA which is lower than that of the concentric-ring electrode. Thus, results from the rat experiment show that ECS with concentric-ring electrodes can cause relatively strong, yet selective (i.e., focused), neuromodulation of the rat motor cortex. However, given the large differences in head size, skull thickness and morphology between rats and humans, it was unclear if ECS with concentric-ring electrode in humans would also be feasible.
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FIGURE 1. Plots from rat experiments showing the limb movement amplitude as a function of stimulation amplitude applied to concentric-ring ECS electrode placed over the rat motor cortex. The upper panel compares the movement in the hind limbs while the lower panel compares the movement in the hind limb to that in the fore limb. Error bars represent the standard deviation. When stimulation targeted one of the hind limbs and the amplitude was below threshold (upper panel), both the hind limbs ipsilateral (red) and contralateral (blue) to the side of stimulation showed no increase in the movement amplitude. However, when stimulation amplitude was increased above threshold there was significant increase in the contralateral limb movement and no, or relatively low, ipsilateral movement. Similar results were obtained in the lower panel. However, this time stimulation targeted the fore limb cortical area. Movement was detected in the contralateral fore limb (blue) but not in the contralateral hind limb (red). This indicates that concentric-ring ECS can cause selective stimulation of the rat motor cortex.
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FIGURE 2. Plots from one rat showing the limb movement amplitude as a function of stimulation amplitude using a concentric-ring ECS (left panel) and unfocused ECS (right panel). Error bars represent the standard deviation. Note the difference in the stimulation amplitude scale between the two graphs. The concentric-ring electrode shows a selective stimulation of the contralateral fore limb (blue) with a threshold of 6 mA. On the other hand, the unfocused stimulation shows a movement in both contralateral (blue) and ipsilateral (red) fore limbs with a threshold of 2 mA. This indicates that the concentric-ring electrode provides stimulation of one specific target brain area which is not possible with an unfocused ECS electrode. However, because focused electrode produce a weaker electric field in the brain (see Figure 4), the concentric-ring ECS has a higher threshold than unfocused ECS.





Concentric-Ring ECS: Feasibility in Humans


Exploring the Feasibility of ECS

We used an electro-anatomical human head computational model to investigate the feasibility of applying ECS in humans and to explore different electrode designs. Figure 3 shows a rendered representation from the computational model to illustrate the concept of ECS with a concentric-ring electrode. The electrode consists of a central disc and outer ring electrode (gray) embedded in a silicone layer (partially transparent). The disc and ring electrode are in contact with the skull but insulated from the skin by the silicone layer. Here, the medium disc size was used with the standard spacing (see Table 1). We applied a 1 mA current through the ECS electrode and calculated the electric field strength in each tissue layer. In Figure 3 the electric field strength is color encoded on the cortical surface. It shows that ECS with a concentric-ring electrode generates a relatively focused electric field in the cortex. For 1 mA ECS using these electrode dimensions the maximum electric field strength in the cortex was 3.82 V/m.
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FIGURE 3. A human head electro-anatomical computational model was used to illustrate the concept of ECS with a concentric-ring electrode. Part of the skin and skull have been made transparent to reval the ECS concentic-ring electrode, which consists of a central disc and outer ring electrode (gray) embedded in an insulating silicone layer (partially transparent). The disc and ring electrode are in contact with the skull but insulated from the skin by the silicone layer. The CSF is not shown for simplicity. The electric field strenght on the cortical surface (see color bar) caused by a 1 mA current applied through the ECS electrode is shown. Using this electrode design, 1 mA ECS creates a relatively focused electric field in the cortex with the maximum electric field strength of 3.82 V/m.





Effect of ECS Concentric-Ring Electrode Design

Next, we used the model to test the effect of disc-ring spacing on the electric field distribution. Figure 4 shows the results for three different spacing between the central and the ring electrode: Far, standard and close (left, middle, and right column, respectively, inner ring dimensions: 52, 26, and 13 mm, respectively). The upper row in Figure 4 shows the electric field strength generated at the cortical surface when a 1 mA current was applied through each of the electrodes. The second row shows a 2-dimensional cross-section from the same models; while the third row shows the electric field strength along a 1-dimensional line indicated by a gray arrow on the cross-section. The far spacing showed a broad electric field distribution with a half-value volume of 169.44 mm3 and a maximum electric field strength of less than 4.13 V/m. Moving to the standard spacing (i.e., ring closer to the disc) resulted in a more focused but weaker field with values of 103.60 mm3 and 3.82 V/m for the half-value volume and the maximum electric field strength, respectively. Reducing the spacing further to the close setting resulted in a more focused but even weaker field with values of 55.63 mm3 and 2.70 V/m for the half-volume percentage and the maximum electric field strength, respectively. These values, along with the electric field strength in the skin and skull are summarized in Table 2. Thus, when keeping the current constant, changing disc-ring spacing causes a trade-off between electric field strength and focality.

TABLE 2. List of the maximum electric field strengths (E, V/m) obtained in each tissue type (skin, skull, and brain) for each of the three disc-ring spacing settings (close, standard, and far) and disc size settings (small, medium, and large) investigated.
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FIGURE 4. The electro-anatomical head model was used to investigate the effect of disc-ring spacing on the focality and strength of the electric field reaching the cortex. The left, central and right columns show model data for the far, standard and close disc-ring spacing respectively (shown as insets in the top row), when the same 1 mA current is delivered through each spacing. The top row shows how reducing the disc-ring spacing causes a more focused electric field on the brain. However, as highlighted in the second and third rows this comes at the cost of reducing the electric field strength. Thus, when keeping current constant, there is always a trade-off between electric field strength and focality. A 2-dimensional coronal, partial, cross-section is shown in the middle row using a logarithmic color scale. The different model tissues are outlined in black – skin, skull, CSF, gray matter (GM) and white matter (WM). A 1-dimensional plot of the electric field strength along the position indicated by the gray arrow is shown on the bottom row. This shows how the electric field magnitude decreases with distance from the electrode, how it is affected by each tissue type (only CSF, GM, and WM shown for a clearer comparison) and by the disc-ring spacing. Note that the maximum electric field values reported in the manuscript are based on the 3-dimentional brain volume (first row) and not on the 2-dimentional (second row) or the 1-dimensional (third row) as they represent values being interpolated from the 3-dimentional data.



Figure 5 shows the results for three different central disc sizes: large, medium and small (left, middle, and right column, respectively, disc diameters: 16, 8, and 4 mm) all with a 1 mA current amplitude. Note, that a monopolar configuration was used for all three. The large disc electrode showed a broad electric field distribution with a half-value volume of 646.81 mm3 and a maximum electric field strength of less than 2.86 V/m. Reducing the central electrode size to medium resulted in a more focused and stronger field with values of 190.18 mm3 and 4.16 V/m for the half-value volume and the maximum electric field strength, respectively. Reducing the central electrode size to small resulted in a more focused field with values of 118.70 mm3 and 4.84 V/m for the half-volume percentage and maximum electric field strength, respectively. These values, along with the electric field strength in the skin and skull are summarized in Table 2. Thus, reducing disc size produces a stronger and more focused electric field in the brain. However, the trade-off here is with current density at the electrode-skull interface and electrode impedance. Reducing the disc size increases the current density at the electrode surface and increases the electrode impedance. For a current of 1 mA the small, medium and large disc sizes had current densities of 0.080, 0.020, and 0.005 mA/mm2, respectively.
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FIGURE 5. The electro-anatomical head model was used to investigate the effect of disc size on the focality and strength of the electric field reaching the cortex. The left, central and right columns show model data for the large, medium and small disc sizes respectively, when the same 1 mA current is delivered through each spacing. Note – a monopolar configuration was used with these simulations. The top row shows how reducing the disc size (shown as insets in the top row) causes a more focused electric field on the brain. As highlighted in the second and third rows the smaller disc size also causes a stronger electric field in the brain. However, the smaller disc size increases the current density under the electrode (see text). Thus, there is always a trade-off between electric field strength and focality. A 2-dimensional coronal, partial, cross-section is shown in the middle row using a logarithmic color scale. The different model tissues are outlined in black – skin, skull, CSF, gray matter (GM) and white matter (WM). A 1-dimensional plot of the electric field strength along the position indicated by the gray arrow is shown on the bottom row. This shows how the electric field magnitude decreases with distance from the electrode, how it is affected by each tissue type (only CSF, GM, and WM shown for a clearer comparison) and by the disc size.





Comparison With ICS and TES

To put the potential neuromodulatory effects of ECS with concentric-ring electrodes into perspective we used the same model to simulate more standard neuromodulation methods, namely ICS and TES. Figure 6 shows the model results comparing the electric field strengths generated in each tissue for the three neuromodulation methods, when the same 1 mA current was applied (from left to right: ICS, ECS with standard disc-ring spacing and medium disc size, TES). The upper row shows a 2-dimensional coronal cross-section passing through the electrode center for each neuromodulation method. The lower row shows the corresponding 1-dimensional plot of the electric field strength along the position indicated by the gray arrow in the upper panels. The figure highlights how the electric field magnitude decreases with distance from each electrode type and how the electric field is affected by the different tissues. Note, the same logarithmic scale is used to compare the electric fields across all plots. The results show that for a 1 mA current, ICS induced the strongest cortical field with the maximum electric field strength of around 42.52 V/m. For the same current amplitude, ECS showed maximum electric field strength in the cortex of 3.82 V/m with high electric fields values in the skull (greater than 100 V/m) and low field strengths in the skin with the maximum electric field strength of 0.02 V/m. As expected, TES showed the weakest cortical field and the highest fields in the skin with approximate maximum electric field strength of 0.11 and 32.8 V/m, respectively. In terms of cortical fields spatial distribution, ICS caused the most focused stimulation with the half-value volume of 5.64 mm3 followed by ECS with a value of 103.60 mm3 and then TES with a value of 2138.10 mm3. Our estimated cortical electric fields are in agreement with other tES modeling studies (Datta et al., 2008; Bortoletto et al., 2016; Nikolin et al., 2019). The validity of such models has already been confirmed using invasive recordings (Lafon et al., 2017; Vöröslakos et al., 2018). In summary, the model predicts that both electric field strength and focality will be reduced by one order of magnitude when moving from the invasive ICS to the minimally invasive ECS. Then, the focality will be reduced again by another order of magnitude when going from ECS to the noninvasive TES. Thus, when the delivered current is held constant, there is a clear trade-off between the degree of invasiveness and the strength and focality of the electric field than can reach the brain.
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FIGURE 6. The results from the electro-anatomical computational model comparing the electric field distribution in different tissues resulting from a 1 mA ECS to that of ICS and TES. A 2-dimensional coronal, partial, cross-section is shown in the upper row with the color scale being logarithmic. The different tissues represented in the model are indicated – skin, skull, CSF, gray matter (GM) and white matter (WM). A 1-dimensional plot of the electric field strength along the position indicated by the gray arrow is shown in the lower row. This shows how the electric field magnitude decreases with distance from the electrode and how it is affected by each tissue type. Again, note the logarithmic scale on the axis showing the electric field. ECS shows a more focused and stronger cortical field than TES, but less focused and weaker cortical field than ICS.





Increasing ECS Stimulation Amplitude

With ECS, it may be possible to increase the strength of the electric field reaching the brain by increasing the current amplitude. To investigate the feasibility and limitations of achieving stronger electric fields in the cortex with concentric-ring ECS we simulated the effect of increasing the current amplitude delivered through the ECS electrode. This is a simple exercise, given that the model is completely linear. However, when taken in context with the ICS and TES models, the results give important insight into the potential strength of the neuromodulatory effects that could be achieved with ECS. Table 2 shows the maximal electric field strengths in the skin, skull and cortex for a range of concentric-ring electrode designs when a 1, 2, or 10 mA current is delivered. These are compared with 1 mA TES and 1 mA ICS. Increasing the ECS current amplitude to 10 mA allows delivery of electric field strengths to the brain which are in the same range as ICS. However, even with the concentric-ring design, these fields are still less focused that those achievable with ICS.





DISCUSSION

We first evaluated ECS using concentric-ring electrodes in a rat motor cortex stimulation experiment. We demonstrated that concentric-ring ECS can produce strong and focused neuromodulation: stimulation was strong enough to cause a limb movement and focused enough to cause movement in only the target limb. This is in contrast to unfocused stimulation which always showed a movement in more than one limb. However, it is difficult to directly translate current amplitude thresholds and electric field strengths from the rat brain to the human. Therefore, we then used an electro-anatomical human head model to explore the feasibility of using concentric-ring ECS in patients. We showed that depending on the electrode design, a 1 mA current delivered through an ECS concentric-ring electrode would cause a relatively focused electric field of between 2.70 and 4.13 V/m in the cortex. To put the potential neuromodulatory effects of concentric-ring ECS into context we used the same model to simulate ICS and TES. These are both standard neuromodulation methods where the effects of the electric field strengths and effects are reasonable well known. We showed that for the equivalent current amplitude, concentric-ring ECS could produce cortical electric fields that are an order of magnitude stronger and more focused than TES. However, for an equivalent current amplitude, ECS fields are an order of magnitude lower and less spatially focused than those achieved with ICS. Increasing ECS current amplitude to 10 mA brings the electric field strength into the same range as 1 mA ICS, but this is at the cost of stronger electric fields in the skull and skin. Within the context of these results, we now discuss potential applications for concentric-ring ECS.


Potential Applications

ECS has the potential to deliver much stronger neuromodulation than is achievable with TES, in addition to potentially delivering continuous stimulation. This could be of great value, particularly given the recent controversies in the TES field concerning: (1) the weak electric field strength in the cortex (Huang et al., 2017; Lafon et al., 2017); (2) the ongoing debate around the potential absence of neuromodulatory effects in some protocols (Lafon et al., 2017); and (3) the potential role of transcutaneous stimulation of peripheral nerves in the scalp in mediating TES effects (Asamoah et al., 2019). Our results using concentric ring electrode show that 1 mA of ECS produces an electric field in the skin that is more than three orders of magnitude weaker than that induced during 1 mA of TES. In addition, increasing the stimulation amplitude during ECS to 10 mA still induces an electric field in the skin that is much weaker than the threshold to fire an action potential in the peripheral nerves (0.2 V/m compared to 4–6 V/m) (So et al., 2004). These results indicate that it would require more than 100 mA of ECS current, using the concentric-ring electrode, before subjects perceive the stimulation in the skin. However, the potential increase in neuromodulation strength of ECS over TES comes at the cost of moving from a noninvasive to a minimally invasive method. Therefore, ECS applications are likely to be the treatment of neurological or psychiatric disorders that are severe enough to merit surgical intervention such as medically refractory epilepsy or neuropathic pain, advanced stage movement disorders, or treatment-resistant major depression. A wide range of studies have already shown that invasive neuromodulation methods such as ICS (Tsubokawa et al., 1991; Tsubokawa et al., 1993; Nguyen et al., 2000) and DBS (Benabid et al., 1991; Blond and Siegfried, 1991; Bewernick et al., 2010; Zhang et al., 2010; Volkmann et al., 2012) can be used to treat each of these conditions. Thus, for brain disorders that are already treated using invasive neurosurgical approaches, ECS may offer a less invasive alternative. The main advantage over ICS or DBS would be a much shorter and less invasive surgical approach, which could be performed under local anesthesia, thus reducing cost, risk and patient discomfort. One disadvantage of ECS over ICS, is that for the same 1 mA current, ECS will provide a much weaker and less focused neuromodulatory effect. This could potentially be compensated for by increasing the ECS current amplitude (see Table 2). Although, as discussed in the next section, work in large animal models is needed to determine the safety of delivering ECS at higher current amplitudes.



Steps Toward Patient Evaluation

Our results indicate that neuromodulation with concentric-ring ECS may have a number of potentially useful patient applications. However, before these can be fully exploited a number of important steps need to be taken. Our computational model indicated that ECS will generate strong electric fields (>100 V/m) across the skull. Thus, large animal models with skull thicknesses similar to humans should be used to investigate the safety of chronic ECS. Additionally, the redox reactions that take place at an electrode-neuron interface have been reasonably well studied (Yuen et al., 1981; Agnew et al., 1986; Agnew and McCreery, 1990; McCreery et al., 1990). For an ECS electrode similar studies should be undertake for the electrode-bone interface. As we have done here, computational models can be used to study and optimize ECS electrode design. Prototypes of these electrodes must then be manufactured and evaluated in the same large animal models. Finally, ECS needs to be evaluated in patients. Initial evaluations could be done in a noninvasive way using an approach we have recently developed (Khatoun et al., 2018): first a local anesthetic cream is used to numb the scalp; high amplitude stimulation can then be delivered through scalp electrodes to achieve a cortical electric field strength similar to ECS.




CONCLUSION

By achieving relatively strong and focused cortical stimulation, in a minimally invasive way, concentric-ring ECS has the potential to offer an alternative neuromodulation therapy for a number of severe neurological and psychiatric disorders.
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Machine learning-based myoelectric control is regarded as an intuitive paradigm, because of the mapping it creates between muscle co-activation patterns and prosthesis movements that aims to simulate the physiological pathways found in the human arm. Despite that, there has been evidence that closed-loop interaction with a classification-based interface results in user adaptation, which leads to performance improvement with experience. Recently, there has been a focus shift toward continuous prosthesis control, yet little is known about whether and how user adaptation affects myoelectric control performance in dexterous, intuitive tasks. We investigate the effect of short-term adaptation with independent finger position control by conducting real-time experiments with 10 able-bodied and two transradial amputee subjects. We demonstrate that despite using an intuitive decoder, experience leads to significant improvements in performance. We argue that this is due to the lack of an utterly natural control scheme, which is mainly caused by differences in the anatomy of human and artificial hands, movement intent decoding inaccuracies, and lack of proprioception. Finally, we extend previous work in classification-based and wrist continuous control by verifying that offline analyses cannot reliably predict real-time performance, thereby reiterating the importance of validating myoelectric control algorithms with real-time experiments.

Keywords: surface electromyography, myoelectric control, myoelectric prostheses, short-term adaptation, machine learning


INTRODUCTION

State-of-the-art commercial prosthetic hands exhibit hardware capabilities that could potentially allow their users to independently control individual fingers. However, this feature is almost never utilized; instead, most current prosthetic systems still employ the conventional amplitude-based, dual-site electromyogram (EMG) mode switching paradigm for grip selection and actuation (Farina et al., 2014). Due to using a highly-non-intuitive control interface, the efficacy of this method relies on user experience gathered during daily interaction with the device. It has been previously shown, and is currently well-accepted, that humans are capable of greatly improving their control of mode switching myoelectric interfaces within only a few days of training (Bouwsema et al., 2010; Clingman and Pidcoe, 2014).

Moving toward more natural interfaces, a large body of research has investigated the potential of pattern recognition methods for providing users with the ability to directly access desired control modes, such as hand grips and/or wrist functions. The idea of EMG signal classification for prosthetic control has been around for almost half a century (Herberts et al., 1973) and has recently found its way into commercial adoption1. Although classification-based control is regarded as an intuitive scheme, there has been evidence that experience can still lead to substantial performance improvement (Bunderson and Kuiken, 2012; Powell et al., 2014; He et al., 2015; Hargrove et al., 2017). This can be attributed to various causes, for example, an increase in class separability (Bunderson and Kuiken, 2012) and movement repeatability (Powell et al., 2014), even in the absence of any form of feedback (He et al., 2015). Recently, a clinical study involving transhumeral amputees having undergone targeted muscle reinnervation reported a significant increase in classification-based myoelectric control performance within 2 months of daily use (Hargrove et al., 2017).

The grip classification approach can offer a remarkable improvement of the intuitiveness and ease of use of the prosthetic device. However, it suffers from two main limitations: (1) it results in severe under-actuation of the prosthesis, which dramatically limits its functionality, as the user can only have access to a set of pre-determined modules; and (2) it is sequential in nature, that is, a single class of movement can be active at a time, as opposed to the natural continuous and asynchronous finger movement exhibited by the human hand. One way of enhancing the dexterity of powered myoelectric prostheses is via continuous and simultaneous control of multiple degrees of freedom (DOFs) (Fougner et al., 2012). Arguably, the primary focus of continuous myoelectric control has previously been on restoring wrist function (Hahne et al., 2014; Jiang et al., 2014; Muceli et al., 2014; Smith et al., 2014). Nevertheless, over the last decade several groups have also addressed the challenge of using surface EMG signals to reconstruct kinematic variables (e.g., position or velocity) of independent finger movement, both offline (Afshar and Matsuoka, 2004; Smith et al., 2008; Ngeo et al., 2014; Krasoulis et al., 2015b; Xiloyannis et al., 2017) and in real-time (Smith et al., 2009; Cipriani et al., 2011; Ngeo et al., 2013). As compared to non-invasive methods, intramuscular recordings offer the advantage of lower level of muscle cross-talk (Birdwell et al., 2013), hence making it possible to create multiple one-to-one mappings between specific muscles and prosthesis degrees of actuation (DOAs). This opportunity has been explored in the context of controlling both virtual (Birdwell et al., 2015) as well as prosthetic (Cipriani et al., 2014) hands. Besides finger position and velocity decoding, individual fingertip forces have also been reconstructed offline (Castellini et al., 2009; Nielsen et al., 2011) and in real-time (Gijsberts et al., 2014; Gailey et al., 2017; Patel et al., 2017) using surface (EMG) signals.

Continuous myoelectric control strategies, which are often referred to as proportional (Fougner et al., 2012), are typically intuitive, that is, they operate based on physiological associations between muscle (co)-activation patterns and prosthesis DOAs. They usually require an initial phase of data collection for subject-specific model training. A promising alternative is based on user adaptation (Dyson et al., 2018), whereby muscle signals control the prosthesis DOAs using pre-defined, subject-independent mappings. This approach heavily relies on user adaptation taking place during closed-loop control, therefore the provision of continuous feedback (e.g., visual) during user training is necessary. There has been increasing evidence that humans are able to develop novel task-specific muscle synergies, that is, muscle co-activation patterns, to achieve high-level performance in a variety of tasks, including two-dimensional cursor position control (Nazarpour et al., 2012; Pistohl et al., 2013, 2015; Antuvan et al., 2014; Dyson et al., 2017, 2018), prosthetic finger position (Pistohl et al., 2013), and high-dimensional robotic arm control (Ison and Artemiadis, 2015; Ison et al., 2016). Notably, it has been found that such synergistic patterns can be learnt even when they are not intuitive from a physiological perspective, for instance, due to requiring the co-activation of antagonist muscles (Nazarpour et al., 2012).

In comparison with non-intuitive interfaces, whereby an inverse model has to be learnt from scratch, the effect of user experience on myoelectric control performance when using an intuitive, regression-based approach is much less understood. In the context of 2-DOF continuous wrist control, a previous study showed that while three machine learning algorithms yielded statistically different offline decoding accuracies, the performance of the three algorithms was comparable during real-time myoelectric control (Jiang et al., 2014). Additionally, only weak, mainly non-significant correlations were observed between offline and real-time control performance measures. These findings support the view that user adaptation mechanisms that take place during closed-loop interaction affect ultimate real-time control performance, thereby questioning the extent to which offline myoelectric control studies can inform clinical translation of advanced upper-limb prostheses. Similar findings have been also reported in the context of myoelectric classification (Ortiz-Catalan et al., 2015; Vujaklija et al., 2017). Furthermore, a study showed that real-time, regression-based prosthetic wrist control might be less susceptible to perturbations, for example, due to noise in EMG signals, than its offline decoding counterpart (Hahne et al., 2017). This observation provides evidence that humans can user error correction mechanisms to compensate for decoding inaccuracies during closed-loop interaction with myoelectric interfaces. With regard to prosthetic finger control, several studies have attempted to push the boundaries of offline decoding accuracy (Ngeo et al., 2014; Xiloyannis et al., 2017). However, substantially less effort has been made toward understanding whether and in what manner user adaptation can affect real-time control performance.

In this work, we investigate the effect of user adaptation in continuous prosthetic finger control in able-bodied and transradial amputee subjects. We hypothesize that however intuitive a myoelectric task might be, experience gathered during interaction with the interface would still lead to performance improvement. We evaluate our hypothesis using two intuitive finger control schemes, namely, EMG-based finger position control and teleoperation with an instrumented data glove. Additionally, we investigate the effect of user experience on the power of the recorded EMG signals and the variability of the controllable DOAs. Finally, we extend previous work on myoelectric classification and continuous wrist control (Ortiz-Catalan et al., 2015; Vujaklija et al., 2017), by demonstrating that it is not possible to reliably predict real-time prosthetic finger control performance solely based on the outcomes of offline decoding analyses. To the best of the authors' knowledge, this is the first study to systematically demonstrate the positive impact of short-term adaptation, achieved through biofeedback user training, on intuitive, dexterous prosthetic finger control both with EMG-based decoding, as well as during robotic hand teleoperation with a data glove.



MATERIALS AND METHODS


 Participant Recruitment

Ten able-bodied (nine male, one female; all right-hand dominant; median age, 26.5 years) and two male, right-hand transradial amputee subjects were recruited. Both amputees were right-hand dominant prior to amputation. Some of the able-bodied (5 out of 10) and both amputee participants had previously taken part in classification-based myoelectric control experiments (Krasoulis et al., 2017).



 Hardware and Signal Acquisition

For the able-bodied group, 16 Delsys Trigno™ sensors (Delsys, Inc.) were placed on the participants' right forearm arranged in two rows of eight equally spaced sensors, without targeting specific muscles. The two rows were placed 3 and 5.5 cm, respectively, below the elbow. Photographs showing electrode placement for an able-bodied participant are shown in Figures 1A,B. Using a similar configuration, 13 and 12 sensors were used, respectively, for the two amputee participants, due to limited space availability on their remnant limb (right limb in both subjects). Prior to sensor placement, participants' skin was cleansed using 70% isopropyl alcohol. Elastic bandage was used to secure the sensor positions throughout the experimental sessions. Following sensor placement, the quality of all EMG channels was verified by visual inspection. The sampling frequency of EMG signals was set to 1,111 Hz.
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FIGURE 1. Experimental setup. Surface EMG electrodes were placed on subjects' forearm below the elbow in two rows of equally spaced electrodes. (A) Palmar and (B) dorsal views of the forearm. Refer to main text for details on number of electrodes used for able-bodied and amputee participants. (C,D) Bilateral mirrored movement training. Able-bodied and amputee participants shown during initial data collection. Muscle activity was recorded from the participants' right forearm (i.e., the remnant limb for amputees), whereas hand kinematic data were recorded from the participants' left hand with an 18-DOF data glove. (E,F) Real-time posture matching task. Able-bodied and amputee participants shown while they modulate their muscle activity to control the finger positions of the robotic hand. The target postures for the shown trials were (E) full cylindrical grip and (F) half index flexion.



An 18-DOF CyberGlove II data glove (CyberGlove Systems LLC) was used to record hand kinematic data from the participants' left hand (Figures 1C,D). For each participant, the glove was calibrated prior to data collection using dedicated software provided by the manufacturer. The sampling rate of glove data was 25 Hz.

For the real-time control experiments, we used a right model of the IH2 Azzurra hand (Prensilia s.r.l.), which is an externally-powered, underactuated (11 DOFs, 5 DOAs) anthropomorphic hand. It comprises 4 intrinsic motors controlling flexion and extension of the five digits (the ring and little fingers are mechanically coupled) and an additional motor controlling thumb rotation. The robotic hand is shown in Figures 1E,F.



 Experimental Design

Participants sat comfortably on an office chair and rested both arms on a computer desk. Each participant completed one experimental session, which comprised two main phases: (1) initial data collection, and (2) real-time robotic hand control. Each experimental session lasted around 140 min, which included: skin preparation, electrode positioning, and signal inspection (20 min); initial data collection (60 min); short interval (20 min); and real-time control of the robotic hand (40 min).



 Initial Data Collection

In the first part of the experiment, participants were asked to reproduce a series of motions instructed to them on a computer monitor. Nine exercises were selected for data collection ranging from individuated-finger to full-hand motions. The nine motions comprised: thumb flexion/extension, thumb abduction/adduction, index flexion/extension, middle flexion/extension, ring/little flexion/extension, index pointer, cylindrical grip, lateral grip, and tripod grip (Figure S1). All participants were asked to perform bilateral mirrored movements with both their arms resting on a computer desk.

We recorded three datasets (i.e., separate blocks of trials) for each participant during this phase of the experiment: the first two (training and validation sets) comprised 10 repetitions of each motion, and the third one (testing set), only two. Each motion execution lasted ~7 s and at the end of each trial subjects were instructed to return to the rest pose which corresponded to complete muscle relaxation (shown in Figure S1A). Succeeding trials were interleaved with intervals of 3 s and participants were also given a 10 min break after the completion of each block of trials.



 Signal Pre-processing

We used a sliding window approach to process the EMG signals. The length of the window was set to 128 ms with an increment of 50 ms (60% overlap). The following time-domain features were extracted from the recorded EMG channels: Wilson amplitude, 4th-order auto-regressive coefficients, waveform length, log-variance, and slope sign change (Boostani and Moradi, 2003; Hahne et al., 2014). The columns of the design (i.e., feature) matrices were subsequently standardized via mean subtraction and inverse standard deviation scaling. Feature means and standard deviations were estimated using training data only.

For the hand kinematic data that were recorded with the data glove, we computed the mean value within the processing window for each DOF individually. The calibrated glove measurements were converted into digit positions for the prosthetic hand using a linear mapping (see Supplementary Methods). The columns of the target matrices containing the prosthetic hand joint positions were finally normalized in the range [0, 1], where yj = 0 corresponds to full extension and yj = 1 to full flexion of the jth DOA, respectively.



 Model Training, Prediction Post-processing, and Hyper-Parameter Optimization

Model training took place during the short resting interval between the initial data collection and real-time control evaluation. To decode finger positions from muscle activity, we deployed a regularized version of the Wiener filter, implemented using auto- and cross-correlation matrices (Perreault et al., 1999), which we have previously used to reconstruct finger position trajectories from myoelectric data offline (Krasoulis et al., 2015a,b). We have shown in previous work that the generalization of this decoder is comparable to that of non-linear regression algorithms when tested on movements outside the training set (Krasoulis et al., 2015b). The Wiener filter is a classical signal processing method for estimating a target variable using linear time-invariant filtering (e.g., spatial or temporal). In other words, at time instance n, each input xd (i.e., EMG feature) is convolved with a finite impulse response function to produce an output y (i.e., digit position of a single DOA of the prosthetic hand):
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where hd[m] accounts for the contribution of the input d at time instance m, xd[n − m] is the activation of the input d at time n − m, M is the filter length, and we also assume a finite number of samples n = 1, …, N. We set the length of the linear filters to 300 ms, which corresponds to including at each time step M = 6 previous time lags, assuming a fixed window increment of 50 ms. The number of EMG electrodes used for decoding varied across subjects and was based on a sequential selection algorithm (described below). When the full set of sensors was used, the input dimensionality was D = 672 (i.e., 7 EMG features / (electrode × time bin) × 16 electrodes × 6 time bins). The output dimensionality was K = 5, that is, the number of DOAs of the robotic hand. For covariance matrix estimation, we used L2 regularization to avoid inversion of potentially ill-conditioned matrices due to the high dimensionality of the input space.

We post-processed predictions using exponential smoothing to ensure smooth digit trajectories. We implemented this in the time-domain as follows:
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where yj[n] and [image: image]j[n] denote, respectively, the raw and smoothed predictions of the jth DOA at time step n, and α is the smoothing parameter, which is constrained by 0 ≤ α ≤ 1. Smaller values of α result in stronger smoothing, that is, a smaller cutoff frequency when smoothing is viewed as a low-pass filter, but also increase the prediction response latency.

We performed three types of model selection (i.e., hyper-parameter tuning) for each participant during the training phase: sensor selection, regularization, and smoothing parameter optimization. Models were initially trained using data from the training set only. Model selection was carried out by means of maximizing performance on the validation set. Following parameter optimization, the training and validation sets were merged and used to train final models. The test set was only used to evaluate and report offline performance of the final models.

Offline reconstruction accuracy was assessed using the multivariate (R2) metric defined as:
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where K denotes the dimensionality of the target variable (in our case K = 5), N is the number of samples in the measurement/prediction vector, yk, n and [image: image]k, n are the nth observed and predicted values of the kth output variable, respectively, and [image: image]k denotes the sample mean of the kth output variable.

For sensor selection, a standard sequential forward method was used (Pudil et al., 1994). That is, the selection algorithm started with an empty set and at each iteration the sensor that yielded the highest reconstruction accuracy improvement was added to the pool. The algorithm terminated execution when the inclusion of any remaining sensors caused a decrease in average performance. The number of used sensors varied from 8 to 16, with a median value of 12. To optimize the regularization parameter λ of the Wiener filter, a search was performed in the log-space {10−6, 10−5, …, 101} using a factor (i.e., multiplicative step) of 10. Finally, the exponential smoothing parameter α (Equation (2)) was optimized via linear search in the range [0, …, 1] with a step size of 0.01. The three model selection steps were performed sequentially in the following order: sensor selection, λ optimization, and α optimization. In other words, the subset of sensors was firstly identified; using the selected subset, the regularization parameter λ was tuned; finally, using the selected sensor subset and chosen value for λ, the smoothing parameter α was optimized.



 Real-Time Control and Evaluation

A real-time, biofeedback, posture matching task was designed to assess the efficacy of the regression-based control scheme and provide insight into the effect of user practice on prosthetic finger control. To that end, two scenarios were investigated: in EMG control mode, participants were required to modulate their muscle activity to control the prosthetic hand by making use of the regression model; in glove control mode, participants teleoperated the hand using the data glove worn on their contralateral hand, that is, the intact limb for the amputee participants. The glove control mode was included for two reasons: to provide an estimate of the upper-bound of prosthetic control performance for the designed experimental task (i.e., benchmark); and to investigate whether user practice leads to performance improvement during prosthetic finger control with a direct, natural control interface.

Participants were presented with a series of target postures on the screen and were instructed to control the hand to match the desired postures as closely as possible. Image prompts were only used at this stage, as opposed to the training data collection phase, where participants were instructed to follow video prompts. During the task, the robotic hand was connected to a base stand placed on the surface of the desk and sitting in front of the participant (Figures 1E,F). Nine hand postures were included, each of them with two variations, half and full activation. Therefore, the total number of postures in the real-time experiment was 18. The included hand postures were: thumb abduction, thumb flexion, index flexion, middle flexion, ring/little flexion, index pointer, cylindrical grip, lateral grip, and pinch grip (Figure S2).

At the start of each trial, the participants were presented with a pair of static pictures providing front and side views of the desired posture. An audio cue (waveform, sine wave; frequency, 400 Hz; duration, 500 ms) was used to signal the initiation of the trial. Participants were then given 3.5 s to drive the prosthetic hand into the desired posture. At the end of this period, a second audio cue (waveform, sine wave; frequency, 800 Hz; duration, 500 ms) was used to signal the initiation of the evaluation phase of the trial, which lasted 1.5 s. During the evaluation phase, participants were instructed to hold the hand in the performed posture. At the end of the evaluation phase, the hand was reset to its initial posture (i.e., fully open) signaling the end of the trial. Pictures illustrating the real-time posture matching task are shown in Figures 1E,F for two participants, one able-bodied and one amputee.

At the end of each trial, participants received a score characterizing their performance. This score was based on the average mean absolute error (MAE) between the target and performed postures during the evaluation phase (i.e., the last 1.5 s) of the trial. Let y and [image: image] denote K-dimensional vectors in a real vector space. In our case, the two vectors represent the target and performed postures, respectively, of the prosthetic hand at a given time step and K = 5 is the number of DOAs of the hand. The MAE is defined as:
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where yi and [image: image]i denote, respectively, the target and true positions of the jth DOA. The evaluation phase lasted for 1.5 s, and a finger position update was made every 50 ms, that is, the increment time of the sliding window. Thus, there were N = 300 distance samples associated with each trial. The average distance during the evaluation phase of a trial was estimated by computing the median across the samples of the population.

To provide the participants with an intuitive performance measure for each trial, MAEs were transformed into scores in the range of 0 to 100%. This transformation was achieved as follows: firstly, a baseline average MAE score between the target posture and random predictions was established by simulating 106 random predictions uniformly sampled in the range [0, 1]; the normalized score was then computed as:
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where [image: image] denotes the population average (i.e., median) MAE during the evaluation phase, and [image: image] is the pre-computed, average random prediction error for the specified posture. This transformation ensured that a perfect reproduction of the desired posture would correspond to a 100% score, whereas a randomly performed posture would yield a score close to 0%. Negative scores were not allowed by the max operation. The random seed was controlled during the experiments to ensure the use of identical random predictions for all participants.

The posture matching task was split into several blocks. Within each block, all 18 postures were presented to the participants exactly once in a pseudo-randomized order. Each participant performed six blocks for each control mode (i.e., EMG and glove control, see Results section) therefore the total number of trials for each participant was 108 (i.e., 6 blocks × 18 trials/block). The execution of each block lasted ~3 min. At the end of block 3, participants were given a 1 min rest. The stimulus presentation sequence was the same for all participants, but the order of the two control modes was counter-balanced across the two participant groups (i.e., able-bodied and amputee).



 Dimensionality Reduction Analysis

Dimensionality reduction analysis was performed by using principal component analysis (PCA) on the envelopes of the EMG signals. EMG envelopes were computed by using a sliding window approach (length 128 ms; window increment 50 ms) and extracting the mean absolute value within the window. All EMG electrodes were used in the analysis, regardless of whether they were used for decoding, therefore the dimensionality of the problem was equal to the total number of electrodes used for each participant (i.e., 16 for able-bodied participants, 13 and 12 for the first and second amputee subjects, respectively). To compare principal components (PCs) extracted from different experimental blocks, the absolute value of the cosine similarity was used, since the sign of PC directions was of no interest; in other words, two identical PC vectors with opposite signs were considered equivalent. The cosine similarity between two vectors a and b is defined as:
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To compare PCs between two different blocks, the PCs of the blocks were first matched in terms of highest cosine similarity. The dimensionality reduction analysis was performed in Python using the scikit-learn library (v.0.19.1) (Pedregosa et al., 2011).



 Statistical Analysis

For each participant, single trials were pooled together and used to compute subject-specific summaries. Depending upon the outcomes of D'Agostino-Pearson normality tests, the subject summaries used were either population means, for groups with samples following normal distributions, or medians, otherwise. The size of the summary groups equalled the total number of participants (i.e., n = 12). Further normality tests were used to assess the distribution of the summary group samples. For statistical comparisons between groups, paired t-tests were used in the case of normally distributed samples, and Wilcoxon signed-rank tests were used otherwise. The following effect size metrics are reported: for t-tests, the Cohen's d metric; and for Wilcoxon signed-rank tests, the common language effect size (CLES). All statistical analyses were performed in Python using the Pingouin package (Vallat, 2018).




RESULTS


 Offline Decoding Performance

Representative offline predictions of the positions of the five DOAs of the prosthetic hand are shown in Figure 2A for an able-bodied and Figure 2B for an amputee participant, respectively. Both graphs show finger trajectories (i.e., normalized positions) in the held-out testing dataset, which comprised two repetitions of each of the nine training exercises (Figure S1).
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FIGURE 2. Offline finger position reconstruction. Sample test set predictions shown for the five DOAs of the robotic hand for (A) an able-bodied and (B) an amputee subject. The shown segments of activity correspond to two repetitions of each of the movements included in the calibration phase, in the following order: thumb flexion/extension, thumb abduction/adduction, index flexion/extension, middle flexion/extension, ring/little flexion/extension, index pointer, cylindrical grip, lateral grip, and tripod grip. R2, coefficient of determination.



Offline reconstruction accuracy results are summarized in Figure 3. The multivariate R2 is shown in Figure 3A for all participants on the three collected datasets, that is, the training, validation, and test sets. As was to be expected, performance on the validation and test sets was slightly inferior to that on the training set. The average offline decoding accuracies in the three datasets were: training set, median 0.72, range 0.19; validation set, median 0.59, range 0.27; test set, median 0.63, range 0.22. Figure 3B shows the test set offline accuracy for individual DOAs and participants. The highest average decoding accuracy was achieved for the ring/little fingers DOA (median 0.73, range 0.41) followed by the middle finger DOA (median 0.71, range 0.24). The worst performance was observed for the thumb flexion DOA (median 0.44, range 0.45). This pattern was observed in four out of 12 participants. Finally, an overall summary is provided in Figure 3C, separately for the able-bodied and amputee groups. The average accuracy scores for the two groups were: able-bodied, median 0.63, range 0.22, n = 10; amputee, median 0.60, range 0.12, n = 2; n refers to number of participants in each group.
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FIGURE 3. Offline decoding results summary. (A) Overall reconstruction accuracy on different datasets (training, validation, and test sets) for individual subjects. The three datasets were used, respectively, for model fitting, hyper-parameter optimization, and final testing. (B) Offline reconstruction accuracy for individual DOAs and participants on test set. (C) Summary of reconstruction accuracy on test set for individual DOAs and comparison between able-bodied and amputee participants. Bars, means; straight lines, medians; solid boxes, interquartile ranges; whiskers, overall ranges of non-outlier data; diamonds, outliers; AB, able-bodied; Amp, amputee.





 Real-Time Experiment Results

We start our analysis of the real-time control experiment by summarizing the overall performance in Figure 4. We report here MAE scores between target and performed postures. A similar analysis of the closely related performance scores presented to participants at the end of the trials is provided in the Supplementary Material (Supplementary Results section). Not surprisingly, glove control performance was significantly higher than EMG control (p = 10−9, d = 6.5, n = 12; paired t-test; n refers to total number of participants). The median MAE scores across all participants, blocks, and trials were 0.24 (range 0.90) and 0.11 (range 0.59) for EMG and glove control, respectively. The average MAE scores across all blocks for the two groups were: EMG control, able-bodied, median 0.23, range 0.90, n = 1080; EMG control, amputee, median 0.26, range 0.74, n = 216; glove control, able-bodied, median 0.11, range 0.58, n = 1080; glove control, amputee, median 0.12, range 0.38, n = 216; n refers to number of single trials within each participant group and control mode.
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FIGURE 4. Summary results for real-time experiment. (A) Individual MAE scores for EMG and glove control modes. Lower scores indicate better performance. (B) Summary results for able-bodied and amputee groups for the two control modes. Data from all trials and postures are shown (n = 108 for each participant and control mode). MAE, mean absolute error; EMG, electromyography.



We now turn our attention to the effect of user practice on performance during real-time finger control. Learning curves for the real-time task are presented in Figure 5, where average performance scores are plotted against the experimental block number (ranging from one to six). In all cases, an improvement in performance can be observed as the block number increases (Figures 5A,B). A statistical comparison of early (i.e., 1–2) vs. late (i.e., 5–6) blocks is provided in Figure 5C, separately for each control mode. For this analysis, able-bodied and amputee participants have been grouped together. For both control modes, average MAEs were significantly lower in late than in early blocks (EMG control, p = 0.02, d = 0.612; glove control, p = 10−5, d = 2.49, paired t-tests, n = 12; n hereafter refers to total number of participants). A one-to-one comparison of performance in early vs. late blocks is shown in Figure 5D, where each point in the scatter plot corresponds to a single participant and control mode. For EMG control, the performance was higher in late blocks for nine out of 12 participants (one out of two amputees). For glove control, the performance in late blocks was consistently improved for all 12 participants (some points in the plot are overlaid and therefore not visible). Two videos showing one amputee participant performing the first and last blocks of the real-time posture matching task are provided as Supplementary Material (Supplementary Movies 1, 2).
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FIGURE 5. Effect of user practice on task performance (real-time experiment). (A,B) MAE scores are plotted against the experimental block number for (A) EMG and (B) glove control (note different y axis scales). Data for able-bodied participants are presented as means with confidence intervals. Amputee data are shown separately for each of the two individuals. (C) Comparison of early vs. late blocks for grouped participants (able-bodied and amputee). Each block lasted 3 min and participants were given a 1 min rest after block 3, therefore blocks 1 and 5 were ~13 min apart. Data shown correspond to subject averages across blocks for all participants (i.e., 10 able-bodied and two amputees). Within each block, participants replicated 18 hand postures presented to them exactly once in a pseudo-randomized order. (D) One-to-one comparisons of early vs. late block averages for all participants. Each point in the scatter plot corresponds to a single participant and control mode. Points, means; error bars, 95% confidence intervals estimated via bootstrapping (1,000 iterations); *p < 0.05; *** p < 0.001.



Next, we seek to investigate whether user practice can have an effect on the user's muscular activity. As a first step, we perform dimensionality reduction on the recorded EMG envelopes using PCA. The top row of Figure 6 shows the cosine similarities of the first (Figure 6A) and second (Figure 6B) PCs between the first and subsequent blocks. The variance explained by the first (Figure 6C) and first two (Figure 6D) PCs extracted in block 1 is plotted against the block number in the second row of Figure 6. In the bottom row of the (Figures 6E,F), the percentage of variance explained in each block is shown again against the block number, but this time the PCs used were estimated in the same blocks. For both participant groups, a decrease in similarity between the PCs in the first and subsequent blocks is observed as the block number increases. Similarly, a consistent decreasing trend is observed for the percentage of explained variance by the first two PCs estimated in the first block of trials. When using PCs extracted from the same block, the percentage of variance explained is comparable across blocks.
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FIGURE 6. Dimensionality reduction analysis. (A,B) Average cosine similarities between (A) first (B) and second PCs in each block with the respective PCs computed in block 1. (C,D) Percentage of explained variance in each block by the (C) first and (D) first two PCs computed in block 1. (E,F) Percentage of explained variance in each block by (E) first and (F) first two PCs computed in the same block. PC, principal component. Data for able-bodied participants are presented as means with confidence intervals. Amputee data are shown separately for each of the two individuals.



Additionally, we compare the power of the recorded surface EMG channels across experimental blocks. This analysis is performed separately for the set of electrodes used for real-time decoding and the non-used set. The results of this analysis are presented in Figure 7A. For both groups of electrodes we observe a small, but not significant, decrease in median EMG signal power between early and late trials (used electrodes, p = 0.11, CLES = 0.632; non-used electrodes, p = 0.12, CLES = 0.636; n = 12 in both cases, Wilcoxon signed-rank tests). Similarly, we assess the effect of user practice on the variability of the controllable DOAs, that is, the robotic hand finger positions. Variability is assessed in terms of standard deviation during the evaluation phase of the posture matching task. The results of this analysis are presented in Figure 7C separately for EMG and glove control. For EMG control, a significant decrease in finger position variability between early and late blocks is observed (p = 0.01, CLES = 0.778). Conversely, for glove control, there is no difference between early and late blocks (p = 0.84, CLES = 0.556, n = 12, Wilcoxon signed-rank tests). One-to-one comparisons of average EMG power and finger position variability between early and late blocks are shown in Figures 7C,D, respectively, where each point in the scatter plots corresponds to a single participant and decoding condition.
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FIGURE 7. Effect of user practice on muscle force and output variability. (A) Average raw EMG power of used and non-used electrodes for real-time decoding in early vs. late blocks. (B) One-to-one comparison of raw EMG power between early and late blocks. (C) Average finger position variability during the evaluation phase of the real-time posture matching task in early vs. late blocks for EMG and glove control. (D) One-to-one comparison of finger position variability between early and late blocks. SD, standard deviation.



Finally, we investigate whether offline decoding accuracy can provide a reliable predictor of real-time control performance. For this reason, we compute the average MAE for each subject across all trials and blocks and compare this metric to the respective offline reconstruction accuracy score for the same subject on the test set. The results of this analysis are presented in Figure 8, where each point in the plot corresponds to a single participant. A very weak, non-significant (p = 0.69, n = 12) negative correlation is observed between offline reconstruction accuracy (i.e., multivariate R2) and average real-time error (i.e., MAE). Based on this observation, we conclude that it is not possible to predict the performance of real-time finger position control solely based on offline accuracy scores.
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FIGURE 8. Relationship between offline reconstruction accuracy (multivariate R2) and real-time performance (MAE). Circles/squares, individual observations (i.e., one for each participant); line, linear regression fit; translucent band, 95% confidence intervals estimated via bootstrapping (1,000 iterations); r, correlation coefficient; p, significance value.






DISCUSSION

The goal of this study was to investigate the effect of user practice on performance during intuitive, individual finger prosthesis control. A large body of previous work has shown that controlling a prosthesis using a non-intuitive interface, such as two-site EMG mode switching, requires motor skills that can be developed via frequent interaction with the device (Bouwsema et al., 2010; Clingman and Pidcoe, 2014). With regard to proportional, that is, continuous myoelectric control, there has been evidence that experience can lead to formation of novel, task-specific muscle synergies when the association between muscle co-activations and the DOFs of the output device is non-intuitive from a physiological perspective (Radhakrishnan et al., 2008; Nazarpour et al., 2012; Pistohl et al., 2013; Ison and Artemiadis, 2015). Therefore, non-intuitive paradigms may require training before a user is able to control a prosthesis at its full capacity. On the other hand, the use of more intuitive interfaces, such as those based on multi-site EMG signal classification, can alleviate some of this burden due to relying on a natural association between muscle contractions and prosthesis activations. Previous work has shown that even in the case of intuitive interfaces, user practice results in substantial control performance improvement (Bunderson and Kuiken, 2012; Powell et al., 2014; He et al., 2015; Hargrove et al., 2017). However, these studies were concerned with classification-based control, which still lacks complete intuitiveness due to the discrete and sequential nature of the hand actuation mechanism. Here, we investigated the effect of user adaptation on myoelectric control when using a decoder mapping EMG features onto prosthetic digit positions.

We found evidence that the performance of intuitive, independent prosthesis finger control can benefit from user experience gathered during real-time, closed-loop interaction with the control interface. In our experiment, two types of feedback were provided, namely, visual, since the prosthetic hand was within the visual field of the participant and responded to their control input, and a performance score, which was presented to the participants at the end of each trial. We hypothesized that despite the intuitiveness of the controller, experience should allow users to improve their performance. Indeed, we observed a significant decrease in target posture mismatch within ~20 min of interaction with the prosthesis (Figure 5).

Of particular interest is the question of whether the observed improvement in performance can be retained during long-term use. Previous work has demonstrated an increase in classification-based myoelectric performance after a 6–8 weeks home trial (Hargrove et al., 2017). Whether a similar pattern can be observed with individual finger control remains to be investigated. Furthermore, it shall be compelling to investigate whether long-term performance improvement is accompanied by permanent changes in forward neuromotor control (i.e., motor learning). Our study has demonstrated that users can adapt rather quickly to improve performance on a specific task based on feedback. However, to assess long-term adaptation, a more extended study spanning across multiple sessions and testing generalization on novel tasks might be needed (Kantak and Winstein, 2012).

The dimensionality reduction analysis (Figures 6A,B) revealed that over the course of our experiments, substantial changes occurred in the covariance structure of the recorded EMG signal envelopes, and therefore the direction and variance explained by the first two PCs (Figures 6C,D). Although such temporal changes in muscle co-activation patterns might in part reflect the non-stationary nature of surface EMG recordings, when combined with the observed increase in task performance, these changes may be primarily mediated by user adaptation in muscle recruitment. It is worth mentioning that although the extracted PCs reflect muscle co-activation patterns, they do not directly correspond to muscle synergies, as we did not target specific muscles during electrode positioning. However, by taking into consideration that the EMG electrodes record in this setting a superposition of the activity of different muscles, and also given that PCA produces a linear transformation of the input space, it is reasonable to expect that similar results would have been obtained had we targeted specific muscles. It is also worth noting that the dimensionality reduction analysis was performed on the EMG envelopes, that is, the mean absolute value of the recorded signals, whereas various non-linear feature transformations were used for decoding finger positions from EMG signals. Therefore, there is no direct correspondence between the estimated PCs and the principal directions of the regression problem (Krasoulis et al., 2015a), which has a substantially higher dimensionality. It can be observed in Figures 6C,D that the first two PCs explained a higher percentage of the overall variance in the two amputee than in the able-bodied participants. We attribute this to the smaller number of electrodes used in the former case (i.e., 12 and 13 electrodes for amputees as opposed to 16 electrodes for able-bodied participants). The percentage of explained variance in each block by the PCs computed in the same block remained constant during the experiment (Figures 6E,F). This observation rules out the possibility that the decrease in explained variance by the PCs extracted in the first block (Figures 6C,D) is due to exogenous parameters, hence further suggesting that this reduction is caused by changes in muscle co-activation patterns emerging from short-term user adaptation.

Force field adaptation studies have previously shown that humans learn to optimize limb impedance to minimize metabolic costs and movement error simultaneously (Burdet et al., 2001). In addition to a decrease in movement error, we also observed a small, however non-significant, reduction in overall EMG power exerted by the participants' muscles and a significant decrease in the variability of the controllable DOAs (Figure 7). Both of these observations are compatible with the notion of limb impedance optimization. Notably, we did not observe a decrease in finger position variability with glove control, hence implying that the respective reduction with EMG control should be indeed attributed to changes in the recorded muscle signals. A key difference between our study and previous work (Burdet et al., 2001) is that the user and the device were not mechanically linked, but in both cases the effector was unstable and with practice subjects learned to enhance its stability. The decrease in median EMG power was non-significant (p = 0.10) and therefore no definitive conclusions can be drawn regarding whether and how user training can lead to a reduction in muscle metabolic cost during myoelectric control. Future experiments with amputee participants wearing a prosthetic hand can reveal the extent to which energy-efficient control can be achieved. It is unlikely that the observed trend is due to muscle fatigue, since it is known that the latter is associated with an increase in EMG power with a simultaneous reduction of median frequency of the EMG spectrum (Luttmann et al., 2000; Bartuzi and Roman-Liu, 2014).

A previous study that made use of a performance score that was similar to the one presented to the participants at the end of the trials reported an increase from 0 to 40% after ~200 trials (Pistohl et al., 2013). In the current study, the average performance with EMG control increased from 33.48 to 36.50% corresponding to a decrease in average MAE from 0.28 to 0.26 (Figure 5A) after 108 trials. Although this improvement is smaller than the one reported previously, this finding should not be surprising; the previous study used a pre-determined, fixed, and non-intuitive mapping from muscle activity to the DOAs of the prosthetic hand, and thus, participants had to learn the underlying control principle, that is, an inverse model of the interface (Dyson et al., 2018) from scratch. Conversely, in our study, the mappings were based on regression models trained with user-specific data; hence, the mappings were intuitive for all participants and the baseline performance at the start of the experiment was well above zero.

Our results agree with previous work suggesting that experience can help humans improve their performance at myoelectric control tasks, even in the case of intuitive interfaces (Radhakrishnan et al., 2008). A question that may naturally arise is why one should expect such improvement when using biomimetic, intuitive myoelectric decoders. Before addressing this sensible question, one should first note that in our experiments an increase in performance was also observed in the case of robotic hand teleoperation using the data glove, despite the very high level of intuitiveness of this particular task. With this important information in mind, we seek to provide the following justification: despite being intuitive from a physiological perspective, the myoelectric controller is still far from natural; this is due to many differences between the human and robotic hands, including, but not limited to, the number of DOFs, the finger anatomical structure, and the range of finger movement. Furthermore, our control algorithm mapped recorded muscle activity onto finger joint positions without taking into account joint velocities or digit forces which, in the human body, are also controlled by muscle contractions. In the case of EMG control, although decoding accuracy was relatively high, it was still far from perfect (Figure 3). Therefore, it is likely that participants performed compensatory contractions to correct for prediction errors (Jiang et al., 2014; Hahne et al., 2017). Finally, it is worth noting that the lack of proprioception in amputees can only exacerbate the challenges outlined above. Taking everything into consideration, it is clear that despite our best efforts, it is still impossible to develop biomimetic myoelectric control schemes that feel entirely natural to the user, unless all the following conditions are simultaneously met: the end device is a perfect replication of the human hand, sensing technologies and decoding algorithms allow for near-perfect reconstruction of movement intent and, finally, artificial proprioceptive information is fed back to the user. In any other case, a certain amount of adaptation is still very likely to take place during interaction with the device, which has the potential to substantially improve control performance.

In addition to an increase in control accuracy, user training may have additionally resulted in a reduction in reaction time. However, given the long preparation window, in combination with the fact that performance was only assessed with respect to the final posture and not the followed trajectories, it seems unlikely that this factor could explain the observed increase in control performance. One such example is given in Figure S5, where two trials are compared for the same participant and posture, one at the start and one at the end of the experimental session. For the shown example, after training, the participant was able to reach the desired posture in less time and with better accuracy. However, in both cases, the final posture was achieved before the start of the evaluation phase. Hence, the difference in performance scores is only due to the higher accuracy of the end posture in the late trial. The length of the preparation window was set during pilot trials to the chosen value (i.e., 3.5 s), as this was found to offer a good compromise between the desired task difficulty and the ability to assess performance without being influenced by a potential decrease in user reaction time.

In the context of myoelectric classification, it has been previously shown that a discrepancy exists between offline accuracy and real-time control performance (Ortiz-Catalan et al., 2015). With regard to continuous wrist control, it has been shown that only a weak correlation exists between offline R2 and metrics characterizing real-time performance during a target achievement control test, such as completion rate, completion time, overshoots, throughput, speed, and efficiency coefficient (Jiang et al., 2014). To assess whether a similar statement could be made about continuous finger position control, we compared offline reconstruction accuracy to performance scores during the real-time posture matching task. In agreement with previous work (Jiang et al., 2014; Ortiz-Catalan et al., 2015), a very weak, non-significant correlation was found between offline accuracy and real-time performance. Such differences between offline decoding and real-time control, which may be primarily attributed to user adaptation taking place during closed-loop interaction, further reiterate the need for testing prosthetic control methodologies with real-time experiments (Jiang et al., 2012, 2014; Ortiz-Catalan et al., 2015; Vujaklija et al., 2017).

In this study, we focused on non-invasive, continuous position control of individual digits. In line with previous work (Cipriani et al., 2011), we have shown that it is feasible, in principle, to use surface EMG measurements from the forearm of able-bodied and transradial amputee subjects to decode finger positions and subsequently use these estimates to control the individual digits of a prosthesis in real-time. The set of controllable DOAs included flexion of all fingers and thumb opposition. The ring and little fingers were controlled together because of mechanical coupling in the robotic device used in our experiments. Offline analysis revealed that thumb movement (flexion and rotation) was the most challenging to decode (Figure 3). This is not surprising, given that thumb muscles are either intrinsic or located in the distal part of the forearm. In this work, however, we focused on transradial amputation and, therefore, recorded EMG activity from the proximal part of the forearm only.

The continuous finger position controller has two main advantages: intuitiveness and dexterity. As has already been pointed out, training regression models using muscle signals and glove data recorded from the end-user creates an intuitive association between muscle activity and finger movement and, thus, the user does not need to learn a new mapping from scratch. Dexterity naturally arises from the fact that the user can control individual digits in a continuous space. One particular advantage of this scheme over discrete control schemes, for example, classification-based grip selection, is the ability to move from one type of grip to another without the need for executing an intermediate hand opening action. The high level of dexterity, however, comes at a price; decoding independent finger movement is a much more challenging task than classifying EMG activity into hand postures. In its current form, the proposed scheme is unlikely to be suitable for clinical adoption by amputees, as significant improvements are required to ensure its long-term viability. For example, one simplification made in this study was that the posture of the participants' forearm was kept fixed throughout the experimental sessions. This simplification would not occur in a realistic scenario and, thus, it is expected that performance would deteriorate due to the limb position effect (Fougner et al., 2011). Nevertheless, given the potential of this method to achieve intuitive and truly dexterous prosthetic control, we consider it is worthwhile pursuing further research in this direction.

It is worth mentioning that an invasive approach might indeed be required to achieve robust finger position control. Intramuscular EMG recordings have been previously used for continuous finger control of both virtual (Birdwell et al., 2015) and robotic (Cipriani et al., 2014) hands. Both of these studies, however, had the following two limitations: firstly, they used a one-to-one mapping from individual pairs of muscles to DOAs of the hand; secondly, they were limited to able-bodied participants. An alternative avenue would be to investigate the use of multivariate regression models in mapping the activity of multiple muscles onto prosthesis DOAs, as opposed to the previously used one-to-one mapping schemes. Another compelling possibility would be to test the performance of continuous finger control in patients having undergone targeted muscle reinnervation. It has been previously demonstrated that hand/wrist movements can be classified with high accuracy in targeted muscle reinnervation patients (Kuiken et al., 2009). Whether robust individual finger control can be achieved using a similar invasive approach remains to be investigated.

As a final note, we seek to re-emphasize the important role that user adaptation could play in myoelectric control of prosthetic fingers, regardless of the origin of control signals. We have shown here that even with an intuitive decoder, humans can improve their performance in a biofeedback myoelectric task within a short period of time. In line with previous reports from the myoelectric classification and wrist control literature (Jiang et al., 2014; Ortiz-Catalan et al., 2015), we conclude that future efforts should focus on putting the human in the loop and evaluating control methodologies with real-time, closed-loop experiments. We firmly believe that further advancements can be achieved by explicitly taking into account the remarkable plasticity of the human brain when designing myoelectric control interfaces.
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Neurostimulation devices use electrical stimulation (ES) to substitute, supplement or modulate neural function. However, the impact of ES on their modulating structures is largely unknown. For example, recipients of cochlear implants using electroacoustic stimulation experienced delayed loss of residual hearing over time after ES, even though ES had no impact on the morphology of hair cells. In this study, using a novel model of cochlear explant culture with charge-balanced biphasic ES, we found that ES did not change the quantity and morphology of hair cells but decreased the number of inner hair cell (IHC) synapses and the density of spiral ganglion neuron (SGN) peripheral fibers. Inhibiting calcium influx with voltage-dependent calcium channel (VDCC) blockers attenuated the loss of SGN peripheral fibers and IHC synapses induced by ES. ES increased ROS/RNS in cochlear explants, but the inhibition of calcium influx abolished this effect. Glutathione peroxidase 1 (GPx1) and GPx2 in cochlear explants decreased under ES and ebselen abolished this effect and attenuated the loss of SGN peripheral fibers. This finding demonstrated that ES induced the degeneration of SGN peripheral fibers and IHC synapses in a current intensity- and duration-dependent manner in vitro. Calcium influx resulting in oxidative stress played an important role in this process. Additionally, ebselen might be a potential protector of ES-induced cochlear synaptic degeneration.

Keywords: cochlear explants, electrical stimulation, oxidative stress, calcium influx, ebselen, synapses, spiral ganglion neuron


INTRODUCTION

Neurostimulation devices, for example visual prosthetics, auditory prosthetics, deep brain stimulation device, prosthetics for pain relief, motor prosthetics and brain-computer interfaces, are promising therapeutics for neurological disorders by supplanting or supplementing the input and/or output of the nervous system. These devices were initially designed to bypass neural deficits that occurred as a result of injuries or diseases. Currently, neurostimulation devices are even developed to modulate existing neural function to improve performance, especially in the application of future brain-computer interfaces. Cochlear implants (CIs) are the most widely used neural prosthetic. Traditional CIs restore hearing perception by delivering electrical signals converted from sound information to spiral ganglion neurons (SGNs), bypassing the defective or missing mechanosensory structures of the organ of Corti, i.e., hair cells. In the last decade, electric-acoustic stimulation (EAS) technology was newly developed for patients with severe or profound high-frequency hearing loss and residual low-frequency hearing (Von Ilberg et al., 1999; Gantz and Turner, 2003; Kiefer et al., 2005). This technology uses a short electrode array in the basal to middle part of the cochlear duct, leaving the apical part intact to preserve the residual low-frequency hearing. Patients are then able to receive acoustic signals at the apical part of the cochlea and electrical stimulation (ES) at the basal and middle part of the cochlea, simultaneously. Compared to full-insertion CI, EAS technology significantly improves music appreciation and speech recognition in background noise (Turner et al., 2004, 2008; Gfeller et al., 2006). Accordingly, the preservation of residual low-frequency hearing is critical to EAS recipients. Unfortunately, clinical trials showed that 30–75% of EAS recipients experienced delayed progressive loss of residual low-frequency hearing over time after the activation of EAS (Gantz et al., 2009; Gstoettner et al., 2009; Santa Maria et al., 2013). Understanding how existing hearing function deteriorates under EAS might benefit not only the preservation of the residual hearing of EAS recipients but also the protection of existing neural functions on which, other neurostimulation devices depend. However, the mechanism of this delayed hearing impairment is largely unknown. Animal studies suggested that reduced endocochlear potential due to lateral wall or stria vascularis damage (Wright and Roland, 2013) and disturbed traveling wave due to fibrosis or new bone growth (Choi and Oghalai, 2005) were associated with the hearing loss of EAS recipients. Nevertheless, there is still a lack of strong evidence to support these theories. Previous animal studies demonstrated that ES did not cause any morphological changes in hair cells or SGNs (Ni et al., 1992; Shepherd et al., 1994; Coco et al., 2007; O’Leary et al., 2013). Notably, to the best of our knowledge, the status of synapses between SGNs and inner hair cells (IHCs) in EAS-induced hearing loss has not yet been investigated. However, the loss of IHC synapses has been shown to play an important role in noise-induced hearing loss (Kujawa and Liberman, 2009; Lin et al., 2011) and in age-related hearing loss (Makary et al., 2011; Sergeyenko et al., 2013).

Cochlear implants use charge-balanced biphasic pulses to stimulate SGNs. The depolarization of the SGN membrane caused by ES results in calcium influx through various types of voltage-dependent calcium channels (VDCCs). Excessive calcium influx could lead to the injuries of SGN (Hegarty et al., 1997; Roehm et al., 2008) and hair cells (Fridberger et al., 1998). Oxidative stress also plays important roles in hearing loss induced by noise, aminoglycoside antibiotics, cisplatin and aging (Choi and Choi, 2015; Sheth et al., 2017; Tavanai and Mohammadkhani, 2017). We postulated that excessive calcium influx through VDCCs and the resulting increase in oxidative stress might be involved in the loss of residual hearing due to chronic ES.

In this study, we used cochlear explants culture with ES of charge-balanced biphasic pulses to investigate the impact of ES on SGN peripheral fibers, hair cells and their synapses. We demonstrated that CI with ES could induce the degeneration of IHC synapses and SGN peripheral fibers through calcium influx and resulting oxidative stress.



MATERIALS AND METHODS


Cochlear Explant Culture

All procedures were approved by the Ethics Review Board of Eye and ENT Hospital of Fudan University (No. 2013024). Sprague Dawley rat pups of 4–6 postnatal days old of both sexes were provided by Shanghai SIPPR-Bk Lab Animal Co., Ltd. The cochlear explant culture was previously used to investigate the excitotoxic damage of IHC-SGN synapses (Wang and Green, 2011). Briefly, the cochlea were dissected out in ice-cold PBS. The osseous labyrinth, stria vascularis and spiral ligament were carefully removed. With the organ of Corti and modiolus preserved intact, Reissner’s membrane and tectorial membrane were carefully removed with fine forceps. After the upper and basal turns were cut off, the middle turns were cut into small pieces and plated on poly-L-lysine-treated chamber slides. We usually dissected 5 pups and collected 10 cochleae at one time. Then the middle parts of cochlear tissues were pooled together and each of them was cut into 3–4 small pieces. Six pieces of cochlear tissues were then randomly put into each chamber. Unless otherwise indicated, the explants during the whole experiments, were maintained in a 37°C humidified incubator with 5% CO2 and in high glucose Dulbecco’s modified eagle’s medium (DMEM, Life Technologies, 11965) with N2 supplement (Life Technologies, 17502-048), 10% fetal bovine serum (Gibco, 10099-141), 10 μg/ml insulin (Sigma-Aldrich, I6634), 50 ng/ml neurotrophin-3 (NT-3, Sigma-Aldrich, N1905) and 50 ng/ml brain-derived neurotrophic factor (BDNF, Sigma-Aldrich, B3795). The explants were first allowed to settle down on the chamber floor for 24 h before the following treatments. The floating explants were discarded and the adherent ones were used for the following experiments.



Chamber Slide With ES

To investigate the impact of ES on cochlear structures, we established a culture system of cochlear explants under ES (Figure 1). Briefly, two parallel platinum-iridium wires were introduced into a four-well chamber slide system (154526, Thermo Scientific) through four holes at four corners against the chamber floor. The holes were sealed with silicon glue to secure the wires which were connected to a multichannel charge-balanced biphasic pulse generator (Listent Medical Tech Co., Ltd.). The charge-balanced biphasic pulses used for ES held adjustable amplitudes with a 65-μs pulse width, 8-μs open-circuit interphase gap, and 4862-μs short-circuit phase at a frequency of 200 Hz. The distance between the two paralleling wires was 1 cm and the volume of culture medium in each chamber was 0.6 ml. The maximum charge density used in this study was 0.043 μC/cm2/phase when a maximum current intensity of 400 μA was used. This charge intensity was far less than 15 to 65 μC/cm2/phase which was suggested as the maximum level of charge intensity in commercial CIs (Zeng et al., 2008).
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FIGURE 1. Schematics of cochlear explant culture under charge-balanced biphasic ES. (A) Four-well chamber slides were used in cochlear explant culture. Two parallel platinum-iridium wires were introduced into each chamber against the floor through four holes at four corners. The wires were then connected with a charge-balanced biphasic pulse generator. (B) The charge-balanced biphasic pluses for ES had adjustable amplitudes, a 65-μs pulse width, an 8-μs open-circuit interphase gap, a 4862-μs short-circuit phase, and a 200 Hz frequency.




Application of VDCC Blocker, Ebselen and H2O2

Various VDCC blockers, ebselen (40 μM; Sigma, E3520) and H2O2 (0.25 mM; Aladdin, H112517) were added to the culture medium. The VDCC blockers included the L-type channel blocker verapamil (VPL, 10 μM; Sigma, V4629), the N-type channel blocker ω–conotoxin GVIA (GVIA, 1 μM; Sigma, C9915), the P/Q-type channel blocker ω-agatoxin IVA (IVA, 1 μM; Sigma, A6719), the mixture of the three above blockers (CCBM, 10 μM VPL/1 μM GVIA/1 μM IVA), and the non-selective calcium channel blocker cadmium chloride (Cd, 10 μM; Sigma-Aldrich, 439800). For the calcium-free environment, the culture medium was completely replaced by calcium-free DMEM (Gibco, 21068028) with 1 mM EDTA, N2, BDNF, NT3, and insulin.



Immunocytochemistry

Cochlear explant cultures were fixed with 4% paraformaldehyde for 15 min and permeabilized with 0.2% Triton X-100 and 10% donkey serum in PBS for 1 h. For immunostaining, the tissues were sequentially incubated with primary at 4°C overnight and with secondary antibodies for 1 h at room temperature diluted in PBS with 10% donkey serum. Primary antibodies were used as follows: anti-NF200 (1:400; Sigma, N0142) to label the SGNs and their peripheral fibers, anti-PSD95 (1:1000; Millipore, MABN68) to label postsynaptic densities (PSDs) in SGNs, and anti-Myo7A (1:800; Proteus BioSciences, 25-6790) or Alexa Fluor 647 phalloidin (1:200; Thermo Fisher Scientific, A22287) to label hair cells. Secondary antibodies were conjugated with Alexa Fluor 488, Alexa Fluor 546 and Alexa Fluor 647 (1: 800; Thermo Fisher Scientific).



Measuring Reactive Oxygen Species (ROS)/Reactive Nitrogen Species (RNS) Activity

The total ROS/RNS activity was measured by a ROS/RNS Assay Kit (Cell Biolabs, STA-347-5) according to the provided procedure. Briefly, cochlear explant cultures under different conditions were removed and rapidly homogenized under ice-cold conditions. The homogenates were then centrifuged, and the supernatants were reacted with dichlorofluorescein in a DiOxyQ probe for spectrofluorimetric measurement.



Real-Time PCR

For real-time PCR, PCR was conducted using an Applied Biosystems 7500 Real-time PCR System. Cochlear explants were harvested from cover slips and total RNA was purified with an RNeasy Plus Micro Extraction Kit (Qiagen, 74034). Then the RNA was reverse transcribed with a High Capacity RNA-to-cDNA kit (TaKaRa, RR036A) (Applied Biosystems, Foster City, CA, United States). The following primer pairs were designed using Primer3 software: β-actin, (F) CCTCTATGCCAACACAGT and (R) AGCCACCAATCCACACAG, with amplicon lengths of 155 bp; and glutathione peroxidase 2 (Gpx2), (F) AGACACTGGGAA ACCGAAGC and (R) AAGGAA ATGGGTGGCAGGAA, with amplicon lengths of 65 bp.



Quantitative Analysis of SGN Peripheral Fibers, IHC Synapses and Hair Cells

Digital images of immunostained cochlear explants were acquired by a Leica SP8 confocal microscope. Serial images of each explant at a 0.3 μm interval (z-axis) were recorded to generate a z-stack of images that could be projected onto a single plane (z-projection). Images of hair cells, IHC synapses and SGN peripheral fibers were simultaneously obtained with a 60×, 1.5 numerical aperture objective, while hair cells and SGN peripheral fibers were scanned at 40×, in different experiments. Then, the images were analyzed with ImageJ software. The number of SGN-IHC synapses was determined by counting the numbers of PSD-95 puncta on IHCs and in contact with NF200-positive neurites slice by slice. Each puncta was counted in the first slice in which it appeared in focus to avoid being counted again. In the NF200 images, SGN peripheral nerve fibers in the area near the inner hair cell were crossing and overlapping. As a result, the fibers were hard to distinguish and count. We used the gray value of immunofluorescence in NF200 images to quantify the relative density of SGN peripheral nerve fibers. Images of each SGN peripheral fibers were captured using the same exposure time and light intensity and at the same sitting. At first, MYO7A and NF200 images from same location were converted to 8-bit grayscale images and constituted to a stack in ImageJ. A rectangle area with the dimension of 40 × 200 pixels was selected closely against to the base of inner hair cells in MYO7A images. That area coincided with the region that PSD-95 puncta distributed. Images of each SGN peripheral fibers were captured using the same exposure time and light intensity and at the same sitting. Then the mean gray value of the same area subtracted by that of background area in NF200 images was measured and determined as the relative density of SGN peripheral nerve fibers (Figure 2).
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FIGURE 2. Measuring the density of SGN peripheral fibers. The z-stacks of PSD95 and NF200 8-bit grayscale images of the same area were prepared in ImageJ. (A) A certain rectangular area of 40 × 200 pixels was selected just against the base of IHCs in PSD95 images. (B) The mean grayscale of the same selected area in NF200 images minus that of a background area of the same size was determined as the density of SGN peripheral fibers.




Statistical Analysis

Statistical analysis was performed by GraphPad Prism 7 (GraphPad Software, Inc., CA, United States). Unless otherwise indicated, significances of differences among various conditions were compared by one-way ANOVA followed by Dunnett’s multiple comparisons test.



RESULTS


ES Decreased the Quantity of SGN Peripheral Fibers and IHC Synapses but Not the Quantity of Hair Cells

To investigate the impact of ES on cochlear structure, we cultured cochlear explants in a chamber slide system with multichannel charge-balanced biphasic pulse generators (Figure 1), which has been demonstrated in our previous work (Shen et al., 2016). The cochlear explants were electrically stimulated by charge-balanced biphasic electrical pulses with an amplitude of 50 or 100 μA amplitude for 8, 24, or 48 h. Cochlear explants cultured for the same duration and without ES were used as the control groups, respectively (non-ES group). The quantity of outer hair cells (OHCs), IHCs and anti-PSD95-labeled puncta and the density of SGN peripheral fibers (fiber density) near IHCs were measured after respective immunofluorescence-labeling. The ratio of the number of OHCs to IHCs number (OHC/IHC ratio) and the ratio of the number of PSD95 puncta number to IHCs (PSD95/IHC ratio) was used to evaluate the quantity of hair cells and IHC synapses, respectively. After 8 h or 24 h, there was no statistical difference in the OHC/IHC ratio, fiber density and PSD95/IHC ratio among the non-ES, 50 and 100 μA groups (P values in Table 1 and Figures 3A–C). After 48 h, PSD95/IHC ratio of 48 h/50 μA group were also comparable to that of non-ES group (P = 0.9170, Figures 3C,F,J), but the fiber density was less than that in non-ES group (P = 0.0097, Figures 3B,E,G,I,K). Compared to with non-ES explants, cochlear explants electrically stimulated with a 100 μA pulse for 48 h showed significantly decreased fiber density and PSD95/IHC ratio (P < 0.0001, Figures 3B,C,M–O). However, after 24 h or 48 h, the OHC/IHC ratio in explants treated with 50 μA or 100 μA ES was still comparable to that in non-ES explants (24 h/50 μA group P > 0.9999, 24 h/100 μA group P = 0.5872, 48 h/50 μA group P = 0.6174, 48 h/100 μA group P = 0.3631, respectively when compared with non-ES group, Figure 3A). Additionally, there was no obvious difference between the hair cell morphology of ES explants and non-ES explants (Figures 3D,H,L).


TABLE 1. P value of OHC/IHC ratio, fiber density and PSD95/IHC ratio of the 50 and 100 μA group compared with Non-ES group.
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FIGURE 3. ES did not change the quantity and morphology of hair cells in cochlear explants but induced the loss of IHC synapses and SGN peripheral fibers. (A) After 8, 24 or 48 h of ES, the OHC/IHC ratio was comparable in cochlear explants without ES (non-ES group), under 50 μA ES and 100 μA ES (8 h/50 μA, P = 0.8955; 8 h/100 μA, P = 0.4851; 24 h/50 μA, P > 0.9999; 24h/100 μA, P = 0.5872; 48 h/50 μA, P = 0.6174 and 48 h/100 μA, P = 0.3631), n = 9–20 in each group. (B) The density of SGN peripheral fibers significantly decreased after 48 h/50 μA and 48 h/100 μA ES compared to the non-ES group (P = 0.0097, P < 0.0001, respectively), while the fiber density in explants after 8 h or 24 h ES was comparable to that in non-ES explants (8 h/50 μA, P = 0.9096; 8 h/100 μA, P = 0.8528; 24 h/50 μA, P = 0.4702; 24 h/100 μA, P = 0.4854), n = 9–20 in each group. (C) The PSD95/IHC ratio in explants with 48 h/100 μA ES was significantly different from that in non-ES explants (P < 0.0001), while PSD95/IHC ratio in explants with other treatments was comparable to that in non-ES explants (8 h/50 μA, P = 0.4526; 8 h/100 μA, P = 0.7005; 24 h/50 μA, P = 0.5011; 24 h/100 μA, P = 0.3921; 48 h/50 μA, P = 0.9170), n = 9–20 in each group. (D–O) Typical images of cochlear explants treated with 48 h/non-ES (D–G), 48 h/50 μA ES (H–K), and 48 h/100 μA ES (L–O). The quantity and morphology of IHCs and OHCs (in magenta, labeled with anti-Myo7A) were comparable in explants treated with non-ES (D), 50 μA ES (H) and 100 μA ES (L). The density of SGN peripheral fibers (in green, labeled with anti-neurofilament-200, NF200) in explants treated with 50 μA (I) or 100 μA ES (M) was less than that in explants treated with non-ES (E). The number of IHC synapses (in cyan, labeled with anti-PSD95) in explants treated with 100 μA ES (N) was much less than that in explants treated with 50 μA ES (J) or non-ES (F). ∗P < 0.05. Data represent the mean + SEM. Two-way ANOVA followed by Dunnett’s multiple comparisons test was used in all the experiments mentioned above.




The Quantity of IHC Synapses and SGN Peripheral Fibers Decreased Synchronously Under ES

We further used higher intensities of biphasic charge-balanced pulses to stimulate the cochlear explants for 48 h. Compared to the non-ES group with PSD95/IHC ratio counting to 25.38, PSD95/IHC ratios of 100, 200, and 400 μA groups significantly decreased to 20.06, 14.21, and 6.64, respectively (Figure 4S). Additionally, the fiber densities of 100, 200, and 400 μA groups also significantly decreased to 4.17, 2.34, and 1.10, respectively, compared to 7.58 in the non-ES group (Figure 4R). The density of SGN peripheral fibers and the quantity of IHC synapses were synchronously decreased with increasing ES intensity (Figures 4E–P). However, there was still no significant difference in the morphology of hair cells and the OHC/IHC ratios among these groups (Figures 4A–D,Q). There was a significant correlation between fiber density and PSD95/IHC ratio (Pearson test, r = 0.954, P = 0.046, Figure 4T). These results demonstrated that ES synchronously decreased the quantity of IHC synapses and SGN peripheral fibers in a current intensity-dependent manner, but did not change the morphology or quantity of hair cells. Thus, we only used fiber density to evaluate the change of cochlear structure in the following experiments.
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FIGURE 4. The density of SGN peripheral fibers and the quantity of IHC synapses were synchronously decreased with increasing ES intensity. The quantity and morphology of hair cells (in magenta) were comparable in explants treated with non-ES, 100 μA ES, 200 μA ES or 400 μA ES for 48 h (A–D; P = 0.6957, P = 0.5289, P = 0.3364, compared with non-ES in panel Q, one-way ANOVA followed by Dunnett’s multiple comparisons test, the following comparisons in this paper used the same method unless otherwise noted, n = 5 in each group). The density of SGN peripheral fibers (in green) in explants treated with 100, 200, and 400 μA ES for 48 h was significantly less than that in non-ES explants (E–H; ∗ in panel R, P = 0.0001 when compared to non-ES, n = 20 in each group). The PSD95/IHC ratio in explants treated with 100, 200, and 400 μA ES for 48 h was also significantly less than that in non-ES explants (I–L; ∗ in panel S, P = 0.0001 when compared to non-ES, n = 20 in each group). (M–P) The merged images of the upper three images under the same conditions, respectively. (T) There was a significant correlation between the change of SGN peripheral fiber density and the PSD95-punch/IHC ratio with the increase of ES intensity (Pearson test, r = 0.9538, P = 0.0462). Data represent the mean + SEM.




Inhibition of Calcium Influx Attenuated the ES-Induced Loss of SGN Peripheral Fibers and IHC Synapses

To investigate the role of calcium influx through VDCCs in the ES-induced degeneration of SGN peripheral fibers and IHC synapses, we inhibited calcium influx in 48 h/100 μA cochlear explants by bath application of various VDCC blockers, i.e., 10 μM L-type Ca2+ channel blocker VPL, 1 μM N-type Ca2+ channel blocker GVIA, 1 μM P/Q-type Ca2+ channel blocker IVA and their mixture (CCBM). The fiber density and PSD/IHC ratio of 48 h/100 μA group was significantly lower than those of the non-ES group as described above (P < 0.0001). However, fiber density and PSD/IHC ratio of the groups treated with any VDCC blocker were comparable to those of the non-ES group (P in Table 2 and Figures 5A,C). We also inhibited calcium influx in 48 h/100 μA cochlear explants by maintaining them in Ca2+-free medium or in medium with 10 μM Cd, a non-selective calcium channel blocker. As a result, the fiber density and PSD/IHC ratio were also comparable to those of the non-ES group (P in Table 3 and Figures 5B,D). These results suggested that calcium influx through VDCCs is vital to the ES-induced degeneration of SGN peripheral fibers and IHC synapses.


TABLE 2. P value of fiber density and PSD95/IHC ratio of the Non-ES/CCB and 100 μA/CCB group compared with Non-ES group.
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FIGURE 5. Inhibiting calcium influx attenuated the loss of SGN peripheral fibers and IHC synapses induced by ES. (A) PSD95/IHC ratio was significantly decreased in explants treated with 100 μA/48 h ES compared with non-ES explants, while explants simultaneously treated with 100 μA/48 h ES and various types of voltage-dependent calcium channel blockers (CCB), including 10 μM VPL, 1 μM GVIA, 1 μM IVA and their mixture (CCBM), were not significantly different from the non-ES group n = 7–12 in each group. (B) When ES-treated explants were also treated with 10 μM Cd or maintained in calcium-free medium (Ca–), the PSD95/IHC ratio was also comparable to that of non-ES explants n = 9 in each group. (C) The density of SGN peripheral fibers was comparable in ES-treated explants also treated with VPL, GVIA, IVA or CCB and in non-ES explants, n = 12 in each group. (D) The density of SGN peripheral fibers was also comparable in ES-treated cochlear explants also treated with Cd or maintained in calcium-free medium and in non-ES explants, n = 12 in each group. ∗p < 0.001 compared with any other group in the same experiment, one-way ANOVA followed by Dunnett’s multiple comparisons. Data represent the mean + SEM.



TABLE 3. P value of fiber density and PSD95/IHC ratio of the Non-ES/Ca–, Non-ES/Cd, 100 μA/Ca– and 100 μA/Cd group compared with Non-ES group.
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ES Increased the Activity of ROS and RNS in Cochlear Explants

To investigate whether ES caused oxidative stress in cochlear explants by increasing calcium influx, we measured ROS/RNS activity in explants under various intensities of ES for 48 h. ROS/RNS activity in explants under ES with amplitudes of 25, 50, 100, 200, and 400 μA were increased to 2.9, 2.1, 1.7, 4.4, and 6.5-fold to that of non-ES group, respectively (P = 0.0020, 0.0442, 0.1606, <0.0001, and <0.001, respectively when compared with the non-ES group, Figure 6A). In addition, ROS/RNS activity increased in an intensity-dependent manner when cochlear explants had amplitudes greater than 50 μA (Figure 6B). To investigate the role of calcium influx through VDCCs in the change in ROS/RNS activity, we added a mixture of VPL, GVIA and IVA to culture medium of 48 h/100 μA cochlear explants. As a result, ROS/RNS activity decreased to a level comparable to that of the non-ES group (P = 0.1072, Figure 6C). These results suggested that ES could increase ROS/RNS activity and cause oxidative stress by increasing calcium influx through VDCCs.
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FIGURE 6. Electrical stimulation increased ROS/RNS activity in cochlear explants but inhibiting calcium influx completely abolished this effect. (A) ROS/RNS activity of explants under 25, 50, 100, 200, and 400 μA ES for 48 h was significantly higher than that of non-ES explants. ∗P < 0.05 when compared with non-ES group, n = 3 in each group, measurements were repeated three times. (B) ROS/RNS activities increased in an ES intensity-dependent manner. Pearson’s test, r = 0.9691, P = 0.1587 (two-tailed). (C) When 100 μA/48 h ES-treated cochlear explants were also treated with CCB mixture (CCBM), the level of ROS/RNS activity was comparable to that in non-ES explants. ∗p < 0.001 when compared with any other group, n = 3 in each group, measurements were repeated three times. Data represented the mean + SEM.




ES Inhibited GPx Expression in Cochlear Explants

We hypothesized that the ES-induced increase in ROS/RNS activity in cochlear explants might be due to the altered expression of oxidative stress-related genes. We evaluated the mRNA expression levels of GPx1 and GPx2 in cochlear explants under various intensities of ES and without ES. Significant decreases in the GPx1 and GPx2 expression levels were both observed in 200 μA/48 h- and 400 μA/48 h-treated explants compared with non-ES explants, respectively (GPx1: 200 μA P = 0.0231 and 400 μA P = 0.0233, GPx2: 200 μA P = 0.0484 and 400 μA P = 0.0228, Figures 7A,B). The GPx1 expression level in 100 μA/48 h-treated explants also decreased compared to that in non-ES explants (P = 0.0647, Figure 7A). These results demonstrated that ES could result in downregulation of GPx1 and GPx2 mRNA expression levels.
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FIGURE 7. The mRNA expression level of GPx1 and GPx2 in cochlear explants decreased under ES and ebselen abolished this effect and the loss of SGN peripheral fibers. (A,B) ES treatment of 200 and 400 μA/48 h both significantly decreased the mRNA expression level of both GPx1 and GPx2 in explants while 100 μA/48 h-ES treatment only decreased the mRNA expression level of GPx1 (∗, GPx1: 200 μA, P = 0.0231; 400 μA, P = 0.0233; GPx2: 200 μA, P = 0.0484; 400 μA, P = 0.0228, when compared to non-ES group, n = 3 in each group, measurements were repeated three times). When the cochlear explants were treated with ES and 40 μM Ebselen at the same time, mRNA expression level of GPx1 and GPx2 was comparable to that in non-ES group (GPx1: 100 μA/Eb, P > 0.9999; 200 μA/Eb, P = 0.9738; 400 μA/Eb, P = 0.4027; GPx2: 100 μA/Eb, P > 0.9999; 200 μA/Eb, P > 0.9999; 400 μA/Eb, P > 0.9999 compared to non-ES group). When the cochlear explants were treated with 40 μM Ebselen, OHC/IHC ratio (C, P = 0.7997, P = 0.7629, P = 0.7639, in each group.) and the density of SGN peripheral fibers (D, P = 0.7860, P = 0.9025, P = 0.3482, n = 20 in each group.) in 100, 200, and 400 μA/48 h-ES groups had no significantly statistical difference from those in the non-ES group. (E–P) Representative images showed that there was no significant loss of hair cells (in magenta) and SGN peripheral fibers (in green) in ES-treated explants when they were maintained in medium with 40 μM Ebselen. Data represented the mean + SEM.




Ebselen Prevented the Decrease of GPx Expression as Well as the Loss of SGN Peripheral Fibers in Cochlear Explants Exposed to ES

Ebselen is an organoselenium compound that acts as a GPx mimetic and is thereby able to prevent the cellular damage induced by the ROS and RNS generated and accumulated during various cellular processes. To investigate whether the ES-mediated downregulation of GPx and the increase in ROS/RNS activity caused the degeneration of SGN peripheral fibers and IHC synapses, we maintained cochlear explants in medium with 40 μM ebselen for 48 h. As a result, the GPx1 and GPx2 expression levels in 100 μA/48 h-, 200 μA/48 h- and 400 μA/48 h-treated cochlear explants were comparable level to those in non-ES explants (Figures 7A,B). Moreover, the density of SGN peripheral fibers in all ES-treated groups was also comparable to that in non-ES group (Figures 7C–P). These results indicated that ES-induced downregulation of GPx1 and GPx2 expression levels caused the degeneration of SGN peripheral fibers in cochlear explants.



Increased Oxidative Stress in Cochlear Explants Induced by H2O2 Treatment Resulted in the Loss of SGN Peripheral Fibers

To further investigate the role of oxidative stress in ES-induced degeneration of SGN peripheral fibers, we added H2O2 to cochlear explant cultures to induce oxidative stress and evaluated the density of SGN peripheral fibers. Similar to ES, maintaining cochlear explants in medium with 250 μM H2O2 for 8 h did not change the hair cells morphology and OHC/IHC ratio (P = 0.9990, Figures 8A,E) but did significantly decrease the density of SGN peripheral fibers (P < 0.0001, Figures 8B,I,M), compared to maintaining cochlear explants without H2O2 treatment (Figures 8C,G,K). However, the quantity and morphology of HCs and the fiber density of explants simultaneously treated with 250 μM H2O2 and 40 μM ebselen for 8 h was not different (P = 0.3828, Figures 8B,D,F,H,J,L,N), from that of explants without treatment. These results further indicated that oxidative stress could induce the degeneration of SGN peripheral fibers.
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FIGURE 8. Increased oxidative stress in cochlear explants induced by H2O2 treatment resulted in the loss of SGN peripheral fibers. (A) Treatment of explants with 250 μM H2O2, 40 μM ebselen or both did not cause any significant difference in the OHC/IHC (in magenta) ratio from that of explants without these treatments. P = 0.9990, P = 0.9294, P = 0.8813, respectively, n = 3–5 in each group. (B) Treatment of cochlear explants with 250 μM H2O2 significantly decreased the density of SGN peripheral fibers (in green, ∗P < 0.0001), while treatment of cochlear explants with both 250 μM H2O2 and 40 μM ebselen did not decrease the density (P = 0.3828, n = 8 in each group), compared to the density in explants without H2O2 or ebselen treatment. (C–N) Typical images of cochlear explants treated with 8 h/control (C,G,K), 8 h/Eb (D,H,L), 8 h/H2O2 (E,I,M) and 8 h/H2O2 Eb (F,J,N). The quantity and morphology of IHCs and OHCs (in magenta, labeled with anti-Myo7A) were comparable in explants treated with control (C), Eb (D), H2O2 (E), and H2O2 Eb (F). The density of SGN peripheral fibers (in green, labeled with anti-neurofilament-200, NF200) were similar explants treated with control (G), Eb (H), and H2O2 Eb (J), while the density was less than that in explants treated with H2O2 (I). Data represented the mean + SEM.




DISCUSSION

Electrical stimulation is used by CI and other neurostimulation devices to activate targeting neurons. The impact of ES on targeted and related neural structures when neurostimulation devices are used as modulators of existing neural function instead of as substitutes of non-functioning neural tissues, warrants additional attention. As shown in cochlea implant recipients using EAS technology, there was a delayed loss of residual low-frequency hearing function (Von Ilberg et al., 1999; Gantz and Turner, 2003; Kiefer et al., 2005). Here we show, that ES could degenerated the connection between the targeted neuron and modulated neural structures in vitro. In addition, calcium influx through VDCCs and resulting oxidative stress played important roles in this effect.

Our study suggested that continuous charge-balanced biphasic ES with an intensity up to 48 h/400 μA did not change the numbers of hair cells in cochlear explants. In accordance with our study, a recent in vitro study also reported that ES could induce synaptic change in cochlear tissues (Peter et al., 2019). In addition, several previous animal studies also found no morphological changes in hair cells and SGNs associated with ES (Ni et al., 1992; Shepherd et al., 1994; Coco et al., 2007; Irving et al., 2013; O’Leary et al., 2013), even though low-frequency hearing deteriorate after ES (O’Leary et al., 2013; Tanaka et al., 2014). A postmortem histopathological study also suggested that there was no significant loss of SGNs and hair cells in EAS recipients with delayed hearing loss (Quesnel et al., 2015). Our study demonstrated that SGN peripheral fibers and IHC synapses in cochlear explants decreased under the ES with charge-balanced biphasic pulses used by CIs. The charge intensities used in this study were far less than the maximum charge intensities allowed in commercial CIs. However, animal studies are warranted to further investigate whether a similar change is the cause of residual low-frequency hearing loss in EAS recipients.

Electrical stimulation can induce the activation of VDCCs and result in Ca2+ influx. Calcium influx through VDCCs was involved in the inhibition of SGN neurite extension induced by continuous ES or membrane depolarization accomplished by raising extracellular K+ (Roehm et al., 2008; Shen et al., 2016). Calcium overload has been shown to cause damage to SGNs (Hegarty et al., 1997; Roehm et al., 2008). Our study suggested that blocking various types of VDCCs by bath application of VDCC blockers, by the non-selective VDCC blocker cadmium or by the removal of extracellular Ca2+ attenuated the ES-induced loss of SGN peripheral fibers and IHC synapses. The mixture of VPL, GVIA, and IVA also abolished the ES-induced increase in ROS/RNS activity in cochlear explants. These results suggest that calcium influx through VDCCs plays a key role in ES-induced cochlear synaptic degeneration.

The ES-induced loss of SGN peripheral terminals and IHC synapses with the preservation of hair cells and SGNs is similar to the changes that appeared in the early stage of noise-induced hearing loss (Kujawa and Liberman, 2009; Lin et al., 2011). Previous studies have suggested that the excitotoxicity and calcium overload play critical roles in noise-induced hearing loss (Le Prell et al., 2007; Kujawa and Liberman, 2009). Mimicking excitotoxicity in cochlear explant culture by brief treatment with NMDA and kainite also resulted in the loss of IHC synapses and SGN peripheral axons with the organ of Corti and SGNs intact (Wang and Green, 2011). Taken together, these findings suggest that the manifestations of cochlear explants under ES were similar to the findings in animal studies of CI chronic ES, and noise-induced hearing loss and in the in vitro study of excitotoxicity in cochlear explants. This suggested that excitotoxicity and calcium overload might play important roles in delayed EAS hearing loss. This theory was supported by our results that the inhibition of calcium influx prevented the loss of IHC synapses and SGN peripheral terminals. Interestingly, a close correlation between EAS hearing loss and a history of noise-induced hearing loss shown in a recent clinical study provides further support for this postulation (Kopelovich et al., 2014).

Our study showed that ES induced an increase in ROS/RNS activity in cochlear explants. The increase in ROS/RNS activity was closely correlated with the intensity of ES. After the increase in ROS/RNS activity was prevented by ebselen, the loss of SGN peripheral fibers in ES-treated cochlear explants was significantly attenuated to a level comparable to that of non-ES cochlear explants. These results suggested that oxidative stress played an important role in the ES-induced loss of SGN-IHC connections. Oxidative stress has also been reported to play important roles in hearing loss induced by noise, aminoglycoside antibiotics, cisplatin and aging (Choi and Choi, 2015; Sheth et al., 2017; Tavanai and Mohammadkhani, 2017). Excessively high ROS and RNS activity can cause damage to DNA, lipids and proteins, trigger hair cell death and result in hearing loss (Fetoni et al., 2015). We added H2O2 to the culture medium to induce oxidative stress and consequently caused a change similar to the ES-induced loss of IHCs-SGNs connection. These results further supported our hypothesis that ES induces cochlear synaptic degeneration through calcium influx-induced oxidative stress.

This study demonstrated that GPx1 and GPx2 expression levels significantly decreased after 200 μA/48 h and 400 μA/48 h ES. Interestingly, GPx1 expression level significantly decreased even after a relatively weak ES, i.e., 100 μA/48 h of ES, while GPx2 expression level insignificantly decreased. In accordance with our study, a decrease in GPx1 activity was shown to play an important role in noise-induced hearing loss (Kil et al., 2007). The targeted mutation of the GPx1 gene in mice also increased their vulnerability to noise-induced hearing loss (Ohlemiller et al., 2000). Ebselen could inhibit iNOS (Zembowicz et al., 1993) and mimic the anti-oxidative enzyme GPx (Ohlemiller et al., 2000). Ebselen treatment reducse the severity and duration of noise-induced hearing loss of in animals as well as human beings (Pourbakht and Yamasoba, 2003; Kil et al., 2017). In our study, ebselen treatment significantly increased GPx1 and GPx2 expression levels which were decreased by ES. Additionally, the ES-induced loss of SGN peripheral fibers was completely abolished. These results strongly supported that the decrease in GPx1 and GPx2 expression levels played a vital role in ES-induced loss of IHC-SGN connections. Our study also indicated that ebselen might be a promising agent to protect the residual hearing of EAS recipients although further in vivo studies are needed.

In conclusion, our study demonstrated that ES with charge-balanced biphasic pulses could result in the synchronous degeneration of SGN peripheral fibers and IHC synapses in a current intensity- and duration-dependent manner in vitro. Calcium influx through VDCC and resulting oxidative stress played key roles in this effect. Ebselen was shown to be a potential protector of ES-induced cochlear synaptic degeneration. Our study provides novel insights into delayed hearing loss in EAS recipients as well as the impact of other neurostimulation devices on targeting neural structures. However, only middle turn of immature cochlea was used in our study. Whether there is different impact of electrical stimulation on different part of cochlea or mature cochlear tissues should be investigated further. Notably, animal studies are also necessary to investigate the status of IHC synapses and SGN peripheral fibers under chronic ES.
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Motor Imagery Training With Neurofeedback From the Frontal Pole Facilitated Sensorimotor Cortical Activity and Improved Hand Dexterity
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To develop a real-time neurofeedback system from the anterior prefrontal cortex (aPFC) using functional near-infrared spectroscopy (fNIRS) for motor rehabilitation, we investigated the effects of motor imagery training with neurofeedback from the aPFC on hand dexterity and cerebral hemodynamic activity during a motor rehabilitation task. Thirty-one right-handed healthy subjects participated in this study. They received motor imagery training six times for 2 weeks under fNIRS neurofeedback from the aPFC, in which they were instructed to increase aPFC activity. The real group subjects (n = 16) were shown real fNIRS neurofeedback signals from the aPFC, whereas the sham group subjects (n = 15) were shown irrelevant randomized signals during neurofeedback training. Before and after the training, hand dexterity was assessed by a motor rehabilitation task, during which cerebral hemodynamic activity was also measured. The results indicated that aPFC activity was increased during the training, and performance improvement rates in the rehabilitation task after the training was increased in the real group when compared with the sham group. Improvement rates of mean aPFC activity across the training were positively correlated with performance improvement rates in the motor rehabilitation task. During the motor rehabilitation task after the training, the hemodynamic activity in the left somatosensory motor-related areas [premotor area (PM), primary motor area (M1), and primary somatosensory area (S1)] was increased in the real group, whereas the hemodynamic activity was increased in the supplementary motor area in the sham group. This hemodynamic activity increases in the somatosensory motor-related areas after the training correlated with aPFC activity during the last 2 days of motor imagery training. Furthermore, improvement rates of M1 hemodynamic activity after the training was positively correlated with performance improvement rates in the motor rehabilitation task. The results suggest that the aPFC might shape activity in the somatosensory motor-related areas to improve hand dexterity. These findings further suggest that the motor imagery training using neurofeedback signals from the aPFC might be useful to patients with motor disability.
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INTRODUCTION

Motor rehabilitation is fundamental to management of patients with stroke as well as chronic neurological disorders such as Parkinson’s disease, Alzheimer’s disease, vestibular disease, etc. (Johansson, 2011; Cheng et al., 2012; Hatem et al., 2016). These neurological disorders increased in the last 25 years, and the number of patients in need of neurological cares will increase in the next decades (GBD 2015 Neurological Disorders Collaborator Group, 2015). Hemiparesis of the upper limb is the most common motor disturbance after a stroke. It affects more than 80% of patients in an acute phase, and more than 40% in a chronic phase (Cramer et al., 1997). In Parkinson’s disease, the reduction of fine hand skills seriously affects daily activities (Raggi et al., 2011). In mild cognitive impairment and Alzheimer’s disease, fine motor function such as hand dexterity is disturbed, impairing activities of daily living (ADL) (Scherder et al., 2008; de Paula et al., 2016). These findings suggest that to increase the patients’ quality of life (QOL), and also to reduce medical costs, appropriate rehabilitation methods for upper limbs should be developed.

Motor rehabilitation ability is associated with motor skill learning (Hanlon, 1996). Motor skill learning and the resultant formation of motor memories can be defined as an improvement of motor skills through practice (Brem et al., 2013). Repetitive performance of a rehabilitation task effectively improves motor skills of the upper extremity, which is attributed to motor skill learning based on changes in brain neural circuits, especially on those in the primary motor cortex (M1) (Hatakenaka et al., 2007; Papale and Hooks, 2018). Neurofeedback is biofeedback in which sensory (usually visual or auditory) signals reflecting real-time neural activity are displayed to subjects so that they can learn to modulate activity in targeted neural substrates involved in specific behaviors or brain functions (Sitaram et al., 2016; Wang et al., 2018). Neurofeedback could induce specific neural activation patterns in target brain areas (Shibata et al., 2011; Sitaram et al., 2016), suggesting that neurofeedback training could induce changes in neural circuits for motor skill learning and, consequently, could be used for motor rehabilitation training. It is also noted that neurofeedback training could be beneficial to patients with motor disability such as stroke since patients do not need to make overt behaviors during training. Also, neurofeedback has been recently applied to motor rehabilitation in stroke patients as well as healthy adults (Mihara et al., 2012, 2013; Fujimoto et al., 2017; Wang et al., 2018). These previous studies targeted the sensorimotor related areas as neurofeedback sources: M1, primary somatosensory cortex (S1), premotor cortex (PM), and supplementary motor area (SMA).

We previously reported that hemodynamic activity in the anterior part of the prefrontal cortex (aPFC), which corresponds to the frontal pole (Brodmann area 10), was increased during motor learning in a motor rehabilitation task of hand dexterity, and correlated with the performance improvement rate in healthy subjects (Ishikuro et al., 2014). Furthermore, anodal stimulation of the aPFC improved hand dexterity in the same motor rehabilitation task in both healthy adults and patients with Parkinson’s disease (Ishikuro et al., 2014, 2018). These previous results suggest that the aPFC facilitates motor skill learning, and further suggest that training with neurofeedback from the aPFC might be useful for motor rehabilitation of the hand. To develop a neurofeedback system, we applied functional near-infrared spectroscopy (fNIRS) to measure aPFC activity as neurofeedback signals. fNIRS is a neuroimaging technique that can detect changes in oxygenated-hemoglobin (Oxy-Hb), deoxygenated-hemoglobin (Deoxy-Hb), and total hemoglobin (Total-Hb) in the cerebral cortex associated with local cortical activity based on neurovascular coupling (Ferrari and Quaresima, 2012; Quaresima and Ferrari, 2019). fNIRS can be used with less body and head restraint in relatively larger spaces. Thus, fNIRS allows us to measure brain activity under conditions similar to actual clinical environments when compared with the other imaging methods such as functional magnetic resonance imaging (fMRI) and positron emission tomography (PET).

In this study, we hypothesized that neurofeedback training targeting the aPFC would improve hand dexterity through its effects on the sensorimotor cortex. To investigate the effects of training with neurofeedback from the aPFC on hand motor dexterity and cortical hemodynamic activity, we analyzed changes in hand dexterity and cortical hemodynamic activity during a motor rehabilitation task for hand dexterity before and after neurofeedback training. Here we report that cerebral hemodynamic activity in the somatosensory motor-related areas was increased during the motor rehabilitation task after neurofeedback training, which correlated to the aPFC activity during training. Furthermore, improvement rates of M1 hemodynamic activity after the training was associated with performance improvement rates in the motor rehabilitation task.



MATERIALS AND METHODS


Subjects

The inclusion criterion was right-handed healthy adults who had no history of neurological and psychological disorders, and no experience of neurofeedback training (Dieterich et al., 2003). Histories of neurological and psychological disorders were assessed based on the subjects’ self-reports. Handedness was determined by the Edinburgh Handedness Inventory (Oldfield, 1971), and all subjects included were right-handed. A total of 31 subjects participated in the current study [25.4 ± 0.7, mean age ± standard error (SE), ranging from 20 to 33 years old; 17 males and 14 females]. The subjects were randomly grouped into two groups: real group subjects (n = 16; nine males and seven females) were shown real fNIRS neurofeedback signals from the aPFC, while sham group subjects (n = 15; eight males and seven females) were shown irrelevant randomized signals during neurofeedback training. The subjects were blinded to subject grouping. All subjects were treated in strict compliance with the Declaration of Helsinki and the United States Code of Federal Regulations for the protection of human participants. We obtained written informed consents from all subjects prior to experiments. The present experimental protocol was approved by the Ethical Committee of Human Experiments at the University of Toyama.



Sample Size

The sample size for the comparison of two independent samples (two-tailed t-test) was estimated using G∗Power, a tool to compute statistical power analyses1 (Faul et al., 2007). Data in the previous study (Ishikuro et al., 2014), in which cortical hemodynamics and peg task performance were analyzed, were used for this sample size estimation. The analysis indicated an n = 11 for each group based on the following conditions; level of significance = 0.05, statistical power = 0.95, mean and standard deviation (SD) in group 1 = 11.4 and 1.31, respectively, and mean and SD in group 2 = 9.0 and 1.55, respectively.



Experimental Procedures

Subjects were randomly grouped into two groups; (1) A real group (n = 16) that was shown real fNIRS neurofeedback signals, and (2) A sham group (n = 15) that was shown irrelevant randomized signals during neurofeedback training. The experimental protocol was composed of three sessions; pre (before training)-assessment session, motor imagery training session, and post (after training)-assessment session (Figure 1A). In the pre-assessment session, after an fNIRS head cap and probes have been set on the head (see below in detail), hand dexterity was assessed by using the Purdue Pegboard test (see below in detail) as the baseline status. In the motor imagery training session, the subjects received motor imagery training three times a week for 2 weeks. After the last session of the training, hand dexterity was reassessed using the same Purdue Pegboard test in the post-assessment session. In the Purdue Pegboard test in the pre- and post-assessment sessions, whole-brain hemodynamic activity was also recorded (see below in detail). In the motor imagery training sessions, cortical activation in the anterior prefrontal cortex (aPFC: Brodmann area 10) (Ramnani and Owen, 2004) was assessed by real-time analysis of fNIRS signals from the aPFC (see below in detail).


[image: image]

FIGURE 1. Experimental protocol throughout this study (A) and that for the Purdue Pegboard test (B). (A) The entire experimental protocol. The experimental protocol composed of three sessions; pre (before training)-assessment session, motor imagery training session, and post (after training)-assessment session. In the motor imagery training session, the subjects received motor imagery training three times a week for 2 weeks. Hand dexterity was assessed using the Purdue Pegboard test in the pre- and post-assessment sessions. (B) The Purdue Pegboard test protocol. (a) A photo of a subject with an fNIRS head cap during Purdue Pegboard testing and schematic illustration of the Purdue Pegboard are shown. The Purdue Pegboard has four cups in the upper side and two rows of 25 holes each arranged vertically in the center of the board. (b) The Purdue Pegboard test consisted of three blocks, and each block had three phases: each phase for 30 s (rest, task, and rest).




The Purdue Pegboard Test

The Purdue Pegboard test (Mathiowetz et al., 1986; Vasylenko et al., 2018) was used to evaluate hand dexterity before and after the training session. Subjects sat in a chair in front of a table 755 mm in height. The Purdue Pegboard (Model 32020A, Lafayette Instrument, Co. Ltd., IN, United States) was placed on the table (Figure 1Ba). The Purdue Pegboard had four cups in the upper side and two rows of 25 holes each arranged vertically in the center of the board. The 25 pins (pegs) were initially placed in the extreme right cup. In the pre-assessment, the subjects received brief instructions from the experimenter. After the instructions, the subjects were allowed to briefly perform the task for practice.

In the Purdue Pegboard test, the subjects picked up one of the pegs from the right-handed cup and put into a hole using their right hands, starting at the top of the right row to the bottom. The subjects were asked to put as many pegs as possible into the holes within a 30-s period in each block of the task. The test consisted of three blocks of three phases: rest, task, and rest (each phase for 30 s) (Figure 1Bb). Thus, the actual inter-task rest period was 60 s [a last resting period (30 s) in the previous block plus an initial resting period (30 s) in the next block]. Performance in the Purdue Pegboard test was assessed by counting the number of pegs put into holes.

After the pre-assessment of the Purdue Pegboard test, motor imagery ability of the subjects was assessed using Movement Imagery Questionnaire-Revised Japanese Version (JMIQ-R) (Hasagawa and Hoshino, 2002). The subjects were required to score their motor imageries of four actions using own extremities.



Motor Imagery Training

After an fNIRS head cap and optodes were set on the head, the subjects sat in a chair in front of a screen and were asked to open their eyes to look at the screen (Figure 2Aa). The motor imagery training composed of (Figure 2Ab): (1) video-guided motor imagery without neurofeedback for 10 min, and (2) motor imagery with neurofeedback for 10 min (Mihara et al., 2013). In the video-guided motor imagery, the subjects in both groups were asked to perform motor imagery in the Purdue Pegboard test: picking up one of the pegs from a cup and putting it into a hole with the right hand following video instructions. After a short break of 1–2 min, motor imagery training with neurofeedback was started. In this second training, a bar to go up and down as real or randomized fNIRS feedback signals from the aPFC was shown to the subjects. The subjects in both groups were asked to look at the feedback bar as neurofeedback from the aPFC on the screen and to perform motor imagery of the Purdue Pegboard test (to keep the height and color of the feedback bar at the elevated levels; see below for details). The sham group was shown the feedback bar, height and color of which did not reflect real fNIRS signals.
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FIGURE 2. Motor imagery training using fNIRS neurofeedback system. (A) Motor imagery training. (a) A schematic figure of the fNIRS-mediated neurofeedback system. (b) Protocol for motor imagery training. Motor imagery training consisted of video-guided motor imagery and motor imagery with neurofeedback. (c) Protocol for motor imagery with neurofeedback. The training protocol consisted of 16 trials. Each trial consists of 5-s motor imagery and 8 -15-s rest periods. (B) Arrangement of probes and channels in an fNIRS head cap. As the source of feedback signals, 5 fNIRS channels in the aPFC (Ch 1-5) were used. NIRS ch no., NIRS channel no. with probe distance of 3.0 cm; Short ch no., with probe distance of 1.5 cm.


Each training of motor imagery with neurofeedback consisted of 16 trials consisting of a 5-s period of the motor imagery task followed by inter-task rest periods ranging from 8 to 15 s (Figure 2Ac). To prevent prediction of task start by the subjects, the inter-task rest period was pseudorandomly set (mean resting time, 11.19 ± 0.53 s). In response to beep sounds indicating the start of each trial, the subjects were asked to perform the motor imagery as if they actually moved their right fingers and hand in the Purdue Pegboard test. Throughout the motor imagery training, behaviors of each subject were recorded in a video camera (HC-V480M, Panasonic, Co. Ltd., Osaka, Japan) to observe their posture, eyes, hand, and finger movements. All subjects opened their eyes and looked at the screen without overt changes of their posture, and overt hand and finger movements were not observed (data not shown).



Measurements of Hemodynamic Activity Using fNIRS

Two fNIRS systems (OMM 3000, Shimadzu, Co. Ltd., Kyoto, Japan) were used to measure changes in brain hemodynamic activity from the bilateral hemispheres. To measure data as the integrated system, the two fNIRS systems were connected with Ethernet and SYNC cables. One fNIRS system was used as the master, the clock signal was synchronized using the SYNC cable, and the measurement control commands were synchronized by the TCP/IP protocol using Ethernet cable. The systems were automatically calibrated using target measurement condition in advance before the experiment so that all NIRS signals were comparable.

An fNIRS head cap was placed on the subject’s head. The optodes for the fNIRS instruments were fixed on the head cap and the bottom horizontal line of the frontal optodes was placed according to the international 10–20 EEG system (2 cm posterior to the subject’s Fpz in the current study) (Takeuchi et al., 2009; Takamoto et al., 2010; Takakura et al., 2015). The fNIRS systems used three different wavelengths (780, 805, and 830 nm) to detect hemodynamics (oxygenated Hb [Oxy-Hb], deoxygenated Hb [Deoxy-Hb] and Total-Hb [Oxy-Hb + Deoxy-Hb]), which were estimated using a modified Lambert–Beer law (Seiyama et al., 1988; Wray et al., 1988).

The light detector optode detected hemodynamic signals around the midpoints (called “channels”) between the light source and detector optodes. The hemodynamic signals include different information depending on the optode distance between light sources and detectors (Fukui et al., 2003; Niederer et al., 2008; Ishikuro et al., 2014). The fNIRS signals from optodes with 3 cm include both cerebral (brain) and extra-cerebral (scalp, skull, and cerebrospinal fluid) components, and the signals from optodes with 1.5 cm reflect extra-cerebral components. In this study, multi-distance optode arrangement was applied to remove artifacts and extract cerebral hemodynamics from all hemodynamic responses that included both extra-cerebral and cerebral components (Schytz et al., 2009; Nakamichi et al., 2018). Furthermore, to record from the somatosensory motor-related areas more densely than a conventional optode arrangement in a channel lattice of 30 × 30 mm, extra sources and probes were placed in the bilateral somatosensory motor-related areas so that fNIRS signals could be recorded in a channel lattice of 15 × 15 mm (e.g., extra-source No. 9, 11, 13, 19, 18, 22; extra-detector No. 13, 15, 19, 18, 21 in the left hemisphere; Figure 2B). This high density optode arrangement is reported to improve spatial resolution (Yamamoto et al., 2002; White and Culver, 2010). Thus, hemodynamic signals were measured from 92 channels at 4 Hz using 32 light-source probes and 28 light-detector probes (Figure 2B), and the optodes were placed across from each other at 3 cm by an adjustment mechanism based on the Guss-Bonnet theorem (Banados et al., 1994; Cummings, 2001). Another 4 detectors (No. 1, 4, 8, 11) were positioned 1.5 cm from source optodes, resulting in 4 channels (Ch 44-47) with short distances (1.5 cm). The short channels were placed in the bilateral aPFC and somatosensory motor-related areas. The positions of the short channels were determined, so that distance between the long (3.0 cm) and short (1.5 cm) channels was relatively similar across the head.

After recording, 3-dimensional locations of the optodes were measured using a Digitizer (FASTRAK, Polhemus Inc., United States) with reference to the vertex (Cz), nasion and bilateral external auditory meatus. The anatomical locations of the fNIRS optodes and channels in each subject were normalized to standard coordinates in the Montreal Neurological Institute (MNI) coordinate system (Singh et al., 2005). Furthermore, we identified the cortical regions covered by each channel using the MRIcro software2, as well as the Brodmann’s area image and automated anatomic labeling image (Tzourio-Mazoyer et al., 2002).



fNIRS-Mediated Neurofeedback System

In this study, we analyzed Oxy-Hb signals as cortical activity. Previous studies reported that Oxy-Hb was correlated with fMRI BOLD signals and it might be the most consistent parameter for cortical activity (Hoshi et al., 2001; Strangman et al., 2002; Yamamoto and Kato, 2002). fNIRS signals were sampled at 4 Hz, and the data were transferred to the neurofeedback system online (Figure 2Aa). As the source of feedbacks from a region of interest (ROI), 5 fNIRS channels (Ch 1-5 in Figure 2B) in the aPFC were used. Transferred fNIRS signals were initially filtered with a lowcut filter (0.0125 Hz). A sliding-windows general linear model (GLM) analysis with a least-square estimation was used for real-time analysis of signal changes by in-house programs in MATLAB (R2014b; Math Works, Natick, MA, United States). The detailed methods for real-time analysis of fNIRS signals have been reported previously (Mihara et al., 2012). The window included 80 data points, which covered at least one cycle of the task (5 s) and rest (8–15 s) periods. Each window was measured for 20 s at 4 Hz. To eliminate contamination of the extra-cerebral components, such as the influence of scalp blood flow, respiration, heart rate, and motion artifacts, a principal component analysis was simultaneously performed using data from the short distance channels (Ch 44 and 45 in Figure 2B). The primary principal component was included in the model as a regressor. The t-values were used to estimate changes in cortical activation.

The maximal t-values from the feedback ROI were used as the cortical feedback signals. The height and color of the feedback bar varied from 0 (blue) to 8 (red), according to the t-value. The t-values > 2.0 indicated significant activation (approximately P < 0.05). If t-values from all the 5 fNIRS channels were lower than zero, suggesting no significant cortical activation, the feedback bar was set to zero. In the sham group, random signals regardless of their own aPFC activation were generated as neurofeedback signals from prerecorded data of aPFC activity from other individuals. The prerecorded data were randomly selected from pooled data that were recorded during the same task in the real feedback condition. Thus, the height and color of the feedback bar on the screen reflected the real-time fNIRS signals in the real group, but the randomly selected prerecorded data in the sham group. The subjects in both groups were asked to keep the height and color of the feedback bar at higher levels (Mihara et al., 2013; Fujimoto et al., 2017).



Data Analysis


Behavioral Measures

To evaluate the hand dexterity, peg scores, defined as the number of the pegs put into the holes, were estimated on each assessment before and after the motor imagery training, and the scores from three blocks were averaged. “Performance gain” was defined as the peg score in the post-assessment divided by that in the pre-assessment in individual subjects. Then, the mean performance gain of the two groups was compared using unpaired t-test.



fNIRS Data in the Feedback ROI During Motor Imagery Training

To compare progress in motor imagery training between the two groups, feedback signals (Oxy-Hb) were analyzed. Early training data (trials 1–4 in Figure 2Ac) from each training day were removed from the analysis due to data instability (Fujimoto et al., 2017). Then, the mean t-values of the 5 channels (Ch 1-5 in Figure 2B) in trials 5–16 were averaged for each subject in each training day, and the mean t-values for each day in each group were estimated. Finally, the averaged mean t-values across the 6 training days were compared between the two groups using paired t-test. To evaluate the effects of neurofeedback training on performance gain, the relationships between performance gain and improvement rate of hemodynamic activity (Oxy-Hb gain) in the feedback ROI during training were analyzed by simple regression analysis. The Oxy-Hb gain in the feedback ROI was defined as averaged t-values across Ch 1-5 on training day 6 divided by those on training day 1 in individual subjects.

We also analyzed temporal changes of cerebral hemodynamic responses (Oxy-Hb, Deoxy-Hb, and Total-Hb) during motor imagery training in the aPFC. First, cerebral hemodynamic responses were estimated by simple-subtraction methods (Schytz et al., 2009; Nakamichi et al., 2018): [the whole signals with probe distance of 3.0 cm in the aPFC] minus [the extra-cerebral signals with probe distance of 1.5 cm, located nearest to corresponding whole signals]. The subtracted cerebral signals were filtered with a bandpass filter (0.01–0.1 Hz) to reduce long-term baseline drift and autonomic responses such as cardiac or respiratory activity (Tong et al., 2011; Yasumura et al., 2014). The fNIRS signals were then summed and averaged across the 12 trials (from 5th to 16th trials except the early 4 trials) in each training day. The summed data were corrected for baseline activity from −3 to 0 s before the start of motor imagery (start beep tone).



fNIRS Data During Assessment of Hand Dexterity (Purdue Pegboard Test)

The cerebral hemodynamic activity (Oxy-Hb, Deoxy-Hb, and Total-Hb) was similarly computed using simple-subtraction methods (see above). In this study, we analyzed Oxy-Hb signals as cortical activity (see above). Oxy-Hb signals were analyzed using a mass univariate GLM by statistical parametric mapping on NIRS-SPM software3 (version 4.1) (Ye et al., 2009). In the group analysis, SPM t-statistic maps on the standardized brain in the MNI coordinate system were generated. Statistical significant level was set at an uncorrected threshold of P < 0.001 (Thornton et al., 2011; Kim et al., 2017) and the threshold setting of cluster-extent was 50 sequence (Woo et al., 2014; Theisen et al., 2017; Bansal and Peterson, 2018).

The above group analysis indicated activation in the several cortical areas including the left, but not right, somatosensory motor-related areas in the real group and SMA in the sham groups (see section “Results”). We investigated the relationship between hand dexterity during Purdue Pegboard testing and hemodynamic cortical activity in these activated areas using simple regression analysis. First, five cortical regions that showed significant activation in the SPM t-statistic maps in the post-assessment were selected as ROIs; the left premotor area (L-PM), left primary motor area (L-M1) for the hand (lateral L-M1), L-M1 except lateral L-M1 (medial L-M1), left primary somatosensory area (L-S1), and SMA. The L-M1 was divided into two parts based on the X coordinate of the MNI coordinates: the hand motor area (lateral L-M1: area with X ≤ −30) and the remaining area (medial L-M1: area with X ≥ −29) (Stoeckel et al., 2009; Hadoush et al., 2011; Lapborisuth et al., 2017; Schellekens et al., 2018). Second, in each ROI, the averaged t-values were calculated in the pre- and post-assessment sessions. Then, Oxy-Hb gain was calculated in each ROI as mean t-value in the post-assessment divided by that in the pre-assessment. Finally, in each ROI, a simple regression analysis was performed to analyze relationships between Oxy-Hb gain and performance gain. In these regression analyses, outliers were detected by residual analysis and were removed before the analyses. Data with standardized residuals larger than 3.29 were defined as outliers (Cook and Weisberg, 1982).

To investigate the effects of neurofeedback training on cortical activation during the Purdue Pegboard test, the relationships between the mean t-values in the feedback ROI on each training day and the mean t-values in the activated areas during the Purdue Pegboard test in the post-assessment were analyzed using simple regression analysis.



Statistical Analysis

Data normality was assessed by the Shapiro–Wilk test. Homogeneity of variance was assessed by Levene’s test. Data between the real and sham groups were compared using Student’s t-test (or Mann–Whitney U-test) and analysis of variance (ANOVA). The simple regression analysis was used to investigate data correlation using the data in the all subjects as well as those in the real group. These statistical analyses were performed using SPSS statistical package version 19.0 (IBM, Co. Ltd., New York, NY, United States). The statistical significant level was set at P < 0.05.



RESULTS


Baseline Characteristics

The baseline characteristics of the two groups are shown in Table 1. The mean (±SE) age in the real group was 25.4 ± 0.9 years, and that in the sham group was 25.3 ± 1.1 years. There were no significant differences between the two groups in terms of handedness [Student’s t-test; T(29) = 0.746, P > 0.05], age [Student’s t-test; T(29) = 0.029, P > 0.05], and sex [chi-squared test; χ2(1) = 0.027, P > 0.05].


TABLE 1. Baseline subject characteristics.
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Performance in the Purdue Pegboard Test

Hand dexterity was assessed by using the Purdue Pegboard test. Peg scores in the pre-assessment session were used as a control before training, and there was no significant difference in scores between the two groups (14.67 ± 0.367 in the real group, 15.76 ± 0.475 in the sham group) [Mann–Whitney U-test; U(16, 15) = 71.00, P > 0.05]. These mean scores are comparable to those of the normative data (around 15–16) of the healthy adults in their twenties and thirties (Yeudall et al., 1986). However, performance gain was significantly higher in the real group than the sham group (1.085 ± 0.017 in the real group, 1.034 ± 0.011 in the sham group) [Student’s t-test; T(29) = 2.427, P < 0.05] (Figure 3).
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FIGURE 3. Comparison of performance gain between the real and sham groups. *P < 0.05.


After the pre-assessment of the Purdue Pegboard test, motor imagery ability of the subjects was assessed using the JMIQ-R. The mean total score in the real group was 42.94 ± 2.21, and that in the sham group was 43.93 ± 2.35. There was no significant difference in total sores between the real and sham groups [Student’s t-test; T(29) = 0.299, P > 0.05].



Effects of Motor Imagery Training on aPFC Activity and Performance Gain

Figure 4A shows examples of cerebral hemodynamic responses in the 5 fNIRS channels in the aPFC during motor imagery training on day 6 in one subject of the real group. In Ch 1, 3, and 4, Oxy-Hb and Total-Hb concentration increased after onset, whereas Deoxy-Hb concentration gradually decreased during the task period. In Ch 2 and 5, Oxy-Hb concentration slightly increased during the task period, whereas Deoxy-Hb and Total-Hb concentrations gradually decreased after the onset. Figure 4B shows examples of the comparable data in one subject of the sham group. There were no apparent increases in Oxy-Hb concentration after the task onset.
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FIGURE 4. Examples of hemodynamic responses in the feedback ROI (Ch 1-5) during motor imagery training in the real (Aa–Ae) and sham (Ba-Be) groups. (A) Hemodynamic responses in one subject of the real group. In Ch 1, 3, and 4, Oxy-Hb and Total-Hb concentrations increased after task onset, whereas Deoxy-Hb concentration gradually decreased during neurofeedback training. (B) Hemodynamic responses in one subject of the sham group. There were no apparent increases in Oxy-Hb concentration after the task onset.


Figure 5A shows a comparison of the mean t-values in the 5 channels of the aPFC across the 6 training days between the real and sham groups. The results showed that the mean t-values were significantly higher in the real group when compared with the sham group (1.520 ± 0.032 in the real group, 1.400 ± 0.039 in the sham group) [paired t-test; T(5) = 4.383, P < 0.01]. Trends of changes in mean t-values in the aPFC during motor imagery training over the trials in each training day are shown in Supplementary Figure 1. The difference between the two groups in Figure 5A could be ascribed to the difference in the appearance of the presented bar between the two groups. However, there was no significant difference in the height of the feedback bar on the screen between the real and sham feedback groups (2.274 ± 0.165 in the real group, 2.270 ± 0.274 in the sham group) [Mann–Whitney U-test; U(16, 15) = 84.00, P > 0.05]. This indicated that the observed significant difference in the mean t-values of the aPFC signals between the two groups was not due to the difference in the screen bar.
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FIGURE 5. Effects of motor imagery training on aPFC activity (A) and performance gain (B). (A) Comparison of cortical activation (mean t-values) in the aPFC during the motor imagery task between the real and sham groups. **P < 0.01. (B) Correlation between Oxy-Hb gain in the aPFC in motor imagery training and hand performance gain in the Purdue Pegboard test in all subjects (a) and in the real group (b).


To analyze the effects of neurofeedback training on hand dexterity, the relationships between performance gain in the Purdue Pegboard test and Oxy-Hb gain in the feedback ROI (aPFC) during motor imagery training were analyzed (Figure 5B). When the data of all subjects were analyzed (Figure 5Ba), the Oxy-Hb gain in the feedback ROI was significantly and positively correlated with performance gain [r = 0.37, F(1,29) = 4.726, P < 0.05]. When the data were confined to the real group (Figure 5Bb), there was also a significant positive correlation between the Oxy-Hb gain in the aPFC and the performance gain [r = 0.54, F(1,14) = 5.841, P < 0.05].



Hemodynamic Responses During Purdue Pegboard Testing

Figure 6 shows the contrast image maps during Purdue Pegboard testing in the post-assessment resulting from the group analysis based on the GLM with NIRS-SPM. In the real group, task-related cortical activation was observed in the somatosensory motor-related areas: L-PM, L-M1, and L-S1 (Figure 6Aa). The L-M1 was further divided into the hand area (lateral L-M1) and the remaining L-M1 (medial L-M1) (see section Materials and Methods). A schematic illustration of the activated areas is shown in Figure 6B. The averaged MNI coordinates [(X, Y, Z) mm] of each ROI were as follows; L-PM, [Averaged MNI coordinate; (−36, −18, 68) mm]; hand area in L-M1 (lateral L-M1), [(−34, −25, 72) mm]; the remaining L-M1 (medial L-M1), [(−27, −25, 75) mm]; and L-S1, [(−29, −30, 75) mm].
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FIGURE 6. Task-related cortical activation during the Purdue Pegboard test in the post-assessment. (A) NIRS-SPM T-statistic maps in the real (a) and sham (b) groups. Task-related cortical activation was observed in the somatosensory motor-related areas in the real group (a), and the supplementary motor area (SMA) in the sham group. (B) Schematic illustration of the task-related cortical activation in the real group. The task-related activated areas were divided into 4 ROIs: left premotor area (L-PM), lateral left primary motor area (L-M1) (lateral L-M1, hand motor area), medial L-M1, and the left primary somatosensory area (L-S1). L, lateral; A, anterior.


In the sham group, task-related activity was observed in the SMA (Figure 6Ab). The averaged coordinates of the SMA were −4, 10, and 74 (X, Y, Z) mm.



Relationships Among Motor Imagery Training, Somatosensory-Motor Cortical Activity, and Performance Gain

The above data in Figure 5B indicated that Oxy-Hb gain in the aPFC during motor imagery training was significantly and positively correlated with performance gain. We hypothesized that motor imagery training gradually increased activity in the somatosensory motor-related areas through the aPFC, which in turn increased performance gain in the Purdue Pegboard test. First, we analyzed the relationships between aPFC activity during motor imagery training and activity in the somatosensory motor-related areas during Purdue Pegboard testing in the post-assessment (Figure 7A). Statistical analyses by a simple regression analysis indicated that task-related activation in the somatosensory motor-related areas (L-PM, L-M1, and L-S1) during Purdue Pegboard testing in the post-assessment significantly and positively correlated with aPFC activity on day 5 [day 5; r = 0.41, F(1,29) = 5.765, P < 0.05], and day 6 [day 6; r = 0.45, F(1,29) = 7.284, P < 0.05] in the motor imagery training. However, there were no such correlations on day 1, 2, 3, and 4 (data not shown).


[image: image]

FIGURE 7. Relationships between aPFC activity during motor imagery training and activity in the somatosensory motor-related areas during the Purdue Pegboard test (A), and those between Oxy-Hb gain in the lateral L-M1 and performance gain in the Purdue Pegboard test (B). (A) There were significant positive correlations between the activity in the somatosensory motor-related areas and that in the aPFC on day 5 (a) and day 6 (b). (B) There were significant positive correlations between Oxy-Hb gain in the lateral L-M1 and hand performance gain in the Purdue Pegboard test when data in the whole subjects (a) and subjects in the real group (b) were analyzed. The data in each circle indicate data from each subject.


Second, we then analyzed the relationships between Oxy-Hb gain in the somatosensory motor-related areas in the Purdue Pegboard test (i.e., improvement of task-related activation) and performance gain in the Purdue Pegboard test (i.e., improvement of hand dexterity). There were no significant relationships between Oxy-Hb gain in the entire activated somatosensory motor-related areas and performance gain [r = 0.35, F(1,29) = 4.068, P > 0.05]. However, there was a significant positive correlation between Oxy-Hb gain in the lateral L-M1 (hand motor area) and performance gain (Figure 7B). In the whole subject analysis (Figure 7Ba), data from one sample were removed as outliers by the residual analysis (standardized residual = −5.001), and there was a significant positive correlation between Oxy-Hb gain in the lateral L-M1 and performance gain [r = 0.55, F(1,28) = 12.201, P < 0.01]. When the data were confined to the real group (Figure 7Bb), data from one sample were also removed as outliers (standardized residual = −3.481), and there was also a significant positive correlation between Oxy-Hb gain in the lateral L-M1 and performance gain [r = 0.61, F(1,13) = 7.786, P < 0.05].

In contrast, no significant correlation was observed between Oxy-Hb gain in the SMA and performance gain in the sham group [r = 0.39, F(1,12) = 2.183, P > 0.05], where data from one sample were removed as outliers (standardized residual = −3.468), nor significant correlation in the whole subject analysis [r = 0.12, F(1,28) = 0.429, P > 0.05], where one sample data were also removed as an outlier (standardized residual = −5.200).



DISCUSSION


Effects of Neurofeedback Training Targeting the aPFC

The neurofeedback training in healthy adult subjects significantly increased cerebral hemodynamic activity in the aPFC in the real group when compared with the sham group. These findings indicated that the subjects could volitionally control (self-regulate) aPFC hemodynamic activity. Previous studies also reported that subjects could self-regulate activity in specific brain areas including the PM, SMA, and aPFC through neurofeedback-guided motor imagery training (Mihara et al., 2012, 2013; Kinoshita et al., 2016; Subramanian et al., 2016). The present study further indicated that performance gain was significantly increased in the real group than the sham group after motor imagery training, and that motor imagery training progress (i.e., Oxy-Hb gain in the aPFC) correlated with performance improvement (i.e., performance gain) in the Purdue Pegboard test. These findings suggest that the activation of the aPFC is associated with improvement in hand motor functions. Consistent with this idea, our previous studies reported that Oxy-Hb gain in the aPFC positively correlated with performance gain during repeated training in a task similar to the Purdue Pegboard test, and that anodal stimulation of the aPFC by transcranial direct current stimulation (tDCS) increased performance in a motor rehabilitation task similar to the Purdue Pegboard test in healthy adults as well as in patients with Parkinson’s disease (Ishikuro et al., 2014, 2018). Furthermore, activity in the aPFC was reported to correlate with shoulder function after surgery due to shoulder dislocation (Zanchi et al., 2017). These findings suggest that the aPFC is an important target for neurofeedback training in motor rehabilitation.



Effects of Neurofeedback Training on the Somatosensory Motor-Related Areas

In the present study, the SPM map in the group analysis indicated that hemodynamic activity in the somatosensory motor-related areas (L-PM, lateral L-M1, medial L-M1, and L-S1) increased during Purdue Pegboard testing after neurofeedback training in the real group with hand performance improvement. The results suggest that the left somatosensory motor-related areas are essential for motor skill learning using the right hand. Consistent with the present results, recent studies suggest that the motor cortex (L-M1), which plays a prominent role in movement control, is also important in motor skill learning (Papale and Hooks, 2018), and that the somatosensory cortex (L-S1) is also involved in motor control through its direct projections to the motor cortex (Matyas et al., 2010). The premotor cortex (L-PM) is also implicated in motor learning in healthy subjects as well as patients (Mihara et al., 2012, 2013; Hardwick et al., 2013). Transcranial direct current stimulation of the premotor cortex increased hand dexterity (Pavlova et al., 2014), and increased excitability of the ipsilateral M1 area (Boros et al., 2008), suggesting that L-PM effects on performance gain might be mediated through its effects on the L-M1. Furthermore, hemodynamic activity in the aPFC was positively correlated with that in the L-PM during motor learning in a similar motor task (Ishikuro et al., 2014). These finding suggest that the aPFC might affect motor learning through the L-PM and L-M1.

Interestingly, hemodynamic activity in the SMA increased in the sham group during Purdue Pegboard testing in the post-assessment. The SMA has been implicated in learning a new association between stimuli and motor responses, and in cognitive control to inhibit a response plan (Nachev et al., 2008). Furthermore, a recent intracranial recording study suggests that the SMA functions as an action-monitoring system to emit alarm signals for incorrect responses or errors (Bonini et al., 2014). In the sham group, the subjects received random feedback signals regardless of their own aPFC activation during motor imagery of the Purdue Pegboard test. This indicates that the correct aPFC activation that led to execution of the Purdue Pegboard test was not facilitated in the sham group, further suggesting that irrelevant aPFC activation might develop irrelevant synaptic activation in the somatosensory motor-related area in a way different from that used in the Purdue Pegboard test. Therefore, in the post-assessment of the Purdue Pegboard test, the subjects in the sham group might have to correct wrong synaptic activity formed by sham motor imagery training. Thus, the SMA activity in the sham group might increase to detect wrong synaptic activity in the somatosensory motor-related areas, to inhibit wrong responses, and to learn correct (new) association between incoming visual inputs and motor responses.



Neural Mechanisms of Performance Improvement

Hemodynamic activity in the somatosensory motor-related areas increased in the Purdue Pegboard test after neurofeedback training in the real group. This activity increase correlated with aPFC activity on days 5 and 6 during motor imagery training. Furthermore, Oxy-Hb gain in the lateral L-M1 (hand motor area) positively correlated with hand performance gain in the Purdue Pegboard test. It has been proposed that there are two stages of motor skill learning; initial fast learning (e.g., within a single session of training) and late slow learning (e.g., repeated training over a month to increase accuracy and speed) (Dayan and Cohen, 2011). In an initial fast learning, BOLD signals in the M1 decrease along with progression of learning, while BOLD signals in the M1 gradually increase along with learning in a late slow learning (see a review by Dayan and Cohen, 2011). The present results indicating significant increases in Oxy-Hb in the lateral L-M1 after repeated motor imagery training for 6 days, which were positively associated with task performance, suggest that neural mechanisms for late slow learning may be involved in the present neurofeedback training.

Our previous results indicated that response latencies in the aPFC were faster than in the somatosensory motor-related areas, and that hemodynamic activity in the aPFC correlated with that in the somatosensory motor-related areas during motor learning in a similar motor rehabilitation task (Ishikuro et al., 2014). Non-invasive studies reported indirect projections from the aPFC to the somatosensory motor-related areas (Hasan et al., 2013; Liu et al., 2013). Human neuropsychological studies suggest that the activity of the anterior part of the PFC, including the aPFC, was increased when subjects learned new motor task(s) (Jenkins et al., 1994; Floyer-Lea and Matthews, 2004), and lesions to these PFC areas delayed motor learning (de Guise et al., 1999; Richer et al., 1999). These findings suggest that the aPFC might shape synaptic activity in the somatosensory motor-related areas to improve hand dexterity during neurofeedback motor imagery training. Induction of such synaptic plasticity during feedback training might be mediated through long-term potentiation (LTP)-like and long-term depression (LTD)-like mechanisms as well as through dopaminergic activity (Sitaram et al., 2016).

Consistent with this idea, previous human studies suggest that the motor learning process during the repetition of a motor task involves synaptic plasticity in the M1 area, including LTP- and LTD-like mechanisms (Rioult-Pedotti et al., 1998; Muellbacher et al., 2002; Jung and Ziemann, 2009). The dorsolateral PFC, which receives projections from the aPFC (Liu et al., 2013), could facilitate excitability of the ipsilateral M1 area (Hasan et al., 2013), consistent with LTP induction. Second, dopaminergic neurons receive direct and/or indirect glutamatergic projections from the PFC (Kalivas, 1993; Carr and Sesack, 2000; Omelchenko and Sesack, 2007; Han et al., 2017), and dopaminergic neuronal activity correlates with that of PFC neurons (Gao et al., 2007; Zhang et al., 2012), suggesting that aPFC activity might induce dopamine release in the somatosensory motor-related areas. Furthermore, dopamine facilitates LTP induction as well as motor skill learning (Li et al., 2003; Molina-Luna et al., 2009; Hosp et al., 2011). Taken together, the aPFC might improve performance gain partly through these two mechanisms.



Limitations

There are several limitations in the present study. First, although performance in the Purdue Pegboard test was improved by motor imagery training to increase aPFC activity, motor imagery training itself could improve performance in the Purdue Pegboard test regardless of aPFC activity. Therefore, the sham group was introduced to control motor imagery training to exclude such possibility. Furthermore, the subjects were randomly assigned to the two groups, and there was no significant difference in motor imagery ability at least after the pre-assessment of the Purdue Pegboard test. However, sense of agency (“feeling of being in control”: Jeunet et al., 2016) could affect motor imagery performance. Although the subjects were blinded to subject grouping, they could identify subject grouping through their sense of agency during the motor imagery training. Identification of own group could affect degree of engagement in the motor imagery training. Thus, sense of agency could affect performance gain in the Purdue Pegboard test regardless of aPFC activity. However, the present results indicated that activity in the aPFC was significantly associated with activity in the somatosensory motor-related areas and performance in the Purdue Pegboard test. These results indicated that aPFC activity during the motor imagery training is one of the important factors to improve performance in the Purdue Pegboard test.

Second, we used young healthy subjects in the present study. However, patients with stroke as well as chronic neurological disorders such as Parkinson’s disease and Alzheimer’s disease are expected to undergo the neurofeedback training, and would be older than the present subjects. A previous study reported that aPFC stimulation by tDCS ameliorated hand dexterity in elder patients with Parkinson’s disease (Ishikuro et al., 2018), suggesting that the neurofeedback training to increase aPFC activity might be effective in elder patients. Third, we analyzed relationships between dexterity and hemodynamic activity in the left somatosensory motor-related area, since only this area was activated during the Purdue Pegboard test in the post-assessment session. However, activity in the ventral parts of the brain such the cerebellum and basal ganglia, which are also implicated in motor learning (Atallah et al., 2007; Spampinato and Celnik, 2017), were not investigated due to methodological limitation of NIRS. Fourth, although hemodynamic activity changes based on neurovascular coupling (see section Introduction), it cannot detect whether these changes are associated with neurophysiological facilitation nor inhibition. Fifth, we observed the motor behaviors during the motor imagery training by videos instead of EMG recording since it is difficult to record EMGs from all of the many muscles involved in stretching the arm and picking up a peg. However, video inspection could miss muscle activity without overt movements during the motor imagery training. Finally, sense of agency, which is an important factor for effectiveness of intervention with neurofeedback training (Braun et al., 2018), was not evaluated in the present study. However, sense of agency is reported to be positively associated with performance in neurofeedback training (Jeunet et al., 2016), and hemodynamic activity in the aPFC during the motor imagery training was larger in the real than sham groups, suggesting that sense of agency during the training might be higher in the real than sham groups. Further studies were required to evaluate usefulness of this neurofeedback training in patients with motor disabilities.



CONCLUSION

In the present study, the healthy adult subjects were trained to increase aPFC activity by using motor imagery of the Purdue Pegboard test under real-time neurofeedback from the aPFC: the real group subjects received real feedback signals from the aPFC, whereas the sham group subjects received random signals. The motor imagery training significantly increased hemodynamic activity in the aPFC in subjects in the real group when compared with subjects in the sham group. After the training, group analysis of hemodynamic activity during Purdue Pegboard testing indicated that the somatosensory motor-related areas (L-PM, lateral L-M1, medial L-M1, and L-S1) were activated in the real group with hand performance improvement, while hemodynamic activity in the SMA was increased in the sham group. Furthermore, the hemodynamic activity in the somatosensory motor-related areas during the Purdue Pegboard test after the training correlated with the activity in the aPFC on the last two days during motor imagery training. In addition, Oxy-Hb gain in the lateral L-M1 positively correlated with hand performance gain in the Purdue Pegboard test. Motor skill learning requiring fine motor functions has been attributed to changes in neural circuits in the sensorimotor cortex (Hatakenaka et al., 2007; Papale and Hooks, 2018). The present results suggest that neurofeedback training from the aPFC might induce synaptic plasticity in the sensorimotor cortex. These findings further suggest that motor imagery training using neurofeedback from the aPFC can be applied to patients with stroke or chronic neurological disorders.
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Hand prostheses are usually controlled by electromyographic (EMG) signals from the remnant muscles of the residual limb. Most prostheses used today are controlled with very simple techniques using only two EMG electrodes that allow to control a single prosthetic function at a time only. Recently, modern prosthesis controllers based on EMG classification, have become clinically available, which allow to directly access more functions, but still in a sequential manner only. We have recently shown in laboratory tests that a regression-based mapping from EMG signals into prosthetic control commands allows for a simultaneous activation of two functions and an independent control of their velocities with high reliability. Here we aimed to study how such regression-based control performs in daily life in a two-month case study. The performance is evaluated in functional tests and with a questionnaire at the beginning and the end of this phase and compared with the participant’s own prosthesis, controlled with a classical approach. Already 1 day after training of the regression model, the participant with transradial amputation outperformed the performance achieved with his own Michelangelo hand in two out of three functional metrics. No retraining of the model was required during the entire study duration. During the use of the system at home, the performance improved further and outperformed the conventional control in all three metrics. This study demonstrates that the high fidelity of linear regression-based prosthesis control is not restricted to a laboratory environment, but can be transferred to daily use.

Keywords: Myolectric control, prosthesis, regression, simultaneous control, clinical evaluation


INTRODUCTION

Losing a hand has a dramatic impact to a person’s life. Myoelectric hand prostheses can reduce the repercussions and help the person to conduct activities of daily living with less restrictions. Conventionally, two electrodes placed on antagonistic muscles are used to control a single degree of freedom (DOF) of the hand (Muzumdar, 2004), i.e., opening and closing the hand. Mode-switching techniques, such as co-contraction are used control a second DOF such as a wrist rotation or other functions, such as different grip types sequentially, which is cumbersome and limits the benefit of additional functions (Amsuess et al., 2014).

To overcome the limitations, classification techniques (Englehart and Hudgins, 2003; Oskoei and Hu, 2007; Peerdeman et al., 2011; Scheme and Englehart, 2011; Hahne et al., 2012) have been applied that compare the current electromyographic (EMG) with training-patterns with known motion. The classifier decides for the most similar class, allowing for directly accessing all functions, although typically only in a sequential manner. Recently, classification based control approaches have become clinically available (Coapt-LLC, 2019; Ottobock, 2019).

In the past years also regression algorithms have been applied in prosthetic research (Jiang et al., 2009; Ameri et al., 2014; Gijsberts et al., 2014; Hahne et al., 2014). The fundamental difference to classification is, that a regressor does not decide for a particular motion class. Instead, a regressor estimates activity levels for all DOFs simultaneously. This allows not only performing two different functions at the same time but even to control their velocity independently. Since the output reacts to any changes of the EMG input, the user can more easily compensate for disturbances, which increases the reliability (Hahne et al., 2017).

The relatively high classification/regression performance shown in laboratory conditions may not necessarily translate into good functional recovery in real prosthetic use (Jiang et al., 2012). Factors such as changes in arm position (Fougner et al., 2011; Khushaba et al., 2016; Beaulieu et al., 2017), small electrode displacements (Young et al., 2011; Hwang et al., 2017), sweat, mechanical load to the socket (Cipriani et al., 2011), or time between training and application of the algorithm (Amsuss et al., 2013; Vidovic et al., 2016) can degrade the performance and lead to an unreliable control in daily life.

Recently, we have shown a relatively high robustness of the regression approach in five prosthetic users during advanced clinical tests in the laboratory that involved challenging arm positions and the application on a second day without retraining (Hahne et al., 2018). The purpose of this eight-week case study was to test a research prosthesis controlled by linear regression (LR) under fully uncontrolled conditions in the daily life and compare it with the participant’s own prosthesis with a conventional control (CC).



METHODS


Participant

The participant of this case study was a 58-year old man, who got his left hand amputated on trasradial level, 35 years before this study. Since that time he has been actively using conventional myoelectric prostheses controlled with two EMG channels. Until approximately 12 months before the beginning of this study he was wearing only single-DOF prostheses without rotation. Then he was provided with an Otto Bock Michelangelo hand and used conventional slope-control to access grasp and rotation and co-contraction to alter between the two grip functions. He had moderate experience with both classification- and regression-based control approaches from earlier experiments and was familiar with the functional tests conducted in this study. Due to his participation in our previous laboratory study (Hahne et al., 2018) with a similar system, he was already familiar with the control concept and was able to generate suitable training data. A chronologic overview on the participant’s prosthetic history and this study is provided in Figure 1E.
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FIGURE 1. Prostheses hardware used in this study. (A) Michelangelo hand owned by the participant and used as a baseline with conventional two-channel control in this study. (B) Research prosthesis controlled by eight channels and linear regression. (C) Components of the research prosthesis: rotation unit (upper left), outer socket with battery holder, power-switch and strap with hook and loop fastener to adjust the fit (lower left), inner socket made from silicone with eight integrated electrode modules (lower right), customized controller. (D) Use of the regression based prosthesis in uncontrolled conditions, in daily life. (E) Chronology of this case report indicating prosthetic use, functional assessments (stopwatch), and adjustments period (tool icon). Michelangelo hand was used already since 12 month at the study period and before the participant used single-DOF prostheses for around 35 years.




Prosthesis

The research prosthesis used in this study was an Otto Bock VariPlus Speed hand with electric wrist rotator. A customized socket was built for the participant (inner socket high temperature vulcanization silicone incl. eight Otto Bock 13E200 electrodes, outer socket laminated carbon fiber). It included a customized controller, a battery pack and an easily accessible power-switch and allowed for simultaneous and proportional control of the two DOFs with LR.

The system and the training procedure were similar to those described in Hahne et al. (2018). First, four suitable phantom-limb motions were selected based on visual inspection of the EMG (phantom flexion/extension for closing/opening, pronation/little-finger flexion for rotation). The latter gave a relatively strong and clear pattern and was chosen instead supination to increase the robustness.

For the algorithmic training, data with known movement association was recorded. Therefore, the participant was asked to follow trapezoidal contraction profiles for all four motions (2 s rest, 3 s ramp-up, 3 s static contraction, and 2 s ramp-down). The entire training dataset consisted of only one repetition of each motion in neutral arm position, corresponding to a total of 40 s of data for training the algorithm (data in Supplementary Material).

A linear mapping model W from the eight-dimensional EMG envelopes x to the two-dimensional control signal [image: image] (Eq. 1) was established by ordinary LR (Eq. 2), where X and Y are matrices with the collected training data and labels based on the visual cues:
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Algorithmic training of the regression model was conducted with a customized MATLAB framework on a standard PC (I7, 2 × 2.5 GHz, 16 GB RAM, and Windows 7). As previously shown (Hahne et al., 2014), a linear regressor on EMG can estimate simultaneous activations of two DOFs with a clinically feasible number of electrodes, even when trained on non-combined motions only. Following the training of the algorithm, a real-time control of a cursor in a two-dimensional coordinate system was established in position-control mode to verify proper control.

As in CC, the prosthesis was operated in velocity-control mode. The stronger the participant contracted, the faster the prosthesis moved and at relaxation, the prosthesis did not move back. The envelope output of the active EMG electrodes could be directly utilized without windowing or feature extraction.

To suppress unintended motions and fine-tune the velocity of the prosthesis, two thresholds were individually adjusted for each of the four prosthetic functions that determined the level of activation and the level for that the maximal speed is reached. Additionally, the customized controller contained a real-time clock and a micro-SD card that was used for continuous recording of the EMG envelopes to allow for quantitative usage evaluation. For the analysis, we considered only reconstructed motions with speed larger than five percent of the maximal speed and a duration larger than 200 ms. A motion that included a phase with both DOFs active was counted as one multi-DOF motion. The results of this analysis were averaged over periods of 1 week of the home phase.

As a baseline, we compared our research prosthesis (controlled with LR) with the Michelangelo hand owned by the participant and used daily before this study for approximately 12 months. It was controlled by two EMG channels on the residual flexor and extensor muscles and a CC technique based on the initial EMG slope (Muzumdar, 2004). Slowly increasing EMG amplitudes would open/close the prosthesis while quickly raising contractions would rotate the hand with a velocity proportional to the EMG amplitude and a co-contraction was used to change between lateral and palmar grip.



Functional and Subjective Assessment

The functional performance of the LR-controlled research-prototype prosthesis was assessed with three standardized tests during laboratory sessions performed at the beginning of the study, 1 day after the training with the new system, and at the end of the 2-month home phase. The CC-controlled Michelangelo hand was evaluated with the same functional tests at the beginning of the study only. Since the participant had already used this fitting for 12 months in daily life, we assumed that the training with this prosthesis was finished and the performance already saturated. The functional tests performed were the Box-And-Blocks Test (Mathiowetz et al., 1985), the Clothespin-Relocation Test (Hussaini and Kyberd, 2017), and the Southampton Hand Assessment Procedure (SHAP; Kyberd et al., 2009).

The Box-And-Blocks Test requires to transfer as many wooden blocks as possible from one box into another within 60 s. The Clothespin-Relocation Test assesses the time needed to relocate three pins (10 N grip force) of the Rolyan Graded Pinch Exerciser from a horizontal to a vertical bar. For the SHAP test times for a broad spectrum of activities of daily living are measured and compared with a normative database of young healthy people (Light et al., 2002). A SHAP-score of 100 corresponds to normal and 0 to minimal functionality.

The Box-And-Blocks Test and the Clothespin-Relocation Test were performed ten times in each laboratory session, in order to reduce the scatter and test for statistically significant differences within the participant. Statistical comparisons were performed with a Wilcoxon rank-sum test with Bonferroni correction and a threshold of p = 0.05.

Beside the functional tests in the laboratory, we aimed to gather information regarding the reliability in other daily life situations, where disturbing factors that were not present in the laboratory tests appear. Also, we were interested in the personal opinion of the participant regarding the new control approach. Therefore, he was asked to fill in customized questionnaires for the first and the last week of the home phase (one pencil paper form covering both prostheses, not-validated). He had to grade different aspects of the research prosthesis and his own Michelangelo hand on a scale from 0 to 10 (questions in Supplementary Material).

The study was conducted in accordance with the declaration of Helsinki and was approved by the local ethic commission (approval number 23/4/16) and written, informed consent was obtained.



RESULTS


Summary of Home Phase

During the home phase of this study the participant was motivated to use the LR-controlled research prosthesis as much as possible, but he was allowed to use his own Michelangelo hand. His previous single-DOF prosthesis was not used and he reported to wear a prosthesis most of the time.

In the first two weeks of the home phase, problems with the socket fitting including electrode lift offs required several iterations of corrections (Figure 1E). Therefore, he visited our laboratory several times and was visited by a technician once in that time. Adding a strap adjuster system to the outer socket finally allowed the subject to control the tightness of the socket to ensure proper fixation and comfortable fit and to compensate for stump volume variations.

No retraining of the regression model that transforms the eight EMG-envelopes into control signals was required during the entire study. Only the thresholds that were used as a post-processing after the regression step to fine-tune the speed and to reduce the risk of unintended activations were adjusted as the participant experienced the sensitivity of the control as too high in the first week at home. On day 13 all thresholds were therefore increased by 75%, followed by corrections for the upper thresholds for hand open and supination. These were the only adjustments made on the controller during the home phase. After these mechanical and parametrical adjustments, the participant reported to be very satisfied with the control for the rest of the study. No further laboratory visits were required during the home phase but we called him occasionally to verify that everything was ok. He used the LR prosthesis in any activity of daily life, such as cooking, eating, cleaning, dressing, or fastening his shoes (Figure 1). He further reported that the LR control was very intuitive and that he could easily change from CC to LR. In contrast, when changing back to CC, he always needed some time of familiarization to the slope-control. He reported unintended rotations with his Michelangelo hand, especially in situations when he was in a rush and therefore generated quickly rising EMG amplitudes; a problem that was already present before this study. Being unsatisfied with his CC, he requested that the rotation function to be removed from his Michelangelo prosthesis by his prosthetist during the time of this study. We did not modify the control of the participant’s Michelangelo hand and no other changes beside removing the rotation were made externally during this study.

Despite satisfaction with the control, he, however, did not constantly wear the research prosthesis. He explained this choice with a preferred esthetic appearance of his Michelangelo hand over the VariPlus Speed hand and a more comfortable socket. He did not report any injuries, blisters, muscle aches, headaches, or similar issues related to the prostheses during the study. Overall, he indicated that he would prefer the LR control algorithm to be embedded in his own Michelangelo prosthesis and socket.



Data Log

The average amount of time the participant was wearing the research prosthesis increased within the first weeks and remained on a relatively high level between five and seven hours per day until week four (Figure 2A). In the second half of the study the average wear time decreased to 1–4 h per day. The wear-time of his own Michelangelo hand was not tracked as this was not possible with the commercial hardware, however, one can assume that it behalves complementary to the research prothesis, as the participant stated to wear a prothesis all day long. The number of motions he conducted per hour while wearing the research prosthesis was relatively high at the beginning of the study, with approximately 100 single-DOF motions and 80 multi-DOF motions, and decreased after the final adjustments in the end of week 2 to approximately 70 single-DOF and less than 20 multi-DOF motions per hour (Figure 2B). The amount of single DOF motions increased in the second half of the study to reach 120 motions per hour toward the end of the study. The multi-DOF motions on the other hand remained low in number until the end of the study. When considering the frequency of single DOF motions for each DOF separately, both DOFs were almost equally often active in the first two weeks. After week 2, however, the use of rotation decreased to approximately 10 motions per hour and remained at this level until the end of the study. The number of motions in the open/close DOF did not change in the first weeks and increased in the second half of the study from less than 60 to 80–100 motions per hour. The duration of single-DOF motions was shorter than multi-DOF motions and rotations wereshorter than motions of the DOF hand open/close (Figure 2C). There is a small trend towards decreasing duration for all motions over the time of the study.
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FIGURE 2. Data log of the regression prosthesis during the home phase of the study. (A) Daily wear time, average per week. (B) Counts of single and multi-DOF motions per hour of wear time. (C) Average duration of each individual motion. In all plots, the dashed vertical line indicates the time, when final adjustments to the socket and the parameters were finalized.




Functional Tests

All three functional tests were performed with the participant’s own Michelangelo hand (in beginning only) and the research prosthesis (before and after home phase; Figure 3).
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FIGURE 3. Results of the functional tests. Box-And-Blocks Test (A), Clothespin-Relocation Test (B), and SHAP Test (C). All tests were conducted with the conventionally controlled Michelangelo hand owned by the participant (CC) and the regression-based research prosthesis (LR before) in the beginning of the study. The regression control was evaluated a second time after the 8-week home phase (LR after). For Box-And-Blocks and Clothespin-Relocation Test 10 repetitions were conducted each time to apply intra-subject statistics. Statistically significant differences (p < 0.05) are marked with asterisks.


In the Box-And-Blocks Test the participant performed significantly better with LR prototype than with CC (p < 0.05) already before the home phase. The performance in this test did not further improve after the home phase but remained significantly better than CC in the second evaluation. Performance of the Clothespin-Relocation Test with the LR control was not significantly different with respect to CC before the home phase. However, after the home phase, the control with the regression-based control (LR after) improved significantly compared to both methods prior to training. Also, while in the initial session, one and three pins were dropped in total with CC and LR, respectively, after the home phase no pin was dropped with LR. In the SHAP Test the participant reached higher SHAP score with the regression (score 53) with respect to CC (score 45) already at the beginning of the study and further improved after the home phase (score 62).



Subjective Assessment

At the beginning of the study, the participant graded the reliability of the regression control higher than the one of his own prosthesis (Figure 4A). In the end both prostheses got full scores. This evaluation followed the longitudinal experience and final adjustments of the socket and the threshold parameters in LR and the deactivation of the rotation function for the Michelangelo hand. The naturalness of the control and the perception of the prosthesis as own hand were rated with maximal scores in the beginning and the end for LR while CC got only moderate scores, slightly increasing in the end (Figures 4B,C). The frequency of dropped items during the home phase was rated higher for CC. This score further improved with LR at the end of the study (Figure 4D). The participant graded a moderate advantage of LR in comparison with CC, slightly increasing at the end (Figure 4E).


[image: image]

FIGURE 4. Questionnaires. The participant graded for the first and last week of the home phase the reliability (A), naturalness of control (B), to which extent he perceived the prosthesis as his own hand (C), and the frequency of dropped or unintendedly released items (D) for both prostheses. In these metrics, LR scored better than CC at each time point. He reported a moderate advantage of LR compared to CC (E).




DISCUSSION

We evaluated a regression-based controller for simultaneous and proportional control of a 2-DOF prosthetic hand for 8 weeks in daily use. The regression model was trained with data recorded in less than 1 min and no retraining was required during the 2 months. In the first two weeks we encountered some reliability issues (mainly unintended rotations), that were fixed by modifications on the socket and final adjustments of the thresholds. The participant was then very satisfied with the control and did not report any further reliability issues. The strong decrease of rotation and multi-DOF motions after the adjustments in the second week (Figure 2B) could be an indication that many of these motions during the first two weeks were unintended activations.

As expected, the motion counts after week two revealed that the hand DOF (open/close) was more important than the wrist rotation for the participant. Hand use occurred 5 to 10 times more often than wrist rotation. Nevertheless, the participant reported to find the rotation useful, especially due to the simultaneous and intuitive control. The control of his own prostheses was in contrast perceived as so unphysiological and slow that he decided to remove the rotation there.

Multi-DOF motions were as frequent as rotations. This could be an indication for a physiological use of the hand, where in preparation of a grasp rotation is, e.g., combined with opening of the hand. In this light, the longer duration of multi-DOF motions could be explained by including the whole preparation movement in one Multi-DOF motion. Such more natural motions are not possible with current commercial control systems, where the user has to activate the individual functions sequentially. After the adjustment of the thresholds the participant reported that he did not notice any false activations of prosthesis functions in daily life. However, there is no final proof that all recorded multi-DOF motions were intended by the participant of the study.

The average daily wear time of the prosthesis decreased toward the end of the study, which could be a sign of dissatisfaction with the control. However, at the same time, the number of grasp motions per hour increased. Together, this could indicate that the participant used the prosthesis especially for physically active tasks and changed to his Michelangelo for less active phases, as he preferred its visual appearance and the more comfortable socket. The trend of decreased motion duration toward the end of the study could indicate an increased confidence, i.e., a more precise control of the velocity leading to a faster execution of the task. It would be interesting to record also the number motions per hour for CC and compare them with these of LR. However, this was technically not possible in this study and could be subject of future investigations.

It is not possible to conclude that the functional improvements of the regression-based control between the two assessments were only due to user learning (Hahne et al., 2017), as parameters were changed during the home phase of the study. However, we believe that progressive learning was indeed the main reason for improved performance, as the increase in threshold values that we have made would potentially, if at all, decrease the speed of the motions.

The subjectively reported larger frequency of dropped items in daily life with CC (Figure 4D) seems to be in contradiction to improved reliability rating and the higher number of dropped pins within the functional assessment of LR in the beginning. However, the participant explained that these item drops in daily life were not related to the control, but rather to the geometry of the lateral grip of the Michelangelo hand. The use of different prostheses to compare control algorithms is a limiting factor. On the other hand, we previously compared CC and LR with the same prosthetic hand in laboratory conditions (Hahne et al., 2018), and found a higher performance for LR. In the present work we decided to use the system the participant was wearing in daily life before the study as baseline to compare with the system he is most familiar with. Additionally, the maximal speed of the Michelangelo hand (325 mm/s for open/close, 25 rpm for rotation) is larger than the VariPlus Speed hand (300 mm/s, 17 rpm). So a potential bias due to the speed of the prosthesis would be in favor of CC. In the direct comparison (Figure 4E), the participant rated the advantage of the regression-controlled research prosthesis with 8 out of 10 points. This evaluation includes a combination of different aspects of the prosthesis, such as controllability, socket comfort, esthetic appearance of the prosthesis, that may confound each other. The research socket was constructed by a professional orthopedic technician with an inner socket of soft silicone, similar as the socket of the participant’s own Michelangelo hand. However, the eight electrode modules for the research prosthesis had to be pressed against the skin with a certain pressure to ensure a good contact, which made the socket less comfortable. This is a clear shortcoming of the study. A possible way to mediate this problem in future experiments may be to apply small conductive inserts (Hanson, 2008) that directly integrate into the inner socket or prosthesis liner to improve the comfort for control approaches that require a larger number of EMG-channels.

In (Kuiken et al., 2016) a classification-based approach was evaluated in three participants before and after home-use. While with their system a higher number of functions could be controlled, it required a frequent retraining during the home phase. Comparing the functional performance, our participant performed better than all three participants of the classification system in the SHAP, Box-And-Blocks, and Clothespin-Relocation Test already before the home phase. After the home phase the performance generally improved in both studies. Our participant using regression still outperformed all three participants of the classification-study in almost all metrics, emphasizing the daily-life suitability of our system.

In conclusion, this eight-week home trial demonstrates in a case study that a simultaneous and proportional control of two DOFs based on LR is reliably applicable in daily life. After final adjustments of the socket and parameters in week two, the control was robust and the participant was highly satisfied with the system. For this participant, the regression-controlled prosthesis outperformed the conventionally controlled one, which the participant used daily before this study in all functional metrics. The regression model was trained with data recorded in less than 1 min, with no retraining of the regression model being required over the entire study. This suggests a practical feasibility and potential clinical relevance of the presented approach, although tests with further prosthetic users are required to show whether a regression is useful for a broader range of users.
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Introduction: Sensory feedback in hand prostheses is lacking but wished for. Many amputees experience a phantom hand map on their residual forearm. When the phantom hand map is touched, it is experienced as touch on the amputated hand. A non-invasive sensory feedback system, applicable to existing hand prostheses, can transfer somatotopical sensory information via phantom hand map. The aim was to evaluate how forearm amputees experienced a non-invasive sensory feedback system used in daily life over a 4-week period.

Methods: This longitudinal cohort study included seven forearm amputees. A non-invasive sensory feedback system was used over 4 weeks. For analysis, a mixed method was used, including quantitative tests (ACMC, proprioceptive pointing task, questionnaire) and interviews. A directed content analysis with predefined categories sensory feedback from the prosthesis, agency, body ownership, performance in activity, and suggestions for improvements was applied.

Results: The results from interviews showed that sensory feedback was experienced as a feeling of touch which contributed to an experience of completeness. However, the results from the questionnaire showed that the sense of agency and performance remained unchanged or deteriorated. The ability to feel and manipulate small objects was difficult and a stronger feedback was wished for. Phantom pain was alleviated in four out of five patients.

Conclusion: This is the first time a non-invasive sensory feedback system for hand prostheses was implemented in the home environment. The qualitative and quantitative results diverged. The sensory feedback was experienced as a feeling of touch which contributed to a feeling of completeness, linked to body ownership. The qualitative result was not verified in the quantitative measurements.

Clinical Trial Registration:

Name: Evaluation of a Non-invasive Sensory Feedback System in Hand Prostheses. Date of registration: March 15, 2019. Date the first participant was enrolled: April 1, 2015. ClinicalTrials.gov Identifier: NCT03876405 ORCID ID: https://orcid.org/0000-0002-4140-7478.

Keywords: artificial arm, amputation, amputation stumps, sensory feedback, upper limb, traumatic amputation


INTRODUCTION

Amputation of a hand results in the loss of motor and sensory functions, but also changed body balance and self-esteem as well as a feeling of being mutilated (Murray and Forshaw, 2013). Impairments, activity limitations, and participation restrictions (World Health Organization, 2001) can all be consequences of the amputation. In the human hand there is a delicate interaction between motor and sensory functions which is important for good hand function and also for incorporating the hand in the body representation (Gardner and Johnson, 2013). Hand sensibility is crucial for motor performance and motor learning (Kandel et al., 2013). However, to execute a voluntary movement and to learn how to improve performance, several senses can be used. For example, amputees with myoelectric prostheses often use audio information from the motor of the prosthesis to help adjust the grip (Markovic et al., 2018b). Amputees also get some useful sensory information through vibrations in the socket when using the grip (Childress, 1980). An expected advantage of sensory feedback is to make the prosthesis easier to use and improve the body image and thus make social interaction easier (Ackerley and Kavounoudias, 2015). A concept of importance in prosthesis use is the sense of agency, which is the experience of causing a movement generated by motor commands. One way of documenting a sense of agency is by asking if the person had control over the movement (Kalckert and Ehrsson, 2012; Haggard, 2017). Today’s prostheses allow the user to feel agency concerning the prosthesis, but the lack of sensory feedback seems to be an important factor limiting the experience of body ownership of the prosthesis (Wijk and Carlsson, 2015).

The need of sensory feedback in prostheses is debated, but several recent studies have found that it is something that prosthesis users desire in their hand prostheses (Pylatiuk et al., 2007; Wijk and Carlsson, 2015; Benz et al., 2016; Farina and Amsuss, 2016), in addition to comfort, function, appearance, and durability (Biddiss et al., 2007; Cordella et al., 2016). Even if the performance in grasping tasks already is good, feedback could be beneficial for complex tasks and for situations when visual feedback is constrained. Regardless of the possible improvement in performance, the subjective experience of embodiment tends to increase when feedback is added (Markovic et al., 2018a). In addition, some studies have reported reduced PLP when sensory feedback is added to a prosthetic hand (Dietrich et al., 2012; Page et al., 2018; Petrini et al., 2018). In recent years researchers have tried to provide sensory feedback in hand prostheses in different ways (Schofield et al., 2014; Svensson et al., 2017; Pasluosta et al., 2018; Stephens-Fripp et al., 2018), using invasive methods, using implanted neural interfaces (Ortiz-Catalan et al., 2014; Oddo et al., 2016; Schiefer et al., 2016; Graczyk et al., 2018; Petrini et al., 2019), and using non-invasive methods through vibrotactile or mechanotactile feedback methods (Hebert et al., 2014; Clemente et al., 2016; Raveh et al., 2018; Schoepp et al., 2018). Studies with sensory prosthetic hands in home use are infrequently presented, but a few case reports are published (Ortiz-Catalan et al., 2014; Clemente et al., 2016; Graczyk et al., 2018; Cuberovic et al., 2019).

Schofield et al. (2014) illustrate three aspects of sensory feedback in hand prostheses. Feedback can be somatopically matched (the feedback is perceived as originating from the “correct” body part), modality matched (the sub-modality is matched, e.g., pressure is pressure) and sensory substitution by input from another sense (e.g., vision, hearing, vibrotactile or electrotactile feedback).

The non-invasive method used here provides somatotopically matched sensory feedback by use of the areas of referred sensation on the residual arm, that is, the PHM. This map of the lost hand and fingers is evoked when touching specific areas of the skin of the residual arm (Ramachandran et al., 1992; Ramachandran and Hirstein, 1998) and in one study was found in a majority of participants with acquired hand amputation at the transradial level (Ehrsson et al., 2008). The PHM is highly individual; some have a very detailed map with several specific areas with referred sensation, while others have a smudged map or only experience few areas of the phantom hand (Bjorkman et al., 2016). When the PHM is stimulated with relevant feedback from the prosthesis, somatotopically matched information can be sent to the brain. Results from a fMRI study showed that stimulation of the finger areas in the PHM on the residual arm activated the same areas in the primary somatosensory cortex as stimulation of the fingers in an able-bodied control group (Bjorkman et al., 2012). Not all amputees experience a PHM (Ehrsson et al., 2008), but touch on predefined areas on the forearm can be learned to be associated to specific fingers (Wijk et al., 2019).

Antfolk et al. (2012, 2013a) have earlier presented a non-invasive sensory feedback concept utilizing the PHM that is also somatotopically matched as well as modality matched, regarding pressure (Antfolk et al., 2012, 2013a). Often prosthetic solutions are tested in a laboratory environment, but the need to evaluate sensory feedback in prostheses in real-life activities has been highlighted (Schofield et al., 2014). The aim of this study was to evaluate how forearm amputees experienced a non-invasive sensory feedback system used in daily life over a 4-week period.



MATERIALS AND METHODS


Sample

Inclusion criteria: acquired unilateral transradial amputation, experiencing a PHM (minimum three finger areas), experience using a myoelectric prosthesis and ability to understand and speak Swedish. Exclusion criteria: psychiatric or cognitive disorders. Seven regional prosthetic centers in Scandinavia were asked to be involved in the recruitment of subjects during 2014–2018, and three centers participated. Nine individuals that met the inclusion criteria were contacted and asked for participation, and of these seven agreed to participate.

Median age was 49 years (range 42–72 years, 3 women and 4 men). Five had an amputation of the dominant side. Time since amputation was at median 13 years (range 1–36 years). Five reported PLP. Five presently used a myoelectric prosthesis (4 myoelectric VariPlus Speed hand; OttoBock and 1 I-limb; Össur). One participant used an AxonHook, OttoBock but had used a myoelectric prosthesis earlier, and 1 had a passive aesthetic prosthesis but had also used a myoelectric prosthesis earlier. The normal prosthesis use was 6–16 h/day, with a median of 11 h/day.



Design

To achieve a broad understanding of the outcome of the intervention, several evaluation and analysis methods were used: qualitative deductive analyses of interviews as well as quantitative measures by use of a questionnaire and objective measurements (method triangulation) (Carter et al., 2014). A longitudinal design was used in a series of cases to illuminate subjective experience and illustrate objective changes over time from use of sensory feedback from a hand prosthesis in daily life.



Experimental Setup

A non-invasive air-mediated sensory feedback system (Antfolk et al., 2012, 2013b) was integrated in a prototype prosthesis glove. The sensory feedback system used was a simple non-invasive, non-electronic system based on air-mediated pressure, described by Antfolk et al. (2012). A silicone glove with bulbs (35 mm in length) volar in every fingertip was made and applied on a single degree-of-freedom prosthetic hand (VariPlus Speed hand, OttoBock), size 73/4. It had no wrist flexibility but manually adjustable wrist rotation. In Figure 1, the system is shown as integrated into a silicone glove. The sensing bulbs on the fingers were manually manufactured so there was some variation in their sizes due to manufacturing but also depending on in which finger they were positioned.


[image: image]

FIGURE 1. When the silicon bulbs in the fingertips were pressed, the air was transferred via plastic tubes that reached actuators inside the prosthetic socket and gave pressure (mechanotactile feedback) on the skin corresponding with the PHM zones.


The stimulation given was mechanotactile and the pressure was transferred from the silicon bulbs in the fingertips of the prosthesis via plastic tubes that reached actuators (silicon bulbs 13 mm in diameter) inside the prosthetic socket. The pressure applied to the skin from the silicon bulbs depends on the force and speed at the fingertip level (Antfolk et al., 2012). The sensing bulb was roughly a half-cylinder with diameter 20 mm and length 35 mm. This gives a volume of roughly 5500 mm3 or 5.5 ml. The tubes were pneumatic tubes from FESTO (PUN-3 × 0.5 SI, FESTO, Esslingen am Neckar, Germany) with an inner diameter of 2.1 mm. In our previous paper (Antfolk et al., 2012), we measured the pressure generated by the sensing bulb using a pressure sensor when a monofilament was pressed against the sensing bulb. For a 60 g monofilament a pressure of 1.2 kPa was recorded, for a 100 g monofilament 2.3 kPa, 180 g monofilament 4.3 kPa, 300 g monofilament 6.5 kPa. More details on the sensing bulbs can be found in Svensson et al. (2020).

Other factors of importance for receiving the pressure are the quality of the skin (e.g., scarring) and damaged skin was avoided. The actuators were applied to the skin corresponding with the PHM areas (Figure 1).

Thus, it was possible to transfer both a modality matched and somatotopically matched feedback.

At the first meeting a “mapping” of the areas of the referred sensations in the residual forearm was done. The participants were asked to touch the skin on the residual forearm and define the zones with referred sensation of the PHM (digit I–V). The PHM was then marked with a pen, and the participant confirmed the mapping by blindly responding to stimulation of the different areas by the experimenter.

A casting for the prosthetic socket was made and the marks of the PHM were transferred to the inside of the socket. A socket with the sensory feedback system embedded was then constructed. When the participants were equipped with the prosthesis they were asked to orally confirm that the pressure was perceived, and somatotopically matched the PHM.

This was made through pressing the fingertips of the prosthetic hand. No structured training of the prosthetic hand or the sensory feedback was given.

The participants were asked to use the prosthesis at home for at least 2 h/day, 5 days/week over 4 weeks.



Subjective Experiences From Questionnaire and Interviews

A questionnaire consisting of 21 statements concerning sensory feedback from the prosthesis, agency, body ownership, performance in activity, and PLP was developed by the first and last author. The questionnaire was based on the ones used in experiments of rubber hand illusion (Botvinick and Cohen, 1998; Ehrsson et al., 2008). In the questionnaire, the participants were asked to match each statement on a 7-level Likert scale from “Strongly disagree” (—) to “Strongly agree” (+++) (Botvinick and Cohen, 1998). Six control statements were included in the questionnaire, not related to the construct, aiming to capture suggestibility and task compliance.

After the test period, the first author carried out semi-structured interviews with open-ended questions. All participants were asked to describe the activities in which they used the prosthesis and how they experienced it, if and why they chose not to wear the prosthesis during some activities, the experiences of the sensory feedback from the prosthesis, agency and body ownership, and their suggestions for improving the feedback or the design of the prosthesis.

During the test period the participants were asked to keep a diary where they documented the time, activity, and place of wearing the prosthesis.



Objective Outcome

Function/capacity was assessed with The Assessment of Capacity for Myoelectric Control (ACMC). This is a standardized observational assessment which rates the subjects’ capacity of myoelectric control in a bimanual activity, either standardized (such as “packing a suitcase for overnight stay,” “repotting a plant,” or “setting a table for four persons”) or self-chosen. The ACMC consists of 22 items and a 4-grade rating scale (0 = Not capable, 1 = Somewhat capable, 2 = Generally capable, 3 = Extremely capable). The ACMC units are calculated on the ACMC website, converted to interval-level linear measures by using the Rasch measurement analysis, and reported in a range of 0–100. The higher the score, the better the task performance1 (Lindner et al., 2009, 2014). In this study, the activity “to make a sandwich with toppings” was chosen by the authors. Actions included in the task are to take a bun from a bag, split it in two halves, spread butter on both halves, put cheese and ham, from a closed package, on the bread. Thereafter slice a tomato and cucumber and put on top. Wrap the sandwich in paper and clean up the table. The scoring was made by an experienced external rater (occupational therapist, certified ACMC-rater). The ACMC was performed without sensory feedback in the pre-tests and with sensory feedback at the follow up.

Body ownership was assessed with the proprioceptive pointing task (Botvinick and Cohen, 1998; Rohde et al., 2011). The participants were asked to mark on a ruler (proximally to distally from their own body) with their index finger on the other hand and their eyes closed, where they estimated the location of the prosthetic index finger and where they experienced their phantom index finger (Figure 2).
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FIGURE 2. In the Proprioceptive pointing task the participants were asked, with their eyes closed, to mark on a ruler (proximally to distally from their own body) with their index finger on the sound hand, where they estimated the location of: (1) the prosthetic index finger and (2) where they experienced their phantom index finger.


The order in which the data collection was performed: Questionnaire, ACMC without feedback, proprioceptive pointing task, using the prosthesis with sensory feedback at home (4 weeks), questionnaire, ACMC with sensory feedback, proprioceptive pointing task, and interview. The tests were applied in one session before the test period and in one session for follow up, except for the interview that was only done at the follow up.



Analysis

The interviews were transcribed by the first author and analyzed independently by the first and second authors (investigator triangulation) in a directed qualitative content analysis (Patton, 1999; Hsieh and Shannon, 2005) and according to the procedure described by Graneheim and Lundman (2004). The text was read and reread in order to obtain a sense of the entire data. Meaning units, that is, words or sentences related to the aim of the study, were then identified and thereafter coded while still preserving the core meaning (Table 1). Codes were then grouped into categories according to predefined concepts. The categories were then discussed with the other authors and adjustments were made to reach consensus.


TABLE 1. Example from the condensation in the directed content analysis.

[image: Table 1]Regarding the authors’ preunderstanding, the first and second authors are occupational therapists with previous experience in qualitative research (Carlsson et al., 2010; Wijk and Carlsson, 2015). The third author is a researcher in biomedical engineering at the Department of Biomedical Engineering and has a long experience of research in the field of prosthetic hands; the fourth author is a hand surgeon; and the last author an occupational therapist. All authors except the third work at the Hand Surgery Department in Malmö, Sweden, and have long clinical experience (Graneheim and Lundman, 2004).

The quantitative results were analyzed and presented descriptively, added with Wilcoxon signed rank test to compare differences in pretests and follow-up regarding Questionnaire, ACMC, and Proprioceptive Pointing task. Results from the questionnaire were analyzed in the categories to predefined concepts (Table 2: sensory feedback, agency, body ownership, performance in activity, phantom limb pain). Graphpad Prism version 8.2.1 was used for calculation.


TABLE 2. Individual questions included in questionnaire and grouped according to concept.

[image: Table 2]


RESULTS

The reported time the prosthesis with the sensory feedback system was used was 2–15 h/day. The wearing time for individual 1 to 7 was: 2–15 h, 2–3 h, 2 h, 2–5 h, 2 h, 2–4 h, 2–3 h, respectively. Since the wearing time were around 2–3 h for the majority of participants, no conclusions could be drawn regarding prosthesis use in relation to user experience or performance.


Subjective Experiences


Questionnaire

The responses in the questionnaire varied a lot among the participants, and also among the questions (Figure 3). Four out of seven participants experienced less agency compared to when using their normal prosthesis. There was a significant negative change regarding Agency [pre/post median 2 and 0 (p = 0.023)], and Performance in activity [pre/post median 1 and 0 (p = 0.007)], but there was a significant improvement regarding Sensory feedback (pre/post median −1 and 0 [p = 0.031]). Four of the five individuals with PLP reported a decrease of pain when using the sensory feedback prosthesis (pre/post median −2 and 0.5) but the change was not significant (Figure 3). One reported an increase of pain and associated it with the tight socket fit of the prosthesis. The six control questions were visually analyzed and all answers were on the far disagree-side of the scale, diverged from the rest of the answers, and filled their purpose and was removed prior analysis.
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FIGURE 3. On the x-axis each question has a column and the questions are grouped according to concept. The y-axis presents each participant and the Likert scale. The answers pre- and post- are illustrated with an arrow for each question and participant; an improvement is illustrated by a green arrow, an impairment by a red arrow, and if there was no change the arrow is blue (Question PLP1–PLP2 for homogeneity in the table, a high value [3] indicates less pain). The six control questions are not presented in the figure. Wilcoxon signed rank test showed a significant positive change regarding Sensory feedback (p = 0.031), a significant negative change regarding Agency (p = 0.023), and Performance in Activity (p = 0.007). No significant changes were seen in the other concept categories in the questionnaire.




Directed Content Analysis


Sensory feedback from the prosthesis

The air-mediated system gave a sensory feedback when the fingertips of the prosthesis were compressed and at the same time the corresponding area of the PHM was stimulated by pressure. Someone described it as a tingling feeling. However, the feedback was experienced as too weak and it was difficult to feel small objects with the fingertips. A distinct change in the pressure, as when grasping or releasing, was needed for the user to notice the feedback. When using the prosthesis in heavy manual work, the experience from the feedback vanished, but when releasing the grip the change in pressure was noticed. The feedback seemed to be dependent on which activity the prosthesis was used in, and the feedback could disappear due to other disturbing impressions that come with the use of a myoelectric prosthesis, and was easily disturbed by muscle activity. One of the participants found it hard to feel the feedback at all, possibly due to scarring on the stump. It was expressed that the more the prosthesis was used, the better the feedback. A nice feeling as “scratching” the fingers could be experienced when pressing the bubbles of the prosthesis fingers. The feedback was perceived as the pressure really stimulated the corresponding finger. The feedback was distinct when touching the prosthetic fingertips with the other fingers on their own hand, in contrast to when using the prosthesis actively. A kind of feedback was experienced also in the regular prosthesis, e.g., vibrations in the socket when using the prosthesis. When comparing this to the sensory feedback in the test prosthesis it was described as a completely different feeling. The feedback from the test prosthesis was more like a real sensational experience which could be surprising. Even if the sensation was weak and not beneficial for practical use the experience of sensory feedback from the prosthesis was strongly expressed as feeling the touch in the prosthetic finger. They very much appreciated feeling the feedback, and it was also expressed that the experience of the sensory feedback was so good that it was desired in the regular prosthesis.

“When touching the bubbles (fingertips) I got full feedback from all of them, when I don’t have any other load on the arm. When I sit in a relaxed position, then it is very distinct.” (Id 7)

“It is this…feeling, when I grasp something it really feels like I grasp it!” (Id 2)

“I have really bad sensibility on the stump and a lot of scars, so it was difficult to feel the feedback.” (Id 4)



Agency

The feeling of agency was expressed in different terms. The participants expressed that even though they liked the sensory feedback, the feeling of agency did not change much; they controlled the prosthesis as they normally did. For better grip control a stronger feedback was desired. The experience of agency with the regular prosthesis was compared with wearing a thick oven glove, to be able to control the movement but lack the normal sensibility.

“I like the feeling. When there is a sensory response the movement is more natural.” (Id 3)

“If the feedback would have been stronger I may have had more utility regarding controlling the grip.” (Id 6)



Body ownership

It was expressed that the sensory feedback contributed to a strong feeling of completeness. The prosthesis felt like a part of them and this was a really pleasant feeling. It was described in quite an abstract way as if they could feel something that did not exist but which was still strongly linked to them. The prosthesis with feedback was used in situations when participants would not normally wear a prosthesis and when it was not used actively. To enjoy the feeling of touch from the prosthetic hand the participants touched the prosthesis with the other hand when relaxing, e.g., when watching TV. It was expressed that the connection to the test prosthesis became stronger because of the feeling of touch and that was a reason for wearing the prosthesis for a longer time than required.

“It is a big feeling. I feel complete!” (Id 2)

“…it feels more like a part of me. I don’t know how to express it, but it feels good!” (Id 7)



Performance in activity

The participants reported that they used the prosthesis when performing normal tasks, e.g., at work, the gym, and at home. They did everything they usually did with their regular prosthesis, such as working at the computer, cooking, cleaning, shopping, gardening, driving, biking, etc. Someone mentioned that the prosthesis was removed in heavy activities due to the risk of damaging and puncturing the silicon bubbles, e.g., when carrying heavy things, or at the gym. In this prototype prosthesis, the design was a hinder in some situations, e.g., it was hard to handle small nuts and to hold cutlery because of the soft bubbles/sensors on the fingertips of the prosthesis.

“The sensory feedback has not helped me so much in the practical performance, so to speak, but I have a feeling…” (Id 6)

“I cannot feel small objects.” (Id 1)



Suggestions for improvements

The participants felt that the sensory feedback needs to be improved. The feedback was not strong enough to be detected during muscle contractions when controlling the electrodes of the myoelectric function, and the feedback was too weak in active grips but sufficient when touching the fingers passively. The prototype prosthesis was experienced as clumsier than their normal prosthesis. Smaller bubbles on the fingertips were suggested, to give a more precise feedback when handling small objects, but also to enable a more distinct grip. The bubbles were considered too soft and it was hard to hold small objects and use force simultaneously. It was also noted that for the feeling of pleasantness from the touch of all fingers, the fingers should be represented separately. For grasping control the feedback areas might be larger. The appearance of the prototype prosthesis was not satisfactory. The bubbles/sensors on the fingertips looked oversized and the air-tubes were visual on the dorsal side of the prototype prosthetic hand. Some of the participants were not confident being around people with the prosthesis on and wore it only at home because of its appearance. An improvement of the aesthetics was therefore requested.

“I want a more defined pressure, not so fuzzy. It is a soft feeling and it is too slow. I want more of an impact, something more distinct.” (Id 5)

“The air bulbs might be developed a bit, in terms of getting stronger feedback in the grip. (Id 6)



Objective Results

The objective outcomes were analyzed descriptively. The ACMC showed a median score of 65.8 (range 45.4 – 100) in pre-tests and 68.5 (range 38.1 – 100) at follow-up (Figure 4.). Three individuals showed no change (1, 2, 7); three individuals had a worsened performance (3, 5, 6); and only one individual showed an improved performance. The Proprioceptive pointing task (Figure 2) when the participants were asked to mark on a ruler where they estimate the prosthetic index finger was at median deviation of 1.5 cm (range −10 – 4) in pre-test and −2 (range −9.5 – 1) at follow-up. When marking where they experienced their phantom index finger the distance relative to the prosthetic index finger was −14 cm (range −20 – −5) proximal to the prosthetic index finger in pre-tests and −13.5 (range −17.5 – 3) proximal to the prosthetic index finger at follow-up. The Wilcoxon signed rank test showed no differences between pretests and follow-up (not significant) regarding ACMC and Proprioceptive pointing task.


[image: image]

FIGURE 4. The ACMC-scores for each participant at pre-tests and follow-up.




DISCUSSION

The use of a non-invasive sensory feedback system in daily activities over 4 weeks resulted in positive subjective experiences linked to body ownership and experiences of sensory feedback from the prosthesis, but did not improve the performance with the prosthesis as rated by the ACMC and self-rated performance on the questionnaire. Three participants showed unchanged performance, three showed deteriorated performance, and one showed improved performance.

To achieve a broad understanding of the evaluation of the prosthesis with sensory feedback, multiple methods were used. Qualitative analyses of interviews were performed as well as quantitative measures by use of a questionnaire and objective measurements, so-called method triangulation. In the analysis and report of results, as in the conclusions drawn, equal focus was on both the quantitative and the qualitative results. In the interviews, it was expressed that the sensory feedback was experienced as real touch which contributed to a feeling of completeness, linked to body ownership of the prosthesis. However, the quantitative results did not verify the qualitative results regarding body ownership. Either there were no changes or the quantitative measurements were not responsive enough to measure change over time. Another explanation may be that when people express their thoughts more freely as in the interview situation, a subtler in-depth answer is achieved which can be difficult to capture in a questionnaire. We cannot say which of the quantitative or the qualitative results have the most impact (Murray, 2009). According to Patton (1999), it should be expected to come to assorted results when using method triangulation. Instead, when qualitative and quantitative measures are used together, it can emphasize the result from different perspectives.

The experience that our limbs actually are a part of our own body is a feeling that is generated by sensory and visual feedback (Tsakiris et al., 2007). The non-invasive sensory feedback could promote the integration of the hand prosthesis in the bodily self and enhance the acceptance of the prosthesis. When acceptance is high, this may also affect the performance in a positive way (D’Alonzo et al., 2015; Imaizumi et al., 2016; Beckerle et al., 2018). Markovic et al. (2018a) show that regardless of improvement in performance the participants reported a positive experience of the feedback and rated an increased embodiment of the prosthesis (Markovic et al., 2018a). In our study, it was expressed in the interviews that the prosthesis was worn also in situations when not using it in practice, as when watching a movie, just because of the pleasantness of experiencing the touch through the prosthesis. If the prosthesis was used and experienced only as a tool one would assume that the prosthesis would be taken off in such situations. The qualitative positive experience of body ownership of the prosthesis due to the sensory feedback was the most important result. In previous studies using the rubber hand illusion experimental setup (Botvinick and Cohen, 1998), amputees experienced a hand prosthesis with a robotic appearance like a part of their own body (Ehrsson et al., 2008).

Phantom limb pain was alleviated in four of the five participants with PLP in our study, and reported that the sensory feedback affected PLP in a positive way in the questionnaire. Similar results have earlier been reported with significantly decreased PLP when sensory feedback is added to a prosthetic hand (Dietrich et al., 2012; Page et al., 2018; Petrini et al., 2018). Restored balance between afferent and efferent signaling, which is the case when sensory feedback is present in a hand prosthesis, can be one explanation (Flor et al., 2006; Vaso et al., 2014). However, the effect on PLP should be further investigated.

It has been suggested that sensory feedback could improve the functioning and performance with prostheses. This hypothesis is based on the knowledge of the importance of sensibility for motor function and the ability to use one’s hands (Gardner and Johnson, 2013). However, the importance of sensory feedback in hand prostheses is debated. Some studies support the hypothesis and have shown improved control of grasping force when sensory feedback is added (Witteveen et al., 2015; Clemente et al., 2016). On the other hand, Markovic et al. (2018a) showed, in a recent study, that sensory feedback was beneficial only when it came to complex tasks such as relocating clothespins and turning blocks. In simpler tasks, such as the “Box and Block Task,” the sensory feedback was not that important for performance. When naive prosthesis users (able-bodied) learned to control a myoelectric prosthesis, they showed relative good skills also without added feedback, just learning the muscle control needed for controlling the EMG-electrodes. However, when adding feedback sources, such as sound and vision, there was an improvement of the control (Markovic et al., 2018b). Similar results were shown in amputees, where task performance improved only by learning motor control. However, when vibrotactile feedback was added, task performance was further improved especially in complex tasks (Markovic et al., 2018a). Our results, however, suggest that sensory feedback does not improve the performance in the chosen activities. The worse performance that was experienced in some cases was probably due to changed socket fitting, the adjustment of the EMG electrodes, or bulky bulbs in the prosthetic fingertips. These changes may have altered the reliability of the prosthesis. The participants in our study were experienced prosthesis users, and they had over several years learned how to control their own prosthetic hand, probably relying on several sources of feedback such as vision, hearing, and proprioception (Wijk and Carlsson, 2015). Another possibility could be too weak feedback that was “masked” in muscle contractions.

The participants expressed that the best quality of the sensory feedback was achieved when they touched the prosthesis’ fingers themselves. They thought it was pleasant, comfortable, or even fantastic to touch the prosthesis. They felt the touch as if it was their own fingers being touched, even if it was a single modality feedback. It was during these moments the feeling of ownership could occur or the attachment to the prosthesis became stronger. Beckerle et al. (2018) discusses three aspects of touch: social, affective, and self-touch. They highlight the concept of self-touch because of its importance for both establishing representation of our bodies as infants and for maintaining this representation throughout life (Bremner and Spence, 2017). Self-touch is also significant for the experience of body ownership (Hara et al., 2015; Beckerle et al., 2018), and in our study the participants’ expressions confirms that.

The sensory feedback system used in this study is a simple and low-tech concept, but still both modality and somatotopically matched. However, the prototype system has potential for improvement. The feedback should be stronger or adjustable for each individual, which could be possible if the system used electric pressure sensors and, for example, electric motors as feedback actuators, which means that the feedback can be adjusted individually. The benefit of our system is that it is integrated in the prosthesis glove and the socket, and that it is not dependent on the type of prosthesis. The location of sensors in the glove was individualized in our study based on which fingers were represented in the PHM. In future versions, the prosthesis glove can be further developed for each individual and with desired location of both sensors and actuators, by making the system flexible. It can be applied to different types of prostheses and since the system is air-mediated and not dependent on the prosthesis design it is also suitable for, for example, body-powered or cosmetic prostheses. In a myoelectric prosthesis, there may be advances regarding practical use and the feeling of grip control, but as our result shows the sensory feedback has importance in emotional dimensions, thus regardless of the type of prosthesis. Another point that needs to be taken into account in the development of hand prostheses is the robustness and reliability to the prosthesis. If a prosthetic hand often breaks, or needs frequent and extensive service, it may be considered too much bother and end in rejection.


Methodological Considerations

The system was integrated in a glove and a socket, not bigger than their respective size in a regular myoelectric hand prosthesis. Evaluation was made in everyday life with focus on activity in an environment that was relevant and meaningful for every participant. It includes complex tasks in an uncontrolled environment where the participant may not have complete focus on the prosthesis and the feedback. Most research in the area of sensory feedback is made in a laboratory environment, where tests and most evaluations are standardized into a few simple grip tests (Clemente et al., 2016; Schiefer et al., 2018; Mastinu et al., 2019). The prosthesis used in this study is still at a prototype stage, with cables on the outside, and because of that some participants experienced the prosthesis as less cosmetically appealing and chose to use it only at home. On the other hand, some of the seven participants used it full days, including at work, in sports activities, and domestics. We did not have control over the time when the prosthesis was used, or what the participants did when wearing the prosthesis; instead we had to rely on the information given. Maybe wearing the prosthesis 2 h/day, which was suggested as minimum, in the 4-week test period is not enough to change behavior and capacity in experienced users.

Minor discrepancies in the adjustment of the sensitivity of the EMG-electrodes in the new socket that was provided for the study could also affect the skillfulness. If the new socket of the test-prosthesis did not feel exactly like the regular one, this could be a disturbance in the use and performance with the prosthesis or even a pain trigger.

The studied group was small and heterogeneous. Almost all the participants were skilled prosthesis users, some of them for decades. If one has used a myoelectric prosthesis for several hours a day for many years, the capacity of controlling the grip and grasping of the prosthesis is very good. Markovic et al. (2018a) also claim that the feedback is not as important for experienced prosthesis users as for novel users. Regarding the qualitative analyses the low number of participants may also limit the possibility to achieve saturation of data. However, a low number of participants is a frequent problem in this research area, due to a low number of cases with transradial amputation and meeting the specific inclusion criteria.

All the interviews were carried out by the first author. Some of the participants had met the interviewer also at the clinic as a patient, which may have influenced the interview situation and affected the dependability of the results. It could be inhibitory for the respondents, but it may even deepen the interview and the narratives being shared.

To check for trustworthiness, specifically dependability, the first author and one co-author read and coded the interviews independently and by in-depth analysis and discussion interpreted the text together (investigator triangulation) (Patton, 1999; Carter et al., 2014). The trustworthiness was also achieved by including representative quotations from the participants, making the interpretation transparent for the reader. Constant confirming and clarifying information during the interviews assured confirmability. The focus was consistently on the text to reduce the risk of over-interpretation. Transferability is limited but a thorough description of the participants and the study context is presented (Graneheim and Lundman, 2004).



CONCLUSION

The participants expressed that this non-invasive, somatotopically and modality matched sensory feedback system has positive qualities regarding feeling of body ownership and experienced sensory feedback from the prosthesis. In addition, it may alleviate phantom pain. However, performance with the prosthesis was not improved. The positive experience of the sensory feedback was highly expressed, and the users felt complete while wearing the prosthesis. The technical solution presented here has to be seen as a prototype with potential for improvements. The aesthetics need to be better so it can be used without shyness in social contexts. The silicon bulbs (sensors) on the fingertips were quite large which made them bulky in fine manipulation. Participants wished for a stronger or more distinct pressure, which should be taken into account in further development of the actuators. The silicon bulbs were also in some situations experienced as too soft, making it hard to hold small objects, or to get a distinct grip. It is of outmost importance to have close communication with the users in future developmental work.



IMPLICATIONS FOR REHABILITATION


1.The positive (qualitative) experience of body ownership of the prosthesis due to the sensory feedback was the most important result.

2.The participants expressed that the best quality of the sensory feedback was achieved when they touched the prosthesis’ fingers themselves.

3.There is a need to evaluate different features of hand prosthesis, and it is of importance to do it close to the users in a meaningful environment.

4.The phantom hand map (PHM) offers a possibility to transfer sensory, non-invasively, information from the prosthesis to the user.
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Neurological conditions like hemiplegia following stroke or tetraplegia following spinal cord injury, result in a massive compromise in motor function. Each of the two conditions can leave individuals dependent on caregivers for the rest of their lives. Once medically stable, rehabilitation is the main stay of treatment. This article will address rehabilitation of upper extremity function. It is long known that moving the affected limb is crucial to recovery following any kind of injury. Overtime, it has also been established that just moving the affected extremities does not suffice, and that the movements have to involve patient’s participation, be as close to physiologic movements as possible, and should ideally stimulate the entire neuromuscular circuitry involved in producing the desired movement. For over four decades now, functional electrical stimulation (FES) is being used to either replace or retrain function. The FES therapy discussed in this article has been used to retrain upper extremity function for over 15 years. Published data of pilot studies and randomized control trials show that FES therapy produces significant changes in arm and hand function. There are specific principles of the FES therapy as applied in our studies: (i) stimulation is applied using surface stimulation electrodes, (ii) there is minimum to virtually no pain during application, (iii) each session lasts no more than 45–60 min, (iv) the technology is quite robust and can make up for specificity to a certain extent, and (v) fine motor function like two finger precision grip can be trained (i.e., thumb and index finger tip to tip pinch). The FES therapy protocols can be successfully applied to individuals with paralysis resulting from stroke or spinal cord injury.

Keywords: functional electrical stimulation, spinal cord injury, stroke, rehabilitation, electrical stimulation, grasping, reaching, arm function


INTRODUCTION

Application of functional electrical stimulation (FES) for therapeutic purposes in rehabilitation settings dates back to the 1960’s when Liberson et al. (1961) used an FES system to stimulate the peroneal nerve to correct foot drop by triggering a foot switch, a single-channel electrical stimulation device stimulated the common peroneal nerve via a surface electrode, producing ankle dorsiflexion during the swing phase of gait (Liberson et al., 1961). This led to the first commercially available FES system with surface stimulation electrodes. Since then FES technology has been researched extensively to evaluate its benefits in diverse neurological conditions, and using an array of application techniques (Baldi et al., 1998; Field-Fote, 2001; Popovic et al., 2005, 2011, 2012, 2016; Yan et al., 2005; Frotzler et al., 2008; Griffin et al., 2009; Daly et al., 2011; Kapadia et al., 2011, 2013, 2014a; Giangregorio et al., 2012; Malešević et al., 2012; Martin et al., 2012; Kawashima et al., 2013; Lee et al., 2013; Sadowsky et al., 2013; Ho et al., 2014; Kapadia N. et al., 2014; Popović, 2014; Sharif et al., 2014; Bauer et al., 2015; Howlett et al., 2015; Vafadar et al., 2015; Buick et al., 2016; Cuesta-Gómez et al., 2017; Fu et al., 2019; Straudi et al., 2020). The two common uses of FES are to replace function (i.e., as an orthotic device) and to retrain function (i.e., as a therapeutic device). In this article we will limit ourselves to the therapeutic application of FES.

In the therapeutic application (FES therapy), FES is used as a short-term treatment modality. The expectation is that, after training with the FES system, the patients will be able to voluntarily perform the trained activities without FES (i.e., patients are expected to regain voluntary function). To date, a few high-quality randomized controlled trials have been performed, proving the efficacy of FES therapy over other rehabilitation techniques (Sharififar et al., 2018; Yen et al., 2019). This paucity in multicenter randomized controlled trials and the limited access to systems that can properly deliver FES therapy might have affected its uptake in clinical settings (Ho et al., 2014; Auchstaetter et al., 2016). Fortunately, both these issues are being addressed as new FES systems that are specifically developed for FES therapy are being introduced, as well as large scale multicenter randomized controlled trials are being planned to further confirm the efficacy of this rehabilitation modality. This article will provide readers with the details on how transcutaneous multichannel FES therapy for the upper extremity can be applied in clinical trials and as such the same methodology can be used in clinical practice by physiotherapists and occupational therapists.

The FES methodology discussed here has been developed with the intent to be user friendly, robust and to be able to produce better functional gains than the presently available best-practice rehabilitation techniques. The FES system used in our laboratory is a surface stimulation system with up to 4 stimulation channels that can produce gross motor function as well as precision grips such as two finger pinch grip. However, the methodology of FES application discussed here is pertinent to any multichannel transcutaneous FES device. We have used transcutaneous FES to retrain reaching and grasping in individuals with both spinal cord injury and stroke (Thrasher et al., 2008; Kapadia and Popovic, 2011; Kapadia et al., 2011, 2013; Popovic et al., 2012; Hebert et al., 2017). The results obtained in both patient populations indicate functional improvements after 8–14 weeks of therapy (20–48 h of stimulation). Patients showed reduced dependency on caregivers, and some even became independent in their activities of daily living.

This article will extensively detail how FES was applied in these previously successful clinical trials to retrain reaching and grasping functions in individuals who sustained a spinal cord injury or a stroke.



MATERIALS AND EQUIPMENT

The FES system we used was a four channel surface stimulation device consisting of a software, a portable stimulator with a programmed chip card, self-adhesive stimulation electrodes, and various man-machine interfaces, such as push buttons, sliding potentiometers (Mangold et al., 2005), accelerometers (Widjaja et al., 2011), EMG/biofeedback sensor, joysticks (Sayenko et al., 2013), foot switches (Popovic et al., 2001b), gait phase detection system (Pappas et al., 2004) and brain–machine interface (Márquez-Chin et al., 2009). This FES system has been extensively used in clinical trials by researchers both in North America and in Europe. Its unique capability is the ability to program stimulation protocols customized to a patient’s needs in less than 10–15 min.


Software

The software of our FES system allows one to specify/alter all stimulation parameters: frequency, minimum and maximum intensity, pulse duration, ramp time, synchronization and order of stimulations, type of user interactions and number of repetitions. The sensory, motor, functional and maximum thresholds are set using the continuous stimulation mode where the stimulation frequency and pulse duration are pre-set to values of 40 Hz and 200 μs, respectively.




METHODS


Clinical Applications

To date, approximately 150 spinal cord injury and 50 stroke patients have been treated using transcutaneous FES in our facilities, ranging from pilot clinical trials to randomized controlled trials. The FES system has been primarily used as a therapeutic device for retraining reaching and grasping. More recently FES was successfully applied to an individual with cervical spondylotic myelopathy to retrain upper extremity function with very promising results (Popovic et al., 2016).


Neuroprosthesis for Grasping in Spinal Cord Injury Patients (University Health Network REB # 02-032, REB # 09-007, REB # 09-008)

In case of patients with spinal cord injury the upper extremity retraining program is designed based on the level and extent of injury. For example, in C1–C5 cervical incomplete injuries initially FES might be used to retrain proximal function and then once the patient is able to position their arm in the working space then distal function can be trained. The FES protocols for retraining proximal function in SCI remain the same as stroke (please refer to the next section on stroke for details). In patients with low cervical injury (C6 and below), proximal upper extremity function might be preserved, and FES might then be used to retrain distal function right from the beginning. Also, it is important to note that again based on level of injury patient with SCI may have difficulty with both hand closing and opening and will typically need to be trained for both.

Over the years, various grasping protocols have been identified and designed allowing for a wide variety of grasping patterns to be trained with a great deal of fidelity. Currently, the grasping patterns that can be successfully retrained using a transcutaneous multi -channel FES system are:


(1)Palmar Grasp (holding a ball)

(2)Lateral Grasp (holding a tray)

(3)Tripod grip (thumb, index, and middle finger: holding a pen)

(4)Two finger opposition (thumb and index finger: holding a peg)

(5)Lateral Pinch (thumb and index finger: holding a credit card)

(6)Two finger lateral pinch (index and middle finger: smoker’s grip)

(7)Lumbrical grip (all four fingers with the thumb: holding a closed book).



It is important to mention that FES therapy has the capability to help stroke and spinal cord injury patients relearn how to voluntarily perform all of the above grasps bilaterally and simultaneously, using surface FES system.

We have conducted a number of clinical studies using this FES technology the most recent one being a randomized controlled trial in incomplete cervical SCI patients (Popovic et al., 2011). Individuals allocated to the intervention group in this trial received FES stimulation protocols specifically designed for their upper extremity functional deficits. Individualized stimulation sequences were developed for each patient. The commonly trained grasping patterns were power and precision grasp where power grasp was used mainly to grasp larger everyday objects and the precision grip was used mainly to manipulate smaller objects. Power grasp was generated by partly flexing the fingers and the thumb in flexion and slight opposition. Lateral pinch was generated by fully flexing the fingers followed by the thumb flexion. Muscles that were stimulated during therapy were the following:


•Wrist flexors: flexor carpi radialis and flexor carpi ulnaris;

•Wrist extensors: extensor carpi radialis (longus and brevis) and ulnaris;

•Finger flexors: flexor digitorum superficialis and flexor digitorum profundus;

•Finger extensors: extensor digitorum;

•Thumb abductors: median nerve, or abductor pollicis brevis and longus;

•Thumb flexors: flexor pollicis brevis and flexor pollicis longus;

•Thumb oppositors: opponens pollicis;

•Metacarpophalangeal flexors and interphalangeal joint extensors: lumbricals.



The FES protocol allowed for individuals with little to no voluntary movement at the wrist and fingers to be able to perform simple tasks while being stimulated with the FES. This is what differentiates FES from other therapies. In the early stages of FES therapy, all the movements were performed with the help of FES. The treatment plan and instruction to participants were as follows:


(1)“Imagine hand opening” (or any movement that the therapist would like to train).

(2)“Try to perform the movement using your own muscle strength.”

(3)After trying for about 10 s: “Now, try to perform the movement with the help of FES.”



Hence, emphasis was put on participants voluntarily attempting the movement while being stimulated with the FES. During therapy when the participants started showing an ability to voluntarily contract certain muscle groups FES for those muscle groups was reduced to a minimum and gradually withdrawn completely. The available channel was then used on other muscle groups that were still weak and needed to be trained. The order in which muscle groups were sequentially “reactivated” was subject-dependent. FES was always delivered while the participants were performing functional tasks, such as grasping a mug, pouring water, holding a pen, etc.

The distinctiveness of this intervention is that FES is not primarily intended for muscle strengthening. Instead, it is used to retrain the neuromuscular system to execute tasks that it is unable to carry out voluntarily. Movements were performed against gravity and sometimes against light manual resistance. The number of repetitions was determined based on individual participant’s strength and endurance. In general, all participants spent 30–45 min out of 1-h session performing activities of daily living with FES. The stimulation parameters used were the following: (a) balanced, biphasic, current regulated electrical pulses; (b) pulse amplitude from 8 to 50 mA (typical values 15–30 mA); (c) pulse width 250 μs; and (d) pulse frequency 40 Hz (Popovic et al., 2011). During the intervention, the therapist, at their discretion, adjusted the placement of electrodes and guided the hand movements. The therapist ensured that the movements were functional. Occasionally FES would be combined with conventional rehabilitation strategies including strengthening exercises, stretching exercises, etc.



Neuroprosthesis for Grasping in Stroke Patients (University Health Network REB # 02-032).

The most important difference between FES training in spinal cord injury and stroke patients; is that stroke patients have difficulty opening their hand as they often exhibit flexor synergy and high levels of tone in the finger flexors. In stroke patients therefore, the focus of the therapy is on hand opening and relaxing the fingers. In spinal cord injury patient’s the focus of the FES therapy is on finger flexion and grasping tasks as weakness of the finger flexors is a bigger problem. Below are the methods of FES application in clinical trials conducted in individuals who suffered a stroke (Popovic et al., 2005; Thrasher et al., 2008; Kapadia et al., 2013).

For individuals allocated to the FES therapy group, treatment began by proximal shoulder muscle training. The muscles that were stimulated were deltoid, biceps, and triceps. Typically, participants would recover proximal function first. As soon as they gained functional strength in the proximal muscles, FES for those muscles would be discontinued and applied to distal muscles of the forearm and hand. The most difficult and time-consuming task was to train voluntary extension of the fingers. This is crucial to be able to get one’s hand around the objects that need to be manipulated. Once the participants were able to successfully open their hand with FES assistance, low amplitude stimulation of the finger flexors was used to signal hand closing. Stimulation parameters used to stimulate the muscles and nerves were the same as used for individuals with spinal cord injury (See section on “Neuroprosthesis for Grasping in Spinal Cord Injury Patients).

In the early stages of the treatment, the arm/hand tasks were performed predominantly with the help of FES. As participants showed improvement stimulation was gradually reduced to a minimum and eventually phased out. Typical treatment session lasted for about 45 min, including the donning and doffing of electrodes. During all FES sessions the physiotherapist guided the movements and provided assistance as appropriate to carry out the intended movement in as close to physiological manner as possible.

Over the years the FES-reaching protocols have expanded to cover various functional reach patterns:


(1)Sideways reaching

(2)Sideways reaching with hand opening

(3)Forward reaching and retrieving

(4)Forward reaching and retrieving with hand opening

(5)Reaching over opposite shoulder

(6)Reaching over opposite shoulder to forward reaching to sideways reaching

(7)Reaching over opposite knee

(8)Hand to mouth



All of these protocols can easily be paired with the FES-grasping protocols for the spinal cord injury population to train reaching and grasping together.




Practical Considerations for Therapist

In most of the clinical trials, FES sessions of 45–60 min were delivered 3–5 days a week, for 8–16 weeks, for a total of about 40 sessions. In our clinical experience, we found that patients are able to tolerate a maximum of one 60 min session per day and within the session typically we are able to stimulate one movement pattern for approximately 10–15 repetitions before fatigue sets in, however, it is important to note that this frequency is individual based and may vary based on extent of injury, chronicity and status of neuro-muscular system. Self-adhesive surface stimulation electrodes were used during therapy. All the patients were treated by registered physiotherapists or occupational therapists. In all instances, each phase of the FES was triggered by the treating Physiotherapist or Occupational therapist using a push button. All FES sessions incorporated functional tasks during FES sessions. All FES training was in combination with conventional physiotherapy or occupational therapy techniques selected based on individual patient needs. Also, irrespective of the population, patients were required to concentrate and actively make an attempt to carry out the movement while being assisted by FES, as described above.

The stepwise directions to conduct an upper extremity FES training session with a transcutaneous multi-channel FES device are as follows:


(1)Identify the functions to be trained (reaching and/or grasping).

(2)Select the order of the tasks to be re-trained: typically, start with gross motor tasks (proximal muscles) in early stages of therapy followed by fine movement control (distal muscles).

(3)For each task identify the muscles to be stimulated: at any given time either only simple reaching or grasping tasks such as touching mouth or palmar grasp can be trained or more complex tasks such as reaching + grasping can be trained based on number of channels available for stimulation.

(4)First identify the optimal electrodes positioning: For a given function, find the motor point; the electrode position where a maximal contraction is obtained with minimum stimulation current delivered. We recommend finding the motor point using a smaller electrode, by trying several positions on the bulk of the muscles to be stimulated. This allows for finding an electrode position with minimal secondary and unintentional stimulation of other muscles and/or nerves. Once you find the optimal electrode position(s) for a muscle, mark it with a pen/marker, and identify position(s) for other muscles.

(5)Apply self-adhesive electrodes over the motor points of the muscles identified.

Note: In case one has a stimulator that has galvanically isolated stimulation channels, one can apply the following: all electrodes on one aspect of the forearm can be “grounded” using a single return/anode electrode, i.e., all muscles on the palmar aspect of the forearm can be grounded using one electrode just proximal to the ventral aspect of the wrist joint and similarly all electrodes on the dorsal aspect of the forearm can be grounded using one electrode over the dorsal aspect of the wrist. If the stimulator does not have galvanically isolated stimulation channels one should not use this “common ground” strategy.

If you use non-alternate and asymmetrical pulses waveform (with the negative depolarizing pulse always on the same electrode, and the positive balancing pulse at a lower amplitude), then you will have an “active” electrode to be positioned on the motor point, and a “passive” or return/anode electrode under which there is no effective stimulation (setting typically used for smaller muscles). If you use alternate and/or symmetrical pulse waveform, then both electrodes are “active” and will trigger contractions similarly (setting typically used for larger muscles). The choice between one or two active electrode(s) is based on the muscle size (one active electrode is preferable where there is no space on the bulk of the muscle to position two electrodes). Also, having a single “active” electrode ensures greater specificity of the muscle and muscle volume that is stimulated.

(6)Identify and record the different stimulation thresholds: Identify sensory threshold (when the patient feels the current for the first time), motor threshold (when a palpable or a visible contraction is produced), functional threshold (when the desired functional movement is produced) and maximum threshold (beyond which the patient does not tolerate an increase in current amplitude).

Note: It is important to define the thresholds with the same current characteristics (pulse width and frequency) as the one used during FES therapy, because it has an impact on the comfort and efficiency of the stimulation.

(7)Explain to the patient what to expect when the FES in turned on

Example: “First your hand will close and then it will open.”

(8)Turn on the stimulator and adjust the current intensities for all muscles to the levels determined previously (intensity should not exceed the determined maximum threshold). Trigger the FES protocol a few times so the patient has a clear understanding of what to expect with each phase of FES. Once the patient has a clear understanding of the protocol, select the functional object to be used during training. If needed, assist the patient to bring their hand close to/around the object to be manipulated.

(9)Instruct the patient that she/he has to make an active attempt to perform the intended movement.

Example: For a grasp/release task, ask the patient to close the hand to grasp the object and, after the patient has attempted for about 5–10 s, assist with FES. Once the patient is able to grasp the object with assistance from FES, complete the functional task, for example transfer object from point A to point B. Following successful object transfer, instruct the patient to release the object and after about 5–10 s of the patient unsuccessfully attempting to release the object trigger the FES sequence for hand opening.

(10)Repeat this protocol 10–15 times. Then, select another protocol and perform the next task for 5–7 min or as appropriate for that task. Execute 3–6 different protocols in a 1-h session, with active stimulation for 30–40 min (depending on patient’s fatigue and therapist’s expertise with the system). The 1-h therapy duration includes positioning of the electrodes and all relevant preparations for therapy initiation and therapy completion.

(11)Rest time should be given when the patient asks for it and/or when muscle fatigue sets in.

(12)When the therapy is completed, turn off the stimulator, remove the electrodes and inspect the skin underneath for any redness.

Note: Occasionally redness may be present from the electrode sticking on the skin, but it should dissipate in less than 24 h. Ask patient to monitor area and re-inspect at the next session.



The selection of stimulation sequences is done based on clinical assessments which typically include use of standardized assessment tools like Graded Redefined Assessment of Strength, Sensibility and Prehension, Toronto Rehabilitation Institute- Hand Function Test and Spinal Cord Independence Measure Self-care Sub-scores in spinal cord injury (Popovic et al., 2011) and Action Research Arm Test and Fugl Meyer assessment – upper extremity scores in stroke (Hebert et al., 2017).



Limitations

There are certain limitations to this technology. The limb muscles that are intended for FES treatment have to be accessible for placement of the stimulation electrodes (Popovic et al., 2001a). There should not be a major degree of lower motor neuron injury or nerve-root damage of the stimulated muscle. In a number of patients with spinal cord injury, there may be a variable amount of peripheral nerve damage (Doherty et al., 2002) (motoneurons and nerve-roots) that restricts the application of FES. Also, the patient has to be cognitively able to follow the instructions and actively participate in the therapy process. The patient should not have any contraindications for FES application like metal implants at the site of stimulation, pace-maker, open wound or rash at the site of electrode placement, uncontrolled autonomic dysreflexia, etc.

Besides, with programmable surface stimulation devices, one would need an inter-professional team including bio medical engineers who are proficient in programming the stimulation protocols. This programming limitation may not apply to the more sophisticated newer FES systems. Presently there are commercially available FES systems that can deliver FES therapies discussed in this article. The reader is encouraged to find a device that delivers FES therapies and is approved by the local regulatory body. Systems that do not have neuroplasticity and neuromodulation in their indication for use defined by the regulatory body should be avoided, as these stimulators are for muscle strengthening and improving range of motion, and not for FES therapy discussed in this article.




RESULTS

To date, in our laboratory transcutaneous FES therapy has been successfully applied to over 200 patients with either stroke or spinal cord injury. Based on the outcomes of these studies, it can be said that short duration FES therapy combined with conventional occupational therapy and physiotherapy has the ability to produce positive changes in these patients (Popovic et al., 2005, 2011, 2016; Thrasher et al., 2008; Kapadia and Popovic, 2011; Kapadia et al., 2013). The underlying mechanism responsible for these changes include central modulation effects. Stimulation induces cortical plasticity by modulating the ascending pathways through the Ia muscle fiber afferents (Chipchase et al., 2011). Additionally, somatosensory inputs to the motor cortex are essential for motor learning and control, and play critical roles in the motor recovery process (Vidoni et al., 2010; Pan et al., 2018). Stimulation above the motor threshold increases excitability of corticomotor pathway by activating sensory axons and recruiting synaptic motoneurons and motor reflex (Chipchase et al., 2011). FES therapy in combination with conventional PT and OT techniques harnesses the benefits of neuroplasticity thereby improving function and enhancing participant independence with activities of daily living.

In the randomized controlled trial carried out in individuals with subacute (<6 months post injury) incomplete traumatic C3–C7 spinal cord injury, it was found that the individuals who received 40 h of FES therapy had far greater improvements on the Self Care Sub-scores of the Functional Independence Measure and Spinal Cord Independence Measure as compared to individuals who received 40 h of conventional occupational therapy (Popovic et al., 2011). These gains were retained, or further improvement was observed, in the FES therapy group at the time of 6 months follow up assessment (Popovic et al., 2011). To date we have obtained similar results in all individuals with sub-acute incomplete spinal cord injury who received 40 h of FES therapy (Figure 1).


[image: image]

FIGURE 1. Self-care Spinal Cord Independence Measure scores for all individuals with incomplete sub-acute spinal cord injury (blue bar indicates score at baseline and red bar indicates gain after 40 × 1 h therapy, treatment group received functional electrical stimulation and control group received conventional PT/OT).


Similar results were obtained in the randomized controlled trial carried out in individuals with acute (2–7 weeks post) severe stroke with a total arm and hand score no more than 2 on the Chedoke McMaster Stages of Motor Recovery (less than 15 points on Fugl Meyer Assessment Upper Limb Sub-score) (Thrasher et al., 2008; Hebert et al., 2017; Marquez-Chin et al., 2017). The individuals who received 12–16 weeks of FES therapy for the arm and hand had statistically better improvement on the Self-care sub-score of the Functional Independence Measure (Figure 2), Fugl Meyer Assessment, Barthel Index, and Chedoke McMaster Stages of Motor Recovery as compared to individuals who received conventional occupational therapy and physiotherapy for the same duration. Detailed results of this study are published elsewhere.


[image: image]

FIGURE 2. Self-care Functional Independence Measure scores for all individuals with sub-acute stroke (blue bar indicates score at baseline and red bar indicates gain after 40 × 1 h therapy, treatment group received functional electrical stimulation and control group received conventional PT/OT).


In another clinical trial in chronic severe pediatric stroke population (Kapadia N. et al., 2014), where all four participants received a total of 48 h of FES therapy, statistically significant improvements were observed on the Quality of Upper Extremity Skills Test as well as on various sub components of the Rehabilitation Engineering Laboratory Hand Function Test (this is the Toronto Rehabilitation Institute- Hand Function Test with a scoring system adapted for stroke).



DISCUSSION

Short duration multichannel surface FES is a viable and safe treatment modality that can be successfully applied in patients with neurological conditions. It is important to note that we did not formally investigate safety and feasibility in our clinical trials mainly because transcutaneous FES has been applied in clinical trials for over 5 decades now without any reports of major adverse events. However, given that we have applied FES to over 200 patients over the past 15+ years we are able to confidently say that transcutaneous FES is both safe and feasible. Across all of our clinical trials we did not encounter any serious adverse events and we have been able to successfully retain our study participants for the duration of the research therapy. Discussed here is an in-depth application of transcutaneous multi-channel FES therapy of the upper extremity in spinal cord injury and stroke patients. In order to obtain maximum benefits of this therapy there are some general points to keep in mind.

The goal of this manuscript is not to explore the mechanism of improvement in individuals with stroke and spinal cord injury following FES as this is a methods paper and as such these mechanisms have been widely discussed in literature (Quandt and Hummel, 2014; Hara, 2015; Luo et al., 2020; Marquez-Chin and Popovic, 2020). We do, however, recommend some basic principles of FES application on the widely accepted belief that mechanism of improvement with this therapy is based on the principles of neuroplasticity (Nagai et al., 2016). First and foremost it is strongly recommended that therapy should be started as soon as the medical condition of the patient is stabilized, i.e., preferably in the acute or sub-acute phase post-injury. Secondly, active participation of the patient during treatment is critical. Along with the FES, patients have to make an active attempt to execute the target movement. Third, the movements carried out should be functional and should follow a physiological pattern as closely as possible (movements similar to those of able-bodied individuals). Fourth, therapy should be combined with conventional rehabilitation modalities (example: stretching and strengthening) to reap maximum benefits. Lastly, while no specific dosing study has been conducted, our group recommends delivering at least three 1 h sessions per week. However, our group does not recommend more than one session per day, as this often exhausts the patient and prevents them from actively participating in the second session. In total, at least 20 sessions are needed to obtain clinically relevant changes, however, it is often recommended that patients have 40 or more hours of therapy to maximize outcomes and experience greater gains in function.

It should be noted that, in certain very acute or chronic spinal cord injury cases, a strengthening phase is necessary prior to the functional training phase because the muscles are minimally responsive to stimulation at first (Popovic et al., 2002) due to initial spinal shock (Galeiras Vázquez et al., 2017) or due to long-term disuse (Popovic et al., 2002).

It is important to bear in mind that although FES therapy has not been extensively tested in individuals with cervical complete spinal cord injury, those that have been trained with the system have shown remarkable improvements that were much more profound than those produced with conventional therapy (Popovic et al., 2006). This evidence merits conducting more comprehensive clinical trials with FES therapy in cervical complete spinal cord injury patients.

In conclusion, the most attractive feature of multichannel surface stimulators is that they are non-invasive, often programmable and allow for various muscles/muscle groups to be stimulated simultaneously in physiological patterns. They have a high level of fidelity and are able to produce global upper-limb motions as well as fine finger movements like two pinch grip (thumb and index finger) and tripod grip (thumb, index, and middle finger) using surface stimulation electrodes.

The specific surface stimulator used in our clinical studies, is not widely available any longer, however, the methodological considerations discussed above remain the same irrespective of the type of stimulation device. Any stimulator that can produce protocols discussed in this article can be used for FES therapy. Although the new stimulators used for the FES therapy come with guidelines for locating motor points, therapists should be mindful that motor points can anatomically vary between individuals. If required, the first session should be dedicated to finding correct stimulation points, after which these can be marked down for future sessions.

As important as it is to assist weak muscles with FES during execution of functional tasks, it is equally important that once functional voluntary strength is recovered (at least 3/5 on Manual Muscle Testing), stimulation is withdrawn from those muscles and the patient is encouraged to voluntarily control the muscles themselves. The available FES channels can then be applied to other weaker muscle groups that still need retraining. In some cases, with severe spasticity, manual stretching of the tight muscles prior to stimulation may yield better results.
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P > 0.05), age and handedness (unpaired t-test, P > 0.05).
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Agency (AG)

Body ownership (BO)

Performance in activity (PIA)

Phantom limb pain (PLP)
Control questions

SF1: “When | grip something it feels like | grasp it with my real fingers.” SF2: When | grip objects, | can feel the touch in the fingers of
the prosthesis.”

AG1: “It feels like | control the movement of the prosthesis.” AG2: “The prosthesis moves like | want it to, like | am controlling it with
my will.”

BO1: “It feels like the prosthesis is my hand.” BOZ2: “It feels like the prosthesis is a part of my body.” BO3: “It feels like the phantom
hand is inside the prosthetic hand.”

PIA1: I can use the prosthesis without looking.” PIA2: “I can put away a plastic cup without looking.” PIA3: “I can control the grip of
the prosthesis.” PIA4: “| even feel that | can hold a small child with the prosthesis.” PIA5: “l feel that | can control how hard | hold
something.” PIAG: “The prosthesis feels like a tool.”

PLP1: “I have phantom limb pain when wearing the prosthesis.” PLP2: “I have phantom limb pain when not wearing the prosthesis.”
“It feels like the prosthesis controls my movements.” “My (real) arm feels rubbery when | wear the prosthesis.” “It feels like the
prosthesis has its own will.” “My (real) arm feels like a robot when | use the prosthesis.” “Sometimes | perceive a feeling of touch
somewhere outside the prosthesis.” “When | grip objects with the prosthesis, it feels like the feeling of touch is projected toward my
upper arm and/or chest.”
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OHC/IHC 0.8955  0.4851 >0.9999 0.5872 0.6174 0.3631
PSDO5/IHC 0.4526  0.7005 0.5011  0.3921  0.9170  <0.0001
Fiber Density  0.9096  0.8528 0.4702  0.4854 0.0097  <0.0001

OHC/IHC, the ratio of OHC number to IHC number; PSD95/IHC, the ratio of PSD95
puncta number to IHC number.
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VPL, verapamil; IVA, w-agatoxin IVA; GVIA, w-conotoxin GVIA; CCBM, the mixture

of VPL, IVA and GVIA, CCB, calcium channel blockers.
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PSD95/IHC Fiber Density

Non-ES 100 pA Non-ES 100 pA
VPL 0.9208 0.0002 0.9995 0.7532
IVA 0.7979 0.2014 0.0041 0.3629
GVIA 0.9995 0.5060 >0.9999 0.8033
CCBM 0.9969 0.9618 0.9768 0.7404

Non-ES/Ca~, cochlear explants without electrical stimulation in calcium-free
medium; Non-ES/Cd, cochlear explants without electrical stimulation in medium
with cadmium chloride; 100 uA/Ca~, cochlear explants with 100 uA electrical
stimulation in calcium-free medium; 100 uA/Cd, cochlear explants with 100 uA
electrical stimulation in medium with cadmium chloride.
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Stim Amp 1mA 2mA 10 mA
Max E in tissue (V/m) Eskin Eskull EBrain Eskin Eskull EBrain Eskin Eskull EBrain
Disc-ring spacing Far 0.210 2.225 x 10° 413 0.420 4.450 x 108 8.26 2.10 2.225 x 10* 413
Standard 0.020 2.229 x 103 3.82 0.040 4.458 x 108 7.64 0.200 2.229 x 10* 38.2
Close 0.005 2.290 x 10° 2.70 0.010 4.450 x 103 5.40 0.050 2.290 x 10* 27.0
Disc size Large 0.175 839 2.86 0.350 1678 5.72 1.750 8390 28.6
Medium 0.175 2.224 x 103 416 0.350 4.448 x 103 8.32 1.750 2.224 x 104 41.6
Small 0.175 4,942 x 10° 4.84 0.350 9.884 x 10° 9.68 1.750 4,942 x 10* 48.4
ICS 0.21 15.80 4252
TES 32.80 11.64 0.11

Equivalent values for ICS and TES are shown. The effect of increasing the current delivered through the ECS concentric-ring electrodes to 2 and 10 mA are also shown.
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