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General Summary 

A Pressure Ulcer (PU) is defined, according to National and European Pressure Ulcer 

Advisory Panels (NPUAP and EPUAP) as: ―a localized injury to the skin and/or underlying 

tissue usually over a bony prominence, as a result of pressure, or pressure in combination 

with shear.‖ Pressure Ulcers (PUs) have, for a long time, been considered to be a Cinderella 

subject. Since it mostly affects bed-ridden population, it was assumed to be part of the 

patient‘s disease for a long time until it was recognized as a challenge of the nursing process.  

According to epidemiology studies, a PU is a complication primarily related to the care and 

treatment of individuals who have difficulty moving or changing positions: for example, 

people with a disability and the elderly (based on the study conducted in the hospitals from 

five European countries, PU prevalence of 18% was observed (Vanderwee et al. 2007)). 

Currently, with the development of healthcare and treatments, life expectancy of the average 

person is increasing worldwide meaning also an increase in the elderly population. 

In the worst case, untreated PU or its complications could lead to death; from 1990 to 2001, 

PU was reported as a cause of death for 114380 persons in the United States (Redelings, Lee, 

and Sorvillo 2005) and from 1999 to 2016 in Spain, PU was listed as a cause of death for 

11238 people over 65 years old (Verdú-Soriano, Berenguer-Pérez, and Quesada 2021). PUs 

also have an important impact on the psychological state of the person affected (Upton and 

South 2011). They can potentially lead to social isolation and worsening of the existing 

medical condition. 

The clinical management of PUs also represents a financial burden for the society. A study by 

Dealey et al. estimated that the cost of PU treatment in United Kingdom could be as high as 

£14108 for a grade 4 PUs (Dealey, Posnett, and Walker 2012). Treatment of the advanced PU 

requires surgery and a long rehabilitation period. Depending on the region of the damaged 

tissue, the treatment could be complicated by the potential risk of incontinence or any 

challenges associated with the full unloading of the affected tissues (in case of the lower 

back, ischium or heel PU). Meanwhile, latest research by Downie et al. (Downie et al. 2013) 

based on a 12 months-long study in five UK hospitals suggests that 43% of the grades 3 and 4 

PUs could be preventable. 

Current research oriented on the development of PU prevention strategies include the 

development of new risk assessment protocols, sensors, research on pressure injury 

biomarkers and mechanical parameters that could help in the decision-making process. The 

main scientific evidence and the main findings are outlined and discussed in the 

corresponding section of the literature review. In brief, it has been shown, in a rat model, that 

there exists a correlation between compression-induced tissue damage and mechanical strain 

(Ceelen, Stekelenburg, Loerakker, et al. 2008). Based on this evidence, several numerical 

models, mostly based on Finite Element Analysis, have been proposed in the literature to 

estimate tissue deformations resulting from the mechanical interaction of the body with 

external devices. Moreover, according to figures reported in a National Prevalence Study in 

French Hospital patients, sacral 29% and heel 53% regions have been reported to be the two 

most common anatomical sites for PU development (B. Barrois et al. 2008). Sacrum was 

therefore chosen in this study as the investigation location because of the high risk of PUs 

development at this location. 
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As shown in several studies, the mechanical response is very sensitive to the input data 

(geometry (Moerman et al. 2017), material properties (Luboz et al. 2014a) and boundary 

conditions). Building patient-specific mechanical models for the prediction of strain 

localization is a long and tedious task but seems necessary to accurately evaluate the risk 

factors. It is clear that, to bring the research findings to the clinical environment, an 

accessible minimally time-consuming techniques should be employed. 3D MRI is often 

considered as a benchmark technique for collecting the geometrical data of Finite Element 

(FE) models, but it remains a costly and not easily accessible exam. On the other hand, 2D B-

mode Ultrasound (US) was investigated as a promising image modality in relation to PU 

(Akins et al. 2016a; Swaine et al. 2018). The main objective of this PhD project is to evaluate 

the possible biases introduced by using 2D US-derived FE models in place of 3D MRI-

derived FE models for the analysis of strain intensities and localizations in relation to 

personalized sacral PU risk assessment. 

The PhD project is part of the H2020 European Training Network ―Skin Tissue INTegrity 

under Shear‖ (H2020-MSCA-ITN-2018 STINTS). The aim of the STINTS project is to get a 

better understanding of complex biomechanical and biochemical factors responsible for the 

skin damage in reaction to prolonged pressure, shear forces and friction. My PhD project 

focuses on the development of subject-specific FE models of buttock soft tissues to evaluate 

the intensities and localizations of strains when the body interacts with supporting surfaces. 

The manuscript is organized as follows: 

Chapter I summarizes and discusses the literature review on PU condition, its aetiology and 

possible consequences. A review of existing FE models of the buttock region reported in the 

literature was performed to summarize the assumptions generally made in these studies. This 

analysis allowed to identify the gap in the existing research and frame the objective of this 

PhD project, which focuses on the development and the evaluation of the reliability of 2D 

US-based FE model as an alternative to 3D MRI-based FE model.  

Chapter II focuses on the experimental work conducted to collect data for the development 

and the evaluation of the FE models. Two experiments were conducted. The first one was an 

MRI pilot study to experimentally quantify the in-plane and out-of-plane soft tissue 

displacements in the sacrum area under a realistic US transducer-like compressive loading 

with a 3D printed copy of an ultrasound probe. 3D MRI acquisitions were performed at the 

IRMaGe research platform (Univ. Grenoble Alpes) in 5 configurations: one unloaded (L0) 

and 4 loaded (L1-L4) in decreasing order of loads from 1.2 kg to 400 g. The second 

experiment described in chapter II is related to material data collection with the use of the 

VLASTIC local aspiration device (Kappert et al. 2021). Pressure-volume curves were 

collected for future identification of Young‘s moduli for skin and adipose tissue. 

Chapter III details the methodology employed to develop and evaluate a personalized 3D 

FE model of the buttock from data collected on a healthy volunteer (chapter II). The model 

was used to simulate the soft tissue vertical displacements under a realistic US transducer-

like compressive loading and to compute the maximum shear strains in the sacrum area. 

Digital Volume Correlation (DVC) based on 3D MR image registration was explored to 

estimate soft tissue displacements and strains from the experimental data previously collected 

in chapter II. This allowed to define a dataset for the evaluation of the FE model prediction 

for each of the four defined load cases. 
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Chapter IV details the methodology employed to develop and evaluate a personalized 2D FE 

model of the sacral region based on the experimental geometrical and loading data collected 

in chapter II. The same four load cases as the ones used with the 3D FE model are defined 

here. In the end, a results section provides a quantitative comparison between the results of 

2D and 3D simulations. 

Chapter V focuses on the experimental assessment of the out-of-plane tissue motion under 

the compressive load, as a step towards addressing the possibility of using US in place of 

MRI for data collection for sacral risk assessment. First, the process of US plane construction 

is described. The parameters used for quantification of in-plane and out-of-place tissue 

displacements are then defined and two regions of interest are introduced. A results section 

provides the calculation of the uncertainty in the US plane definition and a quantification of 

in-plane and out-of-plane tissue motion. 

This manuscript ends with a summary of the main contributions of this work and outlines 

some of the perspective work that are envisaged.  
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CHAPTER I. Literature review: Clinical and scientific 

context of pressure ulcers development and prevention 

To introduce the overall research topic, this chapter first summarizes the existing knowledge 

on the etiological pathways, risk factors, staging current prevention and risk assessment 

techniques for the reader. 

Prevention of Pressure Ulcers (PUs) currently relies on labour-intensive vigilance in nursing 

care. In many hospitals and community settings, risk assessment scores, regular skin 

assessment and clinical judgments are used to develop an individualized prevention plan for 

each patient. However, the interpretation and the development of these individualized 

prevention strategies is limited by the extremely large range of descriptors that contribute to 

PU development and the complex interplay between them. To assist the clinician in 

developing such individualized prevention plans, objective measurements are required. 

Biomechanical indices have been shown to be correlated to the injury risk in animal models. 

Building upon this, several computational models of load-bearing soft tissue have been 

reported in the literature. These have shown that bony prominences induce substantial stress 

concentrations, which explains why these areas are vulnerable to ulceration. In the second 

section of this chapter, a review of these models is presented and focuses on the tools used 

and assumptions made to collect both input data to feed the model and experimental data to 

evaluate the predictive performance of such models.  

1.1 Clinical context 

1.1.1 Pressure ulcer pathways 

When a person interacts with his environment, mechanical loads are transferred from the skin 

to the bony prominences. On the compression sites at risk (heel, sacrum, ischium, etc), the 

soft tissues are generally composed of the following layers: the external protective layer - 

skin, the underlying layer of adipose tissues, fascias, and the muscle layer located over the 

bony prominence (Figure 3).  

There is a consensus that PU can be grouped into two main categories depending on whether 

they expand inward from the skin surface towards muscle and bone (superficial PU) or from 

muscle tissue outward (Deep Tissue Injury). 

Superficial injuries develop in the skin, as a result of excessive normal pressure combined 

with shear force, and progress continuing deeper inside. A four-stage PU classification 

system was developed by the NPUAP (National and European Pressure Ulcer Advisory 

Panels) and later adapted by the EPUAP (the description of the different stages according to 

the EPUAP is listed in Table 1 below; the illustration of each stage is shown in Figure 1, 

adapted from (Bhattacharya and Mishra 2015)). It was additionally stated that PU might not 

progress orderly from stage to stage, therefore the staging system shall not be used to state 

the level of improvement (Defloor and Schoonhoven 2004). 
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Table 1: PU classification (European Pressure Ulcer Advisory Panel (EPUAP). 1999) adapted from 

(Beeckman et al. 2007) 

Grade 1 Non-blanchable erythema of intact skin. Discolouration of the skin, warmth, 

oedema, induration or hardness may also be used as indicators, particularly in 

individuals with darker skin*. 

Grade 2 Partial thickness skin loss involving epidermis, dermis or both. The ulcer is 

superficial and presents clinically as an abrasion or blister. 

Grade 3 Full thickness skin loss involving damage to or necrosis of subcutaneous tissue 

that may extend down to, but not through, underlying fascia. 

Grade 4 Extensive destruction, tissue necrosis or damage to muscle, bone, or supporting 

structures with or without full thickness skin loss. 

 

Figure 1: Different grades of pressure ulcers. A) Grade 1 b) Grade 2 c) Grade 3 d) Grade 4 

Adapted from (Bhattacharya and Mishra 2015) 
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The second path of pressure injury is deep tissue injury (DTI). It originates in the muscle 

tissue around bony prominences as a result of excessive compression or shear strains and 

propagates to the top layers (C. V. Bouten et al. 2003). DTI is considered to be more 

dangerous than surface PU due to the difficulty of detection in the early stages. A pressure 

related injury under intact skin could lead to the development of grade 3-4 PU even with an 

optimal treatment (Black 2005; Ankrom et al. 2005). 

1.1.2 Biological soft tissues under consideration 

During the contact of the human body with a supporting surface (cushions, mattresses, shoes, 

etc.), several biological tissues are being affected. A short description of these tissues and 

their main functions are provided below.  

➢ The skin is the largest organ in the body. It acts as a protective barrier from 

mechanical and any other external injury. It also plays an important role in the 

prevention of moisture loss and of the regulation of internal conditions. As shown in 

Figure 2 below, skin is composed of three main layers. The epidermis is the top layer; 

it serves as a barrier to infections and regulates the water loss. The dermis is the 

intermediate layer and consists of irregular connective tissues; it partially absorbs the 

external mechanical impact. The hypodermis is the lowest layer and acts as a 

subcutaneous adipose layer. Material properties of the skin are highly dependent on 

the age, sex, skin handling and ambient conditions (Dąbrowska et al. 2018). The 

review by Dąbrowska et al. lists three studies where the skin elasticity was assessed 

on a forearm. Zahouani et al. performed an indentation test on 20 women (55-70 y.o.) 

in vivo resulting in Young‘s modulus of 8.3±2.1 kPa (Zahouani et al. 2009). Agche et 

al. performed a torsion test on 138 subjects (3-89 y.o.) in vivo resulting in Young‘s 

modulus of 0.42-0.85 MPa (Agache et al. 1980). Finally, Diridollou et al. performed a 

suction test on 10 subjects (20-30 y.o.) in vivo resulting in Young‘s modulus of 

129±88 kPa (Diridollou et al. 2000). 

 

Figure 2: Skin anatomy, image adapted from (Lawton 2019) 
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 The adipose tissue (fat) is a main metabolic organ responsible for the regulation of 

the body energy homeostasis (Choe et al. 2016). In addition, it provides insulation 

qualities and cushions the inner organs. Hendriks at al. performed suction test on the 

forearm hypodermis resulting in the shear modulus of 0.04 kPa (Hendriks et al. 2003). 

In the indentation test conducted by Pailler-Mattei et al. on the forearm, shear 

modulus of the hypodermis was calculated to be 2 kPa (Pailler-Mattei, Bec, and 

Zahouani 2008). Adipose breast tissue was evaluated with the MR elastography by 

Van Houten et al., the shear modulus was in the range between 0.16 and 8.3 kPa (Van 

Houten et al. 2003). Another traction test was performed by Sommer et al. on the 

abdomen hypodermis tissue resulting in the shear modulus values of 0.4 ± 0.2 kPa 

(Sommer et al. 2013). 

 The fascia (shown in Figure 3 below) is a layer of connective tissues with a varying 

thickness whose role is to sustain the integrity of the skin and protect the 

subcutaneous tissues (Stecco et al. 2011). The superficial fascia divides fat layer into 

superficial and deep adipose tissues (Stecco et al. 2011). The deep fascia surrounds 

individual muscles and groups of muscles to separate into fascial compartments. 

Astruc et al. performed uniaxial tensile tests on the several samples harvested from 

connective tissues in the abdominal wall with the, experimental data was fitted and 

the estimated Young modulus was in the range between 0.6 and 6.6 MPa (Astruc et al. 

2018). 

 

Figure 3: Composition of subcutaneous tissues including the superficial and deep fasciae, 

image adapted from (Stecco et al. 2011) 

 Skeletal muscles are attached to the bones by tendons and are responsible together 

for all body movements. Muscle‘s roles also include absorbing shocks and shielding 

bones from the mechanical overloading (Böl et al. 2019). Each muscle is composed of 

a set of fibers. When a muscle is stretched, passive forces are mostly generated by the 

muscle fibers connective tissues. However, in the context of pressure ulcer grades 1-3, 

muscles only serve as a support for the affected tissues. Koppenhaver et al. used Shear 

Wave Elastography to assess the shear modulus of erector spinae muscle at rest for 
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two groups of subjects with and without low back pain (N=60 for each group) 

(Koppenhaver et al. 2020). Shear moduli of 6.4 ± 3.4 kPa and 4.5 ± 1.7 kPa were 

observed for groups with and without low back pain correspondingly. 

 The Bone is a constantly remodeling mineralized connective tissue that supports and 

protects soft tissues and inner organs. The role of the bone also includes production of 

red blood cells, white blood cells and platelets. However, in the context of pressure 

ulcers, it plays a role of the rigid support for the soft tissues. 

1.1.3 Common localizations for PU onset and epidemiology 

PU generally develop at the load bearing areas of the body. The common locations are 

indicated on the picture depicted in Figure 4 below, adapted from the EPUAP website. They 

include the areas covering the bony prominences like the occipital bone, shoulders, elbows, 

knees, buttocks, sacrum, and heels. Bauer et al. analyzed the PU occurrence in inpatient 

population in the USA concluding that the most common localization for PU was the lower 

back (lower back/sacral/ coccygeal regions) (47%); 17% were observed on the buttock, 14% 

on the heel, 5% on the hip and 9% at other locations (including ankle, upper back and elbow 

each accounted for less than 5% (Bauer et al. 2016)). 

The study carried out in 2014 in France throughout various hospital care units showed a PU 

prevalence of 8.1% in hospital facilities (Brigitte Barrois, Colin, and Allaert 2018). Two most 

common anatomical sites of the PU development, regardless of the care unit type, were sacral 

and heel regions (Brigitte Barrois, Colin, and Allaert 2018). 

 

Figure 4: Localizations of PU, image adapted from epuap.org 

1.1.4 Impact of PU 

Anyone can get a pressure ulcer (including babies in the hospital care units or healthy people 

undergoing long surgeries), but the following things can make them more likely to form: 

being over 70 (older people are more likely to have mobility problems, with a skin that can be 

more easily damaged through dehydration and other factors) and/or being confined to bed. 
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PU develops over a one-year period in 1 out of 3 adults with spinal cord injury, increasing to 

9 of 10 patients over the lifetime (Gefen et al. 2008; Garber et al. 2000; Krause and Broderick 

2004). Statistical analysis also associated the 6-month post hip fracture mortality rate in 

elderly patients with PU (Magny et al. 2017).  

PU have been reported to highly affect the patient‘s health-related Quality of Life (Essex et 

al. 2009). In the elderly patients with PU, an elevated depression rate was indeed reported in 

comparison with the control group (Galhardo et al. 2010). Symptoms such as pain, 

discomfort, exudate and odor can occur, which can further restrict mobility and daily 

activities as well as lead to disturbed sleep and a general reduced Quality of Life. Patient‘s 

psychological well-being can be affected by feelings of anxiety, worry, and dependence. This 

can lead to social isolation and the inability to participate in activities. 

The prevention and management of PUs represent an important financial burden on the 

healthcare system. According to a recent review, costs of PU prevention per patient was 

estimated to range between 3€ to 88€ per day (Demarré et al. 2015). According to the same 

study, the cost of treatment per patient varied between 2€ to 470€ per day. The conclusion of 

the systematic review performed by Demarré et al. was the following: even with prevention 

costs being considerable according to some studies, the treatment cost of the severe cases is 

substantially higher (Demarré et al. 2015). 

One of the difficulties is the absence of any unified approach for data collection to evaluate 

prevalence in population; this leads to hardly comparable results. Barrois et al. reviewed 50 

PU prevalence studies and noted the prevalence rate ranging from 3.5% to 29.5% for hospital 

inpatients. The rate is highly dependent on the studied population, sample size and country 

where the study was performed (B. Barrois et al. 2008). 

1.1.5 Etiology 

Several recent studies have established that there are at least two damage mechanisms 

responsible for the onset of PUs: i) ischemia/reperfusion damage (Loerakker et al. 2011; 

Jiang et al. 2011; Peirce, Skalak, and Rodeheaver 2000; Gefen et al. 2008) initiated by 

sustained moderate tissue deformations and ii) direct cell damage initiated by excessive 

direct (local compression and shear) deformations (Gawlitta et al. 2007; Breuls et al. 2003; C. 

V. Bouten et al. 2003; Loerakker et al. 2011; Gefen et al. 2008; Eran Linder-Ganz et al. 

2006).  

Sustained moderate mechanical strains in soft tissue have been shown to cause partial 

occlusion of blood and lymph vessels, limiting perfusion (e.g. ischemia) (Loerakker et al. 

2011; Jiang et al. 2011; Peirce, Skalak, and Rodeheaver 2000). Because of blood vessels 

occlusion, the oxygen level is reduced and the muscle tissue changes its metabolism from 

aerobic to anaerobic, switching from oxygen to one of the weaker oxidants. During the 

anaerobic respiration, different waste products are formed (depending on the oxidant type 

used in place of the oxygen). In the well-regulated metabolic process, the waste products 

should be removed by the blood and lymph vessels. But, due to the vessels‘ occlusion, waste 

products are accumulated which decreases the pH level and leads to the cell death (C. V. C. 

Bouten et al. 2001; Anke Stekelenburg et al. 2007). Stekelenburg et al. performed in vivo 

experiment son rats to study the isolated and combined effects that ischemia and 

deformations have on tissue damage, showing that a 2-hour pure ischemic loading with 

inflatable tourniquet results in reversible muscle tissue damage (Stekelenburg et al. 2007). 
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Consistent results have previously been shown on the skeletal muscle of the mongrel dog. A 

2-hour ischemic insult led to minimal damage with complete regeneration on reperfusion, 

while a 7-hour insult resulted in inability to restore intramuscular phosphagens and glycogen 

on reperfusion (Harris et al. 1986). These results suggest that the irreversible ischemic injury 

takes several hours to develop.  

Impaired lymph formation and clearance could lead to inflammation (Olszewski 2003; 

Tabibiazar et al. 2006; Zampell et al. 2012) and have been suggested to be contributing 

factors to PU development (Reddy, Cochran, and Krouskop 1981). The main functions of the 

lymphatic system include the removal of the interstitial fluids from the tissues and immune 

defense with lymphatic fluid being rich with cellular debris. Gray et al. showed that lymph 

circulation is indeed altered by clinically relevant pressures (Gray, Voegeli, and Bader 2016). 

Lymphatic system response to different loading scenarios have been estimated for healthy 

volunteers with Near Infrared Imaging (Worsley et al. 2020). Measurements showed high 

inter-subject variability in pressure values causing microcirculatory occlusion. The blood 

microvascular system impairment developed under the higher pressures than blockage of the 

lymphatic flow. 

The reperfusion (resumption of the blood flow) that follows an episode of ischemia has also 

been linked to the onset of pressure ulcer. Reperfusion injury was investigated in the dorsal 

skin in rats varying the amount of ischemia-reperfusion cycles, cycles frequency and 

ischemia duration. Analysis showed that for the same total ischemia duration time, tissue 

damage increased with the higher number of reperfusion events (Peirce, Skalak, and 

Rodeheaver 2000). Consistent results have been reported by Houwing et al. in pigs. Pressure 

indenters were placed on the animal‘s skin above the greater femoral trochanters. Samples of 

the muscle and subcutaneous tissue were extracted and analyzed right after ceasing the 

pressure application and after 1-2 hours of reperfusion time. Histological analysis showed no 

damage in the specimens taken right after the removal of the load. In specimens taken after a 

minimum of 2 hours, signs of pathology developing were observed (Houwing et al. 2000). It 

was hypothesized that reperfusion could reverse the damage only when the duration of 

ischemia does not exceed a particular subject-specific threshold. In contrast, if this threshold 

were to be surpassed and the critical amount of the waste products would accumulate and 

momentarily released into the system, the reperfusion would contribute to tissue damage 

(Loerakker et al. 2011). In comparison, the damage under high strains could occur within 

minutes (Cees W.J. Oomens et al. 2015). 
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Figure 5: a) Experiment on tissue engineered muscle (Gefen et al. 2008) b) Schematic 

representation (A) and actual realization (B) of the single cell loading device. The inset 

shows a close-up of the glass indenter. Adapted from (Peeters et al. 2005) c) Schematic 

drawing of experimental set-up (a) Cross sectional T1-Image of the loaded lower leg of a rat 

(b) Lateral view of the loaded lower leg of a rat (c); adapted from (A. Stekelenburg et al. 

2006; Cees W.J. Oomens et al. 2015) 

a 

b c 
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Using a hierarchical approach, starting from single cell studies (C. V. C. Bouten et al. 2001; 

Breuls et al. 2003; Peeters et al. 2005) (Figure 5, b) to tissue engineered muscle constructs 

(Gefen et al. 2008),(Figure 5, a) and animal studies (Anke Stekelenburg et al. 2007; Ceelen, 

Stekelenburg, Loerakker, et al. 2008; Ceelen, Stekelenburg, Mulders, et al. 2008), (Figure 5, 

c), it was shown that direct cell damage initiated by excessive direct deformations (local 

compression and shear) (C. V. Bouten et al. 2003; Loerakker et al. 2011; Gawlitta et al. 2007; 

Gefen et al. 2008; Eran Linder-Ganz et al. 2006) is an equally important damage mechanism 

leading to cell death. 

Studies with cells in culture (C. V. C. Bouten et al. 2001; Breuls et al. 2003) suggested that 

the direct deformation is one of the important factors leading to the cell death. Bouten et al. 

compared the percentage of the damaged cells in uncompressed constructs and under the 

moderate strain of 20%. Steady temporal growth of cell death was observed for the strained 

construct in comparison with the unstrained one (C. V. C. Bouten et al. 2001). Breuls et al. 

performed a compression test with six constructs of skeletal muscle myotubes embedded in a 

gel matrix (Breuls et al. 2003). The percentage of the dead cells was then evaluated over time 

and for various straining regimes in different areas of the construct. It was argued that the cell 

deformation played a more important role in cell damage than impaired transport of 

metabolites and waste products. Consistent results were observed by Gawlitta et al. in tissue 

engineered muscle showing that compression can result in muscle damage, while hypoxia 

does not add to cell death level within 22 hours (Gawlitta et al. 2007). Later, Gefen et al. 

evaluated an impact of the load duration and magnitude in tissue engineered muscle under 

high strains. A half-spherical indenter was used to apply non-inform concentric strains 

leading to formulation of the sigmoid risk curve shown in Figure 6 separating viable and dead 

cells with risk of cell damage rapidly growing above the curve (Gefen et al. 2008). The 

separate and combined roles of deformation and ischemia in the development of deep tissue 

injury after compressive loading was investigated in rat models. Experiment showed that 2 

hours of high compressive loading result in irreversible muscle damage, in contrast with 

separately applied ischemic loading leading to reversible changes (Anke Stekelenburg et al. 

2007). Further analysis showed that the location of damaged tissues corresponds to the area 

with maximum shear strain (Ceelen, Stekelenburg, Loerakker, et al. 2008). 
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Figure 6: The strain-time cell death threshold for bio-artificial muscle specimens under large 

compressive strains, image adapted from (Gefen et al. 2008; Cees W.J. Oomens et al. 2015) 

In rat models, a relationship between tissue damage and maximum shear strain in excess of 

75% and a compressive strain in excess of 45% was observed (Ceelen, Stekelenburg, 

Mulders, et al. 2008). In the search for a threshold in tissue-engineered muscle, Gefen et al. 

calculated a 95% probability for cells to withstand the engineering strains below 65% during 

1h. It was also shown that a decrease in strain intensity of 40% and less resulted in an 

increase of the viability period to 285 minutes (Gefen et al. 2008). However, when 

mechanical loading magnitude was compared to the damage observed in rats in 3D by Traa et 

al., analysis showed various injury response to the same mechanical loading in different 

animals. This suggested a subject-specific tolerance to sustaining the mechanical loading in 

tested rats (Traa et al. 2019). 

Existing data (C. V. C. Bouten et al. 2001; Gefen and Weihs 2016; Turner et al. 2014) 

suggest that soft tissue injury is essentially a multi-scale and multi-physics process. The 

interplay between chemical–biological–mechanical factors is therefore key to understand and 

eventually predict the initiation and propagation of soft tissue damage. From a biological and 

biophysical perspective, a lot of research has focused on indentifying non-invasive 

biomarkers capable of discrimining the state of the tissues and predict the subject-specific 

risk of the PU formation. 

Transcutaneous oxygen tension (tcPO2) at the sacrum region was tested as a possible 

biomarker in twenty debilitated subjects (Bader and Gant 1988). Polliack et al. examined the 

response of the sweat metabolites to the loading showing an increase of lactate and urea by 

39% and 28% accordingly during prolonged loading at low pressure levels (Polliack, Taylor, 

and Bader 1997). Bronneberg analyzed different cytokines and chemokines as possible 

biochemical markers for the skin damage under the mechanical load. The inflammatory 

biomarkers were assumed to show correlation with the tissue deformation, as rupture of cell 

membranes attracts immune system cells and triggers the inflammatory response. Cytokine 

IL-1α showed the most promising results in relation with superficial tissue damage. It was 

also suggested that a combination of several rather than only one biomarker could provide 

better results (Bronneberg 2007). Soetens et al. confirmed these findings while comparing 
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intermittent and continuous loading regimes at sacrum region. Normalized IL-1α was found 

to be an early indicator of the tissue condition after the loading. Cluster analysis also revealed 

two distinct groups of subjects with either high or low responses to the loading. This could 

potentially help identifying patients at risk (Soetens, Worsley, Bader, et al. 2019) 

Most of the studies focus either only on the evaluation of the mechanical aspect of tissue 

deformation and its role in the PU formation (Gefen et al. 2008; Anke Stekelenburg et al. 

2007; Loerakker et al. 2013; Traa et al. 2019) or the biological markers reflecting the level of 

tissue damage (Soetens, Worsley, Herniman, et al. 2019; Woodhouse et al. 2015; Worsley et 

al. 2020). In contrast, multi-scale multi-physics models could account for the transmission of 

processes happening on the tissue-scale or cell-scale level to the macro-scale model of the 

structure. Zeevi et al. considered the coupling between the structural and thermal analyses 

(Zeevi et al. 2018) by incorporating thermal properties of the tissues in their mechanical 

model to observe the effect of the different supporting surfaces on microclimate of the sacral 

skin. Sree et al. created a microscale FE skin model with realistic microvascular architecture 

to investigate the relationship between the tissue deformation and hypoxia (Sree, Rausch, and 

Tepole 2019). 

Multi-physical approach to the modelling gives a new insight into the etiology of tissue 

damage. However, its use is still mostly limited to research purposes in the lack of possibility 

to measure subject-specific properties in a clinical environment.  

To summarize, ischemia/reperfusion and tissue deformations seem to play an important role 

in PU development. Damage related to direct deformation could occur within minutes (Cees 

W.J. Oomens et al. 2015) under high stresses. When the strain exceeds the load threshold that 

the cell can withstand, that could lead to the failure of the cell membrane and the mechanical 

disruption, resulting in cell death. In contrast, ischemic damage could be observed even under 

moderate strains but requires longer loading time (several hours). Occlusion of circulation 

and lymphatic vessels leads to changes in metabolism and can, over time, result in cell death 

(Cees W.J. Oomens et al. 2015). 

1.1.6 Prevention and risk assessment  

Current prevention techniques include the use of specified mattresses, cushions, hydration of 

the dry or dehydration of the moist skin (depending on the situation), massage and 

repositioning. Many hospitals combine a visual inspection with risk assessment using 

different scales in order to provide the patient-specific prevention care.  

Various risk assessment scales can be used as a prevention care. For example, Norton scale 

includes five subscales related to physical and mental conditions, activity, mobility and 

incontinence. They added together to form a total Norton score. A low score corresponds to a 

high risk of PU development. 

The analysis of the various risk factors related to PU development highlight that there is not a 

single factor, but rather a complex interplay of several factors that increases the probability of 

PU (Coleman et al. 2013). This partially explains why some studies performed by different 

groups and in different settings provide contradicting results. For example, in a study 

performed in Czech Republic, the repositioning showed the most promising results among 

other prevention techniques like special mattresses, cushions, massages and skin treatment 

(Šateková, Žiaková, and Zeleníková 2017). Furthermore, according to the systematic review 
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of Tayyib and Coyer, only silicone foam dressing showed significant effect in prevention in 

contrast with the use of supporting surfaces, repositioning and nutritional strategies (Tayyib 

and Coyer 2016).  

Clark et al. evaluated the thickness of the soft tissues covering sacrum in forty elderly 

patients, nine of whom had visible sacrum PU. They didn‘t find any correlation between the 

tissue thickness and Norton score or age of the patients. Measurements showed that all 

patients with PU as well as five patients without pressure injuries had less than 8.5 mm of 

soft tissue over the sacrum (Clark et al. 1989). 

1.2. Scientific context, Mechanical approach 

One of the most important pathways of PU development, as it was described before, is the 

direct mechanical deformation. To evaluate the damage caused by the load, the external 

pressure applied by the supporting surfaces to the skin should be related with the tissue 

internal stress/strain field. In the case of a simple geometry, an analytical solution could be 

derived. But when it comes to the complex individual geometry of biological tissues, FEA is 

widely used. FE analysis is a numerical method for solving partial differential equations, 

based on the idea of breaking up the analyzed domain into a finite number of basic elements 

and looking for an approximation of the solution on each element. After, the equations for 

separate elements combined into the global system of equations which represents the entire 

domain. 

The advantages of FEA include the possibility to observe the physical response to the load in 

any location of the tissue and to simulate load conditions potentially dangerous in real life. 

The results of the analysis highly depend on the provided input such as linearity/ non-

linearity of geometry, material properties, boundary conditions and the load applied. Non-

linearity of each of the above parameters adds accuracy to the model predictions but also 

increases the computational time. Previously used approaches for the building of FE models 

of the buttock region will be discussed below. 

1.2.1 State of the art of the FE modelling of the buttock region 

As it was mentioned, most PU localizations include heel and sacrum (Brigitte Barrois, Colin, 

and Allaert 2018). Over the years, a considerable amount of FE models of the buttock region 

were developed. This subsection and Table 2, Table 3 and Table 4 provide a summary of 

different techniques and assumptions used by researchers up until now. 
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Table 2: Summary of the articles on the FE modelling of the buttock region. Focus on personalization of the geometry using medical imaging. 

   

 Article 

Number of 

subjects Position 

Type of 

population 2D/3D Imaging 

Tissues modeled 

Bone Muscle Fat Skin 

1 Dabnichki 1994 - Sitting - 2D - ischium undifferentiated 

2 Todd 1994 2 

Lying 

(Supine) healthy 3D MRI Ischial tuberosity undifferentiated 

3 Oomens 2003 1 Sitting - 2D MRI Ischial tuberosity yes yes yes 

4 Lin 2004 1 Sitting healthy 2D US - yes yes yes 

5 Linder-Ganz 2004 1 Recumbent healthy semi-3D MRI Pelvis, sacrum yes yes yes 

6 Verver 2004 1 Sitting not mentioned 3D HUMOS database 

pelvis, sacrum, 

femur undifferentiated yes 

7 Makhsous 2007 1 Sitting healthy 3D MRI pelvis, femur 5 yes yes 

8 Linder-Ganz 2007 6 Sitting healthy semi-3D MRI ischium yes undifferentiated 

9 Linder-Ganz 2008 12 Sitting 

healthy/paraple

gic semi-3D MRI ischium yes undifferentiated 

10 Wagnac 2008 1 Sitting healthy 3D CT-scan pelvis, sacrum undifferentiated 

11 Linder-Ganz 2009 6 Sitting 

healthy/paraple

gic semi-3D MRI ischium yes undifferentiated 

12 Sopher 2010 1 Sitting healthy semi-3D MRI ischium yes yes yes 

13 Vogl 2010 1 

Lying 

(Prone) healthy 3D MRI 

pelvis, sacrum, 

femur yes undifferentiated 

14 Bucki 2012 - Sitting - 3D CT-scan/EOS ischium, sacrum undifferentiated 

15 Oomens 2013 3 

Lying 

(Supine) healthy 2D MRI pelvis, sacrum yes yes yes 

16 Levy 2013 1 Sitting paraplegic semi-3D MRI ischium yes yes yes 

17 Luboz 2014 1 Sitting healthy 3D CT-scan pelvis yes yes yes 

18 Al-Dirini 2016 1 Sitting healthy 3D MRI 

pelvis, sacrum, 

femur 28 undifferentiated 

19 Levy 2017 1 

Lying 

(Supine) healthy 3D MRI sacrum undifferentiated 
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 Article 

Number of 

subjects Position 

Type of 

population 2D/3D Imaging 

Tissues modeled 

Bone Muscle Fat Skin 

20 Moerman 2017 6 

Lying 

(Supine) 

healthy/paraple

gic 3D MRI pelvis yes yes yes 

21 Luboz 2018 1 Sitting not mentioned 3D CT-scan 

pelvis, sacrum, 

femur yes yes yes 

22 Macron 2018 6 Sitting healthy 3D 

EOS+optical 

scanner+US pelvis yes yes yes 

23 Zeevi 2018 1 

Lying 

(Supine) not mentioned 3D MRI pelvis yes yes yes 

24 Wang 2021 1 Sitting not mentioned 3D Visible Human Project 

pelvis, sacrum, 

femur yes yes yes 

25 Fougeron 2022 1 

Lying 

(Supine) healthy semi-3D US sacrum no yes yes 
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Table 3: Summary of the articles on the FE modelling of the buttock region. Focus on personalization of the constitutive parameters. 

 

Article 

Constitutive 

law, soft tissues 

Material properties 

Source of 

MP 

Viscous 

behaviour Bone Muscle Fat Skin 

Poisson’s ratio, 

soft tissues 

1 

Dabnichki 

1994 Mooney-Rivlin - A=0.5558 kPa, B=0.0833 kPa 0.495 Calibration no 

2 Todd 1994 Linear elastic 

E=17 MPa; 

ν=0.31 Female: E=11.9 kPa; Male: E=15.2 kPa 0.49 

Experiment

al no 

3 Oomens 2003 Ogden rigid µ=3 kPa, α=30 

µ = 6 - 20 

kPa,  

α = 5 - 30 µ=8 kPa, α=10 Not mentioned 

Literature + 

Calibration no 

4 Lin 2004 Neo-Hookean - G=700 kPa G=30 kPa 

G=90 kPa, 45 

kPa 0.485 Literature no 

5 

Linder-Ganz 

2004 

Non-linear 

elastic 

LE (Ec=18 

GPa, Et=5 

GPa; ν=0.3) E=75 kPa E=80 kPa E=695 kPa 

νskin = 0.4;  

νfat = νmuscle =0.5 

Literature + 

Calibration no 

6 Verver 2004 Mooney-Rivlin rigid A1=1.65 kPa; A2=3.35 kPa 

LE (E=0.15 

MPa; ν=0.46) 0.49 

Literature + 

Estimation no 

7 

Makhsous 

2007 Mooney-Rivlin rigid Not mentioned 

Not 

mentioned Not mentioned 0.485 Literature no 

8 

Linder-Ganz 

2007 Neo-Hookean rigid G=8.5 kPa G=31.9 kPa Not mentioned Literature yes 

9 

Linder-Ganz 

2008 Neo-Hookean rigid G=8.5 kPa G=31.9 kPa Not mentioned Literature yes 

10 Wagnac 2008 Linear elastic 

LE (E=17 

GPa; ν=0.49) E=81.5 kPa 0.49 Literature yes 

11 

Linder-Ganz 

2009 Linear elastic rigid G=8.5 kPa G=31.9 kPa 0.49 Literature no 

12 Sopher 2010 

Neo-Hookean + 

Mooney-Rivlin 

LE (E=7 GPa; 

ν=0.3) G=7.1 kPa G=0.286 kPa 

c10=9.4 kPa; 

c11=82 kPa 0.495 Literature yes 
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Article 

Constitutive 

law, soft tissues 

Material properties 

Source of 

MP 

Viscous 

behaviour Bone Muscle Fat Skin 

Poisson’s ratio, 

soft tissues 

13 Vogl 2010 Neo-Hookean rigid G=1.025 kPa G=1.182 kPa 0.495 Literature no 

14 Bucki 2012 Mooney-Rivlin - 

c10=1.65 kPa, c11=3.35 kPa, K=500 kPa vs E=9.9 

kPa 0.49 Literature no 

15 Oomens 2013 Ogden 

LE (E=3.4 

GPa; ν=0.36) µ=0.3 kPa; α=5 µ=1 kPa; α=5 µ=8 kPa; α=5 Not mentioned Calibration no 

16 Levy 2013 

Neo-Hookean + 

Mooney-Rivlin 

LE (E=7 GPa; 

ν=0.3) 

G=7.1 kPa; 

K=708 kPa 

G=0.29 kPa; 

K=28.5 kPa 

G=214 kPa, 

325 kPa; 

K=21 kPa, 32 

kPa 0.495 Literature no 

17 Luboz 2014 Neo-Hookean rigid 

E=from 40 to 

160 kPa 

E=from 5 to 

40 kPa 

E=from 100 to 

500 kPa 0.49 Literature no 

18 Al-Dirini 2016 Ogden 

LE (E=25 

MPa; ν=0.3) 

µ=1.9 kPa; α 

=4.6 µ=1.2 kPa; α=16.2 Not mentioned Calibration no 

19 Levy 2017 Neo-Hookean 

E=7 GPa; 

ν=0.3 G=2 kPa, 2.8 kPa 0.49 Literature no 

20 Moerman 2017 Ogden rigid 

c=0.669 kPa; 

m=12 

c=1.06 kPa; 

m=2 

c=49.7 MPa; 

m=2 Not mentioned 

Literature + 

Calibration no 

21 Luboz 2018 Neo-Hookean rigid c10=17 kPa c10=5 kPa c10=33 kPa 0.49 Literature no 

22 Macron 2018 Ogden rigid 

µ=from 2 to 8 

kPa; α=5 

µ=from 3.75 

to 5 kPa; α=5 µ=20 kPa; α=5 0.49 

Literature + 

Calibration no 

23 Zeevi 2018 Neo-Hookean 

E=7 GPa; 

ν=0.3 G=0.1125 kPa G=0.2 kPa G=2 kPa 0.494 Literature no 

24 Wang 2021 Ogden rigid 

µ=1.9 kPa; 

α=4.6 

µ=1.2 kPa; 

α=16.2 

LE (E=0.15 

MPa, ν=0.46)  0.495 Literature no 

25 Fougeron 2022 Yeoh - - 

c10=0.13 kPa; 

c20=0; 

c30=12.2 kPa  

c10=0.27 MPa; 

c20=1.9 MPa 0.4999 Literature no 
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Table 4: Summary of the articles on the FE modelling of the buttock region. Focus on the assessment of interactions and constraints. 

 

Article 

Contact type Boundary conditions/Loads 

Soft tissue/Support 

Inter soft 

tissues 

Soft 

tissue/Bone Bone Exterior of soft tissues 

1 

Dabnichki 

1994 No friction; Friction, 0.4 - - 

Body weight on ischium distributed along the 

thighs Contact with support 

2 Todd 1994 No-slip - Not mentioned 

Half of the weight of the pelvis on ischial 

tuberosity (m: 6.7% of total; f: 8.6% of total) Contact with support 

3 Oomens 2003 

Friction coefficient from 0 

to 1 No-slip No-slip 50% body weight on ischial tuberosity Contact with support 

4 Lin 2004 - Not mentioned - fixed 

Uniform pressure (70mmHg) to 

epidermis 

5 

Linder-Ganz 

2004 Friction coefficient 0.4 Not mentioned Not mentioned 

Tissue weight + Skeletal loads and moments; 

abdominal pressure of 2 kPa Contact with support 

6 Verver 2004 No-slip No-slip No-slip Body weight Contact with support 

7 

Makhsous 

2007 Not mentioned Not mentioned Not mentioned fixed Uniform contact pressure 

8 

Linder-Ganz 

2007 No-slip No-slip No-slip 

Vertical displacement of ischium and skin from a non-weight-bearing to a 

weight-bearing posture 

9 

Linder-Ganz 

2008 No-slip No-slip No-slip 

Vertical displacement of ischium and skin from a non-weight-bearing to a 

weight-bearing posture 

10 Wagnac 2008 No friction - Not mentioned 

concentrated downward force at centre of 

sacrum base Contact with support 

11 

Linder-Ganz 

2009 - No-slip No-slip fixed 

Continuously recorded pressure 

patterns 

12 Sopher 2010 Friction coefficient 0.4 No-slip No-slip Vertical displacement of ischial tuberosities Contact with support 

13 Vogl 2010 Not mentioned Not mentioned Not mentioned hip joints fixed Contact with support 

14 Bucki 2012 - - Not mentioned fixed Recorded pressure patterns 

15 Oomens 2013 Friction coefficient 1 Not mentioned Not mentioned body force Contact with support 
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Article 

Contact type Boundary conditions/Loads 

Soft tissue/Support 

Inter soft 

tissues 

Soft 

tissue/Bone Bone Exterior of soft tissues 

16 Levy 2013 Friction coefficient 0.4 No-slip No-slip Vertical displacement of ischial tuberosities Contact with support 

17 Luboz 2014 - Not mentioned Not mentioned fixed Recorded pressure patterns 

18 Al-Dirini 2016 Friction coefficient 0.4 No-slip 

Friction 

coefficient 0.3 gravity 

Vertical displacement of the 

support 

19 Levy 2017 Friction coefficient 0.4 No-slip No-slip 

Downwards displacement on the top of 

sacrum Contact with support 

20 Moerman 2017 No friction Not mentioned Not mentioned fixed 

Vertical force (35–45% of body 

weight) 

21 Luboz 2018 No-slip No-slip No-slip fixed Recorded pressure patterns 

22 Macron 2018 Friction coefficient 0.4 No-slip No-slip Measured force applied to COG of pelvis Contact with support 

23 Zeevi 2018 

Friction coefficient from 

0.4 to 0.9 No-slip No-slip 

Vertical displacement on the upper part of 

sacrum Contact with support 

24 Wang 2021 Friction coefficient 0.5 No-slip No-slip 

Gravity + vertical load on the sacrum  

(50% body weight) fixed 

25 Fougeron 2022 Friction coefficient 0.43 No-slip - Vertical displacement of sacrum fixed 
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1.2.1.1 Geometrical data 

The first step to generate such FE models of the buttock region is to acquire the geometrical 

data, to choose between two- or three-dimensional modality and to decide on the tissues that 

should be modelled. Table 2 provides a summary about previously used geometrical data in 

the literature. 

Most of the listed articles (17 out of 25) modelled the sitting position which is common for 

the wheelchair users, while the rest analyzed the tissue deformations in the supine/lying 

position. Sacrum bone was included in most models of subjects in the lying position to 

correctly capture the loading in the soft tissues in contact. In the case of sitting, the 

deformations under the ischial tuberosities were principally investigated. 

A two-dimensional model requires much less computation power than a 3D model but doesn‘t 

provide the information about the out-of-plane movements of the tissues under the load. 

Nevertheless, such 2D models allow to get an understanding of the tissue‘s deformations and 

were used by many research groups (Dabnichki, Crocombe, and Hughes 1994; C. W.J. 

Oomens et al. 2003; Lin et al. 2004; C. W.J. Oomens et al. 2013). Another possibility is to use 

a semi-3D model that represents only one slice of geometry with a given thickness (E. Linder-

Ganz and Gefen 2004; Eran Linder-Ganz et al. 2007; 2008; 2009; Sopher et al. 2010; Levy, 

Kopplin, and Gefen 2013; Fougeron et al. 2022). Nowadays, the computational possibilities 

are higher; therefore, models used for the research purposes became more complex and 

detailed. In the model built by Al-Dirini et al., 28 muscles were represented (Al-Dirini et al. 

2016). Although separation of the muscle groups might be clinically relevant to observe the 

response of individual muscles, such a model is time consuming. 

However, when it comes to bringing the research findings to the clinical environment, it could 

be important to be able to build a model and to observe the inner tissues‘ mechanical state as 

fast as possible, leading to the search of the possible simplifications of model non-linearities. 

Macron et al. investigated the possibilities of the local simplified model of the region below 

the ischium to predict the internal response of the tissues in comparison with the results of the 

complete FE model. The results of the study were promising, however, with all shear strains 

being higher for the local simplified model, a possible systematic error was assumed (Macron 

et al. 2020). Linder-Ganz et al. developed a real-time monitoring of the inner tissues using a 

simplified semi-3D FE model (Eran Linder-Ganz et al. 2009).  

Depending on the region of interest, different types of medical imaging techniques are 

currently used. For the visualization of the soft tissues in biomedical research, the most 

commonly used technique, presented in 15 out of 25 reviewed articles, is Magnetic Resonance 

Imaging (MRI). Five articles relied on data extracted from CT-scans or EOS images. 

Ultrasound was used in three articles for the acquisition of geometrical data. 

MRI provides detailed three-dimensional anatomical images while being a non-invasive 

technique without any radiation. On the downside, MRI is expensive, time consuming 

(average scan could take 30-60 minutes) and could cause discomfort to the patient because of 

the still position in the enclosed space that should be kept throughout the scan. The 

disadvantages of this method partially explain why the use of FE models built based on this 

imaging modality is still mostly limited to research purposes. 

Lin et al. used another method of geometry data collection, namely ultrasonic imaging, to 

build a 2D model. Results of this analysis are shown at Figure 7 (Lin et al. 2004). The 
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feasibility of this method in relation with the assessment of the soft tissues deformations has 

been also investigated in recent research (Doridam et al. 2018).  

 

Figure 7: FE model mesh and stress-strain fields for 2D model of soft tissues with and without 

bony protrusion (Lin et al. 2004). 

Ultrasound provides two- or three-dimensional anatomical images, easily accessible in the 

clinical environment (mostly in 2D modality). It is a non-invasive modality that doesn't use 

radiation and that is therefore more frequently used. In addition, it takes much less time than 

MRI and doesn‘t require the patient to remain still in the enclosed space which makes it more 

clinically relevant. Alipour et al. built a FE model of the human gastrocnemius muscle based 

on the geometrical data from 3D ultrasound (Alipour et al. 2018). Doridam et al. observed a 

non-negligible out-of-plane movement of the muscle tissues in the region of ischial tuberosity, 

which shows a possible downside of using 2D modality and points to the necessity of using 

3D ultrasound to capture the 3D displacement and strain fields (Doridam et al. 2018). 

The mechanical response of soft tissues depends on the anatomical specificities of each 

subject. Todd et al. included two healthy subjects (male and female) (Todd, B.; Thacker 

1994); Linder-Ganz et al. included six healthy subjects (three males and three females), joined 

by six paraplegic subjects in the next article by the same group (Eran Linder-Ganz et al. 2007; 

2008); Oomens et al. included three healthy female subjects (C. W.J. Oomens et al. 2013); 

Moerman et al. included three healthy subjects (two males and one female) and three subjects 

with spinal cord injury (two males and one female) (Moerman et al. 2017); Macron et al. 

included six healthy subjects (five male and one female) (Macron et al. 2018). Several 

subjects with different geometries were involved in only mentioned above works, while most 

of the reviewed articles included the FE model based on a single subject for time saving 

purposes. Moerman et al. investigated the effect of geometry and observed large variations 

between subjects, confirming the importance of subject-specific modelling (Moerman et al. 

2017). 
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1.2.1.2 Material properties 

Table 2 shows that in most studies, FE models were based on healthy volunteers, while soft 

tissue elastic properties and their thickness could significantly differ for the paraplegic 

population. A comparison of stress/strain distributions between healthy and paraplegic 

population was performed in three studies (Eran Linder-Ganz et al. 2008; 2009; Moerman et 

al. 2017). 

Table 3 provides a summary about previously used constitutive material for each tissue 

included in the FE models. In the reviewed articles, bones were either considered rigid or 

linear elastic with modulus varying from 17 MPa (Todd, B.; Thacker 1994) to 18 GPa (E. 

Linder-Ganz and Gefen 2004). 

Soft tissues covering the bony prominences in the buttock region include the layer of muscle, 

adipose tissues and skin. For simplification purposes and depending on the region of interest, 

these tissues were undifferentiated in some models. Most often in this case, muscle, fat and 

skin are considered as a single soft tissue (Dabnichki, Crocombe, and Hughes 1994; Todd, B.; 

Thacker 1994; Wagnac, Aubin, and Dansereau 2008; Bucki et al. 2012; Levy and Gefen 

2017). In other articles, fat and skin were fused (Eran Linder-Ganz et al. 2007; 2008; 2009; 

Vogl et al. 2010; Al-Dirini et al. 2016). Oomens et al. performed a study including all three 

separate layers of the soft tissues. A stress-strain field was observed with two areas of the high 

shear strains, one in the fat just below the bone and another in the deeper muscle. Variation of 

the fat parameters had a substantial effect on the strains computed in the fat region without 

any effect in muscle region (C. W.J. Oomens et al. 2003). It was also observed that the change 

in muscle parameters has considerable effect on the strain‘s distribution in the model (Luboz 

et al. 2014b; Macron et al. 2020). 

A lot of the reviewed articles considered the viscoelastic properties of soft tissues (Eran 

Linder-Ganz et al. 2007; 2008; Wagnac, Aubin, and Dansereau 2008; Sopher et al. 2010). 

Most of them assumed a hyperelastic behaviour arguing that PUs need a long period of time 

to develop; therefore it is possible to omit the strain rate dependency. The Neo-Hookean 

material model was used in ten articles, Mooney-Rivlin in six and Ogden in six. The main 

limitation of such material parameters is the fact that most of them were obtained from the 

literature and originally often based on data from animal studies. This could be one of the 

explanations why material parameters vary so much between the listed studies. As an 

example, elastic modulus of the muscle was assumed to be from 0.1125 kPa (Zeevi et al. 

2018) to 700 kPa (Lin et al. 2004). Luboz et al. reported an importance of the fat and muscle 

stiffnesses for the evaluation of the internal strain field (Luboz et al. 2014b). In other cases, an 

inverse FE calibration was used (C. W.J. Oomens et al. 2013; Al-Dirini et al. 2016). Such an 

inverse calibration allows to obtain more controllable data but would not be possible in a 

clinical environment, since it requires building a FE model and significant computation time 

to optimize the parameters.  

Chen et al. performed the calibration of the human thigh soft tissues and compared different 

hyperelastic material models. They concluded that the first-order Ogden and Fung orthotropic 

materials model the mechanical response of soft tissues significantly better than Neo-Hookean 

and Mooney-Rivlin (Chen et al. 2020) materials. 

One of the clinically relevant simplification possibilities is the use of linear material 

properties. Linder-Ganz et al. used such elastic material for the simulation of all soft tissues 

(Eran Linder-Ganz et al. 2009). Bucki et al. made a comparison between the non-linear 
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Mooney-Rivlin material model with the linear one, concluding that the model with linear 

material underestimates the internal von Mises stresses with an error that is lower than 5% 

(Bucki et al. 2012). 

One of the parameters that has to be specified for the simulation is Poisson‘s ratio 

representing the compressibility of the tissues. Human soft tissue are commonly considered as 

nearly incompressible, but due to the lack of experimental data, values chosen for different 

studies varied from 0.4 chosen for the skin (E. Linder-Ganz and Gefen 2004) to 0.4999 

chosen for both skin and adipose tissues (Fougeron et al. 2022). The most common value (in 9 

out of 25 reviewed articles) chosen for Poisson‘s ratio was 0.49 for most soft tissues. 

In addition to the articles listed in Table 3, a brief review of three main groups of easily 

attainable alternative testing systems proposed in the literature to assess in vivo subject-

specific constitutive parameters is proposed below. 

The first group of systems is based on the principle of indentation. The reaction of the soft 

tissues to a quasi-static compression is assessed via the analysis of the force-displacement 

data (Sadler et al. 2018; Pathak et al. 1998; Y. P. Zheng and Mak 1999; Moerman et al. 2013; 

Bell et al. 2016; Fougeron et al. 2020). The use of the Hertz contact model is one of the 

widely utilized approaches for extracting stiffness parameters from the acquired indentation 

data (Y. P. Zheng and Mak 1999; Goh et al. 2005; Y. Zheng and Mak 1999; Mak, Liu, and 

Lee 1994). The advantage of this approach is that the evaluation of the material properties is 

done for the tissues under compression, while it could be hard to fully control the boundary 

conditions. Moreover, inverse methods associated to such indentation measurements usually 

need to elaborate assumptions about the layered structure of the tissues and the potential 

interaction between layers. 

The second group focused on the aspiration devices (Aoki et al. 1997; Kappert et al. 2021; 

Luboz et al. 2012). After a negative pressure is applied in cup made of a chamber with a 

cylindrical aperture, the tissue put in contact with the cup is aspired into the chamber. Then an 

inverse calculation allows the estimation of the apparent Young‘s modulus based on the 

applied pressure and the height or the volume of the aspired tissue. The downside of the 

method is that the evaluation of the tissue properties is mainly performed under tension, while 

the behaviour of the biological tissues could differ for compression and tension. 

Finally, the third group uses the Shear Wave Elastography (SWE) for estimating tissue shear 

modulus. Arda et al. were assessing the stiffness values of liver on healthy volunteers with 

SWE (Arda et al. 2013). Dubois et al. have proposed a protocol for a non-invasive muscle 

stiffness assessment with SWE of the muscles of the lower limb (Dubois et al. 2015). It was 

concluded that SWE provides a reliable information about the relative stiffness of the tissues. 

However, the absolute values provided by the SWE device are highly dependent on the 

tissue‘s fiber orientation, on the tissue viscous behaviour and on the orientation of the US 

probe during the acquisition (Haen et al. 2017; Vergari et al. 2014). 

In addition, a recent article by Scott et al. (Scott et al. 2020) suggested the importance of the 

effect body position could have on the estimated material properties. In that study, seated, 

quadruped and prone positions were used to collect data on several regions of human thigh. 

Results of the study showed that data collected in prone position lead to identification of 

significantly stiffer material properties than the data collected in other body positions (Scott et 

al. 2020). 
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1.2.1.3 Contacts, boundary conditions and loads 

A summary on the contacts and constraints in FE models of the literature is provided in Table 

4. In the corresponding articles, where different types of soft tissues were modelled separately 

and information about their interactions was provided, a tied (no-slip) contact type was 

assumed in the lack of experimental data. The same is also valid for the interface between 

bones and soft tissue, except for one article: Al-Dirini et al. assumed a frictional contact with 

a friction coefficient of 0.3 (Al-Dirini et al. 2016). At the interface between the external 

support and the skin/soft tissue, a frictional contact was considered with friction coefficients 

being from 0 to 1 (C. W.J. Oomens et al. 2003), with the most common value of 0.4 

(Dabnichki, Crocombe, and Hughes 1994; E. Linder-Ganz and Gefen 2004; Sopher et al. 

2010; Al-Dirini et al. 2016; Levy and Gefen 2017; Macron et al. 2018; Zeevi et al. 2018; 

Levy, Kopplin, and Gefen 2013). 

As a boundary condition representing the change from non-weight-bearing position to weight-

bearing, a vertical displacement was most often applied to the surface of the modelled bony 

structure. When the pressure/force was applied to the skin, the bone was fixed. In some cases, 

a partial body weight was applied to the bone structure. As for the exterior surface of the soft 

tissues, in most cases (twelve articles) a contact with a supporting surface was established. In 

several studies, pressure patterns recorded by external sensor mats were applied to the skin 

surface (Bucki et al. 2012; Luboz et al. 2014b; 2018a; Fougeron et al. 2022).  

1.2.1.4 Damage indicator 

FE modelling provides the internal stress-strain field as a response to the external loading. 

Different parameters were used to relate the mechanical response to tissue damage. Von 

Mises stress corresponds to the deformation energy accumulated in the material and was used 

as one of the tissue damage indicators in many studies (Todd, B.; Thacker 1994; C. W.J. 

Oomens et al. 2003; Lin et al. 2004; E. Linder-Ganz and Gefen 2004; Verver et al. 2004; 

Makhsous et al. 2007; Eran Linder-Ganz et al. 2007; 2008; Wagnac, Aubin, and Dansereau 

2008; Sopher et al. 2010; Bucki et al. 2012; Luboz et al. 2014b; Al-Dirini et al. 2016). 

Maximum shear strains could be measured directly on MRI and used as a parameter of 

interest in considerable amount of studies (C. W.J. Oomens et al. 2003; Eran Linder-Ganz et 

al. 2008; Vogl et al. 2010; Al-Dirini et al. 2016; Moerman et al. 2017; Luboz et al. 2018b; 

Macron et al. 2018). Ceelen et al. performed a series of experiments with indentation of the 

tibialis anterior muscle in rats (Ceelen, Stekelenburg, Loerakker, et al. 2008; Ceelen, 

Stekelenburg, Mulders, et al. 2008). The corresponding FE models demonstrated that when 

the maximum shear strain threshold of 0.75 in at least one slice was exceeded, the direct 

deformation damage was measurable using T2-weighted MRI (A. Stekelenburg et al. 2006). 

However, it was specified that this threshold is not an absolute value but an indication of the 

threshold existence. It was assumed that a similar process but with different strain threshold 

values could be observed in humans as well. The relationship between the maximum shear 

strain and damage was concluded to have an ability of representing the intrinsic muscle 

properties (Ceelen, Stekelenburg, Mulders, et al. 2008). Another parameter, strain energy 

density, was used as a damage indicator by Oomens et al. and Sopher et al. and Levy et al. 

(Sopher et al. 2010; Cees W.J. Oomens et al. 2015; Levy and Gefen 2017). 

.  
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Chapter I conclusion and the outline of the thesis 

Over the past 20 years, research has sought to explain soft tissue injury risk factors in terms of 

soft tissue strain localization as a potential tool to inform on the risk of deep tissue injuries. 

However, the results obtained with FE modelling still need to be validated experimentally. 

Recent MRI investigations focusing on the deformation of the seated buttocks have observed 

little or no gluteus maximus muscle under the peak of the ischial tuberosity (Sharon Eve 

Sonenblum et al. 2013; 2015; Call et al. 2017; Sharon E Sonenblum et al. 2018). 

These findings suggest that FE models depicting considerable muscle coverage are not 

consistent with actual anatomy. More importantly, none of the FE models have been validated 

in terms of strain localization (quantity of interest according to the series of experiments 

performed at the Eindhoven University of Technology). For the prediction of both superficial 

and deep tissue injuries, such validation evidences must be obtained prior to any clinical 

evaluation and rely on the capacity to assess experimental data in the clinical environment. 

Furthermore, given the large inter-individual and intra-individual loading and anatomic 

variability, the development of appropriate measurement methods to obtain reliable model 

input data including accurate description of the material properties, geometrical data, loading 

characteristics, and boundary and interface interaction conditions is a key challenge. 

Personalized numerical modelling could be used as a tool contributing towards the 

development of the individualized PU prevention protocols. While MRI is considered to be 

one of the most reliable imaging modalities for collecting soft tissues‘ geometrical data, it is 

not necessarily accessible in the clinical environment for prevention purposes. B-mode 

Ultrasound previously showed promising results in relation with PU (Akins et al. 2016b; 

Swaine et al. 2018), besides being available in the bedside care, and being time and cost-

effective procedure. 

However, limitations of the 2D US modality also should be considered. In a recent study, 

Doridam et al. (Doridam et al. 2018) investigated the feasibility of using B-mode US imaging 

for the quantification of internal soft-tissue strains of buttock tissues in two perpendicular 

planes (sagittal and frontal) during sitting. In both planes the authors observed an important 

displacement of the tissues with their protocol indicating that the displacement field is 3D. As 

a result, tracking muscle features using 2D image registration techniques in each plane would 

introduce biases. This is a major limitation for the use of 2D US imaging as practical and 

clinically relevant alternative to MRI-based assessment of soft tissue motion under 

mechanical loading. 

In addition, according to the literature, maximum shear strain could be related with tissue 

damage, therefore it will used as one of the main parameters representing tissue state in the 

following chapters. 

Therefore, the main objective of my PhD project was defined as a study of the feasibility of 

using 2D ultrasound-based FE model for the person-specific sacral PU risk evaluation from 

the mechanical perspective as an alternative to 3D MRI-based model. To reach this objective, 

the following outline of the thesis was planned.  

The first step was the design of an MRI-compatible experimental setup allowing to load the 

sacral soft tissues in compression and to experimentally characterize the soft tissue response 

under increasing loading using both US and MR imaging techniques. This required to 

accurately control the load amount and direction. In addition, since for US acquisition the 
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probe was planned be used as an indenter, an MRI-compatible copy of the US probe has to be 

used for the MRI part. 

The second step was to investigate the capacity of a 3D model of the soft tissues of the sacral 

region to simulate the mechanical response under compression loading. The geometrical 

model was developed based on the MR data acquisition acquired in the undeformed 

configuration. A procedure was proposed for the subject-specific estimation of the elastic 

properties of skin and adipose tissue, data acquired based on the VLASTIC device. To 

evaluate the reliability of the model, mechanical result of the simulation is compared with the 

experimental data. This section introduces the Digital Volume Correlation (DVC) technique 

based on 3D-image non-rigid registration used for model validation.  

Then, based on the rationale that US imaging is a promising candidate to substitute MR 

imaging, a 2D FE model of the sacrum was developed to simulate the mechanical response 

under compression loading. The proposed methodology was evaluated by comparing the 

response provided by the proposed 2D FE model to the one predicted by the MRI-based 3D 

FE model. 

Finally, building upon the experimental data collected, the discrepancy between tissue motion 

assessed using a 2D imaging modality versus tissue motion assessed using a (reference) 3D 

imaging modality (Magnetic Resonance Imaging) was characterized to inform on the out-of-

plane tissue motion under the compressive loading. 
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CHAPTER II. Acquisition of the experimental geometry and 

material data 

Building a personalized FE model requires to have subject-specific information about the 

geometry, the loading/boundary conditions and the constitutive parameters. The current 

chapter focuses on the experimental data acquisition and includes the work carried out to 

develop experimental methods to characterize the input data. 

The first section synthetizes the morphological characteristics of the volunteer who agreed to 

participate to our study. 

The second section describes the combined US and MRI experiment designed to collect the 

geometrical data of the sacral tissues. An MRI-compatible setup was designed for this study. 

It allows for a controlled mechanical loading of the tissues using the same shape of the 

indenter for both US and MRI acquisitions. The uncertainty of the load was estimated. 

Different load cases were defined and tested. The associated US and MR images are provided 

in the results section.  

The last section of the current chapter focuses on the experimental evaluation of the elastic 

properties of the skin and adipose tissues of the participant. Experimental data was collected 

with a modified version of the VLASTIC device previously developed in (Kappert et al. 

2021). This modified version, recently used for breast tissue by Briot et al. (Briot et al. 2022), 

estimates in vivo the linearized Young‘s moduli for a bi-layer tissue (defined here by skin and 

adipose tissue). The skin thickness was measured on the B-mode US image and used for the 

estimation of the linearized Young‘s moduli for this bi-layer tissue.  

2.1 Participant 

One healthy male volunteer (34 y.o., 1.75 m and BMI 27.8 kg/m²) was enrolled in the study 

after informed consent and local ethics committee agreement (MAP-VS protocol N°ID RCB 

2012-A00340-43).  

2.2 Geometrical data acquisition 

2.2.1 MR-compatible custom-made indentation setup 

A custom-made MR-compatible setup was designed and assembled with the objective of 

applying a controlled external compressive force with only one vertical component (i.e. with 

no shearing component) on the sacrum vertebra. This force was applied to the external surface 

of the sacral skin via a US probe during the US acquisitions and via a 3D printed replica of 

this US probe for the MRI acquisitions. 

The setup (the reader is referred to Figure 8 for a sketch and to Figure 9 for pictures of this 

setup) was built from a rigid plastic tube structure holding an indenter. For the US imaging 

experiment, an SL10-2 linear probe transducer developed by (Aixplorer, SuperSonic Imagine, 

France) was used as the indenter. For the MR imaging, a 3D printed replica of this probe was 

used as an indenter, built from a Raise3D Pro2 printer with a Premium PLA Filament of 

diameter 1.75 mm (Figure 9c). The connection between the indenter and the tube structure 

allowed setting and fixing its orientation. To track the orientation of the US plane during the 

MRI experiment, a cylindrical reflective marker (Figure 9e) was glued on the side of the 

indenter oriented towards the head of the participant. 
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The second sacral vertebra (S2) was loaded with the indenter by adding dead weights 

(plexiglass plates shown in Figure 8 as J and K) to the structure. The maximum load applied 

by the setup was determined in accordance to the literature. In the study of (Sheerin and de 

Frein 2007), the authors reported that pressures measured at the sacral region could reach 

values as high as 154 mmHg when the head was immobilized and spider strapping was used 

on an unpadded spinal board. Multiplied by the surface area of the 10-2 linear probe 

transducer used in this study (410 mm2), this results in a force of approximately 9 N. A 

preliminary test was then performed to evaluate the maximum load the subject could tolerate. 

Based on this test, a maximum load of 12 N was set for the experiment. This load was applied 

in 4 loading steps of 200 g or 400 g each resulting in various loads in the range 0-1200 [g] 

(Table 5). 

A schematic representation of the proposed setup with additional details is provided in Figure 

8. 

 

Figure 8: The contact area A indenter/body located at the region of the sacrum with the 

participant being in a prone position. Clamp B holds the indenter, allowing the adjustment of 

its orientation to keep it perpendicular to sacrum skin surface. It was positioned close to the 

left end of the system of rigid tubes (C and D) which were supported by the MR-compatible 

stand E, also made from rigid tubes. Tube system C was built long enough to allow the 

positioning of the supported indenter inside the MR scanner. To keep the vertical load 

translation from the setup to the body, the horizontality check of the system of tubes close to 

the indenter was performed. For the same purpose, the verticality check of two wires F 

holding the tube system C was performed using the glass tubes G attached to them. The 

supporting plates H, where the wire support I was positioned, allowed the vertical adjustment 

on the stand as a way to control the horizontality of the tube system. The loading mass J, 

adjusted for each load case, was positioned close to the indenter to stabilize the load. The 
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counterweight K was positioned on the far end from the indenter to reduce the setup self-

weight for the loading step 4. 

2.2.2 Data acquisition 

Seven sets of US acquisitions were performed in five loaded configurations (L1-L5), each set 

was obtained in decreasing order of loads from 1.2 kg to 200 g by steps of 200 g or 400 g. 3D 

MRI acquisitions were performed at the IRMaGe research platform (Univ. Grenoble Alpes) in 

5 configurations: one unloaded and 4 loaded (L0-L4) in decreasing order of loads from 1.2 kg 

to 400 g by steps of 200 g or 400 g (Figure 9 b, d). A summary of the loads applied is given in 

Table 5 below. 

Prior to the experiment, the uncertainties of the loads applied with the dead weights were 

assessed by repeating 4 times the previously defined loading scenario and measuring the load 

with a scale (B3C Sérénite 9260(A), uncertainty of 0.1 g). The results are reported as mean 

+/- 1 SD in Table 5.  

The participant was instructed to lie in a prone position in a 3 Tesla Achieva 3.0T dStream 

Philips scanner (Figure 9 b). No mattress was used during the MRI acquisitions to allow 

enough space for the loading part of the setup. A soft material was put below the thoracic cage 

and abdomen so the skin above the first sacral vertebrae was visually horizontal. 

For each load case, an MRI volume was acquired. A 3D proton density sequence was used 

with the following parameters: 399.5x399.5x119.5 mm
3
 field of view and isotropic voxel size 

of 0.5x0.5x0.5 mm
3
. Two surface body coils were placed on either side of the pelvis in the 

medio-lateral direction (red arrows on Figure 9 b) to increase the signal-to-noise ratio. The 

acquisition duration time was approximately 10 minutes per MRI scan. Due to limited time 

allowed in the MRI scanner, approximately 5 minutes were left between acquisitions in order 

to change the load. Participant was asked to not change body position between the 

acquisitions. To account for breathing, a gating technique was used. 
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Figure 9: a) Ultrasound acquisition with the a SL10-2 linear probe transducer acting as an 

indenter. b) Participant lying in the MR scanner with two surface body coils (red arrows) 

placed on either side of the pelvis; c) Real US probe (left) and associated 3D-printed replica 

(right); d) Rear side of the MR scanner showing the rest of the setup and the participant lying 

in the scanner; e) Green arrow showing the cylindrical reflective marker attached to the 3D-

printed indenter. 

2.2.3 Acquired data 

2.2.3.1 Loading uncertainty 

The results of the load reproducibility evaluation performed for five out of six load cases (L1-

L5) are given in Table 5 below. Load case 0 corresponds to no load applied, therefore it was 

excluded from the reproducibility test. 

Table 5 Load case reproducibility evaluation 

Load case Mean, [g] 
Standard deviation 

(SD), [g] 
Mean, [N] 

L0 0 - 0 

L1 1216 2 11.9 

L2 812 2 8 

L3 626 2 6.1 

L4 439 2 4.3 

L5 252 2 2.5 

 

2.2.3.2 Data collection results 

US images for the corresponding load cases are shown on Figure 10.   
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Figure 10: Ultrasound images of five load cases (L1, L2, L3, L4 and L5) 

The MR images of the four loaded and one unloaded configuration (L1 - L4 and L0) were 

analyzed. A single transverse slice of the MR volume of each configuration in the plane 

containing the indentation mark left by the 3D-printed indenter is given in Figure 11 below.  

 

Figure 11: Transverse slices of the five load cases (L0, L1, L2, L3, L4) at the region of 

indentation. 
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2.3 Material parameters acquisition 

The objective of this section was to build upon new and unique opportunities offered by the 

Volume-based Light Aspiration device for in vivo Soft TIssue Characterization (VLASTIC 

(Kappert et al. 2021)) for the identification of the passive material properties of some sacral 

soft tissues (skin and fat). These values are intended to be used as input data for modelling 

these soft tissues in a FE model of the sacral region. This work has been performed as part of 

a broader work aiming at comparing the skin and adipose tissue stiffness (assumption of linear 

elastic constitutive behaviour) assessed experimentally in vivo using the VLASTIC against 

those estimated using Shear Wave Elastography. For a detailed report on that study, the reader 

is referred to APPENDIX 1. A shortened version, limited to the results obtained with 

VLASTIC acquisition on the participant, will be presented in this section.  

2.3.1 VLASTIC setup 

A scheme of the aspiration device is shown in Figure 12. The principle is the following: A 3D 

printed semi-spherical cup with a circular aperture is positioned on the skin surface and a 

negative pressure is cyclically applied to the skin and the underlying adipose tissues. A 

programmable syringe pump (pump 11 elite, Harvard Apparatus, Holliston USA) is used to 

remove the air volume from the system at a controlled rate. From the pressure/volume curves, 

both Young moduli of the skin and the adipose tissue are estimated thanks to a FE inverse 

analysis (Elahi, Connesson, and Payan 2018). Experiment is limited to small strains and 

acquisitions are performed with nine different cup diameters of 4, 6, 8, 10, 12.5, 15, 20, 25, 

and 30 mm. 

 

Figure 12: a) Scheme of the aspiration setup adapted from (Kappert et al. 2021). b) Nine cups 

of different diameters were used c) Cup positioned on the sacral region of the participant. 

2.3.2 Data acquisition 

The participant was instructed to lie prone in a comfortable position. The cup was positioned 

on the upper left side from the medial sacral crest (Figure 12, c) on the relatively flat surface. 

The corresponding region of interest (ROI) was marked for further acquisitions. US gel was 

put on the edge of the cup to insure contact with the skin and to prevent pressure air leakage. 

Four cyclic pressurization/depressurization were applied for each acquisition. Nine 

acquisitions with each of the cups were collected. Measurements were repeated three times to 
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evaluate the uncertainties. Between each acquisition, the cup was taken off the skin, the 

excess of the gel was removed and the cup was repositioned once again at the same location. 

An additional image of undeformed tissues in B-mode was taken using the 18 MHz linear 

probe of the Aixplorer system (Supersonic Imagine, Aix-en-Provence, France) for the 

assessment of skin thickness. For this purpose, a thick layer of US gel was put on the ROI to 

allow the measurements of the unloaded tissues; it was assumed here that no pressure was 

applied by the US probe. The probe was held manually and positioned perpendicular to the 

spine at approximately 90 degrees to the skin surface. 

2.3.3 Acquired data 

In total, 36 pressure-volume experimental curves (4 cycles x 9 cup size) were acquired with 

the aspiration device. 

Additionally, the skin thickness is measured directly on the B-mode US images of the 

undeformed tissues resulting in 2.9 mm. Figure 13 shows the measurement of the skin 

thickness (the red line) on the US image. 

 

  

Figure 13: B-mode US image of the soft tissues at the sacral region with the measured 

skin thickness (in red) 
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Chapter II conclusion 

This chapter focused on the detailed description of the experimental protocol proposed in this 

PhD as well as data that were correspondingly collected. Subject-specific information about 

the geometry, the loading/boundary conditions and the constitutive parameters of the 

participant were therefore collected and will feed the 2D and 3D models (chapters IV and III 

respectively). 

First, a custom-made MRI-compatible experimental setup allowing controlled loading of the 

sacral soft tissues in both US and MRI settings was presented. Two sets of data were collected 

with this setup: US images in five loaded configurations and MR images in, respectively, four 

loaded and one unloaded configuration. In both settings, the loads were applied in a 

descending order from the highest load to the lowest one. The unloaded MRI configuration 

was collected prior to the loaded ones. Posteriorly, data analysis has shown an important 

effect of the soft tissues‘ viscoelasticity on the acquisition results, with tissues requiring a 

long time to return to their initial shapes. Therefore, as a perspective work, it would probably 

be beneficial to repeat the data collection in the increasing order of the load, from the lowest 

to the highest load.  

With respect to the literature focusing on pressure ulcer prevention, this work constitutes, to 

the best of our knowledge, the first attempt to collect imaging data under controlled loading 

conditions in the sacral region, and for different loading configurations. This is an important 

contribution because FE models developed in the literature are rarely evaluated against 

experimental data. The data collected in this chapter also opens the way to investigate the 

relevance of 2D US-based measurements for pressure ulcer risk assessment. 
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CHAPTER III. Sacral PU risk assessment based on 3D FE model 

To assess the mechanical state of internal soft tissues under external mechanical loading, FEA 

is commonly used and, as shown in the literature review presented in chapter I, MRI is often 

considered as a gold standard imaging modality for acquiring personalized 3D data.  

The current chapter focuses on the development and the evaluation of a 3D model of the soft 

tissues of the sacral region based on the experimental data acquired in chapter II, to simulate 

the mechanical response under compression loading. 

The first section presents the modelling assumptions and methodology proposed for preparing 

FE model. First, the preparation of the geometrical model is presented. The assumption made 

for the composition of the tissues of interest and their segmentation is presented. Second, the 

choice of material properties assumed for soft tissues is presented. We chose to adapt the 

constitutive laws of such tissues from various articles containing experimental data. An 

optimization method based on curve fitting was used on skin, adipose and muscle 

experimental data to identify the material parameters, assuming a Yeoh constitutive law. To 

propose subject-specific estimations of the elastic properties of skin and adipose tissue, data 

acquired with the VLASTIC device were used to adapt the previously fitted Yeoh material 

models. Third, the implementation of the boundary conditions and external loading is 

presented. Finally, a mesh sensitivity test was performed for one mechanical parameter. 

Section two lists post-processing steps and introduces parameters of interest. As emphasized 

before, an important step of FE modelling is model evaluation. To evaluate the reliability of 

the model, mechanical result of the simulation is compared with the experimental data. This 

section introduces the Digital Volume Correlation (DVC) technique based on 3D-image non-

rigid registration used for model validation. 

Section three of current chapter lists results obtained with image registration for each of the 

four load cases putting in correspondence undeformed MR image and deformed one for each 

load case. Finally, a comparison is provided between the displacement and shear strain fields 

obtained with image registration and the ones that are yielded from ANSYS simulations. 

3.1 Preparation of the 3D FE Model 

3.1.1 Personalized geometrical model  

The MR image recorded previously in the undeformed configuration (without any load 

applied by our experimental setup) was used for the 3D model. Manual segmentation of fat, 

fascia, muscles and bone tissues were performed with Amira 2019.1 software. The region of 

interest (ROI) for 3D modelling in relation to a full medical image is shown in (Figure 14, a). 

The corresponding segmented volume containing two layers of adipose tissue (separated by a 

fascia) and muscles is shown in (Figure 14, b). Skin and fasciae are 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. 
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Figure 14: Segmented MR image. a) Transverse slice showing segmented volumes: 

superficial and deep adipose layers; right and left gluteus maximus muscles; right and left 

erector spinae muscles; contour of the bones. b) Volume of the segmented tissues shown in 

3D 

3.1.2 Constitutive modelling and calibration 

A hyperelastic Yeoh constitutive law was previously used in the literature (Fougeron et al. 

2022) to represent soft tissues; therefore, it is chosen for skin, adipose tissue, fascia and 

muscle. This law assumes a strain-energy function W given by the following analytical 

expression ( 1 ): 

     (  ̅   )     (  ̅   )     (  ̅   )  
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where   ̅ is the first invariant of the left Cauchy-Green deformation tensor, Ci are material 

parameters, J is the determinant of the deformation gradient  , while di are material 

parameters related to compressibility. These di parameters are assumed to be equal and related 

to the Poisson ratio  (Mott, Dorgan, and Roland 2008) ( 2 ): 

         
  (     )

     (   )
 

( 2 ) 

To represent the near-incompressible behaviour of soft tissues, Poisson ratio is chosen to be 

0.49: based on the literature review from chapter I this is indeed the value most commonly 

chosen in previous models (in 9 out of 25 reviewed articles related to FE models of the 

buttock region, for details please refer to Table 3).  

As presented in subsection 3.1.2.1, as a first approximation, generic values for the Ci material 

parameters representing skin, adipose tissue, fascia and muscle were computed using an 

optimized curve fitting procedure based on tension and compression experimental tests 

published in the literature (Ní Annaidh et al. 2012; Miller-Young, Duncan, and Baroud 2002; 

Gras et al. 2012; Astruc et al. 2018). In a second step (subsection 3.1.2.2), subject-specific 

tuning of the material parameter based on VLASTIC data is proposed.  
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 3.1.2.1 Generic material parameters estimated from data reported in the literature 

a) Skin 

Annaidh and colleagues provided data from the uniaxial tensile test performed on the skin 

sample harvested from the region of the sacrum (Annaidh et al. 2012). The corresponding 

stretch/stress curve (Figure 15, blue circle points) was used to fit the Yeoh constitutive 

parameters (Figure 15, blue line; (Fougeron et al. 2022)). A fitting is obtained with two 

coefficients only, namely C10=0.3 MPa and C20=1.9 MPa. Subject-specific tuning of the 

obtained for skin material model by updating C10 parameter according to VLASTIC 

aspiration measurements is detailed in the next section 3.1.2.2 (Figure 15, red line).  

 

Figure 15: 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 aspiration measurements.  
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b) Adipose tissue 

Miller-Young and colleagues provided the data from unconfined compression tests performed 

on adipose tissue sample harvested from the heel fat pad (Miller-Young, Duncan, and Baroud 

2002). The corresponding stretch/stress curve (Figure 16, blue circle points) was used to fit 

the Yeoh constitutive parameters (Figure 16, blue line). As for the skin, a fitting is obtained 

with two coefficients only, namely C10=0.7 kPa and C20=0.3 kPa. Subject-specific tuning of 

the obtained for adipose tissue material model by updating C10 parameter according to 

VLASTIC aspiration measurements is detailed in the next section 3.1.2.2 (Figure 16, red line). 

 

 

Figure 16: 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 aspiration measurements.  
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c) Muscle 

Gras and colleagues performed uniaxial tensile test on a harvested sternocleidomastoideus 

muscle (Gras et al. 2012). The corresponding stretch/stress curve (Figure 17, blue circle 

points) was used to fit the Yeoh constitutive parameters (Figure 17, blue line). In that case, 

three coefficients are required to fit the curve, namely C10=5e-3 MPa, C20=6.9e-2 MPa and 

C30=1.97 MPa.  

 

Figure 17: Curve fitting of muscle constitutive parameters presenting experimental data and 

fitted Yeoh model. 

d) Fascia 

Fascia constitutive parameters (C10=0.1 MPa, C20=0.18 MPa) are assumed from the 

experimental data that was collected and fitted by Astruc and colleagues (Astruc et al. 2018), 

from uniaxial tensile tests performed on the longitudinal sample harvested from posterior 

rectus sheath in the abdominal wall.  

3.1.2.2 Subject-specific tuning of the material parameter 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 estimate the linear part of the stretch/stress curves, at small strains levels. 

Moreover, as proposed in Briot et al. (Briot et al. 2022) for breast tissue, both skin and fat 
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stiffness can be estimated from local aspiration 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 aspiration tests using cups of various diameters. An inverse procedure 

based on a bi-layer FE model representing the aspiration test was employed to estimate the 

equivalent Young moduli. The optimization cost function is defined as a least square of the 

offset between the numerical and experimental results. Thickness of the top layer (skin) of the 

FE model is imposed based on the pre-measured values from the US B-mode images. 

Equivalent Young moduli of the skin and the adipose tissue (respectively    and   ) 

identified from the 36 pressure-volume experimental curves (4 cycles x 9 cup size) are 

provided in Table 6 for three successive acquisitions (with the imposed pre-measured skin 

thickness of 2.9 mm). Ratios of the moduli   /   for each acquisition are provided in the last 

column of Table 6. The average skin Young modulus is 37.7 kPa while for the adipose tissue 

average value is 1.8 kPa. The average ratio between skin and adipose values is 20.6. 

Table 6: Resultant Young's moduli evaluated with the aspiration device for the skin and 

adipose tissues and the ratio between them. Imposed skin thickness measured with US 

Acquisition Young‘s modulus, 

skin [kPa] 

Young‘s modulus, 

adipose tissue [kPa] 

Ratio 

1 35.1 1.9 18.5 

2 40.7 1.8 22.6 

3 37.2 1.8 20.7 

Mean 37.7 1.8 20.6 

 

In the case where the material can be assumed to be quasi-incompressible, which is mostly the 

case here since human soft tissue are mainly composed of water (see the 0.49 value chosen for 

the Poisson ratio), a direct relationship can be provided between the equivalent Young 

modulus and the first material parameter C10 ( 3 ): 

    
 

 
 

( 3 ) 

The generic C10 constitutive parameters of skin and adipose tissue as estimated above from the 

curve fitting process respectively conducted on the experimental data of Ni Annaidh et al. (Ní 

Annaidh et al. 2012) and Miller-Young et al. (Miller-Young, Duncan, and Baroud 2002), were 

therefore changed to the values provided by the in vivo aspiration measure, in line with ( 3 ), 

namely C10Skin=37.7/6=6.3 kPa and C10Fat=1.8/6=0.3 kPa. The corresponding changes have a 

consequence on the stretch/stress curve for skin an adipose tissue. The subject-specific new 

curves are drawn in red in Figure 15 and Figure 16 respectively. 

Table 7 synthetizes all the values for the constitutive parameters that are finally implemented 

in our subject-specific FE model. Skin, adipose tissue and fascia are represented by 2
nd

 order 

Yeoh model, therefore, four parameters are listed, while muscle tissue is represented by 3
rd

 

order Yeoh model, therefore, six parameters are shown in Table 7. 
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Table 7: Soft tissues material parameters implemented in the 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 

 

3.1.2.3 Material parameters of the indenter 

To simulate the indentation forces exerted on the sacrum, the indenter is modeled with a linear 

elastic model assuming a Young modulus of 200 GPa and a Poisson ratio of 0.3 (for 

simplification purpose, stainless steel grade 405 UNS S40500 material properties are used to 

model the indenter). 

3.1.3 External mechanical loading 

The vertical load of 11.9 N, 8 N, 6.1 N and 4.3 N was imposed through the indenter by adding 

dead-weights to the experimental setup.  

3.1.4 FE discretization and contact modelling 

The FE mesh was created with Hypermesh software, from the 3D surfaces extracted after the 

segmentation of the MR volume, and imported into ANSYS Mechanical APDL. Linear 

tetrahedral SOLID185 elements are used for adipose tissue and muscles, while skin and 

fasciae are approximated by shell elements SHELL181 with thickness of 2.9 mm and 0.5 mm 

respectively. Bending is 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 is fixed for all 

DOFs. Contact nodes between two types of soft tissues (for example between muscle and fat) 

are merged to avoid any complex sliding contacts between two tissue layers. A contact pair 

with frictionless standard behaviour of the contact surface and with finite sliding is defined 

between the indenter and the skin.  

One node on the top of the indenter was chosen as a pilot node (Figure 18 presents the 

boundary conditions applied to the indenter and to the sacral bone) for load application. A 

quasi-static analysis was run with two load steps, with displacement and load being applied to 

a pilot node: 1
st
 - displacement until the contact, 2

nd
 - 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); see Table 5, chapter II. 
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Figure 18: Boundary conditions shown on a transverse cut through the FE model 

3.1.5 Mesh sensitivity 

To study mesh convergence, a sensitivity analysis using five models with different mesh sizes 

was conducted.  Table 8 and Figure 19 provide the vertical displacements of the indenter 

when subjected to a 11.9 N load, for each of the five models; the displacement value was 

assessed as an absolute maximum value in the same slice for each model passing through the 

centre of indentation mark. As can be observed on Figure 19, a convergence is observed when 

the number of nodes increases.  
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Table 8: Synthesis of tested mesh sizes 

  3D tetra elements 2D shell elements  

Model Element 

size, 

[mm] 

Number 

of nodes 

Number 

of 

elements 

Number 

of nodes 

Number 

of 

elements 

Max Dz, 

[mm] 

M1 6 11164 43953 3988 7463 14.2 

M2 5 17777 73744 5761 10913 14.9 

M3 4 31320 138612 8814 16871 15.4 

M4 3 66464 315619 15610 30210 16.2 

M5 1.5 435424 2345687 61889 121757 17.4 

 

 

Figure 19: Maximal vertical displacement of the indenter [mm] vs total number of elements. 

Value was assessed as an absolute maximum in the same slice taken through the center of 

indentation mark. 

Model M5 with the finest mesh took approximately 2 days to compute, while relative change 

between vertical displacement obtained with M4 and with M5 is 7% with the relative change 

in the total number of elements representing soft tissues being 614%. Therefore, it was 

decided to use M4 mesh for future FE simulations. Figure 20 shows a transverse cross-section 

in the central region of the indentation for the model with the selected mesh size. 
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Figure 20: Transverse cut through the meshed model with the selected mesh size M4 

3.2  Post processing and model evaluation 

3.2.1 ANSYS simulation post-processing 

The vertical displacement of soft tissues (displacement distribution in the direction of Z axis) 

was first observed since it allows to have a global assessment of the model, to see if 

assumptions related to the selected material parameters resulted in an indentation similar to 

the one observed on MR images. A second interesting output of the FE simulation is the 

maximum shear strain ( 4 ) that was previously associated with tissue damage (Ceelen, 

Stekelenburg, Loerakker, et al. 2008; Ceelen, Stekelenburg, Mulders, et al. 2008).  

       
 

 
   (|     | |     | |     |) 

( 4 ) 

However, in terms of ANSYS simulation, elastic strain intensity is equated to maximal shear 

strain and defined as the largest of the absolute values ɛ1-ɛ2, ɛ2-ɛ3, ɛ3-ɛ1, where ɛ1, ɛ2 and ɛ3 are 

the principal Hencky (logarithmic) strains ( 5 ). This results in the value twice bigger than the 

classic definition of the maximum shear strain. 

                (|     | |     | |     |) 

( 5 ) 

For the remainder of the manuscript, all the values and results will be shown in terms of 

ANSYS definition of the maximal shear strain for the sake of simplicity. 

3.2.2 Plane of interest 

All figures below in this 3
rd

 chapter are plotted on the deformed shape of the model. Only soft 

tissues from the selected ROI are featured on a vertical transverse plane passing through the 
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center of indentation region. Figure 21 presents the location of the plane of interest (shown in 

red) on sagittal and frontal slices of the MR image. 

 
Figure 21: Red line marks the plane of interest on two MRI slices a) Sagittal slice; b) 

Frontal slice of the MR image 

3.2.3 Image registration procedure 

Many attempts have been made to use Digital Volume Correlation (DVC) for ex vivo 

assessment of tissue motion in the intervertebral discs (Tavana et al. 2020), in rodent lungs 

(Arora et al. 2021) and in vivo in human lower leg muscles (Yaman et al. 2013) and in the 

heel (Trebbi et al. 2021). More recently, Trebbi, Mukhina et al. (Trebbi et al. 2022) suggest 

that DVC could be used as a validation technique for the results of FE simulation based on 

MR medical images. Such a DVC technique allows to estimate the tissue internal 

displacements and associated strains that can be compared to the same entities predicted by 

the FE model. The full text of that paper is provided in APPENDIX 2. 

To extract 3D displacement fields associated with the different loading configurations, the 

algorithm based on the open source Elastix library (Klein et al. 2010) was used. The 

registration was performed between the fixed MRI volume (undeformed configuration, i.e. 

load case 0) and each moving MRI volume (loaded configurations, i.e. load cases 1-4).  

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 transformation were computed as those that 

minimized the distance between the bones in the fixed image and each moving image based 

on a manually defined mask (image segmentation) to indicate the bony region assumed 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). 

For such optimization, Advanced Normalized Correlation metric was chosen as the similarity 

measurement since both the fixed and the moving images were collected using the same 

modality. 

3.2.4 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 deformation gradient  : 
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( 6 ) 

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

            
 

 
    

( 7 ) 

And shear strain according to ANSYS terms of maximum shear strain (doudle of classic 

definition of maximum Hencky shear strain) was derived as follows ( 8 ): 

          (|     | |     | |     |) 

( 8 ) 

3.3 Results 

3.3.1 Measurements from DVC 

Figure 22 presents the result of the DVC for load cases L1-L4 for vertical displacement field 

Dz and shear strain. Displacement and strain fields are plotted with the same scale for 

comparison purpose. 

When the load decreased from configuration L1 to L2, highest values of the Dz reduced from 

17 mm to 13.2 mm. When the load further decreased to configuration L3, Dz reduced to 12.2 

mm. For the last load configuration L4, a vertical tissue displacement of 10 mm was observed. 

As concerns Hencky shear strain distribution, the highest values were achieved in the tissues 

located directly under the indentation. Maximum shear strain values decreased from 2.1 for 

load configuration L1 to 1.4 for load configuration L2, stayed almost equal to 1.4 for load 

configuration L3 and decreased to 1.1 for load configuration L4. 

 

Figure 22: Results of DVC for Dz and double Hencky shear strain. a) Load case 1 b) Load 

case 2 c) Load casse 3 d) Load case 4 
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3.3.2 Comparisons with ANSYS results 

Results of ANSYS simulations and DVC for each load case (L1-L4) are presented for 

comparisons in Figure 23-Figure 26. For a sake of comparison, the colour bar limits of each 

DVC measurement are set to be the same as they are in the corresponding ANSYS simulation. 

The displacement distributions are observed to have similar patterns for DVC and ANSYS 

simulations, which is a first interesting result of our FE modeling. The highest value of 

ANSYS vertical displacement is 16.2 mm for configuration L4 (vs 17 mm for DVC). It 

decreased to 13.8 mm for configuration L3 (vs 13.2 mm for DVC), 12.4 mm for configuration 

L2 (vs 12.2 mm for DVC) and 10.7 mm for load configuration L4 (vs 10 mm for DVC). 

As concerns Hencky shear strains, similar distributions are observed for DVC and ANSYS 

simulation, the highest values being located in the adipose tissue layer, directly beneath the 

indentation mark. For all load cases, it is interesting to note that maximum shear strain values 

are underestimated by the FE model. Maximum shear strain beneath the indentation is 1.2 for 

load configuration L1 (vs 2.1 for DVC). It decreased to 1 for L2 (vs 1.4 for DVC). For 

configuration L3, the value 0.9 is observed (vs 1.4 for DVC) and it decreased to 0.8 for L4 (vs 

1.1 for DVC). 

 

Figure 23: DVC vs ANSYS for evaluation of Dz and double Hencky shear strain, Load case 1 

(~1200 g) 
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Figure 24: DVC vs ANSYS for evaluation of Dz and double Hencky shear strain, Load case 2 

(~800 g) 

 

Figure 25: DVC vs ANSYS for evaluation of Dz and double Hencky shear strain, Load case 3 

(~600 g) 
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Figure 26: DVC vs ANSYS for evaluation of Dz and double Hencky shear strain, Load case 4 

(~400 g) 
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Chapter III conclusion 

This chapter focused on describing all stages of the subject-specific 3D FE model creation. 

First, the geometrical data was segmented from MR medical images collected in chapter II. 

Next, constitutive laws were defined for each soft tissue (skin, adipose tissue, fascia and 

muscle) based on the curve fitting of a Yeoh material on the experimental data previously 

collected in the literature. Material models for skin and adipose tissue were then updated with 

a subject-specific value for the C10 coefficient of the Yeoh constitutive law. This new value 

was derived from the Young moduli experimentally identified in vivo with the VLASTIC 

device (for the details of the experiment the reader is referred to chapter II). Model boundary 

conditions and four different load configurations (L1-L4) were described. Then, a mesh 

sensitivity study is performed to define mesh size.  

The post-processing section of this chapter focused on two quantities of interest: the 

maximum vertical displacement of soft tissues and the maximum shear strain. Displacement 

was studied as an initial evaluation of the model while shear strain was observed in details as 

this parameter was previously associated with a risk of tissue injury (Ceelen, Stekelenburg, 

Loerakker, et al. 2008). 

Digital Volume Correlation based on image registration was introduced as a possible tool for 

model validation. Such a measurement could indeed be used to identify the displacement 

fields between the undeformed configuration (L0) and each of the deformed configuration 

(L1-L4) is described. 

Comparison of DVC tissue displacements with results provided by the FE model showed that 

maximum values as well as the displacement distribution field are estimated quite accurately 

for all load cases, with a relative change being less than 5% for load configurations L1-L3 and 

7% for load configuration L4. This is a first level of validation that is quite interesting since 

the FE model is controlled in force (with loads values measured by our MR-compatible 

device) rather than in displacement. Getting such small differences between measurements 

and simulations is therefore quite encouraging in this framework.  

As concerns shear strains, a similar distribution pattern was observed in ANSYS and DVC, 

with in both cases regions of the highest values located beneath the indentation mark. 

However, high differences were observed for the absolute maximum values of shear strains 

between both cases, going up to 43% for load configuration L1. There are several reasons that 

could be causing that. First, the positioning of the indenter in the model could have introduced 

inaccuracies since it is done manually. Then, we could still question the accuracy of the DVC. 

This technique previously showed good results in application to other body regions. However, 

it is very dependent on the initial image quality and due to experiment restrictions described 

in the conclusion of chapter II, image quality is quite reduced in our case. In particular, 

getting Hencky strain values larger than 2 is highly questionable: see for example the study of 

Napadow et al. (Napadow et al. 1999) who have measured a maximum Green Lagrange strain 

of 2 on tongue tissues (assumed as highly deformed) which corresponds to a Hencky strain of 

0.8, much smaller than the value 2 obtained with our images. On the other hand, 3D FE 

simulation resulted in the maximum shear strains corresponding to 1.2 maximum shear 

Green-Lagrange strain in classic formulation. This value is higher than 0.75 tissue damage 

limit reported by Ceelen et al. (Ceelen, Stekelenburg, Loerakker, et al. 2008) for the same 

parameter. 
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This part of the study had some limitations in the definition of the FE model. First of all, the 

segmentation of the geometrical data is performed manually, which could have added 

inaccuracies in the model. Fasciae are presented as a layer with assumed thickness of 0.5 mm, 

while in reality it is a network of connected tissues.  

Another limitation is the choice of the subject-specific material properties. The experimental 

data is limited to the identification 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. This approximation has for sure a consequence since biological tissues located in 

the different areas of the human body adapt to the experienced loads and, therefore, could get 

different material properties according to their location. Another parameter chosen to 

represent the incompressibility of the material is Poisson ratio. Such a parameter can have 

strong consequences as concerns the results of the simulations. As it was shown in the 

literature review of previous FE models (chapter I), the choice for Poisson ratio varies 

between studies. It is important to note that even a small change of Poisson ratio from 0.49 to 

0.495 results in d (incompressibility parameter) being twice less, with results of the simulation 

that can be highly affected (in the tested example the difference was 14% for vertical 

displacement).  
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CHAPTER IV. Using US-based FEA for the assessment of the risk 

of sacral PU: Is a 2D-based model reliable enough for the 

estimation of the displacement field? 

The estimation of the internal soft tissue strains in at-risk clinical situations using MR-based 

3D FEA is currently hindered by costly acquisition, reconstruction and computation times. 

Ultrasound (US) imaging is a promising candidate for the clinical assessment of both 

morphological and material parameters. In a previous collaborative study detailed in 

APPENDIX 3 to which I participated, we investigated the feasibility of assessing clinically 

relevant geometrical parameters using US-based imaging for the direct estimation of 

geometrical and material parameters in the sacral region. A bedside B-mode US and SWE 

protocol was designed for the evaluation of bone geometry, tissue morphology and 

mechanical characteristics over the sacrum. Reliability and reproducibility of this protocol 

were tested on a healthy young adults group (N=19). The protocol was then applied on a 

group of healthy older people (N=11) to assess for clinical feasibility. The study highlighted 

the need for further refinement of the protocol to improve reliability.   

Based on the rationale that US 2D imaging is a promising candidate to substitute MR 3D 

imaging, we propose, in this chapter, a 2D FE model of the sacrum to simulate the mechanical 

response under compression loading. The proposed methodology is evaluated by comparing 

the response provided by the proposed 2D FE model to the one predicted by the MRI-based 

3D FE model previously developed in chapter III.  

The first section of this chapter introduces input data and modelling assumptions for the 

geometry, material properties and boundary conditions. The second section presents 2D 

simulation results for each of the four load cases studied in chapter III. Two kind of results 

will be studied in particular here: the distribution of the vertical tissue displacement and the 

distribution of the shear strain defined as an elastic strain intensity. These results will then be 

compared with the simulations provided by the 3D model. 

4.1 Preparation of the 3D FE Model 

4.1.1 Personalized geometrical model  

The US data acquired with the SL10-2 linear probe transducer (Aixplorer, SuperSonic 

Imagine, France) in the undeformed configuration in chapter II was limited in terms of field 

of view of US imaging and didn‘t allow to visualize the whole soft tissue thickness. It was 

therefore decided to discard this 2D US image. To circumvent the problem and to propose a 

way to collect 2D data to build the 2D FE model, a transverse slice of the unloaded MR 3D 

image passing through the center of the indentation was used as an initial undeformed state. 

The procedure proposed to define the region of interest for the construction of the FE 

geometrical model from the MR image is summarized in Figure 27 below. First, a 2D 

transverse MRI slice in the undeformed configuration was selected at the center of the 

indentation mark. In Figure 27(a), the slice for the unloaded (L0, 0 N) and fully loaded (L1, 

11.9 N) configurations are superposed. Second, an area of interest corresponding to a field of 

view of the US probe was selected and plotted for L0 and overlapping L1 in Figure 27(b). 

Figure 27(c) shows only the unloaded image used as a basis for segmentation. Points 

delimiting skin, adipose tissue, fascia, muscle and bone were selected with MATLAB. An 

ANSYS geometric input file was written automatically by the MATLAB script with the 
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selected points being connected by B-spline. To represent an indenter, a rectangle was 

modeled with a fillet of 2 mm. 

 

Figure 27: a) Transverse slice of the MR image chosen at the center of indentation mark: 

overlapping images of L0 (unloaded) and L1 loading configurations b) Selected region of 

interest: overlapping images of L0 and L1 c) Unloaded configuration L0 only. 

The segmented area containing skin, two layers of adipose tissue, two sets of fascia and 

muscles is shown in Figure 28. From that segmentation, a 2D FE model was generated and 

extended by 5 cm to both directions to diminish edge effect from the results of the simulation 

(Figure 28(b)). 

 

Figure 28: a) Segmentation process in MATLAB b) Regions of the corresponfing 2D FE 

model, from top to bottom: probe modeled as an indenter, superficial adipose tissue, deep 

adipose tissue and muscle layer 

4.1.2 Constitutive modelling and calibration 

Two scenarios were tested with this 2D FE model: (1) using the results of the calibration  

procedure proposed in chapter III assuming a Yeoh hyperelastic constitutive law that was 

previously used in the literature to model soft tissues (Fougeron et al. 2022) and based on 

VLASTIC data collected in chapter II, (2) calibrating an Ogden hyperelastic constitutive 

model based on a custom made load sensor attached to the ultrasound probe as proposed in 
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(Fougeron et al. 2020). For more details regarding the second approach, the reader is referred 

to the abstract published as part of the conference proceedings in APPENDIX 4. Since the 

objective of the current chapter is to compare 2D and 3D FE models, only the results of the 

first approach will be presented further in the text. 

4.1.3 External mechanical loading 

The vertical loads imposed to the 2D model via the indenter were the ones recorded during the 

MR experiment, namely 11.9 N, 8 N, 6.1 N and 4.3 N. 

4.1.4. FE discretization and contact modelling 

ANSYS PLANE 182 elements with plane strain assumption and using a mixed U-P 

formulation were chosen to represent the adipose and muscle tissues. To model skin and 

fasciae, LINK 11 elements were chosen as a 2D equivalent of the membrane-like SHELL 181 

element used in the 3D model. For comparison purposes, the same element size (3 mm) as 

those defined for the 3D model were imposed for the soft tissues. As a result, the FE mesh 

consisted of 1194 PLANE 182 and 160 LINK 11 elements. At the bottom of the 2D model 

(figure 29), the nodes in contact with the edges of the sacral bone were assumed fixed for all 

degrees of freedom. As a first approximation, all tissues were tied together to avoid the 

definition of internal contacts (like the ones occurring between fascia and adipose or muscular 

tissues). The US probe was fixed on both sides in the X direction and was able to move in the 

Y direction only. A contact pair was defined between this probe and the skin layer. 

A quasi-static analysis was run with two steps: first, an initial displacement of the probe to 

come into contact with the skin and second, the force being evenly distributed between the 

nodes located on the top of the probe. A load of 11.9 N was applied for the model of Load 

case I (L1); 8 N for the model of Load case II (L2); 6.1 N for the model of Load case III (L3) 

and 4.3 N for the model of Load case IV (L4). Figure 29 shows boundary and loads 

conditions on the 2D meshed model. 
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Figure 29: Boundary conditions plotted on a meshed model (PLANE elements in grey, LINK 

elements in magenta). The edges of the bone were fixed for all degrees of freedom (in blue); 

US probe was fixed on the sides (in blue) in X direction and the force was applied to the top 

surface of the probe (red arrows). 

4.1.5. Post processing 

One of the limitations of the FE simulations is the risk to generate artificial strain 

concentrations due to mesh size or geometrical non-regularity. To overcome this risk, it was 

decided to analyze a local maximum value of the relevant region of the elements inside the 

soft tissues instead of the absolute maximum value. 

4.2 Comparison of the results with the ones provided by the 3D model 

Figure 30-Figure 33 show the comparisons between the results of the 2D model (left column) 

and 3D model (right column) for vertical displacements and shear strains fields for load cases 

L1-L4 correspondingly. As said earlier, only the results of the 2D model with the personalized 

Yeoh constitutive law proposed in chapter III are provided for comparison with results of the 

3D model. 

Displacement fields obtained with 2D and 3D models have similar patterns. However, for all 

four load cases, the vertical displacements of soft tissues were overestimated by the 2D model 

with a relative error being 30%: load case L1 (21 mm for 2D model vs 16.2 mm for 3D 

model); load case L2 (17.9 mm vs 13.8 mm); load case L3 (16 mm vs 12.4 mm) and load case 

L4 (13.9 mm vs 10.7 mm). 

Local shear strain concentrations were observed in the 2D model in the superficial and deep 

layers of adipose tissue. Higher maximum shear strain values were observed in the 2D model 

as compared to the 3D one. However, the maximum shear strain values in the 2D model occur 

locally, at the corner region of the contact with the probe. To avoid focusing on such local 

maximum value, a maximum value of the relevant area of the elements inside the soft tissues 
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was analyzed. For load configuration L1 value was 1.2 (vs 1.2 for 3D model), decreasing to 

1.1 for load case L2 (vs 1 for 3D model); for load case L3 it was 1 (vs 0.9 for 3D model) and 

for Load case L4 it was 0.9 (vs 0.8 for 3D model).  

 

Figure 30: Vertical displacement (top row) and shear strain (bottom row) for 2D model (right) 

and 3D model (left), Load case I (~1200 g) 

 

Figure 31: Vertical displacement (top row) and shear strain (bottom row) for 2D model (right) 

and 3D model (left), Load case II (~800 g) 
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Figure 32: Vertical displacement (top row) and shear strain (bottom row) for 2D model (right) 

and 3D model (left), Load case III (~600 g) 

 

Figure 33: Vertical displacement (top row) and shear strain (bottom row) for 2D model (right) 

and 3D model (left), Load case IV (~400 g) 
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Chapter IV conclusion 

Assuming the 2D US images will get a better quality than the one we were able to record here 

(with a full visualization of the whole soft tissue thickness), B-mode US still remains a 

promising candidate to substitute MR imaging. It should indeed allow to obtain a subject-

specific anatomical data, while being much more accessible and less costly than MRI. 

Nevertheless, the main limitation of B-mode US is the 2D modality, which does not account 

for the out-of-plane tissue motion (non-negligible assumption). Chapter V will propose an 

experimental characterization of sacral soft tissue motion, to estimate the discrepancy between 

tissue motion assessed using a 2D imaging modality (echography) versus tissue motion 

assessed using a (reference) 3D imaging modality (Magnetic Resonance Imaging), in order to 

inform on the relevance of 2D US-based measurements for pressure ulcer risk assessment. 

This chapter focused on the development and the evaluation of a methodology for building 2D 

US-based FE model of the sacrum for simulating the mechanical response under controlled 

compressive loading. Due to the limited field of view of US imaging, the whole soft tissue 

thickness in the unloaded configuration could not be properly assessed. As a result, a 2D 

transverse slice of the MR volume was used for defining the geometry of the 2D FE model. A 

side study on the possible clinically relevant direct sacral PU risk assessment with US based 

on the geometrical parameters that are fed into FE model was described in APPENDIX 3. 

Results show that the 2D FE model overestimates the mechanical response by up to 13% of 

relative difference between the maximum shear strain values obtained with 3D MRI-based 

model and 2D US-based model. Possible explanations beside 2D modality are 1/ the 

assumptions on the boundary conditions on the lateral displacement of the soft tissues (the 

extension by 5 cm on both sides in the 2D model to diminish edge effects that is probably not 

sufficient) and 2/ the plane strain assumption. These will be further investigated in perspective 

work. The model sensitivity check to the extension size on both sides (5 cm in this case) was 

not performed and will also be a part of the perspective work. The maximum values of shear 

strains were observed in the superficial adipose layer and skin in both models. To investigate 

the impact of the 2D modality, the portion of the tissue motion directed out of the 2D plane to 

the one observed in-plane will be characterized in chapter V. 
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CHAPTER V. Impact of out-of-plane soft tissue motion under 

compressive loading 

Because of the significant challenges associated with the in situ measurement of both loading 

and tissue motion using medical imaging in clinical routine, the objective of this chapter was 

to exploit the experimental data collected in chapter II to characterize sacral soft tissue 

motion under a controlled mechanical loading to experimentally estimate the discrepancy 

between tissue motion assessed using a 2D imaging modality (echography) versus tissue 

motion assessed using a (reference) 3D imaging modality (Magnetic Resonance Imaging) to 

inform on the relevance of 2D US-based measurements for pressure ulcer risk assessment.  

First section of the chapter summarizes the procedure proposed for the data post-processing of 

the experimental data. It starts with obtaining displacement fields for all load cases from the 

analysis of collected MR images using DVC technique described in chapter III. The 

construction of the US plane (the slice that was expected to be obtained if simultaneous US 

acquisition had been possible) and the assessment of the uncertainty of plane‘s definition are 

then detailed. Region of interest was specified, and the parameters used to describe the out-of-

place tissue motion (the ratio   of the norm of the out-of-plane displacement component to 

the norm of the in-plane component and the norm ratio   of the norm of out-of-plane 

component to maximum in-plane component) are also described. The second section presents 

the salient results obtained in terms of in-plane and out-of-plane tissue motion for all load 

cases. 

The work presented in this chapter has been recently peer reviewed and published in the 

Journal of Tissue Viability (DOI: 10.1016/j.jtv.2022.09.007). 

5.1 Data Analysis 

Based on the displacement fields computed by DVC, a post processing was performed to 

estimate the out-of-plane tissue motion. In-plane directions correspond to a plane of view of 

the US probe, in our case, a transverse slice through the center of indentation. US image is 

very dependent on the inclination of the probe; therefore, a verticality check of the US image 

plane was performed to insure the reproducibility of the indenter position.  

5.1.1 Construction of the US plane from the reflective marker 

The ultrasound image plane (referred to afterwards as ―US plane‖) was constructed as 

follows: First, two points A and B were manually selected on the posterior side of the 

reflective marker (Figure 34 b) on a sagittal slice of the MR volume and used as construction 

points to define a temporary unit vector    . The reflective marker was glued to the indenter 

surface inclined by 12.1° with respect to the middle transverse plane of the indenter (Figure 

34 a). A corrected    was therefore defined corresponding to a rotation of the vector     so 

that it lies in the plane parallel to the transverse plane of the indenter. Then, four points C, D, 

G and H were selected on the superior and inferior sides of the indentation mark on a frontal 

slice of the MR volume where the mark was visible as illustrated in Figure 34 c below. They 

were used to define a temporary unit vector     passing through the midpoints of the line 

segments connecting C and D and G and H respectively (Figure 34 c). Third, a unit vector    

perpendicular to the plane containing the vectors    and     was defined as the result of the 
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cross product (   x    ). A new vector    perpendicular to both    and    was then defined as 

(   x   ). 

 

 

Figure 34: a) Sagittal view of the 3D printed indenter, green arrow points at the reflective 

marker; b) Sagittal slice, the red dotted line is aligned with the reflective marker; c) Frontal 

slice of the MR image. 

The US plane was assumed to pass through the middle of the thickness of the piezoelectric 

transducers. The thickness of the indenter is estimated by selecting 2 points E and F in the 

same sagittal slice of the MR volume previously defined (Figure 34 b). The origin of the US 

coordinate system (US CSYS) was established at the mid-point A‘ of the line segment joining 

E and F. Finally, the homogeneous matrix   of the US CSYS was defined as follows ( 9 ): 

  [

             
 
 

             
 
 

             
 
 

                

] 

( 9 ) 

5.1.2 In-plane and Out-of-plane displacements quantification 

To characterize the in-plane and out-of-plane displacements, the displacement field resulting 

from the 3D Image registration procedure defined in chapter III was separated into Y-Z (in-

plane) and X (out-of-plane) directions in the loading coordinate system (MRI CSYS).  

Two parameters were identified as follows ( 10 ) to quantify the out-of-plane displacements: 

First, for each voxel located in-plane, the ratio   of the norm of the out-of-plane ‖  ‖ 

component to the norm of the in-plane component ‖   ‖ was computed. Second, the norm 

ratio   of the norm of out-of-plane component ‖  ‖ to maximum in-plane component 

    (‖   ‖) throughout the whole image was defined. 

( 10 ) 

𝑅  
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5.1.3 Regions of interest 

Two regions of interest were defined. The first one, called ROI1, was defined in the vicinity 

of the indentation for the visualization of the displacement field in the soft tissues located 

above the bony prominence around the indentation zone as depicted in Figure 35 a. 

The second, called ROI2, was defined for the evaluation of the out-of-plane displacement 

according to the definition of ratio   and norm ratio  . ROI2 was defined based on the data of 

load case 1 by selecting the region with the norm ratio values N higher than 0.3. This ROI2 

was kept the same for the other load cases as well. An example of ROI1 and ROI2 is given in 

Figure 35. 

 

Figure 35: Two regions of interest. a) Both ROI1 and ROI2 are shown on a transversal MRI 

slice; b) ROI1 (top) and ROI2 (bottom); c) the norm ratio N for the load case 1 plotted for 

ROI1 (top) and ROI2 (bottom). 

5.1.4 Assessment of the uncertainty associated with US plane definition. 

To assess the uncertainty associated with the definition of the US CSYS, the points A, B, C, 

D, E, F, G, H were selected 10 times and the associated US CSYS were recalculated. The 

orientation matrix of the relative angular position of each US CSYS to that of the global MRI 

CSYS was then calculated. The decomposition of the rotation matrix was done using the YXZ 

rotation sequences of Cardan angles (MRI CSYS is shown in Figure 36). The rotation of the 

indenter from the vertical axis was assessed as the angle around the Y axis. 

5.2 Results 

5.2.1 Uncertainty in quantification of US image plane definition. 

The mean difference in the relative angular position of each US CSYS to the vertical direction 

of the global MRI CSYS is 4.4° (range: [3.0°, 5.8°], standard deviation ± 1.2°).  

5.2.2 Displacement fields 

5.2.2.1 In- and out-of-plane displacements quantification 

The in-plane and the out-of-plane displacements distributions in the ROI1 decomposed in 

MRI CSYS are shown in Figure 36 for each load case. The same limits were set for all 

displacement fields. The MRI CSYS was defined with Y and Z being the in-plane directions 

and X being the out-of-plane direction (Figure 36: first and second rows for in-plane and last 

row for out-of-plane correspondingly). A quiver diagram was also drawn to illustrate the 

combined in-plane displacement distribution in the tissues. 
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Figure 36: a) MRI CSYS; b) In-plane Y displacements in the top row; the Z in plane 

displacements in the second row; the quiver showing the combined in-plane displacements 

distribution in the third row, and in the last row the out-of-plane X displacements plotted in 

[mm]; ROI1, L1 (~1200 g) c) L2 (~800 g) d) L3 (~600 g) e) L4 (~400 g). 

Table 9 summarized the displacement values for each of the four load cases. When the load 

was decreased from configuration L1 (~1200 g) to configuration L2 (~800 g), the tissue 

displacements estimated using DVC in the ROI1 decreased in the Z direction and, on the 

contrary increased in both the Y and X directions. 

When the load was decreased from configuration L2 (800 g) to configuration L3 (600 g), as 

well as from configuration L3 (600 g) to configuration L4 (400 g), the tissue displacements 

estimated using DVC decreased in all 3 directions.  

Table 9: Summary of the maximum displacement values in each of the directions for the four 

load cases 

Load case Max Dx, [mm] Max Dy, [mm] Max Dz, [mm] 

L1 12.4 14.6 17 

L2 14 16.1 13.2 

L3 12.3 15.8 12.2 

L4 10.7 13.7 10 
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5.2.2.2 Parameters of interest to quantify the out-of-plane displacement 

The first two rows of Figure 37 present the norm distribution N in MRI CSYS on each load 

case L1 - L4 in the ROI1 and ROI2. The ratio R parameter is shown in the ROI2 in the last 

row. The ratio values increased after the decrease in the load from L1 (~1200 g) to L2 (~800 

g). For all load cases, more than half of the voxels have the ratios of the out-of-plane 

displacement values higher than 0.6. For load cases L2 - L4 the values equal to or higher than 

1 were observed in a quarter of the voxels of ROI2.  

 

  

Figure 37: Norm N and ratio R of the out-of-plane displacement, ROI2: a) L1 (~1200 g); b) L2 

(~800 g); c) L3 (~600 g); d) L4 (~400 g). 
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Chapter V conclusion 

The objective of this chapter was to characterize the sacral soft tissue out-of-plane 

displacements using a custom-made MRI-compatible setup under a realistic US transducer 

loading. This is an important question because the experimental assessment of the internal 

tissue deformations could reveal the individual PU injury risk. However, the assessment with 

accessible, low cost, and real-time techniques such as 2D B-mode US could be biased by 

possible out-of-plane motion. 

Preliminary results obtained on N=1 healthy volunteer confirm that, for the selected region of 

interest and chosen loads, the tissue out-of-plane movement is important. The verticality of 

the US CSYS was also checked: the mean (±SD) value of the angle of interest was 4.4° 

(±1.2°). 

Results showed that the ratios between the out-of-plane and in-plane displacements were 

higher than 0.6 for more than half of the voxels in the ROI2 for all load cases and higher than 

1 for L2-L4 for a quarter of the voxels. The inverse correlation between the ratio parameter 

and the load could be explained by the expulsion of the fluid from the tissues under high 

deformations. The area of the high norm of the out-of-plane displacement values (more than 

0.3 for L1) is theorized to be limited by the possible shielding effect of the fascia layer located 

in the adipose tissues. 

The variation in the behaviour of the soft tissues in response to the reduction in the load from 

L1 to L2 was observed in different directions. The displacement in the direction of the loading 

decreased with the decrease in the load, while in two other directions, the values for L2 were 

higher than the ones for L1. One possible explanation could be the residual deformation left in 

the tissues. 

Several limitations have been identified as a perspective work such as the lack of clinically 

relevant loading and the inclusion of only one healthy subject. The conclusions of this 

preliminary study should therefore be considered specific to this application and further work 

aiming at generalizing these results needs to be performed. However, the results suggest that 

the 2D US should be used with caution for the evaluation of tissue motion under compression. 

  



79 

 

General Conclusion  

PU is a condition often affecting people with reduced mobility: elderly, people with disability 

and those who have to undertake heavy surgeries. When pressure injury occurs, it may have 

an important effect on the psychological state and Quality of Life of the affected individual. In 

addition, it has been reported in the literature that the management of PU represents an 

important financial burden to a health-care system. Preventive PU handling would thus be 

beneficial to all concerned actors.  

Chapter I focused on a comprehensive literature review of the previous research related to 

PU etiology and the development of tools to help decision-making based on these findings. 

First, the most common body locations for pressure injury, associated tissue composition and 

organization, and injury stages have been introduced. Current prevention techniques 

implemented in clinical routine include various risk assessment scales, the use of specific 

supporting systems like mattresses and cushions, visual skin assessment and frequent 

repositioning. In many clinical settings, medical professionals use different combinations of 

these techniques to provide a personalized care. However, an objective parameter that could 

be used as a predictor for pressure injury development would be beneficial: time and 

resources of healthcare professionals could then be on those presenting the most risks. To 

investigate PU etiology, numerous experiments have been conducted starting from the cellular 

level (Breuls et al. 2003; C. V. C. Bouten et al. 2001) to animal experiments (Ceelen, 

Stekelenburg, Loerakker, et al. 2008; Loerakker et al. 2011) and human studies. At least two 

main mechanisms of PU onset have been identified: ischemia/reperfusion injury under 

moderate sustained loading (Loerakker et al. 2011) and direct cell damage under high 

intensity loading (Gefen et al. 2008). To address the risk related to external mechanical 

loading, several numerical models have been developed to attempt to link the risk of pressure 

injury with the high strains observed in soft tissues. In an ideal world (beside the fact that PU 

would not exist), 3D imaging modalities like MRI or CT scan would allow to get a thorough 

information on the soft tissue geometry for building patient-specific FE model. These medical 

imaging means are unfortunately not easily accessible for prevention purpose. On the other 

hand, 2D B-mode US imaging is available in most clinical routine imaging technique but 

provides data with different features. 

A gap in the literature has been identified, which supported the objective of this PhD project: 

the development and evaluation of a 2D US-derived FE model as a substitute for a 3D MRI-

derived FE model for personalized PU risk assessment. 

As a first step towards this objective, an MRI-compatible experimental setup was conceived 

allowing both US and MRI geometry data collection with a controlled loading. The thorough 

description of this setup and acquisition steps were provided in chapter II. A 3D printed copy 

of the US probe was used as a surrogate for indentation for an MRI acquisition. Compressive 

loads were applied through the indenter with pre-measured weights in four load steps. In the 

case of the MRI acquisition, a fully unloaded and four loaded configurations were collected, 

by progressively decreasing the load (note that the unloaded configuration was imaged prior 

to imaging the volunteer in the different loaded configurations). However, after post-

processing, it became apparent that due to the viscoelastic properties of soft tissues and 

limited amount of time between the acquisitions it would be more beneficial to collect the data 

by progressively increasing loads. This could be a perspective for this work.   

Given the inter-individual variability of tissue mechanical properties, a personalized 

assessment of the constitutive parameters in vivo is paramount in order to feed models that can 
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accurately predict the finite-strain behavior of biological soft tissues. In the second half of 

chapter II we focused on the identification of the elastic properties of the skin and adipose 

tissues based on pressure-volume experimental data collected with an aspiration device at the 

sacral region. The main limitation of this section is that the experimental work was limited to 

a single healthy volunteer. Given the large inter- and intra-individual anatomical variability 

and tissue mechanical properties, further investigations are required to consolidate the 

conclusions that will be obtained in this PhD work. 

The next step was the development of the sacrum 3D FE model, which was described in 

chapter III. An MRI scan in the unloaded configuration collected during the first experiment 

from chapter II was used as a basis for model geometry. Material properties were chosen 

based on the approximation of the experimental data from the literature by a non-linear 

hyperelastic Yeoh material model for skin, adipose tissue, fascia and muscle. Generic material 

models for skin and adipose tissue were personalized using the Young‘s moduli estimated by 

the inverse calculations on the pressure-volume curves (second experiment from chapter II). 

Mesh sensitivity analysis, chosen mesh size and boundary conditions were introduced in the 

chapter. DVC technique was introduced as a possible tool for evaluating the FE model 

(Trebbi et al. 2022).  

In the second half of chapter III, the results of the 3D FE simulation were compared with the 

results of DVC, showing that maximum values and displacement distribution fields were 

approximated by the FE simulation quite accurately for each of the tested load cases with a 

relative change being less than 7%. On the other hand, much higher absolute maximum values 

(up to 43% difference) of the shear strains were predicted by the results of DVC compared to 

the ones observed with 3D FE model. This raises questions not only about the accuracy of the 

FE model, but also of the feasibility of using the DVC technique itself for our application: for 

one of the load cases, the strains estimated by DVC were higher than the ones reported in the 

literature for a highly deformable tissue (i.e. the tongue in Napadow et al. 1999). A possible 

reason behind this could be a lower quality of the initial images. Other limitations of the 

modeling included the manual segmentation of the medical image and the choice of the 

material properties. Specifically, judging from the simulation results, a sharp change between 

the elastic properties from adipose tissue to muscle enabled that the muscle tissues stayed 

mostly undeformed, whereas the results of the DVC did not show such a sharp change in 

behavior between tissues. 3D FE simulation for the load case with highest load resulted in a 

1.2 maximum Green-Lagrange shear strain. This value is higher than the 0.75 value identified 

by Ceelen et al. (Ceelen, Stekelenburg, Loerakker, et al. 2008) as an injury limit. Thankfully, 

in our case, the highest load was applied only for 10 minutes and high strain values were 

observed in a thin tissue layer only. 

In the second part of the manuscript, we explored the capacity of an US-derived 2D FE model 

to simulate the mechanical response of sacral soft tissues under compression loading. The 

development of the methodology and evaluation against the response predicted by the MRI-

based 3D FE model were described in chapter IV. One of the limitations was the following: 

due to US restrictions described in that chapter, a transversal slice of an unloaded MRI image 

had to be used for tissue segmentation and 2D FE analysis. Load and boundary conditions, 

material properties and mesh type and size were chosen in line with the ones previously 

defined in chapter III. Comparison between the results predicted by 2D and 3D FE 

simulations showed that for all four load cases the 2D model overestimated the maximum 

vertical displacement by up to 30%. The local strain concentrations due to numerical non-

linearities were excluded. Resulting shear strains were overestimated by the 2D model by up 

to 13% in relation to the 3D model. Several possible explanations of that behavior of the 2D 
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model were identified and discussed: (1) the extension of the geometry and fixed boundary 

conditions to the sides of the model and (2) the hypothesis of a plane-strain formulation. The 

perspective work will include the data collection with a US probe allowing to visualize tissues 

in the unloaded configuration. Possible ways to tackle this challenge could include (1) testing 

different available US probes and (2) aiming at only the partial data collection on the 

geometry of the sacral vertebra (instead of the full length) allowing to reduce the tissue 

thickness for visualization. 

The last chapter V of the manuscript aimed at addressing one of the limitations identified in 

chapter IV: how much information on soft tissue motion is omitted when the 3D modality is 

reduced to a 2D modality? For this purpose, the MRI data acquired in chapter II was 

processed to separate the tissue motion into the components acting in plane that could be 

observed by the 2D US and the ones in the out-of-plane direction. Preliminary results 

obtained for one healthy individual indicated that the ratios between the out-of-plane and in-

plane displacements were higher than 0.6 for more than half of the voxels in the selected 

region of interest. Additional work should be performed to confirm this observation on more 

subjects, but the preliminary results suggest that the 2D modality should be used with caution 

for the evaluation of soft tissue motion in the sacral region. An alternative would be to explore 

the possibility of using 3D US. 

One of the limitations of the loading scenario explored throughout this work was the fact that 

the artificial loading was performed on the sacrum region while the participant was lying in 

the prone position, which does not correspond to the clinically relevant situation. As a step 

towards modelling the clinically relevant loading, a preliminary work was performed on 

collection of the pressure maps for two subjects in recumbent and sitting positions. Details of 

this work are provided in APPENDIX 5. Our work highlighted the difficulty of exposing the 

sacral vertebra to the load in some of the healthy volunteers due to the developed muscles and 

sufficient thickness of soft tissues in the region, while the most at-risk population often suffers 

from the reduced mobility and, therefore do not have the same tissue organization as healthy 

individuals.  

In practice, surface loads at the skin/support interface have components in both normal (i.e. 

pressure) and tangential (i.e. shear) directions. Both have been reported to be detrimental to 

the soft tissues and cause soft tissue breakdown (Ming Zhang and Roberts 1993). In this PhD 

work, the mechanical response of sacral soft tissue under external pressure was investigated. 

Yet, the contribution of shear forces to soft tissue health in the sacral region should not be 

understated, particularly considering that shear stresses are unavoidable in many hospital bed 

protocols. A perspective work is to extent the current work to account for the impact of shear 

forces on the risk of pressure ulcer in the sacral region. 

To conclude, this project aimed at evaluating the reliability of using a 2D US-based FE model 

as an alternative to 3D MRI-based FE model for the assessment of the subject-specific risk of 

PU development. This objective was met, highlighting future directions of the research 

towards the exploration of 3D US modality, further personalization of the constitutive models 

representing the soft tissues and subjecting the FE model to the clinically relevant loading. 
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Executive 
Summary 

This report describes the estimation of the skin and adipose tissue 
stiffnesses for two subjects by two different methods: with an aspiration 
device and with shear wave elastography.  

 

Estimation of Skin Elasticity for Various Subjects  

The global aim of the ESR9 project was set to examine the possibility of using ultrasound-based 
Finite Element (FE) models for the evaluation of the mechanical response of soft tissues in 
clinically relevant situations as a representative of the subject-specific risk of PU development in 
the pelvic region. Yet, the use of FE models in a framework compatible with clinical constraints is 
hindered by, amongst others, heavy and time-consuming assessment of material properties. The 
objective of this deliverable was to build upon new and unique opportunities offered by both the 
Volume-based Light Aspiration device for in vivo Soft TIssue Characterization (VLASTIC [1]) and 
Shear Wave Elastography for the identification of the passive material properties of soft tissues of 
the sacral region. As a perspective, these values could be used as input data for modelling the soft 
tissues in a FE model of the sacral region to predict contact interactions between a body part and 
a medical device in case of both passive and active uses. 

1. Introduction 

Sustained internal tissue loads (mechanical strains and stresses) which develop during immobile 
weight-bearing postures such as while in bed or in a chair have been identified as a fundamental 
cause for the onset and progression of pressure ulcers (PUs), particularly of the deep tissue injury 
(DTI) type [2], [3]. FE modelling has been proposed and efficiently employed to simulate tissue 
loads in the buttocks - the main weight-bearing anatomical structure during sitting. It has been 
shown that the soft tissue response to the mechanical deformations is highly dependent on the 
constitutive parameters assumed for the model, especially, for adipose and muscle tissues [4]–[6]. 
The personalisation of material properties is a highly challenging bottleneck for the whole 
community.  

As a matter of fact, most of the studies in the literature use non-personalised constitutive 
parameters identified from ex vivo tests performed on either animal or human soft  tissues [7]–
[10]. This method allows a controlled testing environment. However, it does not allow to consider 
subject-specific properties which could vary a lot and, at the same time, could have an important 
effect on the tissue susceptibility to loading.  

As an alternative, several groups have proposed to use inverse methods to identify subject-specific 
in vivo constitutive parameters based on medical images [11]. Inverse methods theory provides an 
interesting solution for that kind of problem. This theory is based on optimization techniques that 
allow adjusting the material parameters so that the calculated response matches the measured 
one in a particular norm. The calculated response can be obtained from a numerical method such 
as the FE analysis. Subject-specificity allows a more accurate knowledge of the material’s 
behaviour and thus has an important advantage in comparison with the previous method. 
However, there are still some downsides, including high experimental errors, both due to 
measurement (difficulty to control boundary conditions, post processing of the images) and 
modelling assumptions (contact modelling, sliding, choice of the organization and composition of 
the soft tissues). In addition, 3D medical imaging, like CT or MRI, is not easily accessible in the 
bedside routine even in the clinical environment.  
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There have been several groups of easily attainable alternative testing systems proposed in the 
literature to assess in vivo subject-specific constitutive parameters. A brief review was performed 
for three groups of these systems.  

The first group of systems is based on the principle of indentation; the reaction of the soft tissues 
to the quasi-static compression is assessed via the analysis of the force-displacement data [12]–
[17]. The use of the Hertz contact model is one of the widely utilized approaches of extracting the 
stiffness parameters from the acquired indentation data [14], [18]–[20]. The advantage of this 
approach is that the evaluation of the material properties is done for the tissues under 
compression, while it could be hard to fully control the boundary conditions. Moreover, inverse 
methods associated to such indentation measurements usually need to elaborate assumptions 
about the layered structure of the tissues and the potential interaction between layers. 

The second group focused on the aspiration devices [1], [21], [22]. After the negative pressure is 
applied, the tissue is aspired into a cup or chamber. Then the inverse calculation allows the 
estimation of the apparent Young’s modulus based on the applied pressure and the height or the 
volume of the aspired tissue. The downside of the method is that the evaluation of the tissue 
properties is performed under tension, while the behaviour of the biological tissues could differ 
for compression and tension. 

And the third group uses Shear Wave Elastography (SWE) for the evaluation of the shear modulus 
of the tissues. Arda et al. have assessed the stiffness values of the liver on healthy volunteers with 
SWE, by estimation of the shear modulus [23]. Dubois et al. have proposed a SWE protocol for 
non-invasive stiffness assessment of the muscles of the lower limb [24]. It was concluded that the 
SWE evaluation provides reliable information about the relative stiffness of the tissues, however, 
the absolute values are highly dependent on the tissue’s fibre orientation, on the tissue viscous 
behaviour, and on the orientation of the US probe during the acquisition [25], [26]. 

To the best of our knowledge, the constitutive parameters of the sacral soft tissues have not been 
assessed experimentally in vivo before. Therefore, the objective of the current study was to 
quantify the stiffness parameters of the sacral soft tissues combining two techniques: the 
aspiration device and US shear wave elastography. The aim being to facilitate the assessment of 
the constitutive parameters at the bedside.  

2. Materials and methods 

2.1 Participants 

Before inclusion, the participants were informed of the purpose of the study. They gave their 
consent to the experimental procedure as required by the Helsinki declaration (1964). All the 
methods were carried out in accordance with relevant guidelines and regulations. 

Two healthy volunteers, male and female (Table 1), participated in the acquisitions. 

Table 1 Morphological information for both subjects.  

Subject Sex Age (y.o.) Weight (kg) Height (m) BMI (kg/m²) 

1 male 34 85 1.75 27.8 

2 female  30 64 1.75 20.9 
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2.2 Setups and measurement devices 

Two measurement devices were used in the present study: a custom-built modified version of the 
aspiration device (Volume-based Light Aspiration device for in vivo Soft TIssue Characterization 
(VLASTIC) [1]) and an Aixplorer SWE ultrasound device (Supersonic Imagine, Aix-en-Provence, 
France), with a 50 mm 18 MHz linear probe. 

The custom-made aspiration device is shown in Figure 1. It consists of a manometer and two tubes 
connected by a valve, leading to syringes. A 3D printed semi-spherical cup is positioned on the 
skin; the pump is switched on applying the negative pressure to the skin and underlining tissues 
through the first tube and to the reference tube (closed at one end). The pressure in both tubes is 
measured by the manometer, while the aspired volume is measured with the syringe. The 
aspiration device was limited only to the small strains and acquisitions were performed with nine 
different cup diameters of 4, 6, 8, 10, 12.5, 15, 20, 25, and 30 mm. 

2.3 Measurement protocols 

2.3.1 Volume-based Light Aspiration device for in vivo Soft TIssue Characterization 
(VLASTIC)  

Prior to the data collection, calibration of the system was performed on a non-deformable 
material in line with the previous study [1] to assess the response of the system itself: the 
compression of the system components and the air. 

For the acquisitions on the participants, the cup was positioned on the upper left side from the 
medial sacral crest on the relatively flat surface; the region was marked for the further 
acquisitions. Ultrasonic gel was put on the edge of the cup to ensure contact with the skin and to 
prevent pressure air leakage. Four pressurization/depressurization cycles were applied for each 
acquisition.  

Figure 1 The aspiration device. a) Device assembly b) Functional scheme c) Inner design 
of the cup and cups of different diameters d) Calibration process e) Acquisition process. 
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For both subjects, nine acquisitions with each of the cups of diameter 4, 6, 8, 10, 12.5, 15, 20, 25 
and 30 mm respectively were collected. The measurements were repeated three times to 
evaluate the uncertainties. Between each acquisition, the cup was taken off the skin, excess gel 
was removed from the skin and the cup was repositioned once again at the same location. 

2.3.2 SWE 

A thick layer of ultrasound gel was put on the area of interest to allow the measurements of the 
unloaded tissues. The ultrasound probe was positioned perpendicular to the spine at 
approximately 90 degrees to the skin surface. Three series of 8 continuous images were recorded 
with the ultrasound device set to “general mode”, “low” spatial smoothing and 3-image temporal 
smoothing for each subject for the Region of Interest (ROI) including the skin and underlining 
adipose tissues. 

At the end of the acquisition, an additional image of the undeformed tissues in B-mode was taken 
to measure the thickness of the skin. 

2.4 Post-processing  

Data were processed in Matlab 2019a (The MathWorks Inc., Natick, MA). 

2.4.1 Aspiration data 

A bi-layer structure of the soft tissues was assumed, with a non-linear elastic Neo-Hookean model 
chosen to represent the skin and the underlying fat tissues. The stiffening behaviour of the tissues 
was not considered in the current study, for more information on this please refer to the [1]. 

An inverse FE-based procedure was employed to identify the constitutive parameters. The 
optimisation cost function was defined as a least square of the offset between the numerical and 
experimental results. Two separate optimisations were performed. For the first one, thickness of 
the top layer (skin) of the Finite Element model was imposed based on the pre-measured values 
from the US B-mode images. For the second one, thickness of the top layer (skin) was considered 
as one of the optimised parameters.  

Linearized Young’s moduli of the skin and the adipose tissue (respectively 𝐸𝑠 and 𝐸𝐹) were 
identified from the 36 pressure-volume experimental curves (4 cycles x 9 cup sizes; namely 4, 6, 8, 
10, 12.5, 15, 20, 25 and 30 mm). 

2.4.2 SWE data 

Images were extracted from the SWE videos and processed using previously written code [26].  
Briefly, an operator defined a rectangular ROI of the elastographic image in the first frame of the 
series excluding the borders of the elastographic chart to avoid border effects. The depth and size 
of the ROI were adapted to tissue size, in order to maximize the ROI. The ROI was then semi-
automatically tracked in the following images; the shear modulus was space-averaged in each 
frame ROI, and a time-average was then calculated from all frames to obtain a single value for the 
series, then the four series were averaged again to obtain a single value for the skin and the 
hypodermis.   
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3. Results 

3.1 Skin thickness 

The skin thickness was measured directly on the B-mode US images of the undeformed tissues in 
the same region where the aspiration and SWE acquisitions were performed. Figure 2 shows the 
measurement of the skin thickness (the red line) on the US image for subject 1, and Table 2 has a 
summary of the values obtained for both subjects. 

 

 Table 2 Skin thicknesses for both subjects. 

 

 

 

 

 

3.2 Aspiration 

Figure 3 and Figure 4 present the constitutive tissue stiffness (dP/dS, where P is the aspiration 
pressure in the system and S is the aspired volume) for subjects 1 and 2 respectively as a function 
of the cup diameter. The resultant Young’s moduli estimated for both layers are also provided for 
the two optimisation configurations defined above: (1) when the skin thickness was imposed with 
the value measured on the B-mode US images and (2) when the skin thickness was one of the 
optimised parameters. On the graphs, the black line indicates the value for the top layer and the 
red line indicates the value for the bottom layer. 

  

Subject Skin thickness (mm) 

1 2.9 

2 3.0 

Figure 2 B-mode US image of the soft tissues at the 
sacral region with measured skin thickness, subject 1. 
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Figure 3 Estimated stiffness of the skin and the adipose tissues for fitting optimisation 
         with and without imposing the skin thickness. Three measurements for subject 1. 
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Figure 4 Estimated stiffness of the skin and the adipose tissues for fitting optimisation 
with and without imposing the skin thickness. Three measurements for subject 2. 
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Table 3 lists the Young’s moduli for each of the three acquisitions for both subjects estimated by 
the optimisation algorithm with imposed skin thickness. The average skin Young’s moduli were 
37.7 kPa and 41 kPa for subjects 1 (male) and 2 (female) respectively. The corresponding average 
adipose tissue Young’s moduli were 1.8 kPa and 0.5 kPa. The average ratio between skin and 
adipose values were 20.6 and 84.4 for the two subjects.  

The variability of the skin Young’s modulus was higher than the variability for the adipose tissue 
for the first subject in the contrast with the results of the second subject. In addition, the variation 
in the ratio value was higher for the second subject: 18 % vs 35 %. 

Table 3 Resultant Young's moduli evaluated with the aspiration device for the skin and 
     adipose tissues and the ratio between them. Imposed skin thickness measured with US. 

Subject Acquisition 
Young’s modulus,         

skin (kPa) 
Young’s modulus,  

adipose tissue (kPa) 
Ratio 

1 

1 35.1 1.9 18.5 

2 40.7 1.8 22.6 

3 37.2 1.8 20.7 

2 

1 41.3 0.4 103.2 

2 40.0 0.6 66.7 

3 41.6 0.5 83.2 

Table 4 lists the Young’s moduli for each of the three acquisitions for both subjects estimated by 
the optimisation algorithm with skin thickness being one of the optimised parameters. The 
average skin Young’s moduli were 49.9 kPa and 76.9 kPa for subjects 1 (male) and 2 (female) 
correspondingly. The corresponding average adipose tissue Young’s moduli were 3.6 kPa and 
4 kPa, and the average ratio between skin and adipose values were 13.8 and 19.2 for the two 
subjects.  

The variability of the skin Young’s modulus was higher than the variability for the adipose tissue 
for both subjects. In addition, the variation in the ratio value was higher for the second subject: 
19 % vs 37 % correspondingly. The average skin thickness obtained by the optimisation algorithm 
was 1.9 mm vs 2.9 mm measured on the US image for the first subject and 1.4 mm vs 3 mm for 
the second subject. 

Table 4 Resultant Young's moduli evaluated with the aspiration device for the skin and adipose 
            tissues and the ratio between them. Skin thickness is one of the optimised parameters. 

Subject Acquisition 
Young’s modulus, 

skin (kPa) 
Young’s modulus, 

adipose tissue (kPa) 
Ratio 

Skin thickness 
(mm) 

1 

1 47.5 3.4 14 1.9 

2 56.1 3.7 15.2 1.8 

3 46.7 3.8 12.3 2 

2 

1 76.5 4.1 18.7 1.4 

2 62.9 4.2 15 1.5 

3 91.2 3.8 24 1.2 
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The Young’s modulus for the adipose tissue estimated with the second optimization was 2–10 
times higher than the one of the first with the imposed skin thickness. 

3.3 SWE 

The SWE for subject 1 is shown in Figure 5 below. It can be observed that the adipose layer 
consists of two regions with different elasticity: the upper region positioned closer to the skin with 
greater values and the lower region with smaller values. The summary of the SWE results is 
presented in Table 5. 

Figure 5 Example of the SWE image with the region of interest  

            including the layer of gel, skin and adipose tissue. 

Table 5 Resultant Young's moduli evaluated with the SWE for  
             the  skin and adipose tissues and the ratio between them. 

Subject 
Young’s modulus, 

skin (kPa) 
Young’s modulus, 

adipose tissue (kPa) 
Ratio 

1 17.5 10.2 1.7 

2 14.4 10.6 1.4 
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4. Discussion 

Personalisation of the material properties for the numerical models is essential for making 
clinically relevant simulations and to eventually allow the assessment of the PU risk. 

Different methods for the constitutive parameters’ personalisation have been proposed in the 
literature: ex vivo tests, inverse identification based on the medical images in loaded/unloaded 
configurations and in vivo tests (indentation-based, aspiration-based or SWE). Each of these 
methods has its own advantages and disadvantages. The objective of this work was to estimate 
the stiffness parameters of the sacral soft tissues in vivo. It was decided to evaluate the elastic 
moduli values using two techniques: the aspiration device and the SWE. 

Stiffness parameters obtained in literature studies vary a lot; a short review of the values provided 
for the skin and for the adipose tissues is provided below.  

Ní Annaidh et al. performed tensile tests on the excised skin from the lumbar area of the back, the 
mean elastic modulus was estimated to be 83.3 ± 34.9 MPa [7]. While Pailler-Mattei et al. derived 
the elastic parameters from the in vivo indentation test, resulting in the Young’s modulus of the 
dermis to be 35 kPa for the forearm region [9]. Bunegin and Moore performed suction tests on the 
skin of the thigh estimating the shear modulus to be 43 ± 7 kPa [27]. In another indentation test by 
Bader and Bowker, the shear modulus of the forearm and thigh skin was estimated to be 0.5 ± 
0.15 kPa [28]. Torsion tests by Agache et al. estimated the Young’s modulus of skin to be between 
0.42 MPa and 0.8 MPa [29]. 

Hendriks at al. performed suction tests on forearm hypodermis resulting in a shear modulus of 
0.04 kPa [30]. In the indentation test conducted by Pailler-Mattei et al. on the forearm, shear 
modulus of the hypodermis was calculated to be 2 kPa [9]. Adipose breast tissue was evaluated 
with the MR elastography by Van Houten et al., the shear modulus was in the range between 0.16 
and 8.3 kPa [31]. Biaxial tensile and triaxial shear tests were performed by Sommer et al. on 
abdomen hypodermis tissue resulting in shear modulus values of 0.4 ± 0.2 kPa [32]. 

Young’s modulus values obtained in the current study with the aspiration device are consistent 
with these in previous literature. However, a short review above shows the high variability of the 
stiffness values assessed by different studies. 

Comparison between the two cases of optimization of the aspiration measurements showed that 
when the skin thickness is not imposed on the model, but allowed to be optimised as well, the 
resulting curve fits the experimental data much better (yellow vs green curve in Figure 3 and 
Figure 4). This result suggests that the visual uniformity of the skin layer on the US B-mode image 
could possibly not account for material properties variation. 

The SWE values for the ratio between the Young’s modulus for the skin and adipose tissues, 
however, are not consistent with literature values. One possible explanation for this discrepancy 
lies in the fact that the relationship between shear wave speed and mechanical properties 
(stiffness) has been reported to be affected by the thickness of the structure being imaged. 
Several authors have outlined in the literature, that, when the tissue thickness and the shear 
wavelength are within the same order of magnitude, guided wave propagation along the tissue is 
observed as the shear wave reflects off its boundaries (the reader is referred to [33] for the 
specific case of tendon tissue and to [34] for layered soft tissues). Depending on the tissue 
stiffness (shear wave propagation speed is proportional to the square root of tissue elasticity), 
the measured shear wave speed is generally underestimated for the tissue with thickness smaller 
than 1 cm. With the thickness of the skin being smaller than 5 mm in the present study, it is very 
likely that the skin mechanical properties estimated by the SWE were highly affected. Further 
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investigations are planned to evaluate the use of the shear wave propagation in layered soft 
tissues for the estimation of their intrinsic mechanical properties. 

Several assumptions were tested in this work. First one was related to the aspiration device: the 
apparent Young’s modulus is dependent on the cup size used. This is consistent with the results 
presented in Figure 3 and Figure 4, lower values of the cup diameter result principally in the 
aspiration of only the top layer and in the assessment of the skin stiffness, while for the larger cup 
diameters the ratio between the aspired bottom layer and the top layer becomes much higher, 
resulting in the assessment mainly of the adipose tissue.   

Another assumption was related to the resultant ratio between the skin and the adipose tissue 
stiffnesses. It was assumed that the ratios derived from the aspiration measurements and by SWE 
would be similar. However, ratio values obtained by the SWE were almost 10 times lower for the 
subject 1 and more than 15 lower for the subject 2.  

There are some limitations to the method used to derive the stiffness values from the aspiration 
acquisitions: both materials (skin and adipose tissues) are considered to be homogeneous 
isotropic and linearly elastic (only the initial slope of the curve was assessed). When it comes to 
the results of SWE the Young’s modulus is not measured directly, it is derived from the measured 
wave velocity under some assumptions. In addition, the shear wave propagation is highly 
dependent on the US probe positioning, tissue fibre direction and pre-strain [25], [26], [35]. 

To our knowledge, the skin and adipose stiffness parameters derived from the aspiration and the 
SWE measurements were not previously compared in the literature on the same subjects at a 
sacral area. Results of this study suggest the importance of using with caution the stiffness values 
directly obtained with SWE and preferably make some additional measurements for the 
personalization of the FE models.  
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A B S T R A C T   

Pressure ulcers are a severe disease affecting patients that are bedridden or in a wheelchair bound for long 
periods of time. These wounds can develop in the deep layers of the skin of specific parts of the body, mostly on 
heels or sacrum, making them hard to detect in their early stages. 

Strain levels have been identified as a direct danger indicator for triggering pressure ulcers. Prevention could 
be possible with the implementation of subject-specific Finite Element (FE) models. However, generation and 
validation of such FE models is a complex task, and the current implemented techniques offer only a partial 
solution of the entire problem considering only external displacements and pressures, or cadaveric samples. 

In this paper, we propose an in vivo solution based on the 3D non-rigid registration between two Magnetic 
Resonance (MR) images, one in an unloaded configuration and the other deformed by means of a plate or an 
indenter. From the results of the image registration, the displacement field and subsequent strain maps for the 
soft tissues were computed. An extensive study, considering different cases (on heel pad and sacrum regions) was 
performed to evaluate the reproducibility and accuracy of the results obtained with this methodology. 

The implemented technique can give insight for several applications. It adds a useful tool for better under-
standing the propagation of deformations in the heel soft tissues that could generate pressure ulcers. This 
methodology can be used to obtain data on the material properties of the soft tissues to define constitutive laws 
for FE simulations and finally it offers a promising technique for validating FE models.   

1. Introduction 

Pressure ulcers are serious injuries generated by prolonged me-
chanical loadings applied on soft tissues. Most of the pressure ulcers 
occur on the heel and on the sacrum as these locations are loaded when 
patients are bedridden or wheelchair bound for long periods of time 
[1-3]. Ulceration requires high amounts of resources from the nursing 
cares and time to be healed and therefore represents a serious problem to 
the individual and the health care system [4]. In the worst cases, these 
complications lead to amputations and death. Depending on the type of 
external mechanical load, anatomy and tissue integrity, pressure ulcers 

can start superficially or deep within the soft tissues. Superficial wounds 
are formed on the skin surface and progress downwards, making them 
easy to identify in the early stages with solutions that can be promptly 
adopted to stop their progression. On the other hand, deep tissue injuries 
arise in muscle or fat layers around bony prominences and are often 
caused by high strains of the biological tissues. A value of 0.65 for the 
Green Lagrange (GL) maximal shear strain was provided by Ceelen et al. 
as a threshold that should not be exceeded to avoid any pressure ulcer 
[5]. This last case represents a major threat due to the impossibility to 
quickly identify the ulcer formation and promptly take action [6]. For 
this purpose, techniques to monitor the level of strain in the deep layers 
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of the skin and underlying soft tissues are currently extensively inves-
tigated in the literature [7]. 

A common methodology to estimate internal tissue strains relies on 
FE modeling, with simulations that reproduce the body part 
morphology, tissue biomechanical parameters and the type of loading 
[8-10]. However, validation of FE simulations of the mechanical 
response of in vivo biological tissues to external mechanical loads has 
always been problematic. Keenan et al. report that none of the current 
heel models have been properly validated against independent experi-
mental measurements and that further work is needed to develop models 
that are well validated to draw reliable clinical conclusions [8]. 
Regarding the buttock region, Savonnet et al. reached a similar 
conclusion stating that only few models were validated with experi-
mental observations [9]. Because direct validation of internal mechan-
ical strains is a challenging problem, many research works proposed to 
evaluate FE models of the foot in terms of their capacity to predict 
interface plantar pressure by comparing the contact pressure predicted 
by the FE model with the measurements from pressure mattresses [11]. 
Yet, as observed in Macron et al. [12] on data from 13 healthy volun-
teers, interface pressure distributions do not correlate with internal 
strains and one cannot be used to predict the other. This issue was 
partially addressed by Linder-Granz et al. [13] for a buttock FE model in 
a study where the authors compared contours of the computational 
domain in the deformed configuration predicted by the simulations to 
the ground truth segmented contours obtained from MR images. This 
comparison, however, considers only the external shape and not the 
quantity of interest, which is the local internal tissue displacement and 
associated tissue strains. 

In an original contribution, Stekelenburg et al. [14] proposed to use 
MR tagging and phase contrast sequences on a rat leg model under 
indentation to assess local tissue displacements and compute the asso-
ciated tissue strains. The main restriction of this approach is that the 
indenter (used inside the MR machine to deform the tissue) has to be 
applied rapidly and repetitively as the tagging grid fades within 1 s 
because of MR relaxation. This requirement can be complex to overcome 
with an MR compatible device. Moreover, this constraint does not allow 
for conventional control systems for the application of loads such as 
gravity, hydrostatic pressure or compression springs [15] [16] [17]. 
Additionally, with dynamic loads applied, the viscoelastic properties of 
the biological tissues could have an impact on the mechanical response, 
thus increasing the complexity to estimate the tissues passive mechan-
ical properties from the experimental measurements. 

Digital Volume Correlation (DVC) is an emerging non-invasive 
technique that allows to characterize experimentally material mechan-
ical response to external loadings by tracking the displacement of nat-
ural patterns. From the displacement field, local strains can be 
computed. Combined with 3D MR images, DVC can, for example, be 
used to estimate human tissue internal strains [18]. From two MR 
datasets, one collected in an arbitrary undeformed configuration and 
another in a deformed configuration, the non-linear transformations 
that will align the MR volume at rest to the deformed one can be 
computed using a procedure call Image Registration. To illustrate the 
process, a graphical summary of the procedure is proposed based on 
data collected by the authors on the foot (Fig. 1). DVC has previously 
been used in for in vivo strain estimation in human intervertebral discs, 
brain and leg muscles under external mechanical loading [19–21]. 

Our group has recently developed an MR-compatible device for 
applying controlled shearing and normal loads to the human heel pad 
[16]. With such a device, 3D MR volumes of the heel pad soft tissue can 
be imaged under various loads applied on the foot sole. This paper aims 
at describing the methodology proposed by our group to implement DVC 
on human soft tissues and at estimating the internal strains from the 
DVC-derived 3D displacement field. The long-term objective is to vali-
date a FE model, in terms of its capacity to predict the localization and 
the intensity of the strain field in the soft tissues. 

2. Materials and methods 

2.1. Materials: heel and sacrum MR datasets previously collected on one 
healthy volunteer 

The MRI datasets used in this study have been collected in a previous 
study [17]. For the sake of clarity, the main details regarding the 
experimental setup, protocol and participant are summarized in the 
following paragraph. For more details, the reader is referred to the 
associated publication. 

A healthy volunteer (male, 40 years old) gave his informed consent 
to participate in the experimental part of a pilot study approved by an 
ethical committee (MammoBio MAP-VS pilot study N◦ID RCB 2012- 
A00340–43, IRMaGe platform, Univ. Grenoble Alpes). 

For the heel MR image datasets, the volunteer was placed in a supine 
position with his right foot locked in a MR compatible device designed to 
apply both a normal force (15 N) or a combined normal-and-shearing 
force (15 N normal + 45 N shearing) on the heel pad by means of an 

Fig. 1. Scheme of quantitative measurement of soft tissue internal strains obtained from image registration. Image 1: unloaded configuration. Image 2: Loaded 
configuration. The image registration estimates the displacement field (Image 3) that transforms the unloaded image into the loaded configuration. The strain field 
can then be derived from the displacement field (Image 4). 
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indenting platform. The setup is illustrated in Fig. 2A. A proton density 
MR sequence was used to collect 3D images composed of 512 × 428 ×
512 voxels with voxel size of 0.3125 mm x 0.375 mm x 0.3125 mm (MRI 
system Achieva 3.0T dStream Philips Healthcare). Two acquisitions of 
the same unloaded configuration allowed to avoid having the same noise 
pattern between equivalent images in the subsequent image registration 
process in order to test the repeatability of strain calculation. 

For the sacrum images, the subject was placed in the MR bed in a 
prone position. An indenter actuated by gravity applied a normal load 
(12 N) on the sacrum region. The 3D images were composed by 800 ×
800 × 240 voxels with a dimension of 0.5 × 0.5 × 0.5 mm Fig. 2B. 
Likewise, two acquisitions were collected in the unloaded configuration 
to test the repeatability of strain calculation. 

Four 3D MR images of the heel and three 3D MR images of the 
sacrum region were considered in this contribution and were referred to 
using a unique name as listed in Table 1. 

A 2D snapshot of each MR volume (presented as the red rectangle in 
Fig. 2) is provided in Fig. 3. 

2.2. Rigid registration 

The four MR volumes of the heel and the three MR volumes of the 
sacrum were rigidly registered to align the calcaneus bone and the 
sacrum bone respectively using the publicly available registration 
package Elastix [22]. 

2.3. Digital volume correlation between the loaded and the unloaded MR 
images 

The registration package Elastix [22] was then used to perform DVC. 
Two images are involved in this registration process: the reference 
imageI0(x) (unloaded configuration: Heel/Sacrum 01/02, called “fixed 
image” in the Elastix library) and the deformed image,IQ(x) (loaded 
configuration: Heel 1 and 2 and Sacrum 1, called “moving image” in the 
Elastix library), where x represents the position of a point in the images. 
The registration between these two images defines a non-rigid defor-
mation field uQ(x), which describes how the reference unloaded image 
transforms into the deformed image. Applying the deformation field to 
the reference image creates a transformed-deformed image I0(x + uQ(x)) 

Fig. 2. (A) Scheme of the heel configurations 
during the MR acquisitions. The green rectangle 
represents the plate applying the loads. Direc-
tion of the loads is represented by the green 
arrows Fhn (Force heel normal) and Fhs (Force 
heel shear). The red rectangle shows the 
orientation of the MRI slice that will be shown 
in the rest of the paper. (B) Scheme for the 
sacrum configuration (Analogous to A). The 
green block represents the indenter with the 
respective Fsn (Force sacrum normal) applied. 
The indenter has the external shape of an ul-
trasound probe, 10–2 linear probe transducer 
developed by (Aixplorer, SuperSonic Imagine, 
France).   

Table 1 
List of MR acquisitions. The first name indicates the body location of the image. 
The unloaded configurations are indicated by the initial number 0 (01, 02). The 
loaded configurations are indicated by the integer positive numbers (1,2).  

Name Description Load 

Heel 01 Unloaded heel – Acquisition 1 0 N 
Heel 02 Unloaded heel – Acquisition 2 0 N 
Heel 1 Heel with normal load 15 N normal 
Heel 2 Heel with normal and shearing load 15 N normal and 45 N shear 
Sacrum 01 Unloaded Sacrum – Acquisition 1 0 N 
Sacrum 02 Unloaded Sacrum – Acquisition 2 0 N 
Sacrum 1 Sacrum with normal load 12 N normal  

Fig. 3. Slices of the heel and the sacrum unloaded and loaded configurations described in Table 1. The respective region is indicated in Fig. 2 by the red rectangle.  
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that aims to look identical to the deformed image. 
The optimal deformation field was estimated by minimizing a cost 

function by means of an iterative optimization method (adaptive sto-
chastic gradient descent) embedded in a hierarchical (multiresolution) 
scheme. The cost function relates to the similarity between the two 
images (i.e. the reference image and its transformation) using image 
features and was based on the Normalized Correlation Coefficient 
(NCC). 

During the optimization step, the value of the cost function was 
evaluated at non-voxel positions, for which intensity interpolation with 
cubic B-Spline was used. 

2.4. Computing mechanical strains from the DVC-derived displacement 
fields 

From the displacement fields obtained by the registrations, strain 
maps were calculated as follows: The relation between the position X of 
a material point in the undeformed configuration and its position x in a 
deformed configuration Q is described by the spatial displacement 
vectoruQ(x) which consists of 3 components uQx,uQy,uQz: 

uQ(x) =
[
uQx, uQy, uQz

]T (1) 

From these, the deformation gradient F can be computed: 

F = I +
∂u
∂X

(2) 

And the right Cauchy-Green deformation tensor C deduced: 

C = FT F (3) 

The Green Lagrange principal strains: 

Ep = eig
(

1
2
(C − I)

)

(4) 

The maximum GL shear strains are defined as: 

Es =
1
2

∗ max(|E1 − E2|, |E1 − E3|, |E2 − E3|) (5)  

2.5. Uncertainty of the image registration procedure 

To evaluate the uncertainty of the DVC we consider six evaluation 
Cases A to F. The first three cases are related to the repetition of the same 
strain measurement and to the analysis of the differences between the 
respective results (reproducibility of the registration). The last three 
cases focus on the ability of DVC to estimate a known a priory strain field 
(accuracy of the registration). 

2.5.1. Reproducibility 
Reproducibility refers to the closeness of agreement between test 

results. In this section, we propose to evaluate the reproducibility of 
strain calculation through image registration. Two acquisitions of the 
unloaded configurations of the heel and sacrum (namely Heel 01 and 
Heel 02 and sacrum 01 and sacrum 02 respectively) were registered to 
the same moving image (Heel 1 and Sacrum 1 respectively). The cor-
responding strain maps are computed from the two estimated defor-
mation fields. The reproducibility is then inspected by analyzing the 
differences between these two strain maps. Three cases, summarized in 
Table 2, are considered: heel under normal load (A), heel under nor-
mal+shearing load (B) and sacrum under normal load (C). 

2.5.2. Accuracy 
Accuracy reflects how close a data is to a known or accepted value. In 

this section, we propose to evaluate the accuracy of our image regis-
tration procedure to identify a known a priori strain field. We focus 
specifically here on the images of the heel. Two different displacement 
fields are considered:  

1 For the first case, an artificial displacement field DFEM is generated 
from a Finite Element (FE) simulation. A rectangular parallelepiped 
volume with the same size of the 3D MR images is first generated in 
ANSYS 19.2 APDL (ANSYS, Inc., Canonsburg, PA). This volume is 
then meshed with 8-nodes hexahedral elements and a linear elastic 
material model is implemented. The 3D mesh is composed of 24,389 
hexahedral elements. The nodes on the sides of the parallelepiped are 
fixed in order to avoid any displacements outside of the defined 

Table 2 
List of image registrations to evaluate the reproducibility of strain calculation 
from image registration. Each line represents an image registration composed by 
its fixed and moving image. The tests are grouped in three Cases: A) Heel with 
normal load, B) Heel with normal+shearing load, C) Sacrum with normal load. 
The resulting displacement fields and shearing strain field are respectively 
denoted with the letters D and S. The second letter in the field nomenclature 
reports the respective case of the registration. The numbers report the name of 
the fixed and moving images.  

Fixed image Moving image Case Displacement field Shear strain field 

Heel 01 Heel 1 A DA011 SA011 

Heel 02 Heel 1 DA021 SA021 

Heel 01 Heel 2 B DB012 SB012 

Heel 02 Heel 2 DB022 SB022 

Sacrum 01 Sacrum 1 C DC011 SC011 

Sacrum 02 Sacrum 1 DC021 SC021  

Fig. 4. Generation of an artificial displacement field from a FE simulation generated by Ansys. The size of the cube matches with the size of the MR images of the 
heel. A selection of nodes (red dots) on a plane orthogonal to the y axis was displaced as boundary conditions. (A) Section of the simulated cube along a plane 
orthogonal to the z axis. (B) Schematization of the boundary conditions imposed. The external nodes were fixed, and the selection of red nodes was displaced. 
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volume. A set of 196 internal central nodes located on the same XZ 
plane are then submitted to a prescribed displacement boundary 
condition in a normal (Y) and in a tangent (X) direction (Fig. 4). The 
displacement field computed by ANSYS is then extracted for all the 
nodes of the parallelepiped and interpolated to fit the resolution of 
the MR images. The corresponding displacement field is applied to 
the unloaded image (Heel 01) to generate a new artificially loaded 
image of the heel, named Heel FEM (Table 3 and Fig. 5). It is worth 
noting that the objective of the FE method is mainly to produce a 
known a priori displacement filed. This displacement filed will be 
subsequently estimated through the image registration technique. 
The simulation itself, and the artificially generated image Heel FEM, 
do not have any real physical meaning. The main benefit of using 
such an FE solver is the possibility to get a ground-truth strain field 
that can be compared to values estimated from image registration.  

2 For the second case, the previously computed displacement field 
DA011 is applied to the unloaded image (Heel 01) to generate a new 
artificially loaded image of the heel, named Heel TRA (from the word 
transformed) (Table 3 and Fig. 5). 

Image registration was then computed between Heel 02 and the two 
artificially deformed images Heel FEM and Heel TRA. Note here that 
having two acquisitions of the same unloaded configuration (Heel 01 
and Heel 02) allowed to implement different noise patterns during the 
registration process in the fixed and moving image (Cases D and F of 
Table 4). On the other hand, to show the impact of having the same noise 
pattern between the fixed and the moving image the image Heel 01 was 
also considered for Case E (Table 4). 

2.5.3. Error quantification 
The error estimation was performed analyzing the obtained strain 

fields with a Bland–Altman plot. This representation is a method of data 
plotting used in analyzing the agreement between two different set of 
data corresponding to the same measurement. The plotted graph shows 
the error distribution throughout the whole range of measured strain 
values. 

3. Results 

3.1. Strain measurements for heel under normal load (case A, Table 2) 

The distribution of the DVC-derived displacement field in the heel 
domain under normal load is given in the sagittal slice containing the 
highest shear strains (Fig. 6A). The highest displacements are uniform in 
the area where the plate was in contact with the plantar skin of the heel. 
Fig. 6B shows the corresponding maximal GL shear strains computed 
from the displacement field. Shear strains are concentrated around the 
lower part of the calcaneus bone propagating towards the plantar fascia 
and the flexor digitorium brevis. 

The agreement between SA011 and SA021 was described graphically 
with a Bland-Altman plot (Figure 7) with mean of differences, reported 
with corresponding 95% confidence interval (CI), and lower and upper 
limits of agreement, calculated as mean ± 2σ (where σ represents the 
standard deviation SD). Differences were assessed using a Wilcoxon- 
Signed-Rank Test (paired data) at the default 5% significance level. 

3.2. Strain measurements for heel under normal+shearing load (case B, 
Table 2) 

The application of the shearing load had a relevant impact on the soft 
tissue displacements. The plate moved the posterior and the plantar 
regions of the heel skin towards the forefoot. This caused the shear 
strains to propagate on a wider region of the fat pad and the muscle 
(Figure 8). A concentration of high levels of strains is found in the fat pad 
under the flexor digitorium brevis. 

Figure 9 shows the correlation between the strain measurements of 
the heel under normal+shearing loads (Case B of Table 2). Errors of 0.1 
are observed across most of the strain intensities even for the highest 
strains (around 0.5). These errors tend to narrow down for the peak 
values. The SD shows that 95% of voxels have a strain error lower than 
0.04. In general, this shearing configuration (Case B) shows errors with a 
double intensity and twice the propagation with respect to the normal 

Table 3 
List of transformations to create the artificial images to test the accuracy of strain 
calculation through image registration. The image column lists the images to be 
transformed. The displacement field column lists the transformation to be 
applied to generate the artificially deformed image.  

Image Applied displacement field Artificial image Shear strain field 

Heel 01 DFEM Heel FEM SFEM 

Heel 01 DA011 Heel TRA SA011  

Fig. 5. Artificial images obtained once the displacement fields DFEM and DA011 are applied to the unloaded image Heel 01.  

Table 4 
Following cases A, B and C mentioned in Table 2, cases D, E and F relate to the 
estimation of the accuracy of strain calculation through image registration. The 
shear strain fields SD and SE will be compared with SFEM. The shear strain fields 
SF will be compared with SA011.  

Fixed Moving Case Displacement field Shear strain field 

Heel 02 Heel FEM D DD SD 
Heel 01 Heel FEM E DE SE 
Heel 02 Heel TRA F DF SF  
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load configuration (Case A). 

3.3. Strain measurements for sacrum under normal load (case C, Table 2) 

For the sacrum loading configuration (Figure 10), the highest levels 
of displacements are found around the edges of the indenter. Shear 
strains are concentrated on the soft tissues around the contact area be-
tween the indenter and the skin. Adipose tissue and skin are subject to 
the highest levels of strains. 

Figure 11 presents the Bland-Altman plot between the shear strain 
measurements produced by an indenter on the sacrum region (Case C of 
Table 2). In this case, the errors are considerably higher than what was 
observed for the heel application. Errors of 0.3 are spread throughout 
the image and the SD describes an error distribution where 95% of the 
voxels have an error that is lower than 0.15. 

3.4. Estimation of strain field generated by the Fe model (case D, Table 4) 

Figure 12 shows the results of image registration in the estimation of 
the artificial displacement field generated by Ansys (Fig. 4). Magnitudes 
of displacements were selected in order to generate strains comparable 
with Cases A and B. 

Fig. 13 presents the correlation between the strain field calculated by 
Ansys and the corresponding measurements obtained by image regis-
tration (Case D of Table 4). The error distribution is comparable to Case 
A. For the regions with the highest levels of strains, the measurements 
slightly underestimate the strains since the points distribution shows an 
inclination that is higher than the red line. This artifact could be a result 
of the transformation step described in Table 3. In this process, some 
details of the original displacement field could have been lost in the 
image reconstruction after the application of the displacement to the 
respective voxels. 

3.5. Deformation field from ANSYS – same noise pattern (case E, 
Table 4) 

This case is running the registration between two images with the 
same noise pattern, undeformed (Heel 01), and artificially deformed 
(Heel FEM). Using the same image helps considerably the algorithms of 
the image registration process since the noise pattern present in the 
unloaded image matches the one of the unloaded image. This allows to 
easily identify the respective deformation matching the voxels with their 
equivalent copy in the respective deformed image. Results in terms of 
error distribution are as expected very precise showing a relevant strain 
field estimation (Figure 14). This reflects the described facilitations in 
terms of using an image and its deformed version in the registration 

process. 

3.6. Deformation field from Elastix (case F, Table 4) 

Case F is analogous to Case D with the main difference that the 
considered displacement field is not generated by Ansys but is taken 
from the image registration computed in Case A. The error distribution 
in terms of maximal error and SD is comparable to Case A (Figure 15). 
For the regions with the highest levels of strains, as detected also in case 
D, the measurements slightly underestimate the strains. In this case, the 
deformed image is also the result of an image transformation reported in 
Table 3. 

4. Discussion 

In this study, a method to estimate 3D internal tissue strains in the 
heel and sacrum regions based on DVC-derived displacement fields was 
developed in the context of pressure ulcers etiology. The methodology to 
implement DVC between two MR exams of human soft tissues (one at 
rest and the other one deformed) and to estimate the internal strains 
from the DVC 3D displacement field was first described. The imple-
mented methodology requires a MR compatible device to apply loading 
on the skin surface during the acquisition of MR images. The obtained 
acquisitions were then used as input for 3D image registration. Images 
were first aligned based on the fixed body part (like bones) and then the 
non-rigid transformation was calculated. This transformation consists of 
a displacement field mapping every voxel between its initial position in 
the unloaded image and its final position in the loaded image. The GL 
shear strains are then computed from this displacement field. This 
methodology was implemented to analyze strain propagation in body 
regions that are critical in terms of pressure ulcer development: heel and 
sacrum. 

For the results related to the heel pad, the calculated strain maps 
show as expected shear and compressive strain concentrations around 
the bony prominences of the calcaneus. This is coherent with the study 
of Luboz et al. which highlighted that strains generated around the 
calcaneus head strongly depended on the shape of this calcaneus bone 
[23]. Strains values in the deep tissues of the human heel were consid-
erably higher than those in superficial tissue layers (Fig. 6B). This is 
consistent with previous findings listing the strain concentration in deep 
tissues as a key aspect in the etiology of ulceration [24]. The strains were 
concentrated in the fat pad region and propagating towards the interface 
with the muscular region. Oomens et al. identified skeletal muscle and 
fat as the two main biological tissues where pressure ulcers could 
develop [25]. The application of a shearing load pushing the first layer 
of skin towards the forefoot generated significantly higher shearing 

Fig. 6. Case A. Biological tissues are delimited by white lines. A slice from the MR volume is shown from the sagittal plane corresponding to the location of the 
highest shear strain. (A) Visual representation of DA011. Modulus of displacement field [mm] for heel under normal load. (B) Visual representation of SA011. Max GL 
shear strain field for heel under normal load (0.5 corresponds to 50% of deformation). 
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loads in the anterior region of the fat pad compared with the configu-
ration with only normal plantar pressure. Shear loadings can therefore 
impact significantly wider regions with higher levels of shear strains 
compared with normal loads of comparable intensity. This confirms 
what Ceelen et al. stated, namely (1) that shearing loads are more 
dangerous to treat than normal loadings, in terms of shear strain con-
centrations, and (2) that they must be taken into consideration for an 
effective pressure ulcer prevention [5]. 

For the results related to the sacrum, the calculated displacement and 
strain maps have values that are significantly higher than the results 
from the heel. The application of a load by means of an indentation 
device with a small contact area is probably more likely to generate 
higher shear strains right on the contact surface between the skin and 
the indenter [5]. 

The second objective of this article was to evaluate in a general way 
the reproducibility and the accuracy of strain calculation through image 
registration. Respectively, two main methodologies were presented: one 
related to the repetition of the same strain measurement from an 
equivalent set of images, and the other one to the calculation of a known 
a priory displacement field. 

Concerning reproducibility as how much two equivalent measure-
ment match, Fig. 7,10,12 are considered. Comparing the strain error 
distribution between image registrations of the heel related to Case A 

and Case B, we found that errors are twice higher and more distributed 
in the case where the shearing load is applied. This suggests that strain 
measurement from image registration is affected by the type of defor-
mation applied on the soft tissues. A possible explanation for this effect 
can be related to the fact that a normal load displaces the skin in a 
normal direction generating a clear displacement of the edge between 
the portion of image representing the biological tissues and the dark 
background (see Fig. 3 Heel 01 and Heel 1). On the other hand, a shear 
load displaces the skin only in a tangent direction to the surface of the 
skin without generating any clear movement of the edge between the 
skin and the background (see Fig. 3 Heel 1 and Heel 2). 

The image registration related to the sacrum has a much wider strain 
error distribution and values compared to the examples of the heel. This 
implies that strain measurement from image registration strongly de-
pends on the image characteristics. To explain the reasons behind this 
we can try to analyze how image registration works. The first steps in the 
algorithms of image registration are feature detection and feature 
matching [26]. Salient and distinctive objects as edges are considered as 
features. The accuracy of image registration therefore directly depends 
on the quality of the acquired images to define clearly these edges [27]. 
The main parameters that characterize the quality of digital images are 
related to resolution and noise [28]. Noise is generated by the statistical 
fluctuation of the value from voxel to voxel. A common measurement of 
noise is the standard deviation, a measure of how spread out the values 
of the pixels are. The lower the standard deviation, the higher the 

Fig. 7. Bland-Altman plot referring to the strain estimation computed from 
Case A: heel under normal load. The upper and lower red line correspond the 
95% confidence interval, meaning that 95% of the values have an error lower 
than 0.02 strain. The most relevant part of the plot is the region with the 
highest values of the strains 0.4–0.5 as these can represent the threat for tis-
sue damage. 

Fig. 8. (A) Modulus (in mm) of displacement field for heel under shearing load DB012. (B) Max GL shear strain field for heel under shearing load SB012.  

Fig. 9. .Bland-Altman plot referring to the strain estimation computed from 
Case B: heel under normal+shearing load. Error magnitude is around twice 
higher than the configuration with normal load only (Fig. 7). 
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accuracy of the average voxel value [29]. Spatial resolution is the ability 
of the imaging system to detect small objects that are close to each other 
[30]. The size of the voxels defines the maximum spatial resolution. 
However, image resolution is also influenced by other parameters such 
as blur factors. The most common blur factor is motion blur: when 
motion occurs during acquisition, the boundaries of patient structures 
will move from their initial position, making the boundaries blurred in 
the image. The motion can in general be reduced by fixing the body part 
with heavy MR-compatible pillows or casts [16]. These solutions, 
however, are ineffective when motions are generated by physiological 
movements such as breathing, peristalsis or heart beats. The line spread 
function (LSF) can be used to evaluate and quantify spatial resolution 
[31,32]. From this parameter, it was calculated that in the more crucial 
region of the images, the MR image of the heel had a quality parameter 
related to the spatial resolution that was 4.5 time higher than the one 
calculated for the sacrum images. It is possible therefore that this aspect 

played a crucial role in the strain estimation through image registration, 
thus decreasing significantly its reproducibility. 

Concerning accuracy as how close a measurement is to a known or 
accepted value, Cases D and F were considered. These cases report errors 
of shearing strains around 0.02. This value can be compared to the level 
of strains that is considered to be sufficient to generate significant tissue 
damage. According to Ceelen et al., this value is around 0.65 for the 
shearing strain [5]. 

An interesting aspect is related to Case E, which uses the same image 
Heel 01 and its transformed version (Heel TRA) for the estimation of the 
displacement field. In this case, the strain errors are much less distrib-
uted (with a 95% confidence value below 0.007 error). This is due to the 
fact that any variability due to noise, or other artifacts, present in both 
images will have an impact on the strain estimation. This implies that for 
images with appropriate quality levels, this methodology can reach high 
accuracy. 

The diversity of results obtained between the heel and sacrum ap-
plications implies that crucial further research is therefore required in 
finding the relation between specific image quality parameters and the 
respective error distribution in the strain calculation. This would permit 
in fact to select the image acquisition protocols in order to obtain the 
type of images to minimize errors in the registration process. 

An advantage of the proposed methodology to calculate strains is 
that no additional tool to perform the error estimation is required. 
Considering Case E, the error estimation can be performed just with an 
additional image transformation (Table 3) and the respective image 
registration. 

It is clear that the accuracy of the results is strongly related to the 
image registration process and to the selected parameters to perform it. 
By tuning the respective parameters of the registration process, it is 
possible to identify smaller deformations or to select the amount of 
volume compression and expansion. An optimization for the selection of 
the ideal parameters of the registration for the related application will be 
considered in the future steps to improve the accuracy of this 
methodology. 

It must be considered that this work was based on specific mechan-
ical configurations of a single subject meaning that results obtained are 
to be considered specific to this application. Fat and muscle biome-
chanical properties can change significantly as a consequence of diseases 
(for example, diabetes) and chronic immobilizations [33,34]. This 
inter-subject variability may introduce significant variations in the 
strain calculations making imperative to analyze each subject 
specifically. 

5. Conclusion 

The results obtained from the practical application on the heel and 
sacrum, in terms of location and magnitude of strains, are in line with 
the literature. This technique of calculating strains offers broad new 
possibilities to analyze the impact of external loads on the internal state 
of the soft tissues. The standard technique of FE is a very complex and 
time-consuming task involving segmentations, meshing and selections 
of proper constitutive laws. The possibility of strain calculation through 
image registration can provide results in terms of strain propagation in a 
significantly faster framework and offer the possibility for comparison 
and validation with results obtained from FE simulations. The present 
study proposed to quantify subdermal tissue strain distributions on the 
heel and sacrum from image registrations based on MR-acquisitions. 
This data is crucial for understanding the etiology of pressure ulcers 
that occur in the deep tissues of the heel pad. 

The pilot study described here indicates that the crucial steps for 
computing strains from image registration are feasible to be imple-
mented in a wider study. Further research will include analysis on more 
subjects and with different loading configurations, together with the 
adaptation of this methodology to different parts of the body to gain 
insight into the relative mechanical soft tissue properties. 

Fig. 10. (A) Modulus (in mm) of displacement field for sacrum under normal 
load DC011. (B) Max GL shear strain field for sacrum under normal load SC011. 

Fig. 11. Bland-Altman plot referring to the strain estimation computed from 
Case C: sacrum under normal load. Errors are considerably higher than the 
previous configurations of the heel. 
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Fig. 12. (A) Estimation of the displacement field (mm) generated by Ansys DD. (B) Estimation of GL max shear strain generated by Ansys SD.  

Fig. 13. Bland-Altman plot referring to the strain estimation computed from 
Case D: Displacement field generated by Ansys. The intensity of errors is around 
0.02, which is comparable with case A (Fig. 7). 

Fig. 14. Bland-Altman plot referring to the strain estimation computed from 
Case E: Displacement field generated by Ansys. Errors are lower than the other 
considered cases. This is due to the same noise pattern between the fixed and 
moving image in the registration procedure. 

Fig. 15. Bland-Altman plot referring to the strain estimation computed from 
Case F: Displacement field generated by Elastix in Case A. The intensity of er-
rors is around 0.02 comparable with Case A and D (resp. Fig. 7 and Fig. 14). 
This shows that, in the analyzed cases, similar images (Heel 01, 02, 1) generate 
errors of comparable magnitude (0.02). 
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1. Introduction

Our group aims at proposing a protocol for evaluat-
ing the subject-specific risk for sacral pressure ulcer
(PU). The idea is to model the way soft tissue will be
deformed under the external pressure and to com-
pute internal strains. It has been indeed showed that
high strains can create deep tissue injuries (Ceelen
et al. 2008). Because of the clinical constraints, we
propose to use Ultrasound (US) to build the subject-
specific biomechanical model of the sacral soft tissue
as an alternative to 3D MR imaging (because of cost,
time and accessibility). This paper focuses on the
way such a subject-specific model will be designed
and more specifically on the methodology we pro-
pose for estimating the constitutive parameters of the
internal sacral soft tissue, namely the adipose tissue
and the muscle. The values of these parameters have
indeed a strong influence on the computed
internal strains.

2. Methods

2.1. Experimental set up and the numerical model

One subject participated in the experiment (male,
33 y.o., BMI ¼ 26.1 kg/m2). Data for the subdermal
tissue were acquired for the participant laying in the
prone position. An ultrasound acquisition of the sub-
dermal tissue in the region above the superior process
of median sacral crest was performed using a com-
mercial device (Aixplorer, SuperSonic Imagine,

France) with a linear ultrasound (US) probe of 8MHz
central frequency (SuperLinear SL 15-4). Custom
made load sensor was attached to the ultrasound
probe (Fougeron et al. 2020). Several cycles of the
indentation with the probe were performed and the
one with the clearest video frames in the beginning
and the end of the indentation cycle was chosen as a
basis to build a 2D finite element (FE) model in
Ansys 19.2 software. The model geometry was
obtained by extracting the coordinates of the splines
delimiting the skin, fat, muscle and bone via Matlab
R2019a and by converting the units from pixels to
millimeters. For this purpose, the first frame of the
indentation cycle was used (Figure 1).

Several assumptions were made: since the model
was built in 2D, the plane strain formulation was
used; and the US probe was assumed to be in contact
with the skin throughout 2 cm in width (relevant for
the recalculation of the force applied by the probe
from 3D to 2D). The load cycle was divided into 4
load steps for the consecutive comparison between
the frames of the US data with the results of the
numerical model.

All displacements were constrained on the lower
wall of the 2D model, below the bone, and the
bonded contact was used for the nodes of the differ-
ent tissue types. The load was applied to the top of
the US probe, with only Y direction displacement of
the probe being allowed. The no-separation contact
was used between the probe and the skin. And
plane183 element type was used for the mesh.

2.2. Constitutive model

For the bone, the linear elastic material model was
used with Young’s modulus of 13.4GPa, Poisson’s
ratio (�) of 0.3 based on the values reported in the lit-
erature (Rho et al. 1997). First-order Ogden hypere-
lastic material model was chosen to represent the soft
tissues behavior. The values for the skin were fixed to
20 kPa for the shear modulus (m1) and 5 for the expo-
nent (a) based on the values reported in the literature
(Luboz et al. 2014). The same value of a¼ 5 was set
up for both muscle and adipose tissues. The calcula-
tion of d (incompressibility parameter) was based on
the literature (Macron et al. 2018).
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2.3. Calibration of the material properties

The Matlab algorithm using the least square method was
utilized for the inverse evaluation of the soft tissues’ (adi-
pose tissue and muscle) material parameters. Two cases
were compared: (1) optimization based on the variation
in only the total thickness of soft tissues above the
sacrum (2) optimization based on a combination of the
two error vectors (for the variation in the total thickness
and separately for the variation in muscle thickness). A
sensitivity analysis of the shear moduli values to the
change in values of exponents (a) and Poisson’s ratios
(�) was performed: first, only the shear moduli values
for both analyzed tissues were optimized, while a and �

were fixed. And after, this optimization was recalculated
changing the fixed values of a and � by 1%. Change in
Poisson’s ratios showed to have a noticeable effect (up to
30%) on the values of the m1.

Therefore, four parameters were calculated in the
end of optimization process: Poisson’s ratios and
shear moduli for adipose and muscle tissues.

3. Results and discussion

The values of the material properties of the analyzed
soft tissues obtained after the optimization process
are provided in Table 1.

Figure 2 shows the comparison between the change
in the total and muscle thicknesses in the numerical
model using the optimal m1 and � parameters from
two optimizations and the values from the US images.

While the results of two optimizations were close
for the total thickness of the soft tissues, they vary for
the evaluation of the muscle thickness. This suggests

that the minor improvement in one parameter (total
thickness) could have a major effect on the separate
tissue types if they are not considered during the
optimization.

The proposed FE model also has some limitations:
due to acquisitions being performed manually, slight
change of the probe angle is allowed, which could
have an effect on the tissue’s geometry during the
indentation cycle. Future work will include the devel-
opment of the protocol to reduce this bias. Another
limitation is the 2D modality of US, effects of that
will be assessed in the following work.

4. Conclusions

Presented work shows the possibility of using the US
data for the assessment of the soft tissues’ material
properties. This is clinically relevant, since US allows
to obtain a subject-specific anatomical data, while
being much more accessible and less costly than MRI.
Results also imply the importance of using several
parameters representing different types of soft tissues
for the inverse optimization of the mater-
ial properties.
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Figure 1. (a) Experimental set up. (b) Ultrasound data. (c)
Example of simulation result. For (b) and (c): above 1st black
right-side dash – skin; above 2nd – fat; below 2nd – muscle
and bone; 3rd dash – top apex of the bone.

Table 1. Resultant shear modulus and Poisson’s ratio parame-
ters of the two cases of optimization for muscle (_m) and fat
(_f) tissues.

m1_m, kPa m1_f, kPa �_m �_f

Case1 4.52 9.64 0.499 0.499
Case2 6.49 6.55 0.499 0.474

Figure 2. Comparison between the results of the optimiza-
tions and the experimental data.
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Pressure Maps Collected on Supporting Surface such as a Cushion or a Shoe  
The overall aim of ESR9’s (EM) individual research project is to examine the possibility of using 
ultrasound-based Finite Element models for the evaluation of the mechanical response of soft 
tissues in clinically relevant situations, as a representative of the subject-specific risk of PU 
development in the pelvic region. A literature review on the aetiology of Pressure Ulcers (PUs), the 
mechanical and biological responses to the loading, and the methods used for the evaluation of the 
mechanical state of the sub-dermal tissues has proved insightful. In particular, a series of animal 
experiments involving the indentation of the tibialis anterior muscle of Brown-Norway rats 
established that deformation-induced damage was apparent only when a given mechanical shear 
strain threshold was exceeded (1–3) and could be used to assess soft tissue injury risk.  

1. Introduction 

Clinical motivation 

PU is a medical condition mainly affecting people with the reduced mobility and/or sensitivity. In 
the study performed by Garber et al., 31% of the participants with spinal cord injury reported the 
occurrence of the PU over one-year period (4). Over the lifetime, this number increases to 9 out of 
10 patients (4–6). If not recognized and treated fast enough, PUs can have a high cost for society 
and for the overall well-being of the person affected (7). The cost of the PU prevention has been 
reported to be in the range of 3–88€ per day (depending on the different studies), while cost of 
treatment could reach 470€ per day in the most extreme cases (8). 

Figure 1 Common sites for PUs [adapted from (9)] 

Executive 
Summary 

Some of the most common body sites for Pressure Ulcer (PU) development are 
the sacrum, buttock and heel. The focus of ESR9's (EM) individual project is the 
PU risk for the sacrum/buttock region. Hence, this report describes studies in 
which pressure distribution maps were obtained for these sites. Maps were 
acquired in both recumbent and sitting postures. These studies are therefore 
relevant to both mattresses and seat cushions as supporting surfaces. 
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Common sites of the PU localization are the load bearing areas of the body (see Figure 1). Analysis 
of the PUs occurring in the inpatient population in USA showed that 47% of all observed PU were 
located on the lower back (combining lower back and sacral regions), 17% on the buttock and 14% 
on the heel. In this study we focused on the region of the pelvis, specifically, areas over the sacrum 
and ischial tuberosities. The sacral region is subjected to the higher loads in the recumbent position, 
while the ischial tuberosities are more exposed in the seated posture (10,11).  

 

Aetiology 

Several studies in the literature have consistently demonstrated that at least two mechanisms are 
involved in PU onset (1) mechanically induced capillary occlusion resulting in tissue ischemia (12,13) 
along with reperfusion injury (14,15) and (2) cell deformation which can lead to a loss of membrane 
integrity and ultimately affecting viability and remodelling capacity (5,12,16–18). Occlusion of 
circulation and lymphatic vessels leads to the change in metabolism, which can result in cell death 
over long period of time (hours). Direct cell deformation under high strains could lead to a damage 
after even 10 minutes (1,19). At the tissue level, a series of animal experiments involving indentation 
of the tibialis anterior muscle of Brown-Norway rats (2,3,12,17,20–23) established that 
deformation-induced damage was apparent only when a maximum Green-Lagrange shear strain 
threshold of 0.75 was exceeded (1–3), and that the damage area was correlated to the magnitude 
of the elastic strain energy applied (20). The ESR9 PhD project focuses on the evaluation of the 
mechanical response of soft tissues as a representative of the subject-specific risk of PU. 

 

Experimental assessment of interface pressure 

One key challenge for closing the experiment-model feedback loop (model validation) is the 
development of appropriate experimental measurement methods to obtain reliable model input 
and validation data including accurate description of the interface interactions. Sensors have been 
developed to estimate the distribution of pressures for use in both research and clinical settings. 
Commercially-available pressure mapping systems that are routinely used in clinical routines 
provide real-time visual feedback of peak pressure values and position asymmetries, and are used 
to aid the decision making when considering PU prevention in the clinical setting. The results from 
pressure mapping studies have shown that the recorded values depend on the individual, their 
posture and the type of support surface (24–26). In contrast to pressure mapping, very few studies 
focus on monitoring shear forces at the individual-support surface interface. This is mainly due to 
the technical challenges inherent in developing compliant, thin and flexible sensors that can 
distinguish between signals associated with normal forces with forces acting parallel to the skin 
surface. Laszczak et al. (27) have described this type of sensor system for the measurement of the 
interface pressure and shear between the limb residual and the socket for the lower limb amputee. 
A pilot test for one subject showed very promising results, being the first sensor system of its kind 
allowing positioning directly inside the socket without any alterations.    

 

Objective 

Sacral and buttock regions, accounting for the large part of the developing PUs, are subjected to the 
highest loads in the recumbent and sitting postures (values of 5–15 kPa were reported for 
mattresses and 8–22 kPa for seat cushions (28–30)). The objective of this work was to collect 
experimental interface pressure measurements in these postures for further use during Finite 
Element modelling to perform an experiment-model feedback loop; vital for model refinement 
and adjustment.  
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2. Materials and Methods 

Two different systems measuring the pressure distribution were used in the study. Each of them 
was used to collect the pressure distribution data in one of the postures: sitting (Texisense pressure 
mapping system) or recumbent (Zebris pressure mapping system).  

2.1.  Participants 

Two healthy male volunteers (Table 1) participated in the first part of the study for the acquisitions 
in the recumbent position. 

Table 1 Morphological information for subjects participated in the first part of the study 

Subject Sex Age [y.o.] Weight [kgf] Height [m] BMI [kg/m²] 

1 male 34 85 1.75 27.8 

2 male 40 80 1.73 26.7 

 

Four healthy volunteers (Table 2) participated in the second part of the study for the acquisitions in 
the sitting posture.  

Table 2 Morphological information for subjects participated in the second part of the study 

Subject Sex Age [y.o.] Weight [kgf] Height [m] BMI [kg/m²] 

1 male 24 65 1.8 20.5 

2 female 34 65 1.7 23 

3 male 26 75 1.8 24.5 

4 male 22 66 1.8 20.9 

2.2.  Measurement in the recumbent position using the Zebris pressure platform 

To focus on the pressure distribution in the sacral region, the first set of acquisitions was performed 
for the participants in the recumbent position. The Zebris FDM pressure platform, manufactured by 
Zebris Medical GmbH (www.zebris.de), was used for this purpose. This platform has a hard surface 
with 1920 pressure sensors (40 x 48), each of the 8.475 x 8.475 mm size, distributed over the active 
surface of 400 x 330 mm.  According to the technical specifications, the measuring range is 1–
120 N/cm2 with the ± 5% accuracy. Acquisition frequency is 60 Hz. 

The two participants lay on their backs with the buttock region being positioned on the platform. 
The zone of interest was limited to the top region of the sacrum, which is usually loaded in the 
recumbent position. However, depending on the subject specific anatomical features, the highest 
local load could occur in slightly different positions. In order to capture the worst-case scenario for 
each subject, a slow dynamic acquisition was performed with the legs of the subjects moved from 
supine to lithotomy position. 

Three acquisitions were performed, each consisting of 3–4 repetitive cycles of changing legs 
position. Interface pressure parameters were compared for five leg positions (Table 3). 
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Table 3 Description of the leg positions for the acquisition in the recumbent posture 

Leg position 1 Leg position 2 Leg position 3 Leg position 4 Leg position 5 

Thighs are lying 
on the bed. 

Upper body is 
partially lifted.  

Thighs lifted to 
~30° to the bed, 
lower leg is bent. 

Upper body is 
partially lifted. 

Thighs lifted to 
~60° to the bed, 
lower leg is bent. 

Upper body is 
partially lifted. 

Thighs lifted to 
~90° to the bed, 
lower leg is bent. 

Upper body is 
partially lifted. 

Thighs lifted to 
~120° to the bed, 
lower leg is bent. 

Upper body is 
partially lifted. 

   

 

 

2.3.  Measurement in the sitting position using the Texisense pressure pad 

To focus on the pressure distribution in the region of ischial tuberosities, a second set of acquisitions 
was performed for the participants in the sitting position. The TexiMat pressure pad manufactured 
by Texisense (www.texisense.com) was used for this purpose. This flexible mat is soft and 100% 
textile with 1024 pressure sensors (32 x 32) distributed over the active surface of 460 x 460 mm. 
Each sensor has a size of 5 x 5 mm with a distance of 14.7 mm between two sensors. According to 
the manufacturer, the measurement range is 0.3–45 kPa with a ± 10% accuracy. The acquisition 
frequency is 10 Hz. 

Participants were asked to statically sit on the stool (without backrest but with armrests) covered 
with the TexiMat (Figure 2) in order to collect the data on the pressure distribution under the region 
of ischial tuberosities. At the same time, the force data was collected by the AMTI force sensor 
attached to the seat. 

 

  

Figure 2 Subject’s position for the acquisitions in sitting posture 
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2.4.  Post-processing 

For the data acquired with both the FDM and TexiMat the pressure distribution was plotted and the 
peak pressure, contact area and applied force calculated. Pressure distribution maps were plotted 
in the MATLAB software after applying the 2D convolution to the data matrix (pressure values for 
each sensor) with a kernel F: 

 

      F = [
1 1 1
1 3 1
1 1 1

] 

 

This convolution was applied to smooth the raw data reported by the TexiMat. Figure 3 presents 
the pressure distribution map before (on the left side) and after (on the right side) the smoothing 
operation was applied. The same smoothing is done by TexiMat software when the data is 
presented in the real-time mode. To observe the realistic colour distribution, the colormap is scaled 
(colours are normalized) for each case.  

 

The highest value from all sensors for the selected time frame was selected as peak pressure. While 
the mean pressure per sensor was calculated as the sum of pressures for all sensors divided by the 
number of sensors with non-zero values. 

In addition, the total force at the selected time step was calculated as a sum of pressures for all 
sensors multiplied by the active area of one sensor (squared distance between sensor’s centres). In 
case of the Zebris this distance is 8.475 mm, while in case of TexiMat this is 14.7 mm.  

3. Results 

3.1. Sacral pressures measured in the recumbent position with the Zebris platform 

Interface pressure parameters from the Zebris FDM platform (total load applied, peak pressure, 
mean pressure per sensor and contact area) are provided at five different leg positions for one of 
the two subjects; namely Subject 1 (Table 4).   

a b 

Figure 3 Pressure distribution maps a) raw data without 2D convolution b) data after 2D convolution 
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Table 4 Total load, peak pressure, mean pressure and contact area at five different legs positions  

Position of the legs 
Pressure 

distribution 
map 

Total 
load  
[N] 

Peak 
pressure 
[N/cm2] 

Mean 
pressure 
[N/cm2] 

Contact 
area 
[cm2] 

1 

 

 

739.1 5.5 1.50 476.9 

2 

 

 

763.5 9.5 3.05 250.7 

3 

 

 

708.2 9 3.35 211.2 

4 

 

 

665.8 7.5 2.97 224.1 

5 

 

 

743.4 7.5 2.16 343.3 
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The following figures (Figure 4–Figure 6) show the evolution of total force, contact area and peak 
pressure over time for each of the three acquisitions (3–4 repetitive cycles per acquisition) for both 
subjects. 

 
Figure 4 Evolution of the total force for each of 3 acquisitions. a) Subject 1 b) Subject 2 

 

 
Figure 5 Evolution of total contact area for each of 3 acquisitions. a) Subject 1 b) Subject 2 

 

a 

b 

a 

b 
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Figure 6 Evolution of the peak pressure for each of 3 acquisitions. a) Subject 1 b) Subject 2 

3.2. Ischial pressures measured in the sitting position with the Texisense pad 

Acquisitions on TexiMat were performed for four subjects in the static sitting position (Figure 7), 
with the resulting pressure distributions shown in Figure 8. Values of total load, peak pressure, mean 
pressure and total contact area for each subject are compiled in the Table 5.  

 

Figure 7 Subject’s position in sitting posture and an example of the pressure distribution map 

  

a 

b 
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Table 5 Total load, peak pressure and contact area measured by the TexiMat 

Subject # 
Total 
load 
[N] 

Peak 
pressure 
[N/cm2] 

Mean pressure 
per sensor 

[N/cm2] 

Contact 
Area 
[cm2] 

1 591.4 4.96 1.16 510.1 

2 785.8 4.71 0.95 831.2 

3 957.8 4.96 0.98 979.4 

4 694.0 4.71 1.54 449.5 

 

 

In the sitting position, the weight of the individual is distributed between the armrests, legs on the 
floor and the seat. Therefore, an actual force applied to the seat was measured by the force sensor. 
Percentage of the total weight of the subject applied to the seat and the force values are listed in 
Table 6. The relation between the weight applied to the seat and the total force measured by the 
TexiMat is shown in Figure 9.  

a b 

c d 

Figure 8 Pressure distribution on the TexiMat in sitting position. 
a) Subject 1 b) Subject 2 c) Subject 3 d) Subject 4 
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Table 6 Force measured by the AMTI force sensor 

Subject # 
Seat Force 

[N] 
Seat Weight 

[kgf] 
Seat Weight/Subject Weight 

[%] 

1 450 45.9 70.6 

2 541 55.1 84.8 

3 625 63.7 84.9 

4 496 50.6 76.6 

4. Discussion  

The objective of this work was to describe the interactions between soft tissues and support 
surfaces for the healthy sitting and healthy recumbent postures in terms of variation in pressure 
distribution.  

For the acquisitions with the Zebris platform the maximum values of total force and the force 
variation was higher for the subject 1. This could be related to the higher weight of the subject 1 
and to the difference in movement range during the acquisitions between subjects. For the subject 
2 smaller contact area in combination with the increased peak pressure was observed. While 
comparing 5 different leg positions for subject 1, it could be seen that the highest peak pressure 
occurred at position 2, while highest mean pressure per sensor at position 3, when the smallest 
contact area was registered. However, from the pressure distribution maps for this subject, it is 
visible that the region of the top vertebrae of the sacrum is subjected to the higher pressures at 
position 4. It is also important to mention that these five positions do not correspond to the actual 
static position of the patient lying in a bed. But the goal in this case was to find the person-specific 

Figure 9 Relation between the weight on the seat pan and the 
     force measured by the TexiMat for four subjects 
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position when the sacrum experiences the highest loads. Depending on the anatomy, the sacral 
vertebrae of another individual could be more exposed to the load when the legs are in different 
positions.   

Similar findings were observed for the acquisitions in the sitting posture with the TexiMat device. 
For subject 3, for whom the total force was the highest, contact area was also the highest between 
all the subjects. 

The correlation between the weight on the seat pan and the total force measured by the TexiMat 
was observed. However, the difference in the forces measured by pressure mat and force sensor 
suggests that the actual active area of the TexiMat sensor could be different from the one used in 
this study. 

Some pressure parameter values found in the literature for the sitting posture are provided below. 

In 1972, Hertzberg (31) studied sitting load patterns for young males from the US Airforce seated 
on the hard surface covered only by thin sheet of latex rubber. He showed that for certain subjects 
the peak pressure under the ischial tuberosities could rise to more than 41.4 N/cm2.  

Conine et al. (32) performed a study with the elderly persons in a wheelchair, establishing a 
threshold of 0.8 N/cm2 peak pressure, above which the incidence of the PU development 
significantly increased. Another study by Brienza et al. (10), also focusing on elderly patients, 
showed peak pressures of 1.5 ± 0.6 N/cm2 in the group that developed PUs in contrast with the peak 
pressure values of 1 ± 0.3 N/cm2 in the group without the PUs. 

Mergl et al. (33) investigated the relation between the discomfort and pressure distribution on the 
interface between human and a car seat for young healthy individuals. In the buttock region, peak 
pressure of 2 N/cm2 and mean pressure of 0.5–0.6 N/cm2 were found to be limiting values, above 
which subjects felt strong discomfort. And in the study of Jackson et al. (34) with glider pilots, the 
highest peak pressure when the discomfort could be removed by fidgeting was 1.1 N/cm2. 

In the thesis of Savonnet (35) pressure maps were acquired for healthy subjects with peak pressure 
of 1 ± 0.2 N/cm2 and contact area of 1270 ± 310 cm2. In comparison to the current study, peak 
pressures were lower, while the contact area was larger. This could be also due to the use of 
backrest. 

The reported pressure data mostly concerns the assessment of either wheelchair users (10,32) or 
subjects in aircraft/car seats (33–35). The thick soft seat pan is common to be used in these cases 
and subjects are leaning on the backrest and, in some cases, the armrests. All these factors 
contribute to reducing the pressure on the seat pan. 

5. Conclusion 

In the current study, all subjects (both in recumbent and sitting positions) experienced peak 
pressures exceeding most of the values found in the studies with wheelchairs or car/plane seats. 
This could be explained by the difference in the current experimental setup: no cushion below the 
pressure mat and lack of the backrest for acquisitions in the sitting position. 

The same highest values of the mean peak pressure for the sitting measurements were observed 
for two subjects: for the subject with the lowest BMI & weight and also for the subject with the 
highest BMI & weight. Therefore, the direct relation between the weight or BMI of the subject and 
the mean peak pressure couldn’t be established based on collected data. These findings support the 
importance of the subject specific evaluation of the pressure distribution as it is a result of the 
combination of numerous individual parameters. 
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