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Abstract

Background: Pressure-induced tissue strain is one major pathway for Pres-
sure Ulcer development and, especially, Deep Tissue Injury. Biomechani-
cal investigation of the time-dependent stress-strain mechanical behaviour of
skeletal muscle tissue is therefore essential to understand and prevent the
onset of Deep Tissue Injury. In the literature, a viscoelastic formulation is
generally assumed for the experimental characterization of skeletal muscles,
with the limitation that the underlying physical mechanisms that give rise
to the time dependent stress-strain behaviour are not known. The objective
of this study is to explore the capability of poroelasticity to reproduce the
apparent viscoelastic behaviour of passive muscle tissue under confined com-
pression.

Methods: Experimental stress-relaxation response of 31 cylindrical porcine
samples tested under fast and slow confined compression by Vaidya and col-
laborators were used. An axisymmetric Finite Element model was developed
in ABAQUS and, for each sample a one-to-one inverse analysis was per-
formed to calibrate the specimen-specific constitutive parameters, namely,
the drained Young’s modulus, the void ratio, hydraulic permeability, the
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Poisson’s ratio, the solid grain’s and fluid’s bulk moduli.

Findings: The peak stress and consolidation were recovered for most of the
samples (N=25) by the poroelastic model (normalised root-mean-square er-
ror <0.03 for fast and slow confined compression conditions).
Interpretation: The strength of the proposed model is its fewer number of
variables (N=6 for the proposed poroelastic model versus N=18 for the vis-
cohyperelastic model proposed by Vaidya and collaborators). The incorpo-
ration of poroelasticity to clinical models of Pessure Ulcer formation could
lead to more precise and mechanistic explorations of soft tissue injury risk
factors.

Keywords: pressure ulcer, load-tolerant soft tissues, muscle passive
behaviour, viscoelasticity, poroelasticity

Count of words. Abstract: 260; Manuscript: 3611.

1. Introduction

Pressure Ulcers (PUs) have been defined in the 2019 Clinical Practice
Guideline (CPG) published jointly by the European Pressure Ulcer Advisory
Panel (EPUAP), the National Pressure Injury Advisory Panel (NPIAP), and
the Pan Pacific Pressure Injury Alliance (PPPIA) as "localized injuries to the
skin and underlying soft tissue that form during prolonged exposure to me-
chanical loads” (Gefen et al. [1]). These usually occur over a bony prominence
but may also be related to the interaction between the skin and an external
medical device such as, for example, when patients interact with medical
devices (orthoses, prostheses, manual wheelchair, etc) or support surfaces
(Gefen et al. [2]). Despite long-standing risk assessment scales and man-
agement strategies, the relative high incidence of PUs, and especially Deep
Tissue Injuries (DTT), requires extensive treatment representing a significant
financial burden on health services throughout the world (Bennett et al. [3]).

Over the past 20 years, research has sought to explain soft tissue in-
jury risk factors in terms of the local mechanical environment within soft
tissues. Of particular interest are the series of experiments performed at
the Eindhoven University of Technology (Ceelen et al. [4], Loerakker et al.
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[5], Stekelenburg et al. [6], van Nierop et al. [7], Traa et al. [8]) involving
indentation of the tibialis anterior muscle of Brown-Norway rats that lead to
identify a damage threshold for healthy murine skeletal muscle tissue. Using
dedicated organ-scale Finite Element models, it was shown that direct defor-
mation damage was apparent only when a given maximum Green-Lagrange
shear strain threshold was exceeded (Ceelen et al. [4]), and that the dam-
aged area was correlated to the magnitude of the elastic strain energy applied
(Loerakker et al. [9]).

To interrogate individual soft tissue injury risk based on the evaluation of
the local mechanical state, tissue-scale Finite Element models of load-bearing
soft tissue in humans have been developed. These have consistently shown
that bony prominence in the buttock (Linder-Ganz et al. [10, 11, 12], Luboz
et al. [13], Moerman et al. [14], Macron et al. [15]), the foot (Bucki et al.
[16], Niroomandi et al. [17], van Zwam et al. [18]) and at the stump-socket
interface (Portnoy et al. [19], Dickinson et al. [20], Ramasamy et al. [21])
induce substantial stress concentrations (generally in skeletal muscles), which
explains why these areas are vulnerable to ulceration.

Studies in the literature however are generally conducted with the as-
sumption of quasi-static loading and response (Al-Dirini et al. [22]). Yet, the
knowledge of the local mechanical condition alone is not sufficient to predict
tissue damage initiation. The major limitation is that tissue damage is gov-
erned by a number of coupled biological and physical processes that occur
at different spatial scales and often have very different temporal characteris-
tics. Hence, the loading history is essential, because the time that a tissue is
subjected to a sustained compression is a major determinant of tissue dam-
age. It follows that the biomechanical investigation of the time-dependent
stress-strain mechanical behaviour of soft tissues, and in particular, of skele-
tal muscle tissue, is essential to improve the understanding of the onset of
DTT and therefore would allow a better prevention.

Attempts to characterise the time-dependence of skeletal muscle tissue
generally assume a viscoelastic formulation and typically ignore the bi-phasic
nature of the tissue (Van Loocke et al. [23], Simms et al. [24], Wheatley et al.
[25]). In the case of viscoelasticity, the underlying physical mechanisms that
give rise to the time dependent stress-strain behavior are not taken into
account mechanistically. Yet, it is known that skeletal muscles are composed
of a porous solid matrix (muscle fibers and extracellular matrix) filled with
fluid (approximately 75% bound and free fluid Sjogaard and Saltin [26]).
The overall mechanical behavior of these tissues depends not only on the

3
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solid matrix deformation, but also on the movement of the fluid within the
pores during the deformation. Since fluid plays a role in the load transfer in
these tissues, it follows that the stress-strain behavior of these tissues will be
time dependent.

Many research teams have proposed using poroelastic constitutive mod-
els as an alternative to visco-elastic models to capture the history-dependent
response of soft tissues under static and dynamics loading (Gimnich et al.
[27], Argoubi and Shirazi-Adl [28], Peyrounette et al. [29], Siddique et al.
[30], Hosseini-Farid et al. [31], Franceschini et al. [32], Sciume et al. [33]).
A comparison between visco-elastic and poro-elastic framework given in Ap-
pendix C. Porous media models also represent a promising approach for
the integration of multiscale/multiphysics data to probe biologically rele-
vant phenomena at a smaller scale and embed the relevant mechanisms at
the larger scale (in particular, biochemistry of oxygen and of inflammatory
signalling pathways), allowing the interpretation of the different time char-
acteristics (Urcun et al. [34], Sciume et al. [35], Sciume [36], Gray and Miller
[37], Mascheroni et al. [38]).

In a previous study, Vaidya and Wheatley [39] have tested porcine Tibialis
Anterior (TA) muscle samples under fast and slow Confined /Unconfined com-
pression and have proposed a robust hyper-viscoelastic model to numerically
reproduce the mechanical behaviour in compression based on four loading
conditions. Building upon this experimental work, the aim of the presented
study is to explore the capability of poroelasticity to reproduce the apparent
viscoelastic behaviour of passive muscle tissue under Confined Compression
and to investigate the contribution of extracellular fluid flow.

2. Methods

2.1. Ezperimental data

This study was based on the experimental stress relaxation results of
porcine muscle samples tested under fast and slow confined compression
in Vaidya and Wheatley [39] (Figure 1 (a, b, c)). Briefly, thirty-one cylin-
drical muscle porcine samples (average height 7.03 mm and average radius
3.2 mm) were compressed in an impermeable steel well (diameter=6.9 mm,
depth=8 mm), using a uniaxial tabletop Instron 3366 tensile testing system
equipped with an Al203 porous plunger (diameter=6.4 mm, length=25.5
mm, Figure 1 (a)). Two stress relaxation testing conditions were used. Spec-
imens were strained to 15% at two different strain rates: a fast compression

4
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at 15% s~ (n=16 cylinders) and a slow compression at 1.5% s~ (n=15 cylin-
ders). They were maintained at this strain level during 400s (Figure 1 (c)).
All tests were completed under transverse compression to simulate the most
common uniaxial physiological loading orientation.

A visco-hyper-elastic model was calibrated in Vaidya and Wheatley [39]
using unconfined and confined fast compression data concurrently. This con-
stitutive model was based on an uncoupled Yeoh hyperelastic formulation
and a four cell Maxwell viscoelastic model (four term Prony series). The
results obtained are recalled in Table 1.

Law Parameters Type Parameter symbol Value

Yeoh Hyper-elastic (MPa) Cho, Cog, C3g 2.23-107°, 1.28-107%, 2.52-107°
Hyper-elastic (MPa™") Dy, Dy, D3 105.9, 0.839, 0.0

Prony Shear Coefficients (-) G, Go, G, Gy 0.741, 0.086, 0.093, 0.061

Serios Bulk Coefficients (-) K, Ky, K3, K, 0.563,0.150,0.108, 0.147
Time Coefficients (s) Ti, T2, T3, T4 0.05, 1, 20, 400

Table 1: Hyper-elastic and viscoelastic parameters of the finite element model calibrated
using unconfined and confined fast compression data concurrently [39]

The present study focuses on the Confined Compression case, but future
work will extend the work to the Unconfined Compression case.
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Figure 1: Experimental set up for Confined Compression (a) with its schematic repre-
sentation of the finite element model (b) and imposed strain law (¢) from Vaidya and
Wheatley [39]. Results for the fast strain-rate (d) and for the slow strain-rate (e) aver-
age experimental relaxation curve calibration. The experimental corridor of the campaign
of Vaidya and Wheatley [39] is light red for the fast strain rate and light blue for the
slow one, the average experimental stress is in dashed grey. The visco-hyper-elastic model
calibrated in Vaidya and Wheatley [39] is in black while poroelastic model predictions
with a Poisson’s ratio of 0.4879 are in red for the fast strain rate and blue for the slow
strain-rate. 6
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2.2. Finite Element Modeling

A poro-elastic mathematical model was implemented in the general pur-
pose Finite Element software ABAQUS (ABAQUS, 2019) and an inverse
analysis was performed to fit a quasi-incompressible, isotropic, poroelastic
constitutive model (solid saturated by an incompressible viscous fluid) to re-
produce the mean experimental mechanical response (stress relaxation). For
more details on the theoretical basis of the model, the reader is refered to
Appendix B. The modelling procedure folled complies with the consensus
process that started within the Editorial Board of Clinical Biomechanics, and
published by Viceconti and collaborators Viceconti et al. [40].

In this work, inertial and gravitational forces were neglected. It was also
assumed that there is no blood flux in the samples since the experimentation
was performed ex vivo on small samples. Muscle tissue was therefore assumed
to be a mixture of two phases, an interstitial fluid and the solid scaffold. The
porous medium was assumed to be fully saturated.

A preliminary study for small deformation case was carried out to assess
the reliability of our formulation, comparing to the Terzaghi analytic solution
(see Appendix D).

Then, a 2D axisymmetric model was proposed for the Confined Compres-
sion test (n=50 CAX4PH elements: 4-node bi-linear displacement and pore
pressure, hybrid with constant pressure), as illustrated in Figure 1 (b).

The definition of the constitutive laws was defined as follows. The solid
phase behaviour was assumed linear elastic (eq. B.11). Hence, it was gov-
erned by its Young’s modulus, F, and Poisson’s ratio, v. The pore fluid was
assumed to follow Darcy’s law as presented before, and was approximated
by the Foreichmer’s law of Abaqus [41] (eq. 1) . Finally, the model was
completed by the definition of the bulk moduli of solid grain, K*, and of the

fluid, K.
selvi = —k - <g—i> (1)
~ k€
k= i (2)

Where k denotes the hydraulic permeability depending on the void ratio, e = 15—;, vlis

the fluid velocity. Finally, p is the wetting liquid pore pressure, s the fluid saturation of

the porous medium.
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Boundary conditions are recalled in Figure 1 (b). As it was defined in the
previous section, two types of boundary conditions were defined. Displace-
ment BC were imposed on the top surface at the several strain rates. A pore
pressure equal to zero was imposed on the fluid leaking surfaces. Displace-
ment was vertically locked on the bottom surface and radially locked on the
lateral surface.

Once the material was defined, three analysis steps were created. Dur-
ing the first step, only the displacement boundary conditions were defined.
Additionally, an initial void ratio of the porous medium was defined. Then,
the displacement load was applied during a compression step, and the pore
pressure boundary condition was added. Finally, the imposed displacement
was sustained so as to observe the stress relaxation during 400s. For these
two last steps, the soil formulation proposed by ABAQUS was used with an
iterative resolution scheme due to the high strains. The duration of the steps
were provided according to Vaidya and Wheatley [39] experiments and an
automatic time step was considered.

2.3. Model Calibration

The mean experimental stress relaxation curve of confined compression
were fitted using the Qlsqnonlin() function of Matlab (Matlab R2019a) and
its "Trust-reflective’ algorithm. Specifically, we used Matlab to call ABAQUS
with an initial estimate for the material model parameters, performed a for-
ward simulation in ABAQUS, read the simulation-based output forces in
Matlab, computed a custom error metric J (eq. 6) computing the error over
the peak stress (eq. 3), the area between the curves (eq. 5) and the final slope
of the curve (eq. 4) (over the 50 last seconds). This process was repeated
iteratively until reaching the cost function local minimum.

As the algorithm "Trust-region-reflective’ of the least square minimisation
function is based over gradients, it is more sensitive to the initial estimate,
and a high number of parameters increase the risks of local minimums. A
preliminary calibration was therefore run over the averaged stress-time exper-
imental curve considering the 6 parameters of our model (E, v, e, k, K, K').
In order to minimize the risk of local minimums during the calibration proce-
dure, the following parameters were assigned the value obtained during this
preliminary calibration : v = 0.4879 and K*® = 0.799MPa. K' = 2.2GPa was
assumed to be equal to the water bulk modulus. The one-to-one calibration

was therefore performed on the following subset of parameters : F, e, k.
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O (0] 2
g 1 . max(tflbtq) — max(téztp)
T3 max(tlo)

exp

tot tot
81-‘a,bq _ 8tewp

Jy = — - % (4)

exp

at
I = 1 (Tms(tﬁﬁ,z — té‘;ﬁ,) ) 2
A )

"3 norm(ttot )

exp

W =

J=h+ o+ J3 (6)

Where .2, is the stress-time solution of ABAQUS, t.9}, is the experimental stress-time
curve, % is the derivative over the last points of the data, rms() and norm() are respec-
tively the root mean square and norm functions of matlab.

The samples’ size, ".inp” ABAQUS files and python routines for ABAQUS
are provided to the reader in Appendix A.

3. Results

3.1. Sensitivity to mesh and initial estimate

A mesh analysis was conducted. Due to the simplicity of the geometry
of the sample, little variation was observed depending on the seeding. Three
seeding were considered: 50 dof, 105 dof and 180 dof. These different seeding
of the mesh led to negligeable change in the mechanical response (quantita-
tively, the cost function was unchanged and equal to 0.0061).

Another sensitivity study was carried out over the initial parameter esti-
mates. Two initial estimates have been considered for the Young’s mod-
ulus F, void ratio e and hydraulic permeability k: [E = 17989Pa,e =
0.6996,k = 6.07 - 107 “m2Pa~ts7!] vs. [E = 8995Pa,e = 0.3498,k =
3.035-107*m?2 Pa~' s7!]. The error metrics varied between 0.0061 and 0.0084
respectively. This difference of the cost function is discussed in the section

4.

3.2. Calibration of the average experimental relaxation curve

The result of the calibration of the average relaxation stress-time curve is
superimposed in Figure 1 (d, e) onto the average experimental sample stress-
time curve and the experimental corridor. The calibrated visco-hyper-elastic

9
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numerical model reported in Vaidya and Wheatley [39] is also superimposed
for the ease of comparison.

The parameters identified were, respectively, for fast and slow strain-
rate: Young’s modulus of 22 kPa, Poisson’s ratio of 0.4879, void ratio e of
0.85 (which corresponds to a porosity of 46%) and hydraulic permeability of
k= 4.49-10"* m?2Pa 's™!; Young’s modulus of 5.77 kPa, Poisson’s ratio
of 0.4879, void ratio e of 0.64 (which corresponds to a porosity of 39%) and
hydraulic permeability of & = 2.33- 1074 m2Pa s~ !.

Quantitative error metrics of the optimisation procedure for the proposed
poroclastic model are reported in Table 2. The different components of the
cost function are reported, namely J; (eq. 3) (peak stress error), Jo (eq.
4) (end slope error), Js (eq. 5) (normalised root mean square error) and .J
(eq. 6) (cost function). These metrics were also assessed on the numerical
curves stress-time curve fitted with the visco-hyper-elastic model in Vaidya
and Wheatley [39] and reported in the table for comparison. The cost func-
tion between the optimised poroelastic numerical curve and the experimental
curve is smaller with the proposed poroelastic model than with the visco-
hyper-elastic model in Vaidya and Wheatley [39] (0.0016 versus 0.21 for the
slow and 0.0061 versus 0.2477 for the fast).

Model Strain-rate | J; (eq. 3) | J2 (eq. 4) | J5 (eq. 5) | J (eq. 6)
Uncoupled Yeoh/Prony Slow 0.0283 0.5936 0.0081 0.21
visco-hyper-elastic Fast 0.1559 0.4611 0.0046 0.2477
Poro-linear-elastic Slow 0.00005 0.00079 0.0039 0.0016
Current study Fast 0.0026 0.0092 0.007 0.0061

Table 2: Error metrics of the average experimental stress calibrated models for the fast
and slow strain-rates of the model proposed by Vaidya and Wheatley [39] and the current
study’s model

3.3. One to one sample calibration

The one to one calibration was carried out on n=15 samples (numbered
1 to 15) for the slow strain-rate loading condition and on n=16 samples
(numbered 16 to 31) for the fast strain-rate loading condition. The corre-
sponding stress-time curves for each sample are reported in Figures 2 and 3
respectively for the slow and for the fast loading rates. Visually inspecting
the 31 calibrated curves, it can be observed that most of the samples are
not fully consolidated at the end time of the experiments as the respective
slope is non-zero. The calibration procedure allowed to approximate the

10
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slope between 350 s and 400 s with a poro-elastic model for all the samples
(important because all the samples were not necessarily fully consolidated
experimentally at 400 s). Also, the peak stress is mostly recovered by the
poroelastic model (N=25/31 for which the difference between the peak stress
assessed experimentally and that predicted by the simulation is lower than

5 %).
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Table 3 provides the mean and standard deviation of the calibrated pa-
rameters. The parameters obtained by calibration per sample are given Ap-
pendix A. The same order of magnitude is obtained whether the strain-rate
was fast or slow. The measured error metrics (eq. 6) of the calibration were
respectively 0.0523 £ 0.1094 and 0.0279 4+ 0.0461 (mean and standard devia-
tion of all error metrics are provided Table 3). To quantify the goodness of
fit, the value of the cost function value at the solution J/,, is given for each

sample in figure 4 below.
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Figure 4: Cost function value at the solution for each sample. Blue corresponds to samples
tested with a slow strain-rate loading and red to the samples tested with fast strain-rate
loading. The proposed cost function combines the error over the peak stress, the area
between the curves and the final slope (over the 50 last seconds). The cost function at
the end of the identification was higher for sample 14, 21 and 30. These samples were
probably already partially drained as a result of the sample preparation protocol. Hence,
the assumption of full saturation might be a strong assumption.
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4. Discussion

Biomechanical investigations of the time-dependent stress-strain mechan-
ical behaviour of skeletal muscle tissue is essential to understand and proac-
tively prevent Pressure Ulcer formation. Yet, in the literature, a viscoelastic
formulation is generally assumed for the experimental characterisation of
skeletal muscles, with the limitation that the underlying physical mecha-
nisms that give rise to the time dependent stress-strain behaviour are not
modelled explicitely. The objective of this study has been to explore the
capability of poroelasticity to reproduce the apparent viscoelastic behaviour
of passive muscle tissue under confined compression and to investigate the
contribution of extracellular fluid flow. The peak stress and consolidation
were recovered for most of the samples (N=25/31) by the poroelastic model
(normalised root-mean-square error < 0.03 for fast and slow confined com-
pression conditions).

Two strong modelling assumptions have been made for drained solid
phase in this work: it was assumed to be both quasi-incompressible and
linear elastic. The assumption of a quasi-incompressible drained solid phase
seems reasonable because muscle fibres may exhibit nearly incompressible
behaviour as fluid-filled structures with no fluid transport across the cell
boundary. There is evidence that this is the case ( Sleboda and Roberts
[42]) and previous modeling work of muscle tissue as a multi-phase material
utilized a solid phase Poisson’s ratio of 0.4 ( Wheatley et al. [43]). If the
drained solid phase was assumed to be highly compressible, this would lead
to a different set of calibrated constitutive poro-elastic parameters (the reader
is referred to appendix F) strongly suggesting that further experimental and
theoretical investigations are needed to shed more light on the mechanical
behaviour of the drained solid scaffold.

The assumption that a linear elastic model can be used to approximate
the mechanical response of the drained solid phase up to 15% of global com-
pression is indeed a strong one considering that many studies in the literature
reproduce the finite deformation of soft tissues in compression in the context
of Pressure Ulcer prevention using a hyper-elastic constitutive formulation
( Al-Dirini et al. [22], Moerman et al. [14], Oomens et al. [44], Traa et al.
[45], Lee et al. [46], Verver et al. [47], Levy et al. [48], Linder-Ganz et al.
[11], Sopher et al. [49], Zeevi et al. [50]). Yet, as demonstrated in appendix
E, the hyper-elastic constitutive formulations assumed in the literature gen-
erally result in a quasi-linear stress versus strain behaviour in compression.
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These results are also consistent with the results reported in Gras et al.
[51] which provides evidences that a linear elastic model can be used to
correctly approximate the mechanical response of tissues in confined com-
pression (without fluid leakage). These also suggest that the main sources
of non-linearities mostly come from the geometry of the samples. The large
spread of estimated values of Young’s modulus obtained with two loading
conditions (fast or slow rate) can most probably be explained by the ill-
posed nature of the inverse problem defined in this study (there is no unique
solution). Future perspective work will focus on fitting stress relaxation data
of muscle in both Confined Compression and Unconfined Compression.

The strength of the poroelastic model assumed in this study is the fact
that we model mechanistically the phenomenon that induce the time-dependent
behavior: i.e. drainage. Also, the model has a lower number of constitutive
parameters compared to more complex constitutive models employed in the
literature to capture the temporal evolution of muscle tissue. For example,
the visco-hyper-elastic model assumed in Vaidya and Wheatley [39] has 18
parameters to calibrate versus 6 parameters in the present study: the Young’s
modulus and Poisson’s ratio of the drained solid matrix, the void ratio and
hydraulic permeability of the sample, and the soil grain’s and fluid’s bulk
moduli. As it was the case in most of the previous studies cited, we assessed
a macroscopic quasi-incompressible behaviour for the solid scaffold with a
Poisson’s ratio fixed to 0.4879. The identified Young’s modulus were on av-
erage of 16.63 £10.48kPa (min: 2kPa; max: 31.19kPa) for both fast and slow
rate experiments.

Few poroelastic models were previously proposed for the muscle - most of
them used the poroelastic framework to model the mechanical behaviour of
cartilage ( Klika et al. [52]) and bone ( Cowin [53], Hellmich and Ulm [54]). In
experiments carried out over four New Zealand White Rabbits biceps femoris
muscles, Wheatley et al. [55] identified a mean hydraulic permeability value
of 7.41 - 107"m?Pa~'s~! with a standard error of 2.2 - 10~ "'m?Pa~'s~ L.
These values are higher than the calibrated values of this study (average
(2.0144.57)-107¥ m? Pa~' s™!, min: 7.66-107'* m? Pa~' s!; max: 2.40-10~'2
m?Pa~'s7!) but stay close in order of magnitude from the ones we found.
On the contrary, Gimnich et al. [27] reported a permeability to fluid flow
€ [3.64-107"; 1.27-107% m?Pa's! if a dynamic viscosity of 1Pas is
considered.

A mean void ratio of 0.56 £ 0.3 (min: 0.092; max: 0.94) was found in
this contribution. Argoubi and Shirazi-Adl [28] reported initial void ratios
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between 0.1 and 0.3 for bones and cartilage. Our order of magnitude is
higher but is still under an equivalent porosity of 50% for the muscle tissue.
This is consistent also with the observation that skeletal muscle consists of
approximately 75% bound and free fluid ( Sjogaard and Saltin [56]).

The calibrated results also showed some limitations of the poroelastic
model used. Indeed, the toe-region of the curve did not follow the exper-
imental curves as the initial slope is non-null. This could either be a con-
sequence of the linear constitutive models used to represent the mechanical
behaviour of both the solid scaffold (Hooke’s law) and the fluids (Darcy’s
law) or come from experimental uncertainties (a default of parallelism be-
tween the sample and the loading plate). In the second case, the interstitial
fluid would first have a lower impact on the measured reaction force, and the
toe region would change. This assumption is also supported by the results
of Soltz and Ateshian [57] whose experimental stress curve of the cartilage
with its interstitial fluid in confined compression also has a non-null initial
slope.

Although the authors had access to the experimental unconfined com-
pression data, the authors have not been able, in this work, to numerically
reproduce, in a relevant way, the boundary conditions of the experiment.
This is a limitation of the current work because demonstrating that the pro-
posed model is capable of reproducing the mechanical response of skeletal
muscle tissue under different loading and boundary conditions (i.e. Con-
fined/Unconfined Compression, slow/fast loading conditions) would further
establish that poro-elasticity is sufficient to capture the underlying physi-
cal mechanisms that give rise to the time dependent stress-strain behaviour.
Furture work will focus on this aspect.

Despite the limitations of the present modelling work, this contribution
provides an important step toward a mechanistic interpretation of passive
muscle tissue undergoing compression in the context of Deep Tissue Injury
prevention. Results support the idea that the extracellular fluid contributes
to the apparent viscoelastic behaviour of passive muscle tissue under confined
compression. One main limitation of this work is the lack of experimental
evidences on the micro-structural organisation and composition of the sam-
ples (porosity, permeability). This leads to the identification of constitutive
parameters that are not unique and which affects the interpretation of the
material mechanical behaviour. Further work will focus on experimental
assessment of the impact of these assumptions and explore feasability of de-
veloping non-invasive methods to calibrate these parameters based on in vivo

19



398

399

400

401

402

403

404

405

406

407

408

409

410

411

412

413

414

415

416

417

418

419

420

421

422

423

424

425

426

427

428

429

data.

Building upon recent developments on cancer modelling (Urcun et al.
[34], Sciume et al. [35], Sciume [36], Gray and Miller [37], Mascheroni et al.
[38]), a potential perspective work is to couple the current modelling frame-
work with multiphase /mutliphysics models of bio-chemical processes respon-
sible of the onset of Deep Tissue Injury initiation, and to assess the impact of
these parameters on the mechanical response. The interplay between chemi-
cal-biological-mechanical factors is key to understand and eventually predict
the initiation and propagation of soft tissue damage under extreme conditions
of deformation and ischaemia. This kind of approach could be necessary in
order to shed light on the relative importance (and the existence or absence of
coupling according to the sub-populations at risk) of the parameters proven
to be decisive in the development of pressure ulcers.

5. Conclusions

To test the hypothesis that poroelasticity is capable of reproducing the
apparent viscoelastic behaviour of passive muscle tissue under confined com-
pression, an axisymmetric Finite Element model was developed in ABAQUS.
For each of the N=31 cylindrical porcine samples tested under fast and slow
confined compression by Vaidya and collaborators, a one-to-one inverse anal-
ysis was performed to calibrate the specimen-specific constitutive parameters.
The peak stress and consolidation were recovered for most of the samples
(N=25) by the poroelastic model. The strength of the proposed model of
this study is its fewer number of variables. This contribution provides an
important step toward a mechanistic interpretation of passive muscle tissue
undergoing compression in the context of Deep Tissue Injury prevention.
Poroelasticity also represents a promising approach for integrating multi-
scale/multiphysics data to probe biologically relevant phenomena at a smaller
scale. The incorporation of poroelasticity to clinical models of Deep Tissue
Injury formation could lead to more precise and mechanistic explorations of
soft tissue injury risk factors.
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Appendix A. Supplementary Data

Supplementary data to this article (.inp ABAQUS files, pre and post
processing python files for ABAQUS, calibrated and raw data) can be found
online.

Appendix B. Porous medium mechanics

Considering its architecture, the passive muscle tissue can be considered
as a multi-phase tissue, composed by a solid scaffold and two liquid phases:
the blood contained by blood vessels and the surrounding Interstitial Fluid
(IF) (Sciume [36]). With experimentation performed ez vivo on small sam-
ples, it was assumed that there was no blood and the model was based only
on a single level of porosity with the solid scaffold, filled with IF. Also, the
porous medium was assumed to be fully saturated.

In the remainder of the test, the following convention is assumed: e
denotes the solid phase and e' denotes the fluid phase (IF). The primary
variables of the problem are the pressure applied in the pores of the porous
medium and the displacement of the solid scaffold. Then, a first relationship
(eq. B.1) linking the different volume fractions, can be defined. The volume
fraction of the phase « is defined by (eq. B.2). € is also called the porosity
of the medium and is related to the void ratio, e, by eq. B.3.

S

eftel=1 (B.1)
Volume®
€= ——— B.2
Volume'* (B:2)
£l
€= T2 (B.3)

Assuming that there is no inter-phase mass transport, the spatial form of
the mass balance equation of the solid and liquid phase is respectively then
given by equations (eq. B.4) and (eq. B.5).

D—t(pses) +p°e’V v =0 (B.4)
DS
ﬁ(plel) + V- (ple(vl =v) + ple'vV -v* =0 (B.5)
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Where % is the particle derivative with respect to the movement of the phase
o’ v® is the local velocity vector of the phase o and p® the density of the
phase «.

Using (eq. B.1), (eq. B.4) gives:

DS
D) + (1 =) v =0 (B.6)
For the fluid phase, Darcy’s law (eq. B.7) is used to evaluate the fluid

flow in the porous medium.

£

(v = v) = _EWP ~/r'g) (B.7)

Where k° is the intrinsic permeability (m?), u! is the dynamic viscosity (Pas),

p the pressure and g the gravity. % is called the hydraulic permeability.

Then, (eq. B.7) is injected in (eq. B.5) as follows:

D? [l lkE 4 11 s _
p;Pe) =V (p(ﬂl(Vp pg))+peV-vi=0 (B3
Do v v ) L v B
Dt(pg) \Y p(V(Mlp))JrV (p Mlg)+pev vi=0 (B.9)

Concerning the mechanical constitutive model, similarly to what was pro-
posed by Terzaghi for a 1D consolidation (Appendix C.1), an effective stress
tensor denoted t°/f is responsible for all deformation of the solid ECM scaf-
fold. Hence the total stress tensor is defined by (eq. B.10).

it =t/ — Bply (B.10)

Where [ is the Biot’s coefficient and 14 is the identity matrix.
Assuming linear elastic behaviour, the effective stress tensor is defined by
(eq. B.11).

t/f=C:d (B.11)
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an Then, applying the conservation of momentum, the governing equations
a2 of this one level porous medium are:

DS

D—t(psu — N+l -Hv-v =0 (B.12)
D? 1.1l l ke lke 1.1 s
D—t(/w)—V~p(V(ﬁp))+V-(pﬁg)ereVV =0 (B.13)

V(" + f,=p*y (B.14)

473 Where f, are the force densities applied to the medium and ~° is the acceleration of the
474 solid phase.

ats Three boundaries were defined: the first one, €2, has imposed displace-
ws ment (eq. B.15), the second one s has imposed external forces (eq. B.16)
arand 2, is submitted to an imposed pressure (fluid leakage condition (eq.
478 Bl?)) We obtain:

teff = gimposed on Q) (B.15)
u® = ue on Q, (B.16)
p=0onQ, (B.17)

s Appendix C. Poroelasticity to capture the time-dependent response
480 of muscle

481 Most of biological soft tissues has a porous/fibrous nature consisting of a
a2 solid scaffold giving mechanical stability and one or more fluid or pseudo-fluid
.3 phases which saturate the porosity. Hence, to mechanistically model a bio-
s8¢ logical human (or animal) tissue accounting for the interaction between the
sss  solid matrix (primarily constituted by proteins and collagen fibers) and the
ws  fluid phases one must use porous media mechanics. Despite this conscious-
w7 ness, researchers are still today much more used to employ viscoelasticity to
ws model the time-dependent behavior of soft tissues. If on one hand its is true
w0 that viscoelastic models are typically very effective to fit usual experimental
a0 tests, however the underlying physical mechanisms that give rise to the time-
w1 stress dependent behavior is not well known and found material parameters
w2 may vary with the considered boundary conditions.

493 Lets we consider two reference models: i) a two-phase (one solid-one fluid)
a0s  poroelastic model and ii) a rheological viscoelastic model constituted by a
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Figure C.5: One dimensional consolidation. (a) Geometry and boundary conditions; (b-c)
porous medium and viscoelastic models

Kelvin-Voight chain; and use these two models to simulate a 1D confined
compression test. In this test the tissue is constrained in a cylindrical or
prismatic chamber and compressed at the top surface with a constant pres-
sure, pg. The specimen is fully sealed with the exception of the top surface
where a porous membrane allows drainage of the inside fluid during the test.
The geometry and boundary conditions of the test are represented in Figure
C.5. This kind of test, which takes up the paradigms of one of the most im-
portant characterization essay in soil mechanics (it is named oedometer test
or 1D consolidation test), is a very frequent test performed to characterize
the dynamics response of biological soft tissue.

Appendixz C.1. Terzaghi’s analytic solution

The Terzaghi analytical solution given by (eq. C.1) gives the solution
to 1D porous medium mechanics a series expansion function of the 1D-
coordinate. Hereunder are recalled the hypotheses of the Terzaghi’s solu-
tion (Tavenas, F. et al. [58]):

1. the sample is submitted to small and unidirectional strains

The solid grains and fluid are supposed in-compressible

The material is homogeneous

The mechanical parameters stay constant during all the settlement

AR

The fluid leakage is unidirectional and follows the Darcy’s law

25



515

516

517

518

519

520

5

]

1

522

523

524

525

526

527

528

5

R

9

6. There is a linear law between the effective stresses and volume variation
of the soil

7. The soil has no structural viscosity or secondary settlement

p= % ; —(2_k1)—_1 cos[(2k — 1)13] exp[—(2k — 1)27T c”t] (C.1)

2h 4 2
Cp = M(Sk—j—%z) (C.2)
SRy

Where pg is the full applied load, z is the altitude, h is the initial height of the sample ,
¢y is the consolidation coefficient defined by (eq. C.2), M the longitudinal modulus (eq.
C.3), K™ the bulk’s modulus of the o phase, v the Poisson’s ratio, S the inverse of the
Biot Modulus (eq. C.4), 3 is the Biot coefficient and £}, is the initial porosity.

Looking to (eq. C.1), a consolidation time T, = }CL—Q was defined. Ususally,
in the assumption of a compressibility of the phasesv larger than the porous
medium compressibility, then § =1 and S = 0 gives:

kEM
G = ! (C.5)
h2 ,ul
T, = C.6
ke M (C.6)
The consolidated stress, tonsetidated ywag also computable (eq. C.7),
tconsolidated _ Muimposed (07)

h

Where wimposea is the imposed displacement on the top surface and h is the initial height
of the sample.

So in this minimal version of porous medium model the behaviour is gov-
erned by three parameters: the elastic coefficients F and v (which determine
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M) and the ratio between the intrinsic permeability of the solid and the dy-
namic viscosity of the fluid £. From eq. C.1 quasi-analytical solutions can
be derived for the vertical strain and vertical displacement along the vertical
coordinate.

Appendixz  C.2. Viscoelastic formulation

The analytical solution of the viscoelastic model has a much simpler form
and gives the vertical displacement of the points along the vertical coordinate
of the column as a function of time

uz(2,1) = === 1 — —] (C.8)

So also in this model the behaviour is governed by three parameters: the
elastic coefficients F (stiffness of the spring in the 1D rheological model) and
v and the viscosity of the damper 7.

Appendiz C.3. Comparison between the two solutions

For the simulated experiment the column height, h is of 1 c¢m and the
pressure, po, imposed at the top of the column is equal to 10 Pa. For the
porous medium formulation the following parameters are assumed: Young’s
modulus £ equal to 1 kPa; Poisson’s ration v equal to 0.4; intrinsic perme-
ability of the solid scaffold, k, equal to 4 x 107! m?; and dynamic viscosity
of the fluid, 4!, equal to 0.001 Pas. For the viscoelastic model the Young’s
modulus and the Poisson’s ratio have the same values of the porous medium
model. For the viscosity of the damper, 7, a value of 4.4 x 10" Pas has been
identified which, for h equal to 1 cm, gives an overall response in term of ver-
tical displacement of the top point very similar to that of the porous medium
model (see Figure C.6.d solid lines). In this figure we can observe that the
initial agreement between the two formulations is not optimal; however, after
24 hours the two curves are superposed. To better understand the behaviour
of the two models we can analyse more in depth such results by plotting the
vertical displacement along the vertical coordinate at different times for the
porous medium and the viscoelastic models. In Figure C.6.c we can observe
that in the porous medium model the displacement in proximity of the drying
surface grows initially more rapidly than in the viscoelastic case since this
area is rapidly consolidated in the first phase of the compression process.
This can be more easily understood looking at Figure C.6.b which shows the
fluid pressure along the vertical coordinate at different times for the porous
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s medium model. We can observe that the pressure decreases progressively
ssa  over the time due to the consolidation process.
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Figure C.6: Results for the 1D consolidation case. (a) Specimen geometry. (b) Fluid pres-
sure along the vertical coordinate at different times (porous medium model). (c¢) Vertical
displacement along the vertical coordinate at different times for the porous medium model
(gray line) and the viscoelastic model (black line). (d) Vertical displacement of the top
surface versus time for the porous medium model (gray line) and the viscoelastic model
(black line); two cases are considered: h = 1 cm (solid lines) and h = 0.5 cm (dashed
lines).

Hence, this initial heterogeneity of strain along the vertical coordinated
cannot be reproduced with the viscoelastic model since the drainage of the
fluid is not explicitly modelled. However, the worst is still to come. Let’s
we consider now a column with h equal to 0:5 c¢m, one half of the previ-
ously assumed height. The overall vertical displacement of the top surface
is depicted in Figure C.6.d. for the porous medium (gray dashed line) and
viscoelastic (black dashed line) models. The figure shows that this time the
dynamics is fully different. In the porous medium case the column consoli-
dates much faster than in the viscoelastic case. If we compare the solution
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of h = 0.5 cm (dashed lines) with those of h =1 c¢m (solid lines) we see that
the dynamics of the visocelastic model remains the same (obviously with a
different asymptotic tendency) while the porous medium model consolidates
almost four time faster for h = 0.5 cm. To decipher the reason of the discor-
dance between solutions of the viscoelastic and porous medium models one
can consider the unit of the factors that drive time dependent response in the
two cases. Looking firstly at the analytical solution of the viscoelastic model
from eq. C.8 we deduce that the characteristic time of the consolidation
process is proportional to % (that quantity has the dimension of a time).
In the porous medium model the time dependent response is governed by
the consolidation coefficient and the characteristic time of the consolidation
process is proportional to }Cl—j (eq. C.6) and that therefore the length of the
drainage path h has a capital impact on the consolidation dynamics. From
these analyses we deduce that for the porous medium model once parame-
ter are identified these remain suitable also in other experimental situations.
Conversely, if we want to mimic the behaviour of a porous material with a
viscoelastic model we must adjust the parameter 7 accounting for the spec-
imen size and boundary conditions. If on one hand this is feasible for a 1D
case, on the other hand we can imagine that could be very difficult for more

complex configurations.

Appendix D. Terzaghi’s analytic solution with Abaqus

For the confined compression tests, the expected result was similar to a
1D compression. Hence, the Terzaghi analytical solution given by (eq. C.1)
was used to assess the reliability of the ABAQUS model considered. The
analytical solution is recalled section Appendix C.1.

Solid Phase Fluid Phase
Linear Elastic Law | Soil Grain Bulk Modulus Darcy’s Law Fluid Bulk Modulus
E (kPa) ‘ v(-) K* (MPa) k (m?Pa 's ) ‘ Dynamic Viscosity (Pas) ‘ Void ratio (-) K' (MPa)

1.0 | 04  10.001 (full line) /2200 (dashed line) 4-100° ] 1.0 | 1.0 2200

Table D.4: Parameters used in the verification model

According to section 2.2, a preliminary study was carried out over a small
strain model. A 2D axi-symmetric ABAQUS model composed of (n=60
CAX4PH elements) of an imposed load experiment was proposed. An im-
posed pressure of 10 Pa was applied on the top surface and boundary con-
ditions are presented Figure C.5. The material parameters are given Table
D.4. Two different conditions were tested: K* = 0.00lMPa — f( =
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1- m = 0.83 which is lower than the soil bulk modulus expected for

oo the muscle and K*° = 2.2e9MPa — =1 — W?—%) ~ 1.0 which allowed
e07 to be closer to the assumption 2 above.
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Figure D.7: Discretized Finite Element model (left) and comparaison to the analytical
solution (right)

The result obtained are presented on the right of Figure D.7. The dashed
curves correspond to the quasi-incompressible soil grains and plain curves to
the non-incompressible soil grain model. As expected, the quasi-incompressible
soil grains’ curve was quasi-super-imposed. There was a difference for the
non-incompressible soil grain, probably because the hypotheses were not fully
covered but the order of magnitude was good.

Finally, as our samples were submitted to high strains, the use of the anal-
itycal solution was not possible to directly model the available experimental
data.

Appendix E. Hyper-elasticity models for the buttock tissue

To quantitatively assess the influence of the assumed constitutive law
when simulating the finite deformation of soft tissue in compression in the
context of Pressure Ulcer prevention, a the semi-confined compression exper-
iment is simulated (Figure E.8 below). The numerical experiment consists in
testing in compression a cylindrical specimen with low-aspect ratio. In the
semi-confined configuration, the top and bottom faces of the specimen are
rigidly attached to the platens of the stress—strain machine to ensure no-slip
boundary conditions.
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Figure E.8: Numerical model of the semi-confined experiment proposed (left) and resulting
stress-strain curves (right). The references of the legend correspond to the ones of Table
E.5

The constitive laws found in the litterature are mostly variation around
three main strain-energy density functions : Ogden Law (E.1), Mooney-
Rivlin and Neo-Hookean (E.3). The Mooney-Rivlin is computed in abaqus
as a generalized Rivlin model with one mode (E.2). For each equation, W is
the strain energy density function, ); are the deviatoric stretches, I; are the
deviatoric invariants of the Green-Cauchy left transformation tensor and J
the Jacobian of the transformation tensor.

W) =R ) +Dil(J— )2 (B.1)
W(T) = Cuolls =3) + Coally = 3) + (7 = 1 (E2)
W (L) = Cyo(I; — 3) + Dil(J —1)? (E.3)

Some articles used different forms of those equations but due to the as-
sumption of incompressibility, all those writings are equivalent. We computed
the equivalent parameters to be used in ABAQUS. The table E.5 presents
for each article the considered constitutive law and the parameters used in
ABAQUS. As ABAQUS uses pre-encoded equation, the parameters or the
equation formulation can be simplified or slightly modified in regard of the
one used in the articles.

Looking to Figure E.8, the hyper-elastic laws with their associated pa-
rameters for muscle tissue may be, at least during the 15 first percent of
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compression, approximated by a linear-elastic law for the solid scaffold.

Appendix F. Poroelastic model parameter identification assuming
a highly compressible drained solid phase (Poisson’s
ratio of 0.2)

Appendixz F.1. Calibration of the average experimental relaxation curve

Similarly to the previous section, the result of the calibration of the av-
erage relaxation stress-time curve is superimposed in Figure F.9 onto the
average experimental sample stress-time curve and the experimental corri-
dor. The calibrated visco-hyper-elastic numerical model reported in Vaidya
and Wheatley [39] is also superimposed for the ease of comparison.

The parameters identified were, respectively, for fast and slow strain-
rate: Young’s modulus of 149 kPa, Poisson’s ratio of 0.2, void ratio e of
1.0 (which corresponds to a porosity of 50%) and hydraulic permeability of
E=232-10"" m?Pa 's~!; Young’s modulus of 99.3 kPa, Poisson’s ratio
of 0.2, void ratio e of 0.72 (which corresponds to a porosity of 42%) and
hydraulic permeability of & = 4.16- 10" m?Pa s~

x10° x10°
4 = Experimental (mean - std) s5t, |7 min
— — —Experimental (mean + std) — R
Experimental corridor b experimental corridor

m— Hyper-visco-elastic 2 0 m— Ly per-visco-elastic
=== = Experimental average e === gverage
» = Poro-elastic

= Poro-linear-elastic

Figure F.9: Results for the fast strain-rate (left) and for the slow strain-rate (right) average
experimental relaxation curve calibration. The experimental corridor of the campaign
of Vaidya and Wheatley [39] is light red for the fast strain rate and light blue for the
slow one, the average experimental stress is in dashed grey. The visco-hyper-elastic model
calibrated in Vaidya and Wheatley [39] is in black while poroelastic model predictions with
a Poisson’s ratio of 0.2 are in red for the fast strain rate and blue for the slow strain-rate.

Quantitative error metrics of the optimisation procedure for the proposed
poro-linear-elastic model are reported in Table F.6. The different components
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of the cost function are the same than section 3. These metrics were also
assessed on the numerical curves stress-time curve fitted with the visco-hyper-
elastic model in Vaidya and Wheatley [39] and reported in the table for
the sake comparison. The cost function between the optimised poroelastic
numerical curve and the experimental curve is smaller with the proposed
poroelastic model than with the visco-hyper-elastic model in Vaidya and
Wheatley [39] (0.0022 versus 0.21 for the slow and 0.0375 versus 0.2477 for
the fast).

Appendixz F.1.1. One to one sample calibration

The one to one calibration was carried out on the n=16 samples for fast
strain-rate and n=15 samples for slow strain-rate. The corresponding stress-
time curves for each sample are reported in Figures F.10 and F.11 respectively
for the slow and for the fast loading rates. Looking to the 31 calibrated
curves, the slope between 350 s and 400 s is mostly approximated: most of
the samples are not fully consolidated at the end time of the experiments
as the slope is non-null. Also the peak stress is mostly recovered by the
poroelastic model.
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Article

Constitutive Law

ABAQUS Parameters

Al-Dirini et al. [22]

Ogden

t1 = 1.91e — 3MPa
oy = 4.6
D; = 9.179MPa*

Lee et al. [46]

Moonley-Rivlin

001 = 1.65¢ — 3MPa
010 = 3.35e — 3MPa
D; = 4.03MPa”!

Levy et al. [48]

Neo-Hookean

D; = 2.83MPa !
Cho = 3.55e — 3MPa

Linder-Ganz et al. [11]

Neo-Hookean

D; = 1.18MPa ™"
010 = 4.25¢ — 3MPa

1 = 5.575e — 4AMPa

Moerman et al. [14] Ogden ap =12
Dy = 7.47MPa”!
p1 = 3.0e — 4MPa
Oomens et al. [44] Ogden a; =5

D; = 13.36MPa™*

Sopher et al. [49]

Neo-Hookean

D; = 2.817TMPa™*
010 = 3.55e¢ — 3MPa

Traa et al. [45]

Ogden

w1 = 1.49e — 3MPa
o = 5
D, = 57MPa™!

Verver et al. [47]

Moonley-Rivlin

001 = 1.65e¢ — 3MPa
010 = 3.35¢ — 3MPa
D, = 5.04MPa™!

Zeevi et al. [50]

Neo-Hookean

Dy = 53.3MPa"
010 = 2.25e — 3MPa

Table E.5: Table gathering all the considered articles and their associated parameters used
in ABAQUS

Model Strain-rate | J; (eq. 3) | Jo (eq. 4) | J3 (eq. 5) | J (eq. 6)
Uncoupled Yeoh/Prony Slow 0.0283 0.5936 0.0081 0.21
visco-hyper-elastic Fast 0.1559 0.4611 0.0046 0.2477
Poro-linear-elastic Slow 0.0014 0.00055 0.0046 0.0022
Current study Fast 0.0056 0.0974 0.0093 0.0375

Table F.6: Error metrics of the average experimental stress calibrated models for the fast
and slow strain-rates of the model proposed by Vaidya and Wheatley [39] and the current
study’s model
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Table F.7 provides the mean and standard deviation of the calibrated
parameters. The same order of magnitude is obtained whether the strain-
rate was fast or slow. The measured error metrics of the calibration were
respectively 0.12 £ 0.13 and 0.121 £ 0.161 (mean and standard deviation of
all error metrics are provided Table F.7). Once again, these results support
the apparent capacity of the model to mostly capture the peak stress and
relaxation described previously also minimising the root mean square error
metric.

To quantify the goodness of fit, the value of the cost function value at
the solution J }Ztnal is given for each sample in figure F.12 below.
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Figure F.12: Cost function value at the solution for each sample. Blue corresponds to
samples tested with a slow strain-rate loading and red to the samples tested with fast
strain-rate loading.
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