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A B S T R A C T

Background: Pressure ulcers are a common occurrence in the sacrum and are frequently associated with deep 
tissue injury. Research has demonstrated that compression and mechanical strain contribute to tissue damage 
and can be employed to assess the risk of injury. Despite the existence of several finite element models based on 
this evidence, the experimental evaluation of localized tissue strain is rarely addressed.
Methods: The objective of this study is to present a proof-of-concept protocol for creating subject-specific finite 
element models of sacral soft tissues under compressive loading and to compare the model predictions with 
experimental data based on Digital Volume Correlation of MRI data. The data was collected from one asymp
tomatic volunteer in four loading conditions (vertical loading of 4.3 N, 6.1 N, 8 N and 11.9 N).
Findings: A comparison of DVC-derived tissue displacements with the Finite Element simulations demonstrated 
accurate estimations for maximum values and displacement distribution fields for all load cases, with less than 5 
% discrepancy for load configurations L1-L3 and 7 % for load configuration L4. Concerning shear strains, it was 
observed that there were significant differences between the DVC-derived experimental tissue shear strains and 
the simulation predictions when generic constitutive parameters were used. The highest difference was 43 % for 
the highest load configuration (11.9 N).
Interpretation: These results demonstrate that incorporating personalized tissue properties substantially improves 
model fidelity, highlighting the potential of combined imaging, mechanical testing, and FE modelling for indi
vidualized risk assessment of deep tissue injury.

1. Introduction

A Pressure Ulcer (PU) is defined as “a localised injury to the skin and 
underlying soft tissue, usually over a bony prominence, caused by sustained 
pressure, shear or a combination of these”. It is a complication primarily 
related to the care and treatment of individuals who have difficulty 
moving or changing position including those with disabilities and the 
elderly. Despite increased recent attention, their incidence rate remains 
unacceptably high, as evidenced by the fact that 12.1 % of patients in 
Belgium, 8.9 % of patients in France, 11 % of patients in Germany and 
10.2 % of patients in the UK suffer from pressure ulcers during their 
hospitalisation (Barrois et al., 2008; Lahmann et al., 2005; Vanderwee 

et al., 2007).
Despite extensive efforts to mitigate their impact, the burden of PUs 

continues to grow. In the United States, while the overall prevalence has 
remained stable, the proportion of severe cases has increased signifi
cantly (McAuliffe et al., 2023, pp. 2008–2019), contributing to annual 
healthcare costs of at least $26.8 billion (Padula and Delarmente, 2019). 
In Europe, prevention costs range from €3–88 per patient daily, while 
treatment costs can escalate to €470 per patient per day (Demarré et al., 
2015). These economic costs far exceed expenditures on conditions like 
dermatological cancers, which benefit from greater public attention and 
advocacy (Schreml and Berneburg, 2017).

While traditionally attributed to ischemia from sustained pressure 
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exceeding capillary closing pressures, growing evidence indicates that 
shear forces and internal deformations play a critical role, especially in 
areas with minimal soft tissue cushioning such as the sacrum (Bouten 
et al., 2003; Oomens, 2013; Oomens et al., 2015). Of particular interest 
are the series of experiments performed at the Eindhoven University of 
Technology (Oomens et al., 2015) involving indentation of the tibialis 
anterior muscle of Brown-Norway rats. These experiments identified a 
damage threshold for healthy murine skeletal muscle. Skeletal muscle 
has been the subject of several studies (Ceelen et al., 2008; Loerakker 
et al., 2013; Stekelenburg et al., 2007; Traa et al., 2019). Recent work by 
(Traa et al., 2019) using MRI-based 3D finite element analyses in rats 
demonstrated that even under similar external loading, individual sub
jects exhibited markedly different extents of muscle damage, high
lighting a subject-specific tolerance to compression-induced injury. This 
underscores the importance of both mechanical and biological factors in 
DTI development.

The sacral region is particularly vulnerable because it combines thin 
subcutaneous layers over a pronounced bony prominence, leading to 
elevated local pressures and shear stresses during bed operations. 
(Mimura et al., 2009) demonstrated that both surface pressures and 
shear forces reach their maximum at the coccygeal and lateral sacral 
regions during common nursing maneuvers, with slender individuals 
exhibiting even higher values due to reduced soft tissue thickness. Their 
work emphasizes that repositioning strategies (such as knee elevation or 
alignment with bed bending points) can partially mitigate these forces, 
but cannot fully eliminate the mechanical risk at these sites. This me
chanical context explains why sacral PUs are frequently deep tissue in
juries (DTIs), where damage originates in the muscle or fat layers 
beneath intact skin and progresses outward. Although the sacral site 
contains limited muscle compared to limb models, the fundamental 
mechanism of load-induced internal strain leading to cell damage re
mains the same. Our study specifically quantifies these strain intensities 
at the sacrum, addressing the anatomical differences highlighted in 
previous models.

The in vivo estimation of strain concentration in soft tissues is a 
significant challenge, particularly at the bedside. In light of this, several 
computational models of load-bearing soft tissue in humans have been 
proposed (Al-Dirini et al., 2016; Bucki et al., 2012; Levy et al., 2017; 
Luboz et al., 2014; Luboz et al., 2018; Macron et al., 2018; Macron et al., 
2020; Rohan et al., 2023) and showed that bony prominences induce 
substantial stress concentrations, which explains why these areas are 
vulnerable to ulceration. As shown in several studies, the mechanical 
response is very sensitive to the input data including geometry 
(Moerman et al., 2017), material properties (Luboz et al., 2014) and 
boundary conditions.

Nevertheless, these finite element models are rarely verified (Levy 
et al., 2013; Sopher et al., 2010) or are verified in a way that directly 
reflects the internal mechanical environment of the tissues. Many 
studies rely on indirect comparisons, such as matching global interface 
pressures (Linder-Ganz et al., 2008a; Macron et al., 2018; Macron et al., 
2020) which do not represent the internal spatial distribution of strains 
and stresses that are most relevant to tissue damage (Ceelen et al., 2008; 
Traa et al., 2019). This highlights the importance of experimental ap
proaches capable of capturing these internal fields to rigorously assess 
and support model predictions..

Medical imaging combined with Digital Image Correlation (DIC) 
techniques has been shown to be promising for the quantification of 
localized soft tissue strains. It has been used, for example, in vitro, in 
tissue-mimicking phantom (Zhu et al., 2015) and, in vivo, in the human 
Achilles tendon (Chimenti et al., 2016) and in the quadriceps muscle 
(Affagard et al., 2015a, 2015b). In a recently published study (Zappalá 
et al., 2024), Magnetic Resonance Imaging (MRI) images combined with 
Digital Volume Correlation (DVC) was used for the quantification of 
localized soft tissue strains in buttock tissue. These novel data offer the 
community reference values for the comparison of predicted strain fields 
with experimental estimations. Other attempts have been made with 

MRI to assess the deformation of the tissue during sitting. Most of these 
studies did not report local strains (Call et al., 2017; Sonenblum et al., 
2015).

Building upon this work, the aim of this study is to present a proof-of- 
concept protocol for creating subject-specific finite element models of 
sacral soft tissues under compressive loading. We then compare the 
model predictions with experimental strain and displacement data ob
tained using Digital Volume Correlation (DVC) of MRI scans collected on 
one asymptomatic volunteer under four controlled loading conditions 
(vertical loads of 4.3 N, 6.1 N, 8 N, and 11.9 N).

2. Materials and methods

2.1. Participant

One healthy male volunteer (34 y.o., 1.75 m and BMI 27.8 kg/m2) 
was enrolled after informed consent and local ethics committee agree
ment (MAP-VS protocol N◦ID RCB 2012-A00340–43).

2.2. MRI data acquisition

All MRI scans were performed on a 3 T Achieva dStream system 
(Philips Healthcare) at the IRMaGe platform, Université Grenoble Alpes. 
A proton density-weighted 3D acquisition was used. No inversion re
covery was applied. Two surface body coils were placed on either side of 
the pelvis in the medio-lateral direction to enhance signal-to-noise ratio 
(Fig. 1(c)). The acquisition produced 512 consecutive slices (0.3125 mm 
thickness), yielding 3D volumes with 800 × 800 × 240 voxels and an 
isotropic resolution of 0.5 × 0.5 × 0.5 mm. Each scan required 
approximately 10 min. Respiratory gating was employed to reduce 
motion artefacts. To change the load between acquisitions, a brief pause 
of about 5 min was included, during which the participant was 
instructed to maintain the same position.

Controlled vertical compressive loads (0–1.2 kg) were applied to the 
sacrum using the custom MR-compatible setup described in (Mukhina 
et al., 2022). This device employed a 3D-printed indenter (118 × 28 ×
14 mm3, 410 mm2 contact area) replicating a SL10–2 ultrasound probe 
(Fig. 1(a)). Loads were applied in four steps (~400 g or 200 g in
crements), resulting in load cases L1–L4 with mean forces of 11.9 N, 8 N, 
6.1 N, and 4.3 N, respectively (SD ≤ 2 g ≈ 0.02 N). Assuming a contact 
area of 410 mm2, these correspond to pressures of approximately 29.0 
kPa, 19.5 kPa, 14.9 kPa, and 10.5 kPa.

The setup ensured perpendicular loading without shear via a rigid 
tube structure and dead weights. To check if the US plane remained 
vertical during the experiment, a cylindrical reflective marker (Fig. 1(b)) 
was glued on the side of the indenter oriented toward the head of the 
participant. MRI scans were acquired under each loading condition with 
the participant prone on a flat surface (Fig. 1(c)), a soft support under 
the thorax to keep the sacral region horizontal, and respiratory gating to 
minimize artefacts.

For illustration, Fig. 1(d) shows a transverse (axial) slice at the level 
of the sacrum (around S2) from the unloaded case (L0), and Fig. 1(e) 
from the highest load case (L1).

2.3. Personalized geometrical model

The 3D model geometry was designed using the MR 3D image 
recorded in the undeformed configuration L0. Fat, fascia, muscles, and 
bone tissues were manually segmented using Amira 2019.1 software 
(FEI Visualization Sciences Group, Mérignac Cedex, France). The region 
of interest (ROI) for 3D modelling in relation to the full MR image is 
shown in Fig. 2(a). Fig. 2 (b) shows the segmented volumes containing 
two layers of adipose tissue, separated by a fascia which has also been 
modeled, and muscles.
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2.4. Constitutive modelling and calibration

A Yeoh hyperelastic constitutive model, previously proposed in 
literature (Fougeron et al., 2022), was used to model the mechanical 
behaviour of skin, adipose tissue, fascia and muscle. This model assumes 
a strain-energy function W given by the following analytical expression 
(1): 

W = C10(I1 − 3)+C20(I1 − 3)2
+C30(I1 − 3)3

+
1
d1
(J − 1)2

+
1
d2
(J − 1)4

+
1
d3
(J − 1)6

(1) 

where I1 is the first invariant of the left Cauchy-Green deformation 

tensor, Ci are material parameters, J is the determinant of the defor
mation gradient F, and di are material parameters related to compress
ibility. These di parameters were assumed to be equal and related to the 
Poisson ratio ν (Mott et al., 2008) (2): 

d1 = d2 = d3 =
3*(1 − 2*ν)
2C10*(1 + ν) (2) 

To represent the nearly-incompressible behaviour of soft tissues, a 
Poisson ratio of 0.49 was assumed, similarly to ratios commonly pro
posed in previous models (Levy et al., 2017; Linder-Ganz et al., 2009; 
Luboz et al., 2018).

As a first approximation, generic values for the Ci material parame
ters representing skin, adipose tissue, fascia and muscle were computed 

Fig. 1. (a) Real US probe (left) and associated 3D-printed copy (right); (b) Arrow showing the cylindrical reflective marker attached to the 3D-printed indenter. (c) 
Participant lying in the MR scanner with two surface body coils (arrows) placed on either side of the pelvis; (d) transverse MR image corresponding to the Unloaded 
case (L0). (e) transverse MR image of the loaded case (L1).

Fig. 2. (a) Transverse (axial) MR cross-sectional view at the sacral level showing anatomical structures segmented for the model: superficial and deep subcutaneous 
adipose tissues, erector spinae muscles, gluteus maximus muscles, and underlying bones. (b) 3D personalized finite element model reconstructed from the MRI data, 
with distinct colors representing adipose tissue, muscle layers, and bone.
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using an optimized curve fitting procedure based on tension and 
compression experimental tests published in the literature for these 
tissues (Astruc et al., 2018; Gras et al., 2012; Miller-Young et al., 2002; 
Ní Annaidh et al., 2012). In a second step, a personalization of the C10 
material parameters of skin and adipose tissues based on VLASTIC 
suction data (Briot et al., 2022; Connesson et al., 2023; Mukhina et al., 
2022) was proposed.

Briefly, our group recently introduced a lightweight, disposable 
aspiration system, reduced to a simple tube with a customizable head 
aperture (in size, shape, and material), designed to withstand stringent 
sterilization processes (Connesson et al., 2023; Elahi et al., 2018; Elahi 
et al., 2019). This method, termed VLASTIC, measures the in vivo 
stiffness of soft tissues by applying low-intensity suction (<40 mbar) and 
recording pressure-volume curves. Young’s moduli are then estimated 
via inverse analysis using a finite element model of the suction experi
ment. This approach assumes (i) small strain levels appropriate for 
linear approximations, (ii) isotropic material behaviour in the probed 
regime, (iii) a bilayer structure with a perfectly bonded interface be
tween skin and adipose tissue, and (iv) negligible contributions from 
deeper layers such as muscle, which are not substantially deformed 
under these low suction pressures. The device was first validated on 
homogeneous silicone phantoms, showing errors below 7 % compared 
to classical tensile tests (Elahi et al., 2019) and subsequently applied in 
vivo in a clinical pilot study to assess tongue stiffness, (Kappert et al., 
2021). More recently, VLASTIC was extended to characterize bilayer 
materials, with tests on bilayer silicone phantoms demonstrating layer- 
specific stiffness estimates with errors below 10 % (Connesson et al., 
2023) and subsequently in vivo to estimate the skin and fibroglandular 
breast tissue stiffness of seven healthy volunteers, treating the breast as a 
bilayer structure probed in three regions (Briot et al., 2022).

2.4.1. Generic material parameters estimated from data reported in the 
literature

a) Skin
Annaidh and colleagues provided data from uniaxial tensile tests 

performed on skin samples harvested from the region of the sacrum 
(Annaidh et al., 2012). The corresponding stretch/stress curve (Fig. 3(a), 
blue circle points) was used to fit the Yeoh constitutive parameters 
(Fig. 3(a), blue line; (Fougeron et al., 2022)). A fitting was obtained with 
two coefficients only, namely C10 = 0.3 MPa and C20 = 1.9 MPa.

b) Adipose tissue.
Miller-Young and colleagues provided data from unconfined 

compression tests performed on adipose tissue samples harvested from 
the heel fat pad (Miller-Young et al., 2002). The corresponding stretch/ 

stress curve (Fig. 3(b) blue circle points) was used to fit the Yeoh 
constitutive parameters (Fig. 3(b), blue line). As with the skin, a good 
fitting was obtained with two coefficients only, namely C10 = 0.7 kPa 
and C20 = 0.3 kPa.

c) Muscle.
Gras and colleagues performed uniaxial tensile tests on a harvested 

sternocleidomastoideus muscle (Gras et al., 2012). The corresponding 
stretch/stress curve (Fig. 3(c), blue circle points) was used to fit the Yeoh 
constitutive parameters (Fig. 3(c) blue line). In that case, three co
efficients were required to fit the curve, namely C10 = 5e-3 MPa, C20 =

6.9e-2 MPa and C30 = 1.97 MPa.
d) Fascia.
Fascia constitutive parameters (C10 = 0.1 MPa, C20 = 0.18 MPa) 

were assumed from the experimental data that was collected and fitted 
by Astruc and colleagues (Astruc et al., 2018), from uniaxial tensile tests 
performed on a longitudinal sample harvested from posterior rectus 
sheath in the abdominal wall.

2.4.2. Personalization of the material parameters based on VLASTIC data
To the best of our knowledge, there is no valid methodology for the 

in vivo characterization of the non-linear hyperelastic behaviour of 
human soft tissues. However, the VLASTIC device can be used to esti
mate the linear part of the stretch/stress curves, at small strains levels. 
Moreover, as proposed in Connesson et al. (Connesson et al., 2023), both 
skin and fat stiffness can be estimated from local suction if a bi-layer 
structure is assumed for skin and adipose tissue. Equivalent Young 
moduli of both layers are therefore estimated based on repeating low 
intensity suction tests using cups of various diameters.

Based on the data collected with the VLASTIC device on the healthy 
volunteer included in this study (Mukhina et al., 2022), the average 
Young modulus was 37.7 kPa for the skin and 1.8 kPa for the adipose 
tissue. Assuming quasi-incompressibility, a direct relationship can be 
provided between the equivalent Young modulus and the material 
parameter C10 (3): 

c10 ≈
E
6

(3) 

The generic C10 constitutive parameters of skin and adipose tissue as 
estimated above from the curve fitting process were therefore changed 
to the values provided by the in vivo suction measure, namely C10Skin =

37.7/6 = 6.3 kPa and C10Fat = 1.8/6 = 0.3 kPa. The corresponding 
changes have a visible consequence on the stretch/stress curve for skin 
an adipose tissue. The subject-specific new curves are drawn in red in 
Fig. 3(a) and Fig. 3(b), respectively.

Fig. 3. (a) Skin stretch/stress experimental data after uniaxial tension (blue circles) fitted by a Yeoh constitutive model (blue curve). The red curve corresponds to 
the subject-specific update of the C10 parameter after VLASTIC suction measurements (C10 = 6.3 kPa). The blue line represents ‘literature-based’ data. (b) Adipose 
tissue stretch/stress experimental data after compression (blue circles) fitted by a Yeoh constitutive model (blue curve). The red curve corresponds to the subject- 
specific update of the C10 parameter after VLASTIC suction measurements (C10 = 0.3 kPa). (c) Curve fitting of muscle constitutive parameters presenting experi
mental data (blue circles) and fitted Yeoh model (blue curve). (For interpretation of the references to colour in this figure legend, the reader is referred to the web 
version of this article.)
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Table 1 synthetizes all the values for the constitutive parameters 
finally implemented in our subject-specific numerical model. Skin, ad
ipose tissue and fascia are represented by 2nd order Yeoh model, 
therefore, four parameters are listed. Muscle tissue is represented by 3rd 
order Yeoh model, therefore, six parameters are shown in Table 1.

2.4.3. Material parameters of the indenter
To simulate the indentation forces exerted on the sacrum, the 

indenter was modeled with a linear elastic model assuming a Young 
modulus of 200 GPa and a Poisson ratio of 0.3.

2.5. External mechanical loading

A vertical load of 11.9 N, 8 N, 6.1 N and 4.3 N was imposed by the 
indenter by adding dead-weights to the experimental setup corre
sponding to load levels L1 to L4 (Mukhina et al., 2022).

2.6. FE discretization and contact modelling

The FE mesh of the sacral soft tissues was created with Hypermesh 
software, from the 3D surfaces extracted after the segmentation of the 
MR volume and imported into ANSYS Mechanical APDL. Skin and 
fasciae were represented as shell elements based on the surfaces 
delimiting the segmented tissues. Two layers of fascia were modeled: the 
superficial fascia separating the two layers of adipose tissues and the 
deep fascia located between adipose tissue and muscle. Linear tetrahe
dral SOLID185 elements were used for adipose tissue and muscles, while 
skin and fasciae were approximated by shell elements SHELL181 with 
thickness of 2.9 mm and 0.5 mm respectively. Bending was restricted for 
the shell elements leaving only the membrane properties for element 
stiffness.

The surface of the sacral bone in contact with muscles and adipose 
tissues was fixed for all DOFs. Contact nodes between two types of soft 
tissues were merged to avoid any complex sliding contacts between two 
tissue layers. A contact pair with frictionless standard behaviour of the 
contact surface was defined between the indenter and the skin.

One node on the top of the indenter was chosen as a pilot node 
(Fig. 4) for load application. A quasi-static analysis was run with two 
load steps, with displacement, then load, being applied to the pilot node: 
1st - displacement until the contact, 2nd - load of 11.9 N for the model of 
Load case 1 (L1); 8 N for the model of Load case 2 (L2); 6.1 N for the 
model of Load case 3 (L3) and 4.3 N for the model of Load case 4 (L4).

2.7. Mesh sensitivity

A mesh convergence analysis was performed by testing five different 
mesh sizes (element size 6 mm to 1.5 mm), resulting in maximal vertical 
displacements (under a 11.9 N load) ranging from 14.2 mm for the 
coarsest mesh (element size 6 mm) to 17.4 mm for the finest mesh 
(element size 1.5 mm). The relative difference between the two finest 
meshes (3 mm and 1.5 mm) was approximately 7 %, despite the total 
number of soft tissue elements increasing by more than sixfold (from 
~315,000 to ~2.3 million). Based on this quantitative assessment, the 
mesh with 3 mm elements was selected as it provided a satisfactory 
trade-off between computational efficiency and result stability.

2.8. ANSYS simulation post-processing

The vertical displacement of soft tissues and the maximum shear 
strain (4) which was previously associated with tissue damage (Ceelen 
et al., 2008) were extracted. 

εshear =
1
2

max(|ε1 − ε2|, |ε2 − ε3|, |ε3 − ε1|) (4) 

where ε1, ε2 and ε3 are the principal strains.
In ANSYS, EPEL, which denotes elastic strain intensity, is equivalent 

to maximal shear strain and is determined as the highest of the absolute 
values ε1-ε2, ε2-ε3, ε3-ε1, where ε1, ε2 and ε3 are the principal Hencky 
(logarithmic) strains (5). This results in a value twice larger than the 
classic definition of the maximum shear strain. 

εshear ansys = max(|ε1 − ε2|, |ε2 − ε3|, |ε3 − ε1|) (5) 

For the rest of the paper, the ANSYS definition of maximum shear 
strain will be used for the presentation of all values and results.

2.9. Plane of interest

A plane of interest was first defined by manually selecting anatom
ical points on the MR images to align with the mid-plane of the US probe 
piezoelectric transducer surface. Specifically, two points (A and B) were 
selected on the sagittal slice along the posterior edge of the transducer to 
determine its midpoint (Fig. 5b), while four points (C, D, E, F) were 
chosen on the frontal slice at the superior and inferior boundaries of the 
indentation mark to define the mid-edge (Fig. 5b). This construction 
ensured that the resulting vertical transverse (axial) plane passed 
through the center of the indentation region, capturing the zone of 
maximum deformation. This plane intersects the sacral region approx
imately between the first (S1) and second (S2) sacral vertebrae. All 
subsequent results were plotted on this plane, focusing on the deformed 
shape of the soft tissues within the selected region of interest (ROI).

Table 1 
Soft tissues material parameters implemented in the personalized FE model.

c10, 
[MPa]

c20, 
[MPa]

c30, 
[MPa]

d1, 
[MPa− 1]

d2, 
[MPa− 1]

d3, 
[MPa− 1]

Skin 6.3e-3 1.9 – 3.2 3.2 –
Adipose 

tissue
0.3e-3 0.3e-3 – 66.16 66.16 –

Fascia 0.1 0.18 – 0.2 0.2 –
Muscle 5e-3 6.9e-2 1.97 4.03 4.03 4.03

Fig. 4. Boundary conditions shown on a transverse cut through the FE model. 
Restricted displacements are represented as blue triangles, while the coupling 
of the indenter nodes to a pilot node is represented as pink triangles. (For 
interpretation of the references to colour in this figure legend, the reader is 
referred to the web version of this article.)
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2.10. Image registration procedure

To quantify internal displacements between unloaded and loaded 
configurations, a 3D image registration procedure was implemented 
using the Elastix library (Klein et al., 2010). The registration sought to 
compute a non-rigid deformation field u(x) describing how the refer
ence unloaded image transforms into the loaded image, such that 
applying this deformation yields a transformed image I0(x + u(x) ) that 
closely matches the deformed configuration.

The optimization was performed by minimizing a cost function 
measuring image similarity, based on the Advanced Normalized Corre
lation Coefficient (ANCC), consistent with approaches described by 
(Machado et al., 2019). To enhance convergence and avoid local 
minima, an adaptive stochastic gradient descent algorithm was applied 
within a hierarchical four-level multi-resolution framework. Intensity 
interpolation at non-grid points was performed using cubic B-splines, 
ensuring smooth deformation fields.

The registration was performed between the fixed MRI volume (un
deformed configuration, i.e. load case L0) and each moving MRI volume 
(loaded configurations, i.e. load cases L1-L4). Voxels of the fixed image 
were spatially mapped to the voxels of the moving image using a 2-step 
procedure. First, a rigid body transformation was defined by assuming 
that the MRI volume is a rigid body. The parameters of the trans
formation were computed as those that minimized the distance between 
the bones in the fixed image and the bones in each moving image based 
on a manually defined mask (image segmentation), assuming the bony 
region as non-deformable. Second, B-spline non-rigid transformations 
were calculated between the aligned moving image and the fixed image. 
The coefficients of the B-spline transformations were optimized in each 
cube of a 3D grid that sampled the MR volume (size of the grid: 12 mm).

2.11. DVC verification

The uncertainty and accuracy of the DVC pipeline used here were 
extensively evaluated in our previous study (Trebbi et al., 2022). This 
included multiple registrations of repeated unloaded acquisitions to 
assess reproducibility (zero-strain noise analysis) and synthetic tests 
with known displacement fields derived from FE models to quantify 
accuracy. Bland–Altman analyses confirmed low errors across the range 
of measured strains. Given that the same pipeline and parameter settings 
were used in this study, we refer the reader to (Trebbi et al., 2022) for 
full methodological details and error quantification.

2.12. From displacement to strain field

Displacement fields were extracted from both DVC and results of 
ANSYS simulations for each load case. Shear strain field was derived 
from displacement field based on following formulas:

The right Cauchy-Green deformation tensor (6) was derived from the 

deformation gradient F: 

C = FTF (6) 

Then, the principal Logarithmic Hencky strain was calculated as (7): 

εprincipal =
1
2

lnC (7) 

The maximum shear strain according to the ANSYS terms (double of 
the classical definition of the maximum shear strain according to 
Hencky) has been derived in the following way (8): 

εshear = max(|ε1 − ε2|, |ε2 − ε3|, |ε3 − ε1|) (8) 

3. Results

The results focus on two sets of comparisons: (1) between experi
mental measurements from DVC and finite element (FE) simulations 
with personalized material properties, across four loading conditions 
(L1-L4 corresponding to ~ 11.9 N, 8 N, 6.1 N, 4.3 N) and (2) between the 
generic and personalized FE models themselves, to assess how person
alization of skin and adipose material parameters improved agreement 
with DVC measurements. Table 2 summarizes the maximum vertical 
displacements (Dz) and Hencky shear strains across all load cases. It 
shows how personalization of material properties substantially reduced 
discrepancies with respect to the DVC measurements. For vertical dis
placements, personalization decreased errors from 33 to 38 % (generic 
model) down to 2–7 % across the four loading conditions. Similarly, for 
shear strains, discrepancies decreased from 57 to 63 % with generic 

Fig. 5. (a) Sagittal view of the 3D printed indenter; (b) Sagittal MR slice showing the points A and B manually selected to determine the midpoint on the transducer 
surface in the sagittal plane. (c) Frontal MR slice showing the points C, D, E, and F manually selected to define the mid-plane in the frontal plane. The positions of L5, 
S1, and S2 are indicated.

Table 2 
: Summary of maximum vertical displacements (Dz) and Hencky shear strains 
across four loading conditions (L1–L4), comparing digital volume correlation 
(DVC) measurements with finite element (FE) simulations using generic and 
personalized material properties. Discrepancies are reported as percentages 
relative to DVC measurements, demonstrating the improvement in agreement 
achieved through material parameter personalization.

L1 (~11.9 
N)

L2 (~8 
N)

L3 (~6.1 
N)

L4 (~4.3 
N)

Max Dz (DVC) [mm] 17 13.2 12.2 10
Max Dz (FE generic) 11.4 9 8 6.2
Max Dz (FE personalized) 16.2 13.8 12.4 10.7
ΔDz vs DVC (%) generic 33 % 32 % 34 % 38 %
ΔDz vs DVC (%) 

personalized
5 % 5 % 2 % 7 %

Max shear (DVC) 2.1 1.4 1.4 1.1
Max shear (FE generic) 0.9 0.6 0.6 0.4
Max shear (FE 

personalized)
1.2 1.0 0.9 0.8

ΔShear vs DVC (%) generic 57 % 57 % 57 % 63 %
ΔShear vs DVC (%) 

personalized
20 % 29 % 28 % 34 %
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properties to 20–34 % after personalization.

3.1. Comparisons between experimental measurements from DVC and FE 
simulations with personalized material properties, across four loading 
conditions

Fig. 6 presents the comparisons between ANSYS simulations and 
DVC measurements for each load case. Table 2 summarizes the 
maximum vertical displacements and shear strains derived from DVC 
and FE simulations across all loading conditions, alongside their relative 
differences. Displacement distributions exhibited similar spatial pat
terns across methods, which supports the plausibility of the FE model
ling approach. The highest vertical displacement predicted by the FE 
model was 16.2 mm for L1, closely matching the DVC measurement of 
17 mm. Displacements decreased to 13.8 mm for L2 (vs. 13.2 mm DVC), 
12.4 mm for L3 (vs. 12.2 mm DVC), and 10.7 mm for L4 (vs. 10 mm 
DVC). For Hencky shear strains, both DVC and FE simulations showed 
comparable distributions, with maxima located within the adipose tis
sue directly beneath the indentation mark. However, the FE model 
consistently underestimated peak shear strains. Under L1, maximum 
shear strain reached 1.2 in the FE simulation compared to 2.1 from DVC; 
for L2, 1.0 vs. 1.4; for L3, 0.9 vs. 1.4; and for L4, 0.8 vs. 1.1.

To complement the qualitative maps, Fig. 7 provides histograms 
comparing the distributions of axial displacements (Dz), in-plane shear 
strains (

⃒
⃒εxy

⃒
⃒) and out-of-plane shear strains (

̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅
εxz2 + εyz2

√
) between the 

DVC measurements and the FE simulations for the highest load case (1.2 
kg). These distributions confirm the overall agreement between ap
proaches while highlighting the tendency of the FE model to slightly 
underestimate the shear strain magnitudes, especially for the out-of- 

plane components. As the loading-dependent patterns were consistent 
across cases, only the highest load is shown here.

3.2. Effect of personnalisation on FE model agreement with DVC 
measurements

The simulation results for load cases L1 – L4 for two FE models 
compared with the DVC results are presented in Fig. 8. The first model is 
defined with generic material properties for all soft tissues The second 
model is updated with the personalized material properties for skin and 
adipose tissues. The discrepancy between the DVC and ANSYS simula
tion results reduced for the models with personalized vs generic material 
properties for the displacement and the Hencky shear strain values 
respectively by 31 % and 20 % for L1, 29 % and 29 % for L2, 36 % and 
28 % for L3 and 29 % and 34 % for L4.

4. Discussion

The aim of this study was to present a proof-of-concept protocol for 
creating subject-specific finite element (FE) models of sacral soft tissues 
under compressive loading, and to compare the model predictions with 
experimental data derived from Digital Volume Correlation (DVC) of 
MRI acquisitions in a healthy volunteer under four different load con
ditions. While earlier studies by (Al-Dirini et al., 2016; Macron et al., 
2018; Segain et al., 2025) explored personalized FE modelling of the 
buttock region, typically combining geometry personalization with 
some degree of boundary condition or material adjustment, this is to our 
knowledge the first work to extend such an approach specifically to the 
sacral area. This represents a meaningful advance given the anatomical 

Fig. 6. DVC vs ANSYS for evaluation of displacement Dz (mm) and double Hencky shear strain (a) for the Load case 1 (~1200 g) (b) for the load case 2 Load case 2 
(~800 g) (c) Load case 3 (~600 g) (d) Load case 4 (~400 g).
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and mechanical distinctiveness of this region. The sacral soft tissue layer 
is notably thinner than that over the buttocks, and also well-suited for 
suction-based in vivo mechanical characterization (VLASTIC), which 
becomes less reliable in thicker muscle-dominated regions. Establishing 
experimental evidence that supports FE-predicted relationships between 
external loading and internal strain in this anatomically challenging 
area is essential before considering any clinical application.

Our findings broadly corroborate previous computational studies 
indicating that personalization of geometry and boundary conditions 
significantly improves the predictive capacity of FE models (Luboz et al., 
2018; Macron et al., 2018; Macron et al., 2020; Segain et al., 2025). 
However, our work extends this by incorporating subject-specific me
chanical properties derived from suction tests. In agreement with 
sensitivity analyses by (Luboz et al., 2014) we observed that variations 

Fig. 7. ANSYS models with generic (left) and personalized (right) material properties compared with DVC (in the center) for evaluating the displacement Dz and 
double Hencky shear strain, (a) for the Load case 1 (~1200 g) (b) for the load case 2 Load case 2 (~800 g) (c) Load case 3 (~600 g) (d) Load case 4 (~400 g).

Fig. 8. Comparison of distributions of axial displacement Dz, in-plane shear strains (
⃒
⃒εxy

⃒
⃒) and out-of-plane shear strains (

̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅
εxz2 + εyz2

√
) obtained from DVC mea

surements (blue) and personalized FE simulations (red) for the highest load case (1.2 kg). Histograms show the probability density functions of each field, illustrating 
the agreement in displacement and the slight underestimation of shear strains by the FE model, particularly for out-of-plane components.
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in soft tissue stiffness strongly influence predicted strain magnitudes, 
emphasizing the importance of local mechanical characterization.

To date, quantification of in vivo soft tissue strain in humans remains 
scarce. Most studies have assessed only global deformations, such as 
volume or thickness changes between loaded and unloaded configura
tions (Al-Dirini et al., 2017; Linder-Ganz et al., 2007; Makhsous et al., 
2011; Shabshin et al., 2010). However, this approach is limited, espe
cially in light of evidence showing, for example, that rigid body motion 
of the gluteus maximus compartment occurs during loading (Al-Dirini 
et al., 2016; Call et al., 2017; Sonenblum et al., 2015). This suggests that 
thickness changes are not solely due to local compression, challenging 
strain estimates based only on thickness variation. While 2D strain fields 
have been estimated from ultrasound sequences (Doridam et al., 2018), 
these approaches often suffer from poor image quality, yielding variable 
displacement estimates, and cannot capture complex 3D deformations. 
In contrast, (Trebbi et al., 2022) were among the first to apply MRI- 
based Digital Volume Correlation (DVC) to compute full 3D internal 
strain fields in human soft tissues, including the buttocks and heels, 
under controlled loading. More recently, (Zappalá et al., 2024) extended 
this approach specifically to the buttock in semi-recumbent loading 
conditions. Our study builds directly upon this body of work by 
comparing displacement and strain fields estimated experimentally 
using MRI-based DVC to those predicted by an FE model. Like it was 
previously reported in the literature (Macron et al., 2018; Segain et al., 
2025) incorporating personalized calibration of mechanical properties 
improved agreement with DVC measurements, reducing discrepancies 
in displacements and shear strains compared to a generic model. Unlike 
other studies that impose displacement-controlled boundary conditions, 
our FE model is force-controlled, driven directly by the loads measured 
with our MR-compatible device, thereby enhancing the biomechanical 
relevance of the comparison.

In constructing the model, mechanical properties were defined by 
combining generic literature-derived Yeoh hyperelastic parameters for 
skin, fat, fascia and muscle (Annaidh et al., 2012; Astruc et al., 2018; 
Gras et al., 2012; Miller-Young et al., 2002). with subject-specific ad
justments of skin and adipose tissue stiffness using VLASTIC suction 
data, following (Connesson et al., 2023). This allowed a more individ
ualized representation of the mechanical response for the specific 
volunteer studied. Compared to values commonly reported in the liter
ature, the resulting shear moduli and constitutive parameters are 
broadly in line for the muscle and fascia. However, the estimated C10 
parameters for the adipose tissue still led to relatively high effective 
shear moduli. This is a challenge frequently noted in the literature 
(Affagard et al., 2015a, 2015b; Al-Dirini et al., 2016; Macron et al., 
2020). The higher values found in our study likely stem from several 
factors. First, calibration methods that impose a fixed exponential co
efficient in Ogden- or Yeoh-type models can shift the burden of 
capturing nonlinearity onto the shear modulus, effectively inflating it to 
compensate for constrained model shapes. In (Al-Dirini et al., 2016) for 
instance, very different exponential parameters were found for muscle 
(α = 4.6) and fat (α = 16.2) compared to standard assumptions. More
over, the identification here was primarily based on matching VLASTIC- 
derived small-strain moduli and thus constrained to the initial slope of 
the curve, without data from larger deformations. Recent work by 
(Fougeron et al., 2024) demonstrated that force–displacement curves 
alone are insufficient to fully identify hyperelastic parameters, espe
cially when only two states (unloaded and fully loaded) are available. 
Additional sources of uncertainty come from potential errors in esti
mating tissue geometry (thickness, curvature) or applied forces during 
the calibration procedure, which can significantly influence the inferred 
material properties. Overestimating the applied load, for example, 
would necessitate stiffer tissue properties to reproduce the observed 
compression. Despite these limitations, the subject-specific adjustments 
applied here, based on direct in vivo measurements, still represent a 
meaningful improvement over purely literature-based values. The 
reasonable agreement observed in both displacement and shear strain 

distributions supports the feasibility of integrating individualized me
chanical characterization with advanced imaging-based validation. This 
is a critical step toward future applications in personalized risk assess
ment for pressure ulcer prevention, especially in anatomically complex 
regions like the sacrum where deep tissue injuries remain a major 
clinical concern.

Importantly, comparing FE predictions to DVC measurements under 
multiple load levels demonstrated reasonable agreement in displace
ment fields, with differences under 5 % for three loading cases and about 
7 % for the highest load. This is notable given our use of a force- 
controlled model, which is more biomechanically meaningful than the 
displacement-controlled conditions often imposed in similar studies. In 
terms of internal shear strains (key indicators of DTI risk) both FE and 
DVC showed similar spatial patterns, with peak values consistently 
located within the adipose layer above the sacral bone rather than 
directly under the skin, supporting a deep injury mechanism.

This study had some limitations in the definition of the FE model. 
First and foremost, it is important to acknowledge that this study is 
based on a single-case evaluation. While the detailed insights gained are 
valuable for understanding the specific context and intervention exam
ined, the findings have limited transferability and cannot be readily 
generalized to other populations or settings. Future research involving 
larger cohorts or multiple case studies would be essential to strengthen 
the evidence base and explore the broader applicability of these 
observations.

From a more technical perspective, the segmentation of the 
geometrical data is performed manually, which could have added 
inaccuracies in the model. Fasciae are presented as a shell layer with 
assumed thickness of 0.5 mm, while in reality it is a network of con
nected tissues. Another limitation is the choice of the subject-specific 
material properties. The experimental data is limited to the identifica
tion of skin and adipose tissues Young moduli, while C20 parameters for 
both of these tissues are used from the literature. Due to insufficient 
experimental material data in the literature of sacrum, sacral muscles 
constitutive laws are based on uniaxial tension data collected on a 
muscle from the human neck, fascia from experiments on the abdominal 
wall and adipose tissue from a compression test done on the heel fat pad. 
Such approximations are necessary given current data availability, but 
they inevitably affect the fidelity of the model. We recognize, in 
particular, that using fascia data from the abdominal wall does not 
accurately capture the properties of the thoracolumbar fascia over the 
sacrum, which likely has distinct mechanical behaviour. To address this, 
we have recently performed ex vivo experiments on human thor
acolumbar fascia and erector spinae aponeurosis (Creze et al., 2025) and 
are also developing in vivo identification methods combining indenta
tion, ultrasound imaging, and inverse finite element modelling 
(Fougeron et al., 2020; Segain et al., 2024). Incorporating these region- 
specific data into future models will be critical to improve anatomical 
fidelity and enhance clinical relevance. Finally, the choice of the Pois
son’s ratio to enforce near-incompressibility is another parameter that 
can significantly influence the simulation results, highlighting the need 
for careful interpretation of quantitative strain predictions. It is worth 
noting also that while merging nodes at the interfaces between soft 
tissue layers is a common approach to ensure numerical stability (Al- 
Dirini et al., 2016; Bucki et al., 2016; Levy et al., 2014; Linder-Ganz 
et al., 2008b; Macron et al., 2018; Oomens et al., 2013), this does not 
capture the physiological sliding permitted by fascial structures. Further 
work is needed to incorporate more realistic interfacial mechanics, 
which will be essential to enhance the clinical relevance of such models.

Looking forward, we aim to extend this framework by applying it to 
larger cohorts under more clinically relevant loading scenarios, such as 
prone positioning, and by incorporating newly acquired region-specific 
mechanical data. Further improvements will include using higher- 
resolution MRI to enhance DVC texture, applying tissue-specific regis
tration masks, and employing more precise segmentations to reduce 
partial volume effects, particularly at interfaces where shear 
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discrepancies are most pronounced. Additionally, advancing the char
acterization of large-strain tissue behaviors and refining interfacial 
contact mechanics to permit realistic sliding will be important for 
improving shear strain predictions. Incorporating controlled phantom 
studies with known deformations and conducting sensitivity analyses of 
model parameters will also help disentangle sources of error attributable 
to the DVC pipeline versus the FE model itself. These combined steps will 
be critical to reduce discrepancies, especially in shear, and to move from 
a research-oriented tool toward a clinically applicable approach for 
assessing individual DTI risk.

5. Conclusion

In conclusion, this study presented a proof-of-concept for creating 
subject-specific finite element models of sacral soft tissues under 
compressive loading, validated against Digital Volume Correlation of 
MRI data. The models showed close agreement with experimental re
sults for tissue displacement, highlighting their accuracy. However, 
significant differences in shear strain values point to the need for further 
refinement. The findings emphasize the importance of personalized 
material properties in reducing discrepancies between simulations and 
experimental observations. However, limitations such as manual seg
mentation, approximations in material properties, and assumptions in 
model parameters suggest areas for improvement. Future work will 
focus on enhancing the model by applying it to clinically relevant 
loading conditions, expanding the cohort size, and including a more 
representative population of at-risk patients. These efforts will further 
validate and refine the model, moving closer to potential clinical 
applications.
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