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Effect of the transpulmonary
pressure on the lungs’
vibroacoustic response: a first
numerical perspective
Arife Uzundurukan1,2*, Sébastien Poncet1, Daria Camilla Boffito2

and Philippe Micheau1

1Centre de Recherche Acoustique-Signal-Humain, Université de Sherbrooke, Sherbrooke, QC, Canada,
2Department of Chemical Engineering, École Polytechnique de Montréal, Montréal, QC, Canada
In the high-stakes environment of intensive care units (ICUs), managing
transpulmonary pressure is crucial for providing breathing assistance to
intubated patients, particularly when combining this intervention with
respiratory therapy, such as high-frequency chest compression (HFCC).
Despite the complexity of lung tissues, a computed tomography-based finite
element model (CT-FEM), guided by Biot’s theory, can be employed to
numerically predict their vibroacoustic behavior at low frequencies, where the
properties of the lungs align with the theory’s principles. In this work, one
aims to develop an analytical model of the lungs for two different levels of
transpulmonary pressure—10 cm H2O (inflated lungs) and 20 cm H2O (healthy
lungs)—to examine the poroviscoelastic behavior of the lungs and evaluate the
generated analytical model using a CT-FEM of the human thorax like a digital
twin of the human thorax. Biot’s theory was utilized to predict the complex-
valued shear wave speed, as well as the fast and slow compression wave
speeds, across a frequency range between 5 and 100 Hz. The analytically
computed values were tested using a previously validated CT-FEM of the
human thorax to compare respiratory therapy outcomes for intubated patients
under different transpulmonary pressure levels. Besides the frequency
response function of the thorax, the kinetic energy density and the strain
energy density were compared for these pressure levels. The CT-FEM
demonstrated that all peak points fall within the range of 20–45 Hz; therefore,
this range might be considered in ICUs settings. Kinetic energy density was
nearly 2.2 times higher, and strain energy density was 1.46–1.26 times higher
at the first and last peaks, respectively; therefore, inflated lungs experienced
greater effects than healthy ones under the same respiratory therapy
conditions. Overall, this study highlights how different transpulmonary
pressures affect HFCC therapy, offering insights into gentle and effective
conditions for intubated patients in ICUs while revealing the lungs’ 3D
responses by integrating analytically predicted shear wave speed, fast and slow
compression wave speeds.
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1 Introduction

The spectrum of potential risks for patients in intensive care

units (ICUs) requiring intubation, spans from gagging, choking,

bleeding, and soft tissue damage to sore throat, hoarseness, and

oral trauma (1). For instance, in a prospective observational

study conducted from October 2018 to July 2019, nearly 3k

patients across 197 sites in 29 countries, at least one major

clinical event occurred after intubation in 45.2% of patients,

including cardiovascular instability in 42.6%, severe hypoxemia

in 9.3%, and cardiac arrest in 3.1% (2). A conscientious appraisal

of these risks, coupled with the implementation of requisite

measures, is paramount for ensuring patient safety and well-

being (3, 4). Furthermore, monitoring transpulmonary pressure

helps ICUs clinicians optimize ventilator settings and assess lung

function in critically ill individuals (3, 5). Therefore, many

critical settings, such as transpulmonary pressures, are the hottest

research topics in ICUs, which aim not only to enhance our

understanding of the pathophysiology of acute respiratory failure

but also to improve clinical outcomes (5). Intubated patients,

who have a tube assisting their breathing, may necessitate

cautious consideration for implementing vibroacoustic chest

physiotherapy (CPT) in critical care settings like ICUs (6). CPT

is a technique utilizing low-frequency vibrations to induce

stimulation of the rheological properties of the bronchial mucus

and supply easier relaxation in the airways (7). Vibroacoustic

therapy, an indispensable component of respiratory care for

critically ill patients in the ICU, has emerged as a promising

combination with ventilation in terms of being both safe

modality (8) and supportive for the effective full range of the

secretion clearance (9). This innovative approach involves the use

of mechanical vibrations to stimulate various physiological

responses in the body, promoting potential therapeutic benefits

by making the mobilization of secretions easier, which are then

cleared by cough or by suction in the case of intubated patients

(10, 11). Therefore, it is obvious that the combination of

intubation and vibroacoustic therapy applied to the dorsal part of

the thorax is well-suited for patients with muco-obstruction in

the airways by minimizing the discomfort associated with the

risky conditions while increasing the efficiecy of the

mucus drainage.

An effective method for administering therapy involves the

utilization of vibroacoustic airway clearance devices (ACDs), such

as the high-frequency chest compression (HFCC) devices (7, 12).

These devices deliver gentle oscillations to the chest surface,

providing a tailored and regulated treatment approach (7, 11).

This approach proves beneficial for facilitating sputum

expectoration, contributing to the stabilization or enhancement

of respiratory function, and augmenting airflow in regions

characterized by low lung volumes (10, 11).
Abbreviations

ACDs, airway clearance devices; CPT, chest physiotherapy; CT, computed
tomography; FEM, finite element modelling; FRF, frequency response
function; HFCC, high-frequency chest compression; ICUs, intensive care units.
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The lungs are made of soft biological tissue, vasculature, as well

as millions of microscopic air sacs connected through a complex

branching airway structure (13). Therefore, the lungs are highly

heterogeneous, combining gas linked through a complex and

tortuous network of channels and microscopic sacs (14).

Furthermore, they include flowing non-Newtonian liquid, blood,

a complex network of vessels, and a viscoelastic soft tissue

structure exhibiting nonlinear behavior under large deformation

(15). It is apparent that pulmonary conditions can result in

considerable changes in the stiffness or density of the lungs,

either locally or diffusely (16). In the case of fibrotic lung, for

instance, the stiffness of lung parenchyma rises in proportion to

the severity of fibrosis (17). Conversely, asthma exhibits an

elevated bronchoconstriction level, which correlates with an

increase in parenchymal shear modulus (18). In cases of

emphysema, the lung experiences a reduction in stiffness due to

the restructuring of collagen fibers (19). Furthermore, it is an

established fact that gradually increasing inhalation pressure

significantly improves lungs’ elasticity (20) and the effect of

tissue and model uncertainties on the lung response (21).

However, transpulmonary pressure influences the physical

features of both the elastance and air ratio (22). Therefore, in

order to supply comprehensive lung feature variations,

transpulmonary pressure is taken as a comparison variable

parameter in this study.

Although detecting these changes is often challenging with

conventional imaging, the transpulmonary pressure is central to

comprehending respiratory mechanics, which represents the

pressure differential across the lung and drives pulmonary

ventilation for different conditions (23). It could be used to

determine the physical properties of the lungs for numerical

studies. A transpulmonary pressure ranging from approximately

25–30 cm H2O is associated with full inflation of the normal

lung, leading to the recommendation of not being more than

30 cm H2O as an estimate of the elastic distending pressure (24).

Suggested upper limits for tidal changes in transpulmonary

pressure are 15–20 cm H2O for patients with homogeneous lung

parenchyma (normal, post-surgical patients) and 10–12 cm H2O

for in patients with inhomogeneous lung parenchyma (acute

respiratory distress syndrome) in clinical settings (5). Therefore,

in this study, transpulmonary pressure levels of 10 and 20 cm

H2O were selected to see the difference between the patients and

healthy lungs with vibroacoustic therapy for numerical studies.

This kind of numerical study used for CT-FEM was seen as a

new simulation technology that can revolutionize respiratory

medicine while decreasing the intubation risks, especially for

prolonged ventilation.

The study of the mechanical properties of the lungs during

breathing is of utmost importance in determining physiotherapy

conditions as well as clinical diagnostics (25). As the primary

organs involved in respiratory mechanics, the lungs’ behaviour of

shear and compression waves, known as also dilatational and

rotational waves, in lung tissue provides valuable insight for

medical professionals in managing conditions such as asthma,

COPD, and respiratory distress syndromes (26). Incorporating

precise data into biomechanical models allows for a more
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accurate representation of tissue mechanics, which in turn enables

the development of advanced medical devices and treatments (11).

A comprehensive understanding of the behavior of shear and

compression waves in biomedical materials is of paramount

importance in advancing medical diagnostics, devising effective

treatment strategies, and conducting research on respiratory

health and diseases.

The inquiry into poroelastic wave propagation within

poroviscoelastic, fluid-saturated lung material intricately

integrates effective medium theory to model macroscopic

behavior and Biot’s theory to describe the interaction between

fast and slow compressional waves, shear waves, and the

dynamic coupling of solid and fluid phases in lung tissues (27).

The effective medium theory has been used to model lungs in

acoustical studies since the 1980s (27, 28). This theory could be

applicable in the frequency range of 100–2,000 Hz unsuitable for

frequencies below 100 Hz (27, 29). This stems from the premise

that the swift oscillations prompted by the compression wave

impede the airflow within the lungs from transitioning between

different regions (30). Moreover, a homogeneous isotropic

material model resembles water uniformly interspersed with

small gas bubbles, facilitating the calculation of compression

wave behavior across the audible frequency spectrum (31, 32).

However, the Biot’s theory is more accurate and robust than the

effective medium theory for reliable results in HFCC studies as it

is applicaple for the frequency ranges below 100 Hz.

Furthermore, the Biot’s theory has been used to describe the

wave behavior in the heterogeneous dynamic porous saturated

medium by neglecting the microscopic level and averages of the

corresponding microscopic quantities of the constituents

Poiseuille flow (33) and breakdown of Poiseuille flow (34).

In order to study HFCC numerically, in addition to a realistic

geometry of the internal organs, knowing their material properties

is crucial for accurate results in FEM. Experimental in vivo studies

cannot replicate human respiratory organs. To overcome this

limitation, numerical models can provide unbiased solutions that

are independent of external effects. By using 3D FEM models,

one can improve the understanding of relevant vibroacoustic

wave transmission phenomena (30). Therefore, the modelling of

the complex material properties of the human respiratory organs

is one of the most critical parts of FEM. However, in the

literature, scientists focus on the high-frequency range to detect

the parenchyma in pulmonary diseases (27), and no study has

been conducted at low frequencies for the lungs’ material

features and behavior. Further, there are contrasting data and

opinions about the working conditions of these devices.

However, in our previous study, we found two apparent

resonance frequencies at 28 and 41 Hz for the human thorax in

the 5–100 Hz range (11), which are confirmed by two

experimental studies (35, 36).

Experimental data indicate that an increase in transpulmonary

pressures supplies benefits from 10 to 20 cm H2O (37). However,

another study consisting of 66 patients indicates that receiving

mechanical ventilation and HFCC together with the aim of

increasing pressure doesn’t have any therapeutic benefit (38).

Vibration therapy is pervasively recognized as effective for
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pulmonary secretion clearance (11), albeit with a critical caveat—

limited understanding regarding the different frequency ranges

with respect to the impact on the lungs at different

transpulmonary pressure levels. Furthermore, in terms of the

lung analytical modelling, only Siklosi et al. (39) focused on 500–

5,000 Hz, and Peng et al. (40) on 100–800 Hz, providing purely

analytical models. Then there is no study in the low frequency

range (below 100 Hz), which is is used for HFCC (11).

Therefore, CT-FEM has the potential to transform respiratory

medicine by addressing the significant gap in the literature

regarding analytical models and their validation, and enhancing

reliability by accounting for varying lung conditions based on

transpulmonary pressures and low-frequency ranges. Addressing

this gap represents a clinical need, as such models provide

insights into lung mechanics under varying conditions, such as

transpulmonary pressure and external excitations. Digital twins

of the lungs, analytically developed alongside 3D CT-FEM

advancements, can enhance diagnostics and enable personalized

treatments for respiratory disorders. This lacuna in knowledge

constitites the motivation of this study, aspiring to shed light on

the mechanical ramifications of chest wall vibration in healthy

individuals, alongside an exploration of transpulmonary pressures

and HFCC therapy settings together as a combined settings.

Here, we aimed to develop a tractable set of equations to render

microscopic heterogeneous features of the lungs possible to

represent in macroscopic material properties and test them. It is

the first time the physical properties of the lungs were

analytically modelled by Biot’s theory, culminating in comparing

predicted wave attributes, namely wave speeds and attenuation at

different pressures at a low-frequency range. Another novelty of

the present study lies in testing the analytically calculated lung

material features as input to a previously validated CT-FEM of

the human thorax. This approach allowed to generate a

visualization comparison of the lungs at different frequencies and

transpulmonary pressure levels as a combined therapy. To bring

more clarity, both 1D with a homogenously distributed average

of 5k points mean and 3D results for kinetic and elastic strain

energy density were evaluated at their peak points. Here, we

contributed to respiratory studies determining the material

properties of the lungs for numerical studies and providing a

visual illustration of their behavior, resulting in an heightened

understanding of lung responses at peak frequencies.
2 Methodology

Two key circumstances prevalent in clinical settings were

identified as exerting significant influence on the material

properties of the lungs and resulting in distinct responses: lungs

afflicted with inflation experiencing a transpulmonary pressure of

10 cm H2O, and normal lungs subjected to a transpulmonary

pressure of 20 cm H2O. These two conditions were modeled with

the Biot’s theory described in Section 2.1. Afterwards, these

analytically modelled lungs at different pressure conditions, and

their vibroacoustic lung behavior, were tested and compared by

using a previously validated CT-FEM described in Section 2.2.
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2.1 Biot theory

The Biot’s theory describes the propagation of waves in a solid

porous structure fully saturated with fluid, wherein it disregards the

microscopic level and posits the applicability of continuum

mechanics to measurable macroscopic quantities (33, 34). Here,

one follows the Biot’s theory (34), in which the breakdown of the

Poiseuille flow exists. Lung structure depends on various

variables, but the most obvious of which is the air inside. This

air fills the alveoli and puts pressure on them from the inside,

affecting many material properties such as pore size,

permeability, and shear stress (14). The material properties are

extracted from an experimental study, in which the chest cavity

was surgically opened and pleural pressure adjusted to

atmospheric pressure and the transpulmonary pressures were

maintained at 10 and 20 cm H2O (27).

The Biot’s theory is applied to the lungs by assuming a

homogeneous isotropic poroviscoelastic material with small

deformations for HFCC therapy to represent ACDs effect.

Neglecting the initial conditions, the Biot’s equations as

determined in Equations 1, 2 describe a frequency-dependent

speed of sound at low frequency range inside the lungs,

describing the dynamic behavior of the material in terms of

macroscopic, space-averaged quantities such as acoustic pressure,

elastic stress, and solid and fluid displacements. Here, Einstein

summation notation is used to illustrate x, y, and z coordinates

and subscript j denotes the partial derivative. They are written in

the frequency domain to illustrate the results under harmonic

oscillations (41):

mui,jj þ Kb þ m

3

� �
u j,ij � (a� b)P,i þ Fe ¼ �v2(r� brf )ui (1)

bp,ii þ w2

R
rfv

2pþ rf jvrg ¼ �rfv
2(a� b)ui,i (2)

where u is the steady-state dynamic oscillatory displacement, p

represents the dynamic pressure of the air in the lungs in the

frequency domain. α, β, and R are the coupling parameters

between the lung parenchyma and air (described in

Equations 3–5, respectively). Here, r is the lung density and rf is

the air density inside the lungs. Fe is the external input of force,

ω is the angular velocity, where jω denotes a time derivative, rg
indicates the rate of introduction of gas per unit volume, Kb is

the drained bulk modulus, and m is the complex shear

viscoselasticity, which defines the complex shear wave speed.

a ¼ 1� Kb

Ksk
(3)

b ¼ krfw
2jv

w2 þ jvk(rþ wrf )
(4)

R ¼ w2Kf K2
sk

Kf (Ksk � K)þ wKsk(Ksk � Kf )
(5)
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where Ksk is the skeleton bulk modulus, Kf is the fluid bulk

modulus, and k is the permeability. One assumes that Kf = nP,

where the polytropic constant n is fixed to 1 as an isothermal

process (42) in the low frequency range.

r ¼ (t� 1)rfw (6)

Here t denotes the tortuosity at low frequencies (43) and plays a

crucial role to determine r, as well as rf and volume fraction (w)

described in Equation 6. It is a geometric factor influenced by the

pore structure, with the pore space in the lungs being approximated

as a meandering cylindrical channel network with a variable diameter.

k ¼ kp

nf
(7)

where the permeability of the porous medium (kp) is related to

volume fraction (w), specific area of the porous section (A), and

tortuosity (t) as illustrated in Equations 7, 8:

kp / w3 A
t

(8)

The complex-valued fluid viscosity nf is defined as in Equation 9:

nf ¼ F(Q)hf (9)

where F(Q) is the frequency correction function, which is necessary

as the fluid viscosity (hf ) is dynamic as described in Equation 10

(33). The Poiseuille flow is valid when the duct wall is at rest, but

when the fluid and the solid skeleton oscillate at a given

frequency, there is a deviation from the Poiseuille flow and the

dynamic viscosity of the fluid is multiplied by a frequency

correction parameter (Q) and frequency correction factor T(Θ) as

determined in Equations 11, 12, respectively:

F(Q) ¼ 1
4

QT(Q)

1þ 2j
T(Q)
Q

0
B@

1
CA (10)

where

Q ¼ d
2

ffiffiffiffiffiffiffiffiffiffi
jvrf
hf

s
(11)

Here, j is the sinuosity function determined as j ¼ ffiffiffi
t

p
, and d is the

diameter of the alveolar.

T(Q) ¼ � ffiffiffiffiffi�j
p

J1
ffiffiffiffiffi�j

p
Qð Þ

J0
ffiffiffiffiffi�j

p
Qð Þ (12)

where J1 and J0 are the Bessel functions of the first kind of orders 1
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and 0, respectively. So, at high frequencies, one gets:

F(Q) ! Q

1þ jffiffiffi
2

p
4

(13)

A phase difference exists between the velocity and the friction force.

At constant velocity, the friction force grows with the square root of

the frequency and maintains a 45-degree phase offset from the
TABLE 1 Material properties used in CT-FEM for the internal organs.

List Properties Value References
Lung
properties

Air density, ρf 1.2 kg.m−3 (27)

Solid density, ρt 1,000 kg.m−3 (52)

Tortuosity, τ 1.33 (53)

Polytrophic constant 1 (27)

Dynamic air viscosity, ηf 1.82 × 10−5 Pa.s (27)

Solid bulk modulus, Kt 2.2 × 109 Pa (52)

Lung
properties at
20 cm H2O

Air volume fraction, w 0.71 (27)

Air pressure, P 1.03 × 105 Pa (27)

Permeability of porous
medium, κp

25 × 10−12 m2 (27)

Pore radius, r 0.225 mm (54)

Solid skeleton bulk
modulus, Ksk

8.26 × 103 Pa (27)

Solid shear modulus, μs 1,400 + 5.78 ( jω)0.5 (27)

The total volume of the
lung, VL

1,141 cm3 (27)

Lung
properties at
10 cm H2O

Air volume fraction, w 0.57 (27)

Air pressure, P 1.02 × 105 Pa (27)

Permeability of porous
medium, κp

13 × 10−12 m2 (27)

Pore radius, r 0.2 mm (54)

Solid skeleton bulk
modulus, Ksk

4.68 × 103 Pa (27)

Solid shear modulus, μs 790 + 1.23 ( jω)0.5 (27)

The total volume of the
lung, VL

770 cm3 (27)

Airways Young’s modulus—Real
part, E1

0.28 MPa (29)

Young’s modulus—
Complex part, E2

0.124 MPa (29)

Density, ρf 1,000 kg.m−3 (29)

Poisson’s ratio, ν 0.49998 (29)

Soft tissue Lamé parameter—Real
part, λ1

2.6 GPa (52)

Lamé parameter—
Complex part, λ2

0 (52)

Shear modulus—Real
part, μ1

2.5 kPa (52)

Shear modulus—
Complex part, μ2

5 Pa.s (52)

Density, ρst 1,000 kg.m−3 (52)

Osseous Lamé parameter—Real
part, λ1

2.6 GPa (52)

Lamé parameter—
Complex part, λ2

0 (52)

Shear modulus—Real
part, μ1

10 × 106 MPa (52)

Shear modulus—
Complex part, μ2

20 Pa.s (52)

Density, ρo 1,500 kg.m−3 (52)
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velocity (34). When Equations 1, 2 are coupled to the

compression behavior, it gives:

Kb þ 4m
3

� �
ui,jji � (a� b)p,ii ¼ �v2(r� brf )ui,i (14)

where

ui,jj ¼ �v2(r� brf )ui (15)

Here, one assumes that dilation is zero (ui,i ¼ 0). Then, cs and ks
represent the shear wave speed and shear wave number,

respectively, and write as follows. Then, cs and ks represent the

shear wave speed and shear wave number, respectively, and write

as follows in Equations 16, 17, respectively:

cs ¼
ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi

m

r� brf

r
(16)

ks ¼ v

cs
(17)

Here, the real part of ks governs the shear wave speed and the

imaginary part defines the attenuation.

As for the calculation of the compression waves, Equations 14, 15

could be written as in Equations 20–25, respectively:

�au00x � �b p0 ¼ ( jv)2�Gux (18)

�D p00 � ( jv)2�1p ¼ ( jv)2 �Vu0x (19)

where the determined constants, �a, �b, �G, D , �1, and �V, are regulated

as follows:

�a ¼ Kb þ 4m
3

(20)

�b ¼ a� b (21)

�G ¼ r� brf (22)

�D ¼ b (23)

�1 ¼ w2

R
rf (24)

�V ¼ rf (a� b) (25)

Further, ′ and ″ denote the first and second order derivatives,

respectively, according to the x direction. Therefore, with respect to

the oscillation with increase in oscillation (v) could be considered

for the displacement and pressure calculation as follows:

ux ¼ u0e j(vt�kx) (26)

p ¼ p0e j(vt�kx) (27)
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When Equations 26, 27 are replaced in Equations 18, 19, the matrix

form of the equations is obtained as given in Equation 28:

�ak2 � �Gv2 �j�bk
j�Vv2k �Dk2 � �1v2

� �
ux
p

� �
¼ 0

0

� �
(28)

The quadratic equation of the matrix form, therefore, is obtained as:

�a�Dk4 � (�a�1þ �G�Dþ �b�V)v2k2 þ �G�1v4 ¼ 0 (29)

Here, Equation 29 results in 2 different values, kps and kpf, which are the

slow and fast compression wave numbers, respectively the used material

features of the lungs used in the calculation are given in Table 1.

The slow compression wave speed (cps) and fast compression

wave speed (cpf) are calculated as follows in Equations 30, 31,

respectively:

c ps ¼ v

kps
(30)

c pf ¼ v

kpf
(31)

where the imaginary part of fast compression wave number (kpf)

and slow compression wave number (kps) defines the attenuation

as function of frequency.

As the last step, the analytically modelled the c ps value was

integrated, along with cs and r, the density of the lungs, to CT-

FEM as key material properties for both 10 and 20 cm H2O

transpulmonary pressures. These additions enhance the model’s

accuracy by offering a more comprehensive representation of the

lung’s mechanical properties, thereby refining the simulation of

wave propagation and tissue response under various conditions.
2.2 Testing of the analytically calculated
transpulmonary pressures

To accurately assess the external effect on the body, dorsal

vibroacoustic therapy requires a realistic representation of human

soft tissues, the rib cage, lungs, trachea, and bronchial structures.

Although there is still a lack of full developed digital human twin,

the CT-FEMs are currently used to model respiratory disease (11),

road traffic accidents and ballistic impact (44), and epicardial pulsed

electric field ablation (45). However, to guarantee the precision and

dependability of the analytically developed lung material properties,

it is imperative to test the calculated values in a formerly developed

model for respiratory diseases (46), and validated for HFCC (11).

Therefore, one developed a 3D medical imaging model of the

assembled human thorax (46) and validated it (11), focusing on

transpulmonary pressure and vibrations affecting the alveoli, and a

combined treatment approach, as illustrated in Figure 1a. Therefore,

this CT-FEM-based digital twin simulation incorporates predicted

fast compression, slow compression, and shear waves, illustrating

their interaction under varying transpulmonary pressures and
Frontiers in Digital Health 06
providing valuable insights into lung mechanics under

oscillatory forces.

In order to implement the therapy, boundary conditions are

applied to the generated model, as illustrated in Figures 1a–c. In

Figure 1a, an image of the soft tissue, ribcage, lungs, trachea, and

overall assembled geometry is illustrated. For the mean stored

energy densities of the lungs, average values are calculated from

4,948 points, randomly and evenly distributed for each frequency

within the range of 5–100 Hz. All material properties are kept

constant, except for the lungs, which vary depending on the

transpulmonary pressure (10 or 20 cm H2O), as illustrated in

Figure 1b in the alveoli and bronchiolar levels. This approach

allows for a comparison of lung conditions at low frequencies.

Figure 1c illustrates the boundary conditions of intubated

patients with HFCC. A level of 140-decibel sound pressure level

(dBSPL) is applied to simulate the shaker’s working condition

(radius of 0.04 m and applied force of 1 N) in the numerical

model. The remaining boundary conditions are left unbound,

following the approaches described in both experimental (35, 36)

and numerical (11) studies. The frequency response function

(FRF) of the human thorax was collected from front chest surface.
3 Results

3.1 Analytical modeling of the physical
properties of the lungs

The key aspects of the Biot’s theory are applied to the lungs at

both 10 and 20 cm H2O transpulmonary pressures, culminating

in a comparison of predicted wave attributes by the analytical

model, namely fast compression, slow compression and shear

wave speed. Furthermore, attenuation is determined to see the

effect of the HFCC working frequency on the lungs. The

analytical modelling of fast, slow compression waves, and shear

wave speed, as well as the attenuations at 10 and 20 cm H2O

with respect to different frequencies are illustrated in

Figures 2a–e, respectively.

As a result of the analytical modelling of the lungs material

properties, it can be obviously seen from the graphs that both

slow and compression waves are significantly frequency

dependent, but slow compression is more dependent. According

to the analytical calculations, cps has an increasing rate of 46%

and 48% for 20 and 10 cm H2O, respectively. From 5 to 100 Hz,

the calculated cps increases from 1.956 + 0.710j m/s to

3.652 + 0.911j m/s for 20 cm H2O, and 1.147 + 0.425j m/s to

2.186 + 0.582j m/s for 10 cm H2O.

As for cpf, the values increase by 13.9% and 11.9%, which raise

from 13.9 23.560 + 1.075j m/s to 27.357 + 4.222j m/s for 20 cm

H2O, and 21.568 + 0.830j m/s to 24.493 + 3.293j m/s for 10 cm

H2O, from 5 to 100 Hz.

Although both slow and fast compression waves are influenced

by an increasingly high frequency, the effect of this increasing

frequency on the shear waves is relatively small, which is 2.7%

and 1%, respectively. It increases from 2.106 + 0.017j m/s to

2.165 + 0.074j m/s for 20 cm H2O, and 1.359 + 0.004j m/s to
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FIGURE 1

(a) 3D medical imaging of the assembled (46) and validated (11) human thorax; (b) transpulmonary pressure and vibrations on the alveola, and (c)
representation of the combined treatment and boundary conditions, replicating inflated and normal lung conditions at 10 and 20 cm H₂O
transpulmonary pressure levels and obtaining data for FRF and lung energy densities.
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1.373 + 0.018j m/s for 10 cm H2O. Both fast compression and slow

compression wave speeds raise significantly, as the tissue is

becoming more responsive and transmits mechanical forces more

efficiently at higher frequencies. These analytically calculated
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values are very close to those obtained in both numerical and

experimental studies at 100 Hz (27). Unlike compression waves,

shear waves typically exhibit a slightly different response to

changes in applied frequency, while their velocity also increases
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FIGURE 2

The analytical modelling of (a) fast compression wave, (b) slow compression wave, and (c) shear wave speed, as well as attenuations at (d) 20 cm H2O
and (e) 10 cm H2O with respect to different frequencies.
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but the rate of increase gets lower compared to compression waves.

The exact key parameters used and predicted by the theories are

given as Supplementary Material.

As for the attenuation, the amplitude tends to increase since

the wave energy dissipation rises with respect to an increase in

frequency and a decrease in the mean porosity (from 20 to
Frontiers in Digital Health 08
10 cm H2O); therefore, one could say that attenuation increases

from healthy lungs to inflated one. Shear wave attenuation is

mainly due to the lung shear viscosity. By increasing the

frequency, the attenuation at 10 cm H2O is larger than that at

20 cm H2O as permeability (see Table 1 for exact values) is lower

than that at 20 cm H2O.
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3.2 Comparison of lungs modeled
analytically at different pressures under
HFCC

In this section we present a comparison between the therapy

effects of analytically modelled lungs in 1D and 3D. The

comparison is made for two different transpulmonary pressures

10 and 20 cm H2O. The analysis includes the overall thorax in

FRF, as well as the mean stored kinetic energy density and strain

energy density of the lungs in Figure 3. This comparison could

provide valuable insights for improving therapy effectiveness and

patient outcomes.

Thorax behaviour is similar at 10 cm H2O with the literature

(11) 20 cm H2O transpulmonary pressure levels; 28 Hz,

identitical frequency, at the major points and 39 and 41 Hz for

the minor resonance frequencies, respectively. The major peaks

in the human thorax, at 28 Hz, are found at 0.138 m/s2N (11)

and 0.144 m/s2N for 20 cm H2O and 10 cm H2O, respectively.

As for the minor peaks, they exhibit a similar behavior, at 40 Hz

as 0.101 m/s2N (11) and 39 Hz as 0.102 m/s2N for 20 cm and

10 cm H2O, respectively. In addition to strengthening the lung

analysis of these similarities, the results stem from being applied

externally to the dorsal thorax, meaning that the investigated

material includes not only the lungs but also the spine, rib cage,

and surrounding tissues. Furthermore, beyond 100 Hz, there may

be additional peak points, as indicated in the literature (47), and

one can see this effect in the increase in the FRF value at 100 Hz

for a transpulmonary pressure of 10 cm H₂O.

The lungs showcase a duality of peaks in mean kinetic energy

density for both pressure conditions. For 20 cm H2O, the mean

stored kinetic energy density in the lungs are found at 55.3 μJ/m3

and 46.3 μJ/m3 with a corresponding frequencys of 30 and

41 Hz, respectively, while at 10 cm H2O alongside distinct peaks

are seen at 119 μJ/m3 and 103 μJ/m3 at a frequency of 31 and

39 Hz, respectively.

Despite the behavioural similarity in both the FRF of the thorax

and stored kinetic energy density of the lungs, 2 different peaks for

the thorax and 3 distinct peaks for the lungs were caught at both 10

and 20 cm H2O. At 10 cm H2O, the maximum strain energy

densities are found as 264 μJ/m3, 245 μJ/m3, 227 μJ/m3 at 31 Hz,

39 Hz and 45 Hz, respectively while at 20 cm H2O, they get

180 μJ/m3 at both 32 Hz and 42 Hz.
4 Discussion

Vibration therapy has emerged as a salient asset due to its

inherent safety, mitigating the proclivity for adverse effects

commonly associated with more invasive therapeutic approaches.

The intricate modeling of complex-valued lung shear and

compression wave speeds within the 5–100 Hz frequency

spectrum for HFCC constitutes a pivotal analytical cornerstone

(11). Employing the Biot’s theory for poroviscoelastic material

homogenization unveils the frequency-dependent nature of lung

physical properties at different transpulmonary pressures.
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As the lung’s structural changes highly depend on delivered

inspired air to all lung units (14), the study scrutinized two

distinct transpulmonary pressures at 10 and 20 cm H2O, revealing

pronounced frequency dependence in fast and slow compression

waves and shear waves. A significant increase in both fast and

slow compression wave speeds, along with a slight increase in

shear wave speed, was observed with increasing vibration

frequency, as shown in Figure 2. Shear wave attenuation was

primarily influenced by lung shear viscosity, while wave

attenuation predicted by Biot’s theory revealed notable differences.

The reduction in compression wave intensity during propagation

was driven by thermal dissipation under nonadiabatic conditions

and viscous effects in both solids and fluids.

Table 1 indicates that the permeability of a porous material is

25 × 10−12 m2 and 13 × 10−12 m2 at 20 cm H2O and 10 cm H2O

(27), respectively. Permeability, a measure of fluid passage through

a porous material, plays a crucial role in attenuation, consistent

with findings from the literature (48). The increased attenuation at

higher frequencies can be attributed to enhanced friction between

the alveolar duct walls and air, caused by a marked drop in

permeability. Consequently, attenuation is higher at 20 cm H2O

compared to 10 cm H2O, as shown in Figure 2, due to increased

friction from reduced permeability. This decrease in permeability

heightens the pressure gradient within the pore space, driving

more air into the lungs. It is important to highlight that the

relationship between lung permeability and attenuation is complex

and influenced by various individual factors (49).

Furthermore, the analytically calculated waves were tested as

inputs of the lungs’ material properties in previously modelled (46)

and validated CT-FEM (11) of the human thorax. The

vibroacoustic stimuli of the lungs in this model illustrated that even

if the wave speed increases with respect to an increase in frequency,

the maximum energy density remains between 20 and 45 Hz. The

graphical representation of both energy densities depicted a

significant downturn after approximately 40–45 Hz, which could be

supported by the experimental outcomes in Ganesan et al.’s (1997)

study (50), in which the authors found a cut-off frequency at 40 Hz

due to lungs-ribcage interactions. This small variance between the

numerical and experimental studies in the literature could be

explained due to the interactions with the internal organs. Both soft

tissues and rib cage envelope the lungs and have an effect on the

transmission of the oscillation movements from the chest surface to

the lungs. Furthermore, another study indicated that mucus

viscosity tends to decrease by increasing in the frequency in this

region and exhibits a shear thinning behavior (51). However, as

there is no further effect of acoustic CPT on the lungs beyond

45 Hz, this reflects in a decrease of strain energy density (Figure 3).

Thus, no enhanced mucus expectoration is expected at higher

frequency. Therefore, one recommends that, in order to get the

highest benefit from acoustic CPT, the frequency range for both

transpulmonary pressures should be between 20 and 45 Hz for

HFCC. In the literature, the efficacy of increased pressure support

for intubated patients was demonstrated by (37). In the present

case, augmenting pressure does not provide therapeutic

benefitfmores (38). On the contrary, the increase in transpulmonary

pressure leads to a decrease in both kinetic and elastic strain energy
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FIGURE 3

1D and 3D comparisons of the therapy effect by using analytically modelled lungs at 10 and 20 cm H2O for (a) the overall thorax in FRF (11) and the
mean (b) kinetic energy density and (c) strain energy density in the lungs.
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density in the lungs. This effect is more pronounced at 10 cm H2O

compared to at 20 cm H2O.

In agreement with former findings from literature, the

resonance frequencies are confirmed at 28 Hz and 41 Hz for the
Frontiers in Digital Health 10
human thorax within the 5–100 Hz range (11). The capstone of

this study is the innovative breakthrough involving the

comparison of therapy at different transpulmonary pressures,

which could be applicable in the high-stakes environment of
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ICUs. Moreover, the impact of respiratory therapy is significantly

amplified in inflated lungs compared to healthy ones under

identical operating conditions. Specifically, the kinetic energy

density in inflated lungs is approximately 2.2 times greater, while

the strain energy density exhibits a pronounced increase, ranging

from 1.46 times higher at the initial peak to 1.26 times higher at

the final peak. These findings underscore the heightened

susceptibility and dynamic response of inflated lungs, offering

deeper insights into the biomechanical effects of

therapeutic interventions.

To sum up, this study did not only lay the groundwork for

numerical investigations by providing the material characteristics

of the lungs under various transpulmonary pressures and

frequencies but also it revealed the influence of the

transpulmonary pressure. This increase in transpulmonary

pressure could indicate two different circumstances: (i) vibro-

acoustic therapy for an intubated patient according to the

difference in transpulmonary pressure and (ii) the difference in

terms of vibro-acoustic therapy effect on both normal (20 cm

H2O) and inflated lungs (10 cm H2O) (5). Furthermore, this

technological advancement is set to significantly improve the

clarity and understanding of the decrease in transpulmonary

pressure. The transpulmonary pressure needed to maintain a

particular lung volume is directly proportional to the lung

elastance. In simple terms, if the lungs are stiffer (have higher

elastance), more transpulmonary pressure is required to maintain

the same volume. On the other hand, if the lungs are more

compliant (have lower elastance), less transpulmonary pressure is

needed to maintain the same volume. Therefore, it is obvious that

the more compliant lungs stored more energy densities than the

stiffer lungs. This holds significant implications and contributions

in therapeutic paradigms on both vibro-acoustic and

transpulmonary operating conditions for an intubated patient and

the difference in the vibro-acoustic therapy effect on both normal

and inflated lungs. The main limitation of the present study lies in

disregarding the interactions with other internal organs (heart and

diaphragm) and the respiratory cycle. The absence of mucus is

another limitation of the present study as it can influence the pore

viscoelasticity and the material properties of the lungs.

The spectrum of potential risks of respiratory disease

spans from gagging, choking, bleeding, and soft tissues

damage to sore throat, hoarseness, and oral trauma to

increase the need of ICUs (1). HFCC has a great potential

to decrease all these occurrences and this study appears

really effective in the frequency range between 20 and

45 Hz for both inflated and normal lung conditions. On the

other side, one should also consider that the highest energy

density with a combined decrease in transpulmonary

pressure may bring about other unpleasant effects.

Furthermore, the accumulation of mucus and the influence

of vibration frequency on its rheological properties (10) are

obvious and they could have an effect on the shear waves.

Upcoming studies will be devoted to conduct another

numerical study to illustrate the deformation of the airways

subjected to vibrations by a simplified two-phase flow

model, including both mucus and air.
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Glossary
A
 specific area of the porous section (m²)

c
 wave speed (m.s−1)

d
 diameter (m)

E
 Young’s Modulus (Pa)

f
 frequency (Hz)

F
 force per unit volume (N.m−3)

F(Θ)
 frequency correction function

J
 Bessel function

K
 bulk modulus (Pa.s)

k
 wave number

u
 steady-state dynamic oscillatory displacement (m)

p
 dynamic pressure (Pa)

R
 lung parenchyma parameters with respect to the air inside

r
 rate of introduction of the gas (m−3)

T(Θ)
 frequency correction factor

t
 time (s)

x
 displacement in the x direction (m)
Greek letters
α, β
 lung parenchyma parameters with respect to the
air inside
Γ, Δ, ϵ, Ω
 determined constants for the quadruple equation

κ
 permeability (m2)

λ
 Lamé’s parameter (Pa)

µ
 shear modulus (Pa.s)

ν
 Poisson’s ratio
η
 dynamic viscosity (Pa.s)

j
 sinuosity function

ρ
 density (kg.m−3)

τ
 tortuosity

w
 air volume fraction

ω
 angular frequency (s−1)

Q
 frequency parameter
Subscript
e
 external

f
 fluid

g
 gas

l
 lungs

o
 osseous region

p
 porous medium

pf
 fast compression

ps
 slow compression

s
 shear

sk
 skeleton

st
 soft tissue

i
 Spatial coordinate index (e.g., x, y, z)

j
 Spatial coordinate index for first derivative

jj
 Second-order spatial derivative (Laplacian or strain

component)

ii
 Second-order spatial derivative (Laplacian or divergence)

,i
 First-order derivative with respect to xi

,ii
 Second-order derivative with respect to xi (Laplacian of scalar

fields like pressure)
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