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RÉSUMÉ

Les survivants du cancer infantile présentent des risques cardiaques accrus en raison des effets
cardiotoxiques du traitement contre le cancer. La détection précoce de l’insuffisance cardiaque
est cruciale pour ajuster les doses de traitement. La rigidité myocardique du ventricule gauche
est considérée comme un indicateur de la fonction cardiaque et un biomarqueur prometteur
pour la détection précoce de la cardiotoxicité et l’insuffisance cardiaque.

La rigidité du myocarde peut être estimée de manière non invasive par optimisation inverse, en
utilisant des modèles par éléments finis patient-spécifiques, basés sur l’imagerie par résonance
magnétique (IRM). Cette approche implique la sélection d’une loi constitutive des matériaux
et la définition de l’orientation des fibres cardiaques dans le modèle. L’impact de ces données
sur l’estimation de la rigidité du myocarde reste méconnu. Ce projet vise à comprendre et à
évaluer l’impact de ces deux paramètres du modèle sur l’estimation de la rigidité.

La première partie de ce travail se concentre sur l’impact des paramètres de la loi constitutive
du myocarde. La loi de comportement du matériau est une loi exponentielle isotropique
transverse de type Fung, décrite par Guccione et al. (1991), couramment utilisée dans les
modèles mécaniques du ventricule gauche. Elle comprend un ensemble de trois paramètres
d’anisotropie (bf , bt, bft) qui varient considérablement entre les études, ce qui complique
la sélection d’un trio de paramètres optimal. Cette étude vise à comprendre et à évaluer
l’influence de ces paramètres sur l’estimation de la rigidité globale.

L’analyse a été divisée en trois étapes. Tout d’abord, des essais d’extensions biaxiales et
cisaillements triaxiaux ont été simulés à l’aide d’un modèle par éléments finis, afin de com-
prendre l’impact de chaque paramètre sur le comportement du tissu et de comparer les trios
de paramètres rapportés dans la littérature. Ensuite, l’optimisation de la rigidité étant basée
sur le déplacement du ventricule, l’impact des trois paramètres sur le déplacement d’une
géométrie idéale du ventricule gauche a été étudié à l’aide d’un modèle par éléments finis.
Enfin, l’impact des trios de paramètres sur l’estimation de la rigidité a été évalué à l’aide de
cinq modèles par éléments finis patient-spécifiques.

Les différences entre les trios de paramètres résultent en des changements significatifs dans le
comportement local du myocarde et la mécanique globale du ventricule gauche. Au sein de la
plage de variation étudiée, le paramètre bt s’est avéré être le plus influent, et bft a eu le moins
d’impact. En cohérence avec ces résultats, des différences significatives dans l’estimation de la
rigidité sont observées entre les différents trios de paramètres. Aucun modèle ne se démarque
comme étant plus adapté en termes d’erreur résiduelle. Le trio de paramètres de Xi et al.
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(2013) a été sélectionné dans le présent travail, bien qu’aucun autre trio de paramètres ne se
soit révélé nettement moins adapté.

La deuxième partie de ce travail se concentre sur l’impact de l’orientation des fibres car-
diaques. L’orientation des fibres est souvent considérée comme homogène de la base à l’apex
et sur toute la circonférence, avec un angle d’hélice variant linéairement à travers la paroi du
ventricule entre 60◦ à l’endocarde à −60◦ à l’épicarde, et l’angle transversal étant fixé à zéro.
Les nouvelles techniques d’IRM de diffusion ont permis d’intégrer une orientation plus pré-
cise des fibres dans les modèles. Cependant, l’intégration d’une orientation patient-spécifique
complète, basée sur des acquisitions de diffusion in vivo, reste un défi majeur. Cette étude
vise à comprendre et à évaluer l’impact de l’orientation des fibres sur la rigidité globale.

Trois modèles par éléments finis patient-spécifiques ont été construits afin d’étudier l’impact
de l’orientation des fibres dans chaque géométrie. Ces modèles ont d’abord servi à étudier
l’impact de l’orientation sur la mécanique du ventricule gauche pendant l’inflation passive, en
utilisant une valeur de pression standard. Ensuite, en utilisant une approche d’optimisation
inverse et une pression spécifique au patient, la rigidité a été évaluée pour chaque sujet et
comparée entre les différentes orientations des fibres. Dans chaque étude, la plage de varia-
tion de l’angle d’hélice a été modifiée à la fois globalement dans le ventricule et localement
dans chaque secteur cardiaque. L’impact de la distribution transmurale de l’angle d’hélix a
également été évalué, ainsi que l’implémentation d’un angle transverse non nul. Enfin, des
tranches mi-ventriculaires de données de diffusion in vivo ont été intégrées à trois modèles
par éléments finis patient-spécifiques afin d’évaluer les différences mécaniques qui résultent
des différentes tranches de diffusion.

Cette étude révèle une augmentation des contraintes et déformations causée par des fibres
alignées plus circulairement, ainsi qu’une modification du déplacement du ventricule pendant
l’inflation. Aucun des dix-sept segments définis par l’American Heart Association (AHA) ne
se distingue par un impact plus ou moins important. L’angle transverse a un impact minimal.
Les estimations de la rigidité montrent des variations marquées entre les reconstructions
basées sur différentes tranches de diffusion, mais ces différences restent limitées par rapport
à l’impact des paramètres matériaux. Les estimations à l’effort montrent un impact de
l’orientation des fibres comparable à celui observé au repos.

Ces résultats devraient aider à choisir les caractéristiques du modèle pour représenter l’anisotropie
du myocarde. Ils s’agit d’une étape importante en vue de déterminer des valeurs standards
et pathologiques de la rigidité du myocarde, et devrait permettre d’améliorer l’efficacité de
ce biomarqueur dans la détection précoce de la cardiotoxicité et de l’insuffisance cardiaque.
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ABSTRACT

Survivors of childhood cancer are at higher risk of cardiac disease due to the cardiotoxic effects
of cancer treatments. Early detection of heart failure is crucial for adjusting treatment doses.
Passive myocardial stiffness of the left ventricle is considered an indicator of cardiac function
and a promising biomarker for early detection of cardiotoxicity and heart failure.

Myocardial stiffness can be estimated non-invasively by an inverse optimization approach,
using patient-specific finite element models, based on Magnetic Resonance Imaging (MRI).
This approach involves selecting an appropriate material constitutive law and defining the
orientation of cardiac fibers in the model. The impact of these inputs on the estimation of
myocardial stiffness remains to be investigated. This project aims to understand and evaluate
the impact of these two model inputs on the estimation of myocardial stiffness.

The first part of this work focuses on the impact of myocardium constitutive law parameters.
The material behavior law is an transversely-isotropic Fung-type exponential law, described
by Guccione et al. (1991), commonly used in left ventricle mechanical models. It includes a
set of three anisotropy parameters (bf , bt, bft) that vary significantly across studies, compli-
cating the selection of an optimal parameter set. This study aims to understand and assess
the influence of these parameters on the estimation of global stiffness.

The analysis was divided into three steps. First, extension biaxial and triaxial shear tests
were simulated using a finite element model, to understand the impact of each parameter on
the tissue behavior and to compare parameter sets reported in the literature. Then, since
stiffness optimization is based on ventricle displacement, the impact of the parameters on
the displacement of a finite element model of an ideal geometry of left ventricle was studied.
Finally, the impact of the different parameter sets on the estimation of stiffness was evaluated
using five patient-specific finite element models.

Differences between parameter sets resulted in significant changes in local material behavior
and global mechanics of the left ventricle. Within the studied range of variation, bt proved to
be the most influential, and bft had the least impact. Consistent with these results, different
parameter sets significantly affect the estimation of stiffness. No model stands out as being
more suited in terms of residual error. The parameter set from Xi et al. (2013) was selected in
the present work, although no other parameter set was found to be significantly less suitable.

The second part of this work focuses on the impact of cardiac fiber orientation. Fiber architec-
ture is often considered to be homogeneous from base to apex and around the circumference,
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with the helix angle varying linearly across the ventricle wall from 60◦ at the endocardium
to −60◦ at the epicardium, and with the transverse angle set to zero. New Diffusion Tensor
Imaging (DTI) techniques have enabled the implementation of a more accurate fiber orien-
tation into models. However, a complete integration of personalized fiber architecture based
on in-vivo DTI acquisitions remains a major challenge. This study aims to understand and
assess the impact of fiber orientation on global stiffness.

Three patient-specific left ventricle geometries were integrated into finite element models
to study the impact of fiber orientation in each geometry. These models first served to
study the impact on left ventricle mechanics during passive inflation, using a standard pres-
sure value. Then, using an inverse optimization approach and a patient-specific estimated
pressure, patient-specific stiffness was assessed for each subject and compared between fiber
orientation. In each study, the helix angle variation range was modified both globally in the
ventricle, and locally by cardiac sectors. The impact of helix angle transmural distributions
was also evaluated, as well as the implementation of a non-zero transverse angle. Finally,
one-slices in-vivo DTI data were wrapped onto three patient specific finite element models
to assess the mechanical differences that result from different DTI slices.

This study reveals an increase in stress and strain values caused by more circularly-aligned
fibers, and change in the motion of the ventricle during inflation. No American Heart As-
sociation (AHA) segment stands out for greater or lesser impact. Transverse angle showed
minimal impact. Stiffness estimates show clear variations between DTI-slice-based recon-
structions, but the differences remain limited compared to the material parameters impact.
Deviations observed with estimates during exercise are comparable to those at rest.

These results are intended to guide the selection of input features for the implementation
of myocardial anisotropy. It represents a valuable step towards determining standard and
pathological values of myocardial passive stiffness, and would help enhance the effectiveness
of this biomarker in the early detection of cardiotoxicity and heart failure.
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CHAPTER 1 INTRODUCTION

1.1 Context

Childhood acute lymphoblastic leukemia (ALL) is the most frequently diagnosed cancer
among children. It affects the blood and bone marrow, and accounts for about 25% of all
cancer cases among children under the age of 15 [10]. Doxorubicine is a chemotherapy agent
commonly prescribed for cancer treatment. However, the adverse effects remain significant.
Compared to the general population, childhood cancer survivors have a five- to fifteen-fold
increased risk of experiencing congestive heart failure due to the associated cardiotoxicity [11].

Early detection of heart failure is crucial for adjusting treatment doses. The diagnosis in-
volves evaluating cardiac function, especially of the left ventricle, given its critical role in
systemic circulation. Passive left ventricle myocardial stiffness has been shown to be a rele-
vant biomarker for the early detection of cardiotoxicity [12].

Myocardial stiffness can be estimated non-invasively by an inverse optimisation approach,
using patient-specific finite element models, based on Magnetic Resonance Imaging (MRI)
[5, 7, 8]. The principle is as follows : the finite element model replicates the patient left
ventricle geometry, and the myocardium stiffness parameter in the model is optimized so
that the displacement of the ventricle in the simulation matches the MRI measurements.

The implementation of finite element models requires defining the left ventricle geometry, the
myocardium constitutive law, the myofiber orientation, and loading and boundary conditions.

While it is widely accepted that the myocardium is anisotropic [13,14], its integration into fi-
nite element models continues to raise questions. Accounting for anisotropy involves selecting
an appropriate material constitutive law and defining the orientation of cardiac fibers.

The assumption of transverse isotropy, with an axis of symmetry along the fiber direction has
been widely used in modeling approaches. The myocardium passive mechanical response is
characterized by four key parameters : global stiffness, local stiffness in the fiber’s direction,
cross-fiber direction, and fiber-transverse shear plane [14]. Global stiffness is the biomarker
of interest, that is being estimated. The three anisotropy parameters vary significantly across
studies, hindering the selection of an optimal set of parameters. They will be the focus of
the first part of this study.

The implementation of transverse isotropy in the left ventricle requires the definition of fiber
orientation. Fiber orientation was first described using a rough estimation derived from
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histological observations [15] : a helical structure, with a right-handed spiral near the endo-
cardial surface, and a left-handed spiral near the epicardial surface, which was subsequently
validated by Diffusion Tensor Imaging (DTI) [16, 17]. New DTI techniques have enabled
the integration of a more accurate and data-driven fiber orientation into models, based on
either ex-vivo [8, 18, 19] or in-vivo acquisitions [20]. However, a complete personalization of
fiber architecture based on in-vivo DTI acquisitions remains a major challenge. Its ability
to improve the stiffness estimation has yet to be fully assessed. This will be the focus of the
second part of this study.

1.2 Research objectives

This project aims to understand and evaluate the impact of myocardial anisotropy on the
estimation of the left ventricle myocardial passive stiffness. This work is divided into two
distinct studies.

In the first study, the three anisotropy parameters are investigated. The aim is to under-
stand and assess the influence of these parameters on global stiffness. It is intended
to provide guidance in choosing an adequate set of parameters.

The second study focuses on fiber orientation. The aim is to understand and assess the
impact of fiber orientation on global stiffness. It is expected to guide the choice of
an appropriate implementation method of fiber orientation, based on the desired level of
accuracy for the estimation of stiffness.

In the long run, these steps aim to determine standard and pathological values of this
biomarker, allowing early detection of cardiotoxicity and heart failure.

1.3 Thesis outline

The present thesis is structured into five chapters.

Chapter 1 introduces the background of the study and outlines the main objectives

Chapter 2 provides an overview of existing knowledge essential for understanding the present
work. It first introduces the structure and function of the heart, (Section 2.1) cancer thera-
pies’ impact, and the associated challenges of early detection (Section 2.2). A brief overview
of MRI techniques commonly used in early detection are also presented (Section 2.3). The
myocardial mechanical properties and their assessment are then described (Section 2.4). The
key points of this section are summarized in Section 2.5. Finally, a brief summary of F.
Mahalatchimy’s Master’s thesis [21] on the subject of interest is provided (Section 2.6).
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Chapter 3 assesses the impact of mechanical parameters on stiffness estimation. After a
brief introduction (Section 3.1), the methods are presented (Section 3.2). A sensitivity study
for each parameter, as well as a comparative study of different parameter sets reported in
the literature, are performed. The results of both studies are presented in Section 3.3 and
discussed in Section 3.4.

Chapter 4 assesses the impact of fiber orientation on stiffness estimation. The introduction
(Section 4.1) is followed by a description of the methods (Section 4.2). The study is divided
into five consecutive steps, each focusing on a specific parameter of the fiber architecture.
For each step, the results are presented in Section 4.3 and discussed in Section 4.4.

Chapter 5 concludes this master’s thesis with a summary of the work, the main limitations,
and directions for future work.
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CHAPTER 2 SCIENTIFIC BACKGROUND AND LITERATURE REVIEW

2.1 Structure and function of the heart

2.1.1 Cardiac anatomy

The heart is located in the center of the thoracic cavity, between the two lungs. Although its
size depends on individuals, it is commonly approximated to the size of a fist. Its contraction
sends blood to the rest of the body. The superior part, called the base, is oriented backward
and slightly to the right, while the tip of the heart, called the apex, points forward, downward,
and to the left. [1]

As illustrated in Figure 2.1, the heart can be divided into two parts :

• the left side of the heart is connected to the blood vessels of the systemic circuit,
which carry oxygenated blood from the heart to the body, and return deoxygenated
blood back to the heart

• the right side of the heart is connected to the blood vessels of the pulmonary circuit,
which carry deoxygenated blood from the heart to the lungs, and return oxygenated
blood back to the heart

Figure 2.1 Structure of the heart (image taken from [1])
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A central wall called "septum" separates the two sides. The left and right parts are each
divided into two chambers : an upper one called "atrium" and a lower one called "ventricle".
Valves are located at the entrance of each cavity, ensuring unidirectional blood flow.

Deoxygenated blood enters the right atrium through the superior and inferior vena cava. The
right atrium ejects deoxygenated blood into the right ventricle through the tricuspid valve.
The right ventricle then pumps deoxygenated blood through the pulmonary valve to the
lungs. Blood is reoxygenated in the lungs before reaching the left atrium. The left atrium
ejects oxygenated blood into the left ventricle (LV) through the mitral valve. The left
ventricle then propels oxygenated blood through the aortic valve to the rest of the body.
Figure 2.1 shows a schematic representation of these different structures. This circulation
process is repeated continuously, maintaining blood flow throughout the body. [1]

The cardiac wall is composed of three layers. The myocardium is the central and thickest
layer. It is made up of muscular tissue that ensures cardiac contraction. As the left ventricle
must provide the necessary pressure to overcome the resistance of the systemic circuit and
propel blood throughout the whole body, it is more than three times thicker than in the rest
of the heart. Details of the myocardial structure are given in Section 2.1.3.

This layer is surrounded by an inner layer named endocardium and an outer layer named
epicardium. The endocardium is directly in contact with blood inside the heart. The
epicardium protects the inner structures of the heart and contributes to the production of
pericardial fluid. This fluid is contained all around the heart, in the pericardial cavity,
and reduces friction as the heart contracts. It is enclosed by the pericardium, which also
helps anchor the heart in the thoracic cavity, preventing excessive movement during cardiac
contractions. [22]

2.1.2 Cardiac cycle

With an average heart rate of 75 contractions per minute, the heart contracts 108 000 times
a day, more than 39 million times a year [22]. Each cardiac cycle is composed of alternating
relaxation and contraction of the atria and ventricles. During the relaxation phase, known as
diastole, the ventricles fill with blood from the atria. During the contraction phase, known
as systole, the blood is ejected from the ventricles. The left and right sides supply systemic
and pulmonary circuits respectively. These phases are regulated by the activity of muscle
cells and pressure variations within the cardiac chambers. [22]

The electrical impulse that activates the muscle cells of each heart chamber originates in the
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sinoatrial node. It is then transmitted through the cardiac conduction pathways, first trigger-
ing atrial contraction, followed by ventricular contraction. On the electrocardiogram (ECG),
the P wave represents atrial depolarization, the QRS complex corresponds to ventricular
depolarization, and the T wave reflects ventricular repolarization.

Regarding systemic circulation, the cardiac cycle can be divided into five steps, illustrated
in Figure 2.2 [23] :

1. Isovolumetric contraction : The left ventricle contracts, increasing pressure in this
chamber, but the volume remains constant. The mitral and aortic valves are closed.

2. Ventricular ejection : When pressure in the left ventricle becomes greater than
pressure in the aorta (about 80 mmHg), the aortic valve opens and blood is ejected
from the ventricle. As blood is ejected, the pressure in the left ventricle decreases,
causing the aortic valve to close when the pressure in the cavity is lower than in the
aorta. The volume of blood, known as the telesystolic volume, is then at its lowest.

3. Isovolumetric relaxation : The pressure in the ventricle continues to decrease. A
small amount of blood remains in the ventricle. All valves are closed, and the volume
is constant during this phase.

4. Rapid filling : As the pressure in the atrium exceeds that in the ventricle, the mitral
valve opens and blood rapidly flows into the ventricle.

5. Diastasis : Blood slowly flows from the atrium to the ventricle until the atrial and
ventricular pressures equalize. The atrial contraction then ends the ventricle filling and
the mitral valve closes. The volume of blood, known as the telediastolic volume, is at
its highest.

These phases are repeated in each cardiac cycle, ensuring continuous blood flow in the body.
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(a) Wiggers diagram (image taken from [23])

(b) Schematic pressure-volume loop (image taken from [23])

Figure 2.2 Vizualisation of the phases of the cardiac cycle
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2.1.3 Myocardium mesostructure

Myocardium components :

The myocardium, the thickest layer of the cardiac wall, is responsible for tissue contraction
during each cardiac cycle. It is composed of four major components : cardiomyocytes,
fibroblasts, the extracellular matrix, and blood vessels. [24]

Cardiomyocytes are cylindrical cells that can be up to 7 times longer than their diame-
ter [25]. They occupy 70% of the myocardium volume [13]. They are connected by interca-
lated discs, forming bundles called myofibers. Each cardiomyocyte is made up of several
myofibrils, which are the basic contractile units of the cell. These myofibrils are a succession
of sarcomeres, each composed of actin and myosin filaments, sliding relative to one another,
causing the sarcomere to shorten and muscle contraction to occur at the tissue level. [24]

Fibroblasts are smaller cells that outnumber cardiomyocytes and are responsible for main-
taining the extracellular matrix and anchor cardiomyocytes. [24]

The extracellular matrix supports cardiomyocytes and blood vessels. It plays a crucial
role in maintaining their arrangement and distributing the load across the tissue. It is made
up of collagen, elastin, and polyglycans. [25]. Collagen surrounds myofibers individually and
connects them together, forming groups of myofibers called sheetlets, separated by cleavage
planes. These sheetlets are about 4 cardiomyocytes thick. [26]

In the left ventricle wall, the myofibers gradually change orientation from a left-handed
spiral near the epicardial surface to a circular arrangement in the middle of the wall and a
right-handed spiral near the endocardial surface. A schematic representation of this helical
structure is shown in Figure 2.3.

Figure 2.3 Schematic organization of myofibers in the LV (image taken from [2])
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Myofiber architecture description :

Initial assessments of myofiber orientation were conducted through histological analysis
[15]. The development of Diffusion Tensor Imaging (DTI) has since enabled both ex-vivo
and in-vivo measurements of myofibers orientation in healthy and pathological conditions
[16, 17, 27, 28], as well as assessments of myofiber mobility [29]. This technique will be
described in greater detail in Section 2.3. Micro-computed tomography has also allowed
for a more precise ex-vivo determination of cardiomyocyte orientation in myocardium samples
[30].

In order to describe the myofibers architecture in the left ventricle, various coordinate systems
and angular definitions have been introduced.

Figure 2.4 Local and global coordinate systems (image adapted from [3])

The local coordinate system, illustrated in Figure 2.4, refers to the aforementioned my-
ocardium microstructure : the three axis are respectively oriented along the fiber axis (F),
sheetlet plane direction (S), and sheetlet-normal direction (N) [26]. These three vectors
are assumed to be orthogonal, even if this is not always the case in practice [31].

The global coordinate system, illustrated in Figure 2.4, refers to the global geometry
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of the left ventricle [32]. The longitudinal axis is perpendicular to the base plane, and
passes through the apex. The radial axis is perpendicular to the longitudinal axis, and
oriented from the center of the left ventricular cavity toward the epicardium surface. The
circumferential axis follows the curve of the epicardium surface and is orthogonal to the
radial and longitudinal directions.

Three main angles, illustrated in Figure 2.5, have been introduced to orient the local co-
ordinate system in the global coordinate system, thus allowing a complete description of
myofibers architecture in the ventricle : the helix angle (HA), transverse angle (TA), and
sheetlet angle (E2A).

Figure 2.5 Angular definitions for myofiber orientation

Helix angle :

The helix angle is defined between the myofiber direction projected onto the longitudinal
- circumferential plane and the circumferential direction (see Figure 2.5). This angle is the
most extensively documented in the literature.

One of the first and most frequently cited studies in the field is the work conducted by
Streeter et al. [15]. Based on histological analysis of 18 ex-vivo canine hearts, he concluded
that helix angle changes smoothly from about 60◦ at the endocardium to about −60◦

at the epicardium. The ratio of fibers oriented circumferentially (|HA| < 22.5◦) to those
aligned in the longitudinal directions (|HA| > 67.5◦) is approximately 10 to 1.

Although some significant differences have been observed between species [33], this global
cardiac architecture observed by Streeter et al. [15] has been confirmed in the human heart by
DT-MRI studies [16, 27]. Lombaert et al. [16] and Toussaint et al. [27] reported respectively
an average angle of 66◦ and 55◦ at the endocardium and −41◦ and −30◦ at the epicardium in
the human heart. DT-MRI of the human heart revealed a fairly homogeneous distribution
from base to apex, with smooth variation from the endocardium to epicardium strongly



11

correlated with transmural depth, except near the apex [16,17,33].

This helical architecture of cardiac fibers plays a crucial role in the efficient contraction
of the left ventricle, particularly in ventricular strain, rotation, and shortening [23,25].

However, despite a generally homogeneous architecture in the ventricle, some studies have
highlighted strong local variations. For example, both DTI and micro-computed tomog-
raphy analysis have demonstrated that the fiber architecture is disrupted at the junction
between the left and right ventricles [29,30,34]. In this region, the presence of crossing fibers
leads to abrupt changes and mixed directional patterns. Some local perturbation of fibers ori-
entation have also been observed around cardiac blood vessels [35]. Overall, micro-computed
tomography has revealed abrupt local variations of cardiac fiber on the micrometer scale,
which are not visible when measured at the milimeter scale of DTI [30,35,36].

DTI has also enabled assessing the helix angle evolution though cardiac cycle. From dias-
tole to systole, helix angle steepen : positive values near endocardium increase, and negative
values near epicardium decrease [37], leading the helix angle range (HAR) to increase. Moulin
et al. [29] reported a mi-ventricular helix angle range varying from 76.9◦ in average in early
systole, to 96.6◦ in average in late systole.

Transverse angle :

Transverse angle measures the deviation of myofiber with respect to the circumferen-
tial direction (see Figure 2.5). It is measured by projecting the fiber axis onto the radial-
circumferential plane and calculating the angle between this projection and the circumferen-
tial direction.

It is much less documented than helix angle. As this angle is quite small, it is often considered
to be zero [27]. Lombaert et al. [16] reported an average transverse angle of 7◦, Toussaint
et al. [27] of 0◦, and Chen et al. [38] reported values of transverse angle between 20 and -20
throughout the ventricle throughout the cardiac cycle. Thus, the fibers are mainly oriented
parallel to the wall surface.

However, as for helix angle, this assumption masks more significant local variations, which
are not always detected by the precision of DTI [28,39].

There is no global pattern describing the evolution of the transverse angle in the ventricle,
as there is for the helix angle. The transverse angle is poorly correlated with the wall
transmural depth [16,27].

Sheetlet angle :
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The sheetlet angle, also named E2A, is measured between the sheet direction projected
onto the cross-fiber plane and the myofiber perpendicular direction (see Figure 2.5).

This angle varies much within the left ventricle, and is poorly correlated with the wall
transmural depth [16,27].

Several authors have highlighted the existence of two populations of sheetlets, oriented
in different directions [35, 36]. This could explain the variability of measurements observed
by DT-MRI [17]

While the change helix angle during the cardiac cycle was moderate, the change in sheetlet
angle is much more significant [29]. This variation is called E2A mobility and reflects
sheetlets function [25]. As early as 1969, Streeter et al. had observed that cardiomyocytes
thickening by itself could not fully account for the whole wall thickening during systole.
Recent findings reported the correlation between E2A mobility and radial LV thickening
[40], explaining how sheetlets reorientation during systole could account for wall thickening.
Moulin et al. [29] reported a mi-ventricular sheetlet angle varying from 27.7◦ in average in
early systole, to 45.2◦ in average in late systole.

Pathological conditions :

Abnormalities in cardiac fiber architecture and mobility have been associated with patho-
logical conditions, such as infarctus [41], congenital heart disease [28], dilated cardiomy-
opathy [37,40], or hypertrophic cardiomyopathy [40]. Crossing fibers with more abrupt angle
variations were reported in infarcted region [41]. Helix angle and helix angle range were al-
tered in hearts affected by congenital heart disease [28]. Helix angle steepening during systole
is lower in patient with dilated cardiomyopathy, which could reduce left ventricle torsion, and
ejection efficiency [37]. E2A mobility is reduced in patients with dilated cardiomyopathy and
patients with hypertrophic cardiomyopathy [40].

2.2 Childhood acute lymphoblastic leukemia

Childhood acute lymphoblastic leukemia is a cancer of the blood and bone marrow. It
is the most frequently diagnosed cancer in children, accounting for about 25% of all cancer
cases among children under 15 years of age [10]. In the US, it represents about 3100 new
cases each year, and this figure has increased since 1975 [10]. Recent cancer treatments have
improved survival rates in the last four decades [42].
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2.2.1 Treatment-related cardiotoxicity

Doxorubicine is a chemotherapy drug that belongs to the anthracycline class. It destroys
cancer cells by interfering with DNA synthesis. It is used to treat more than half of all
children with acute lymphoblastic leukemia [11]. However, it can have serious consequences
on the heart and increase the risk of long-term morbidity and mortality [42]. In fact, child
cancer survivors are at higher risk for cardiac disease than healthy children due to cancer
therapy [43]. Cardiotoxicity depends on the dose of administered doxorubicine [44] and
can appear up to 4 to 20 years after treatment ends [45]. Cardiotoxicity may induce
arrhythmias, pericardial disease, valvular disease, or coronary artery disease, although it is
most commonly associated with the development of congestive heart failure [44] . Childhood
cancer survivors are between 5 and 15 times more likely to experience congestive heart failure
than people in the general population [11]. The prognosis is poor, with a five-year survival
rate below 50% following diagnosis [11].

Cardiotoxicity comes from toxic substances, produced by doxorubicine, which damage cardiac
cells and disrupt calcium balance, hindering contraction. This leads to systolic and diastolic
dysfunction [45]. Diagnosis consists of assessing the cardiac functions, and especially the
left ventricular performance to pump blood into the systemic circulation.

2.2.2 Diagnostic tools

Biopsy, which involves collecting samples of myocardial tissue, is the most reliable technique
to detect tissue damage and assess the severity of the disease. However, this is an invasive
technique and can have side effects [45].

Echocardiography is a standard technique in cardiac evaluation. It is widely used because
it is an easy-to-access and low-cost technique. The two main indices estimated from echocar-
diographic images derived indices are the left ventricular ejection fraction and the fractional
shortening. However, these parameters are often insensitive to the early detection of car-
diotoxicity of doxorubicin [46]. More recently, Doppler echocardiography, which enables the
measurement of strain and strain rate, appeared as a promising tool to assess myocardial
condition, as it is more sensitive to early damage [47, 48]. Stress echocardiography is also
more sensitive to early subclinical changes, which is promising for early detection [49,50].

Cardiac Magnetic Resonance Imaging (MRI) is also used as a diagnostic tool. It is
more expensive than ultrasound, but the image quality is better. Cardiac cine-MRI can be
used to measure left ventricle volume, mass, and ejection fraction, which are commonly used
cardiac function indices [51]. However, these parameters are not sensitive enough to detect
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cardiotoxicity at an early stage [45]. Measurement of left ventricle strain, through Tag MRI,
Strain Encoding MRI, or Displacement ENcoding with Stimulated Echoes (DENSE), has
been shown to be a promising predictor of cardiotoxicity of anthracyclines [52,53]. The strain
can also be assessed using cine-MRI post-processing tissue tracking methods [51]. Magnetic
resonance imaging can also be used to assess the characteristics of myocardial tissue, thus
helping to detect early cardiotoxicity [46]. Gadolinium contrast, or T1 and T2 mapping are
the commonly used methods for this purpose [51]. Cardiac MRI during exercise testing is
also being developed for early detection of doxorubicine cardiotoxity, as it could emphasize
a decrease of cardiac mechanical performances which are not visible at rest [54].

Currently, there is no standardized method for early detection of cardiotoxicty and the left
ventricle ejection fraction remains the standard [51]. However, this parameter has been shown
to be insufficient for subclinical changes [45,48,52].

2.2.3 Myocardial stiffness : biomarker of cardiotoxicty and heart failure

As tissue characterization and strain assessment were reported to be promising tools [46,48,
52,53], the estimation of left ventricle myocardial stiffness has emerged as a potential
interesting biomarker for the early detection of doxorubicin cardiotoxicity [12]. In the more
general case of cardiac pathologies and heart failure, this biomarker has been shown to be
a relevant indicator of cardiac function, especially in cases of heart failure with preserve
ejection fraction [55–58]. Stiffening of the ventricle walls alters diastolic filling and increase
end-diastolic pressure [55], which has a direct impact on pumping efficiency : limiting the
diastolic relaxation implies restricting the amplitude of contraction [59,60].

The end-diastolic pressure-volume relationship can be used to estimate the passive left
ventricle myocardial stiffness. However, this estimation reflects global apparent stiffness and
is greatly influenced by ventricular geometry, rather than reflecting inherent tissue stiffness.
For example, between walls of same stiffness, a thicker wall will appear stiffer, because it
requires a higher pressure to be deformed. [20]

Another method of estimating left ventricle myocardial stiffness now rely on patient-specific
left ventricle finite element models. The different existing models will be detailed in
Section 2.4.2. The estimation principle is as follows :

• MRI scans make it possible to determine the geometry of the patient’s left ventricle,
and the numeric model reproduces this geometry

• cine-MRI or tag-MRI makes it possible to know the displacement or strain of the left
ventricle during the diastolic phase
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• in the numeric model, the stiffness parameter of the ventricle is iteratively optimized,
so that displacement or strain at the end of the simulation best matches MRI data

This method has already been used to reveal increased passive stiffness in patients with heart
failure [61], or to study the stiffness of the left ventricle in pathological conditions [5, 9, 62].

However, the limited number of patients included in these studies hinders the establishment
of standard stiffness values for both healthy and pathological conditions, thus limiting its
potential as a validated clinical biomarker.

In the case of children treated with doxorubicin, slight changes in myocardial hyperelastic
properties have been observed [12]. These are only preliminary results, and further studies
are needed to validate and expand upon these findings.

2.3 Cardiac Magnetic Resonance Imaging

As described in the previous section, MRI is widely used in the context of in-vivo stiffness esti-
mation. An in-depth understanding of MRI is not necessary for this project, but an overview
will be useful to better understand how MRI techniques can provide valuable information for
biomechanical models of the left ventricle, but face certain challenges.

Basics :

MRI is based on the physical phenomenon called nuclear magnetic resonance. The
principle is as follows [63]:

• when an external magnetic field B⃗o is applied, atomic nuclei become magnetized,
aligning their magnetization with the field

• a radiofrequency (RF) pulse causes the magnetization M to precess around B⃗o,
and induces a RF pulse, which generates the signal observed in MRI

• the magnetization vector M⃗ has two components : longitudinal magnetization, aligned
with B⃗o, and transverse magnetization, in the perpendicular plane

• once RF is removed, magnetization vector M⃗ gradually ends the precession movement,
and aligns back with B⃗o

This relaxation is characterized by two characteristics times : T1 and T2, corresponding
respectively to longitudinal and transverse relaxations. These relaxation times depend on
tissue properties. Thus, by manipulating RF excitation pulse-sequences, taking into ac-
count differences of T1 and T2 between tissues, it is possible to produce MR images with
sufficient contrast between anatomical structures to be discernible.
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A key challenge of cardiac MRI is that heart is constantly beating. Because of this
movement of the heart, MRI acquisition of the whole heart anatomy, i.e. with several image
slices, requires the acquisition to last several cardiac cycles. Cardiac MRI acquisitions thus
need to be synchronized with the patient electrocardiogram, and often require the patient
to hold his breath to avoid respiratory movements. Moreover, due to cardiac motion,
cardiac MRI pulse sequences must also be fast. [64]

The MRI sequence known as balanced Steady State Free Precession (bSSFP) is highly
appreciated for its good contrast and signal-to-noise ratio [65]. This sequence is also widely
used for cardiac cine MRI acquisitions [64].

Cine MRI :

Cardiac cine MRI consists of acquiring series of images at multiple time points throughout
the cardiac cycle. It thus allows to assess the dynamic changes in cardiac geometry over a
full cycle. In the left ventricle, for example, this makes it possible to assess the evolution of
endocardium and epicardium geometry through the cardiac cycle, and assess the evolution
of the cavity volume, wall thickness variations, stroke volume, ejection fractions, etc. [64].

Cine MRI differs from tissue tagging strategies, which measure local tissue deformations [66].
It provides information on the global movement of the tissue.

Cardiac cine MRI can also be coupled with stress-testing strategies, in order to unmask
underlying pathologies not visible at rest. Protocols are either based on pharmacological
agents, such as dobutamine or adenosine, or physical exercises (treadmill, ergometers, hand-
grip exercises, breathing maneuvers). [54]

Diffusion MRI :

DTI is based on the random movement of water molecules in tissue and how this move-
ment is affected by microstructural environment, such as the cellular structure restricting
their diffusion along certain directions. The movement of molecules affects the acquired MRI
signals. The signal attenuation depends both on the direction of the applied magnetic
field, and the direction of the molecular movement. [67]

DT images are based on several acquisitions, each with different magnetization directions,
in order to assess the diffusion of water molecules in the tissue in all directions. At least seven
acquisitions are required : a non-diffusion weighted image, and 6 different directions. [31]

Due to the challenges involved by cardiac movements, DTI acquisitions were first performed
ex-vivo [16, 17], and in-vivo acquisition protocols were then established [27,29,40].
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In current research, two main acquisition sequences are used :

• Spin Echo : Spin Echo (SE) sequence is widely used for DT-MRI acquisition [25].
As it is highly sensitive to cardiac movement, motion compensation techniques are
required. The first and second order compensation technique is commonly applied
and its reliability has been demonstrated comparing in-vivo and ex-vivo acquisitions
[68]. Cardiac diffusion data acquired with a spin echo, first- and second-order motion-
compensated, were reported to be more precised in midsystolic imaging [69];

• STEAM (Stimulated Echo Acquisition Mode) : STEAM is much less sensitive to cardiac
motion but has a lower signal-to-noise ratio than the SE-based method. Due to longer
diffusion times, the signal can be affected by tissue strain.

DTI data are recorded in a diffusion tensor. Eigenvectors of the tensor describe the di-
rection of the diffusion, and eigenvalues the corresponding intensity of diffusion. The larger
the principal eigenvalue, the greater the main directionality of diffusion; and the closer the
eigenvalues are to one another, the more isotropic the diffusion. [67]

In the myocardium, principal direction of diffusion has been reported to be the cardiac
fiber axis [70]. Thus, fiber orientation can be obtained with the first eigenvector of the
diffusion tensor. As mentioned above, the orientation of this vector can be defined locally by
two angles, the helix and the transverse angles. [67]

The second and third eigenvectors describe the sheetlets orientation. [67]

2.4 Myocardium mechanical behavior

Myocardial mechanical behavior is a promising biomarker of cardiotoxicity and heart failure.
Its in-vivo estimation can be performed using a finite element model, and this approach will
be described in Section 2.4.2. However, ex vivo testing remains essential for understanding
and evaluating the passive mechanical response of the myocardium. The insights gained from
these experiments are crucial for improving the accuracy of the in-vivo approach.

2.4.1 Ex vivo testing

Ex-vivo testing has led to significant advances in the assessment of mechanical properties
of the left ventricular myocardium.

The first biaxial extension tests performed on canine myocardial samples [71–73] reported
the non-linear and anisotropic mechanical behavior of the myocardium. A stiffer behavior
in the fiber direction than in the cross-fiber direction was observed, leading to the first
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assumptions of transverse isotropy [14, 72].

Sommer et al. [74] performed biaxial extension tests with different loading ratios on human
myocardium samples. Non-linearity of the myocardium, and twice stiffer behavior in mean
fiber direction than cross-fiber was reported, confirming previous findings. Viscoelas-
ticity, hysteresis, and history-dependent mechanical behavior were also observed. The
authors also highlighted strain softening in the myocardium : this irreversible softening of
the passive tissue occurred whenever the applied load exceeds its previous maximum value.

However, due to the presence of shear stress during diastole, extension tests are not enough
to characterize the passive mechanical behavior of the myocardium.

Dokos et al. [4] performed triaxial simple shear tests on cubic samples of pig myocardium.
The six modes of shearing are illustrated in Figure 2.6. Myocardium mechanical behavior
was found to be clearly orthotropic. FS and FN shear modes exhibited the highest stress
values, indicating a stiffer mechanical response when extending cardiomyocytes. SF and SN
modes showed intermediate stress values, and NS and NF modes lowest stress values. Vis-
coelasticity and hysteresis were also reported. The authors also observed strain softening:
myocardium becomes permanently softer after being stretched. They attribute this phe-
nomenon to damage in the extracellular matrix or fibers, or to the rearrangement of fibers
and sheetlets.

Figure 2.6 Six modes of shear (F: fiber direction, S: sheetlet direction, N = normal to
sheetlet) (image taken from [4])

Sommer et al. [74] later performed the same triaxial simple shear tests on cubic samples of
human myocardium and reported the same characteristic in mechanical behavior.

Differences within and among hearts :

The mechanical behavior of the myocardium (non-linearity, anisotropy, hysteresis, strain
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softening) has been reported to be qualitatively homogeneous through left ventricle my-
ocardium [73, 74]. While Novak et al. [73] described a stiffer behavior close to epicardium
and less stiff close to endocardium, Sommer et al. [74] observed homogeneous peak stress
values through the left ventricle, but significantly lower than in the right ventricle.

Myocardium stiffness has also been reported to be significantly different between human,
bovine, and canine left ventricle myocardium [74]. Variations in testing protocols may par-
tially account for the observed differences. In addition, although studies agree on a stiffer
behavior in the fiber direction than cross fiber one, the ratio of fiber to cross-fiber stiffness
has been reported to be different between species [75].

Although less pronounced than inter-species mechanical differences, differences were observed
between human hearts, and could be due to variations in tissue architecture and collagen
density, which naturally change between individuals [74].

New testing protocols :

More recently, the coupling of ex-vivo testing with finite elements simulations helped to
understand new aspect of the myocardium mechanical behavior [76–78].

Avazmohammadi et al. [76] designed optimal deformation paths based on kinematical analy-
sis, in order to accurately apply all deformations to one sample and preserve tissue viability,
instead of performing several predefined tests. Finite element simulations were then used to
determine the myocardium constitutive law.

Tueni et al. [78] and McEvoy et al. [77] used finite elements models (FEM) to understand
the micro- and meso-structural causes of the observed macroscopic anisotropic behavior.
Indeed, while cardiomyocytes clearly induce a transversely isotropic symmetry, the role of
laminar structure and cardiomyocyte varying orientation in the orthotropic behavior remains
a topic of discussion. The crucial role of the sheetlets organization in inducing an orthotropic
behavior was reported [78]. Moreover, authors highlighted that some level of compressibility
in the tissue was necessary to best fit the experimental data.

Indeed, as many other soft biological tissues mainly composed of water, myocardium was
initially considered incompressible or quasi-incompressible [13, 77]. More recent findings
defined the myocardium as being slightly compressible, due to both vasculature compression
and the extracellular matrix, which could account for a volume change up to 10% [77,79].

Transferring ex-vivo properties to the in-vivo context :

As the final objective of this project focuses on the in-vivo mechanical properties of the my-
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ocardium, a few precautions should be mentioned when transferring ex-vivo experimental
data to in-vivo behavior. Firstly, tissue damage from dissection, large deformations, and
strain softening may affect stress and strain values compared to what would be observed
in-vivo [4, 74]. Besides, residual strain relief due to dissection could also cause some differ-
ences [4,14]. Moreover, due to the size of the sample tested, cardiomyocytes are not perfectly
aligned and samples are rarely perfectly homogeneous, which could also affect stress-strain
curves.

2.4.2 Left ventricle mechanical model

Numeric mechanical models can be used to estimate in-vivo the left ventricle myocardial
passive stiffness.

These models allow for the calculation of mechanical data, such as stress, strain, displacement,
energy, etc, in the left ventricle. Achieving this requires to resolve the mechanical equilibrium
equations.

The finite element method is a numerical resolution method widely used in this context.
The method consists of dividing the whole geometry into a mesh of small regions called
elements. The equations are then solved within each element. The global behavior is then
deduced from the results of each element. [80]

Initial left ventricle finite element models were developed in the 1990s, and only consider
passive behavior of the tissue. Their geometry was a simplified geometry of the left
ventricle, such as a truncated ellipsoid [2], or was based on histological data [81].

Patient-specific geometry was then implemented, based on MRI acquisitions [5,8]. Active
behavior of the tissue was also added [82].

To better account for the blood pressure acting on the endocardial surface, some models
were coupled with lumped-parameter representation of the circulatory system [62, 83] or
fluid-structure interaction models were developed [84].

Electromechanical models were also developed. The coupling between electrophysiologi-
cal and mechanical equations was implemented to reproduce cardiac cycle [85].

Some models simultaneously include mechanical, electrical, and blood circulatory gov-
erning equations in the left ventricle [86].

Models have been extended to biventricular, and even 4-chambers numeric models of the
heart. The Living Heart Project is a 4-chambers electro-mechanical model coupled to a closed
loop circulatory system [87].
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In this project, we focus on modeling the passive mechanical behavior of the left ven-
tricle with the finite element method. The following sections describe the models basic
characteristics.

2.4.2.1 Geometry and boundaries condition

Geometry :

The truncated ellipsoid, considered an ideal geometry of the left ventricle, has been widely
used in both older left ventricle models, and more recent models which focus on studying the
impact of different parameters on the left ventricle behavior [88–93].

Patient-specific geometries, based on either cine-MRI acquisition [5,9,19,20,61,83,94–98].
Tag MRI [8, 99], computed tomography [18,62], or 3D-echocardiography [100,101] have also
been used. The general meshing principle remains the same regardless of the acquisition
method [102] : the left ventricle endocardium and epicardium are first segmented ; then,
a template mesh is wrapped to match the segmented contours. Thus, a patient-specific
mesh of the left ventricle is obtained.

Loading conditions :

In case of stiffness estimation, finite element models compare two states : either the end
of systole or the diastasis, considered as the "reference" state, with the end of diastole.
Although the pressure in the reference state is often assumed to be zero, the pressure applied
at the end of diastole is chosen to reflect the blood pressure at this time of the cardiac cycle.
In most of the models, this pressure is uniformly applied to the surface.

Its value can be obtain by catheterization. This technique allows for direct measurement
of pressure inside the ventricle, and the pressure values can be applied in the finite element
model [5,8,100,103]. However, this is an invasive technique, and is not always feasible. This
is why, some have chosen to apply a standard value of end-diastolic pressure, generally
around 1kPa, that is 8mmHg [20,88,89,92,93,95,98].

In order to estimate a patient-specific pressure, some finite element models have been coupled
to a closed loop circulatory model [18, 83]. These circulatory models are based on the
Windkessel model, and relate pressure, volume, compliance, and resistance in the circulatory
system.

CircAdapt [104] is a lumped parameter model for the heart and circulatory system. This
model includes adaptation rules to provide patient-specific data. It has been used to esti-
mate patient-specific end diastolic pressure, thanks to an optimization of the most influential
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parameters of the model [21]

Boundaries conditions :

The finite element model must be constrained to prevent rigid body motion. Existing
models employ various strategies :

• Constrain displacement and rotation of all basal nodes in all directions [7]
• Constrain vertical translation of basal nodes (either fixed [98] or match MRI displace-

ment [20]), and all translation of epicardial basal nodes [98]
• Constrain basal nodes and apex point to match displacement observed on MRI [5,9]
• Constrain basal nodes with linear springs [86]

2.4.2.2 Material constituntive law

Continuum mechanics :

To facilitate understanding of myocardial mechanical behavior definition, a brief overview of
continuum mechanics is first presented below :

• Let X be the position of a particle in the reference configuration and x(X, t) its position
in the deformed configuration.

• The deformation gradient tensor F = ∇x(X, t) describes this variation of position.
The Green-Lagrange strain tensor E = 1

2(F TF − I) quantifies the deformation of the
material between its deformed state and the reference configuration.

• The second Piola Kirchhoff stress tensor, S, describes internal forces acting in the ma-
terial with respect to the undeformed geometry. The Cauchy stress tensor, σ = FSF T ,
describes internal forces acting in the material with respect to the actual geometry.

• The energy density function, ψ, relates stress and strain values : S = ∂ψ
∂E

. This
constitutive law dictates the material mechanical response.

In this section, different constitutive laws used to model the mechanical behavior of the
myocardium will be detailed.

Different constitutive laws :

The first models were linear and isotropic, which proved to be inadequate, as previously
discussed [13]. Transverse isotropy was then implemented, with invariant-based [105]
or Green-Lagrange strain based [14] constitutive laws. Orthotropic laws were then im-
plemented [72, 106, 107]. Structural laws, which separates the different components of the
myocardium and their interaction, have also been developed [78,108,109]. When comparing
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existing constitutive laws, it is important to note that they are not all suited for the same
purposes : some are effective in describing the mechanical response of the material, but may
be not ideal for estimation of the constitutive law’s parameters [110].

Viscoelasticity is often neglected in existing models, which should not be a problem at
normal cardiac rate [13].

Compressibility of the myocardium has been shown to have a local impact on mechanical
behavior [77, 78]. However, it has been reported to have a negligible impact on the global
behavior of the left ventricle compared to other material parameters [101]. Compressibility
has been neglected in most studies, except a few of them [86,88].

In the context of mechanical parameter estimation, two main constitutive laws are commonly
used : the one described by Guccione et al. [14], and the one reported by Holzapfel and
Ogden [13].

Fung-type Guccione constitutive law :

The constitutive law described by Guccione et al. [14], is a Fung-type strain energy density
function based on the Green-Lagrange strain tensor :

ψ = 1
2C

(
eQ − 1

)
with

Q = b1E
2
ff + b2E

2
ss + b3E

2
nn

+ 2b4EffEss + 2b5EssEnn + 2b6EffEnn

+ b7(E2
fs + E2

sf ) + b8(E2
sn + E2

ns) + b9(E2
fn + E2

nf )

In case of transverse isotropy, with fiber axis being the principal direction, the relation
simplifies as follow :

Q = bfE
2
ff + bt(E2

ss + E2
nn + 2E2

sn) + 2bft(E2
fs + E2

fn)

with E being Green-Lagrange strain tensor, f the fiber direction, s the sheetlet direction,
and n the sheetlet normal direction. C is the global stiffness paramater.

Stiffness in the fiber direction, cross-fiber direction and under shear, are related respectively
to bf , bt and bft.
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This constitutive law has been widely used to identify cardiac mechanical parameters in
animal hearts [8, 75, 99, 103, 111] as well as in healthy and cardiopathological human hearts
[5, 7, 9, 61].

Invariants based Holzapfel constitutive law :

The constitutive law described by Holzapfel and Ogden [13], is an orthotropic invariants
based constitutive law :

Ψ = a

2b exp[b(I1 − 3)] +
∑
i=f,s

ai
2bi

{
exp

[
bi(I4i − 1)2

]
− 1

}
+ afs

2bfs

[
exp(bfsI2

8fs) − 1
]

In this equation, Ij are the Cauchy-Green invariants : I1 is the isotropic term, I4f and I4s

transversely isotropic terms, related respectively to the behavior in the fiber and sheetlet
directions, and I8fs the orthotropic term related to shear in the sheetlet plane. The ai and
bi terms are the 8 material parameters.

This constitutive law has also been widely used for myocardium modeling [95,98].

2.4.2.3 Fiber orientation

The constitutive laws introduced above depend on the local fiber orientation. It is there-
fore necessary to define this orientation in the model. Local orientation needs to be define
for each element of the mesh.

They are two type of methods to implement fiber orientation in the model :

• Ruled-based methods : fiber orientation is implemented through a mathematical
description of the variation in fibers angles (HA, TA, E2A) across the myocardium.

• DTI based methods : DTI data are integrated to the finite element model.

Rule-based methods :

Due to the challenges of DTI acquisition, rule-based methods have been commonly used.

The most commonly used description of the myofibers architecture is the helical structure
based on Streeter et al. histological data [15]. The helix angle is homogeneous from base
to apex and varies linearly from about 60◦ at the endocardium to about −60◦ at the
epicardium, and transverse angle is set to zero in the whole ventricle. Helix angle values
at the endocardium and epicardium can vary a little between models, but remains between
60◦ and 90◦ at endocardium, and between −60◦ and −45◦ at epicardium. [5,7,9,32,90,95,100]



25

The main challenge in the implementation of this architecture is to accurately determine
the transmural distance at each element of the mesh. Computing this distance only
based on the minimal distance between endocardium and epicardium has been shown to
be inappropriate, and several methods have been developed to improve this calculation.
Laplace-Dirichlet rule-based algorithm [112] is the most commonly used, but sketch-based
method [113] or Poisson interpolation algorithm [114] are other examples.

Rather than prescribing fiber orientation, some researchers have based the fiber orientation on
an optimization process aiming at strain homogenization [91] (later employed by [88,93,115]).

DTI based methods :

Due to challenges of in-vivo acquisitions, ex-vivo diffusion data have been more commonly
used, in either animal based models [18, 99, 103] and human based models [8, 19, 62]. More
recently, animal [66] and human [20] in-vivo diffusion data have been integrated into finite
element models. In-vivo, the acquisition of a sufficient number of slices and of high-quality
data remains a significant challenge.

Following acquisition, the diffusion data need to be integrated into the finite element model.
Wrapping DTI data onto the model geometry is challenging because the data consist of
tensors, which include an orientation within a local coordinate system. As a result, they
cannot be simply repositioned to match the geometry [17]. When integrating DTI data into
the left ventricular geometry, each tensor must be reoriented to remain consistent with the
underlying anatomical structure [116]. To achieve this, two different strategies have been
used [116] :

• the finite strain : it consists of applying global rotation to tensors to make them follow
the general movement of the image.

• the preservation of principal direction : it consists of reorienting tensors according to
the cardiac fibers deformation in the tissue.

The second challenge is the interpolation of missing data. Indeed, especially in in-
vivo acquisitions, difficulties mentioned above prevent a complete acquisition in the whole
ventricle, and missing data need to be interpolated. Different strategies have been used :
weighted average according to position in the left ventricle [27], adaptation of the Laplace-
Dirichlet rule-based algorithm [112] to fit diffusion data [117] , tri-cubic Hermite interpolation
[8, 20], b-splines interpolation [19]. More recently, deep learning methods have been used
to learn from large databases in order to complete the diffusion data, or even to estimate
directions directly from raw data [118].
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2.4.2.4 Parameters estimation

Estimating mechanical properties with a finite element model is based on the principle of
inverse optimization. We know the geometry and constraints (boundaries and loading
conditions) of the mechanical model. Thank to MRI segmentation, we also know the solution
we seek to obtain at the end of the simulation. The objective is to estimate the mechanical
parameters of the constitutive law that lead to this solution.

The process of the inverse optimization starts with an initial guess of the mechanical pa-
rameters, and first computation is performed with this guess. The difference between the
simulation result and the result we seek to obtain is evaluated, and the parameters are
adjusted accordingly. The calculations are performed with these new parameters and the
new solution is evaluated. These steps are repeated until the mechanical parameters have
converged.

This process requires an evaluation criterion of the difference between end-diastolic simulation
and MRI. The objective function evaluates this difference, and is minimized during the
optimization process. In existing studies, objective function are based on different criteria :
the position of endocardium and epicardium nodes [5,8,20] ; the strain in the tissue [96,119]
sometimes combine with end-diastolic ventricle volume [120] ; the end-diastolic pressure-
volume relationship [7, 62,83] ; the external work and internal energy [9]

This optimization process can be used to estimate one or several mechanical parameters
of the constitutive law. Models that use Holzapfel’s invariant-based constitutive law generally
estimate the full set of mechanical parameters [95, 97]. In contrast, models employing the
Fung-type law typically follow one of three strategies : estimating all parameters [8, 14, 99,
103], estimating the global stiffness and one of the anisotropic parameters [7] or the sum of
them [5,20], or estimating C alone [61].

However, some mechanical parameters could be coupled [99]. When estimating several pa-
rameters the solution may not be unique, as multiple parameter combinations can lead to
similar results [5].

As part of the optimization procedure, a step can be added to first estimate the residual
tension in the myocardium [5]. Indeed, the residual tension generated by the contraction of
cardiomyocytes affects the stiffness of the tissue, but is neglected in most studies.

The unloaded geometry can also be estimated as a first step of the optimization process
[62]. Indeed, reference geometry is considered to be the zero-pressure geometry in most
studies, which is an approximation.

The inverse optimization process can also be used to estimate active mechanical param-
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eters, using an adapted constitutive law and systolic MRI data [61].

2.4.2.5 Sensitivity to model inputs

Stiffness estimation depends on several model inputs : the reference geometry, the con-
stitutive law, the fiber orientation, the loading and boundaries conditions.

Some studies have focused on the impact of these inputs on the left ventricle mechanics
[90,97,98,101]. Different outputs are generally been studied : the left ventricle cavity volume,
apex lengthening and rotation, stress and strain distribution in the myocardium, and systolic
function [121]. Thus, the impact of fiber orientation [2, 89, 90, 97, 98, 101, 122], left ventricle
geometry [89], mechanical interaction of the right ventricle [97], and boundaries conditions
[123] have been assessed.

Only a few studies have investigated the impact of these inputs on the stiffness estimation.
Guccione et al. [14] reported differences in the estimation of the four parameters of the Fung-
type law for a few different fibers architecture. Nikou et al. [122] and Palit et al. [124]
studied the impact of the fiber orientation in the estimation of the eight parameters of
Holzapfel’s invariant-based constitutive law. Palit et al. [124] also investigated the impact of
the left ventricle geometry and end-diastolic pressure on this estimation. Kolawole et al. [20]
evaluated the impact of the fiber orientation and end-diastolic pressure on the estimation
of two parameters of the Fung-type law (the global stiffness and the sum of anisotropic
mechanical parameters).

The limited studies in this area highlight the need for further investigation. Understand-
ing the impact of input parameters on model outcomes is essential for developing models that
are both accurate and efficient, without unnecessary complexity.

2.5 Key points

A summary of the literature review is provided below to outline the key aspects pertinent to
this work :

• Current diagnostic tools have limitations regarding the early detection of doxorubicine-
induced cardiotoxicity, and more broadly, heart failure. Studies in the field have high-
lighted the promising potential of estimating the left ventricle myocardial passive
stiffness.

• Finite element models are efficient tools for non-invasive estimation of myocardium
mechanical properties. The estimation is based on inverse optimization process.
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• Implementation of finite element models requires the definition of the left ventricle
geometry, myocardium constitutive law, myofiber orientation, loading and boundaries
conditions.

• Ex-vivo tests have helped define the myocardium constitutive law. It should be
modeled as a non-linear anisotropic material. The transversely-isotropic Fung-type law
described by Guccione et al. [14] has been widely used in the context of mechanical
parameter estimation. It includes a global stiffness parameter, and three anisotropic
parameters. The estimation of all parameters may lead to non-uniqueness of the solu-
tion.

• DTI has helped understand the myofiber architecture, in both ex-vivo and in-vivo
acquisitions. DTI data can now be integrated in patient-specific left ventricle model,
but both acquisition and integration in the model are challenging. In the absence of
patient-specific orientation data, the helical structure reported by Streeter et al. [15]
has been widely used.

• Models inputs have been shown to have impact on the left ventricle mechanics. Fewer
studies have focused on the impact of these parameters on myocardium stiffness
estimation. It is nonetheless crucial for assessing the precision requirements in model
implementation.

2.6 Overview of the preceding student’s work

Given that this study continues Franck Mahalatchimy’s master’s research [21], the literature
review concludes with a brief summary of his project and the developments that have followed.

Franck Mahalatchimy developed a framework to estimate passive stiffness in patient-specific
left ventricle finite element models, with cardiac MRI collected at rest and during exercise.
The method was applied to 5 healthy subjects.

A brief overview of this work is provided below; for further details, please refer to [21] :

• Cardiac cine MR images were acquired at rest, during isometric effort, and during
exercise using an ergometer.

• The endocardium and epicardium contours were semi-automatically segmented on short-
and long-axis views, using SEGMENT software. The curve of the left ventricle volume
was used to determine the diastasis and end-diastole phases. Segmented points coor-
dinates were imported in MATLAB software.



29

• The template mesh, a truncated ellipsoid was created on Abaqus software. Mesh nodes
coordinates were imported in MATLAB software.

• A registration algorithm based on translations and rotations is applied to the segmen-
tation points to align them with the configuration of the template mesh nodes. Control
points are chosen among segmented points and mesh nodes. A 3D thin plate spline
warping algorithm allows estimating the displacement field between the segmented con-
trol points and mesh control points. The displacement field is applied to all nodes of
the mesh. The patient-specific mesh is thus obtained.

• The finite element model is built with Abaqus software, and includes the aforemen-
tioned patient-specific mesh. A transversely-isotropic Fung-type law is implemented,
with mechanical parameters taken from Xi et al. [5]. Regarding the material local ori-
entation, a linear transmural variation, from 60◦ at the endocardium to −60◦ at the
epicardium is implemented. All basal nodes are fixed in all direction.

• Concerning the loading pressure, CircAdapt model [104] was used to estimate end-
diastolic pressure in the left ventricle. The most influential parameters of this model
were optimized using cardiac flow values derived from segmentation and pressure values
derived from blood pressure measurements. This optimization is based on minimizing
the difference between the curve of the left ventricle volume in the segmentation and
from CircAdapt simulation. The obtained value of end-diastolic pressure obtained is
applied uniformly at the endocardium surface of the finite element model.

• The target displacement field is estimated thanks to segmented contours of endocardium
and epicardium, and interpolated to the nodes of these surfaces in the finite element
model.

• The optimization is based on minimizing the quadratic difference between this target
displacement field, and the displacement field from the simulation. The optimisation
process is implemented with MATLAB software, using fminsearch function.

In the current work, this framework is kept identical, with adjustment of some steps. This
framework is summarized in Figure 2.7. Segmentation data, loading pressure and optimiza-
tion algorithm are kept identical. The template mesh, morphing algorithm, fiber orientation
implementation, and displacement field estimation are adjusted.
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Figure 2.7 Framework for stiffness estimation (blue : kept identical ; red : adjusted)
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CHAPTER 3 COMPARING FUNG-TYPE PASSIVE LAW PARAMETERS
FOR LEFT VENTRICLE MYOCARDIAL STIFFNESS ESTIMATION

3.1 Introduction

As outlined in Chapter 2, left ventricle myocardial stiffness is a promising biomarker for the
early detection of cardiotoxicity and heart failure. Finite element models, used for inverse
optimization of in-vivo mechanical parameters, are efficient tools for this stiffness estimation.

Estimation relies on the definition of the myocardium constitutive law, and the selection of
one or several parameters of the law to be estimated.

The transversely isotropic Fung-type constitutive law described by Guccione et al. [14] has
been widely in this context. The strain energy density function is written :

ψ = 1
2C

(
eQ − 1

)
with

Q = bfE
2
ff + bt(E2

ss + E2
nn + 2E2

sn) + 2bft(E2
fs + E2

fn)

In this constitutive law, C is the global stiffness of the tissue, and bf , bt and bft are the three
anisotropy parameters, respectively stiffness in the fiber direction, cross-fiber direction and
under shear.

Previous studies have highlighted the issue of non-uniqueness in estimating all four parame-
ters [5, 8].

It has been shown that the global stiffness C has by far the largest impact on left ventricle
behavior, relative to the three anisotropy material parameters bf , bt and bft [101].

Choosing C value as the biomarker of interest, and fixing the other three anisotropy param-
eters to standard values would allow a comparison between patients, and the definition of
standard and pathological values. However, the set of three parameters varies significantly
across studies, complicating the selection of an optimal parameter set.

The aim of this Chapter is to understand and evaluate the impact of this set of three param-
eters on global stiffness estimation. This can be divided into three specific sub-objectives.

1. Study the impact of each parameter of the set
2. Compare existing parameter sets of the left ventricle myocardial passive law
3. Choose a parameter set reported in the literature
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3.2 Methods

The analysis is conducted in three steps :

• Biaxial and shear tests are simulated using a finite element model, to understand the
impact of each parameter on the local tissue behavior and to compare parameter sets
reported in the literature.

• Then, since stiffness optimization is based on ventricle displacement, the impact of
these parameters on the displacement of an ideal left ventricle finite element model is
studied.

• Finally, the impact of these parameter sets on stiffness estimation is evaluated with five
patient-specific finite element models.

The aim of these three steps is to assess the impact of the mechanical parameters on global
stiffness estimation and understand its underlying causes.

Finite element models are implemened in Abaqus/Standard (v2022) [125]. Studies are con-
ducted with static analysis using the default direct solver, with the full Newton solution
technique and geometric nonlinearity enabled. The time incrementation is automatic. A
maximum time increment of 0.1 is imposed for extension and shear test (see Section 3.2.2).
The models are discretized with linear hybrid hexahedral elements (C3D8H).

3.2.1 Myocardial constitutive law

The left ventricle myocardium is assumed to be homogeneous, hyper-elastic, anisotropic, and
incompressible. It is modeled using the Fung-type transversely isotropic constitutive equation
described by Guccione et al. [14].

This law is implemented using the Fung-type anisotropic low in Abaqus software [125]. In
Abaqus, for the incompressible case, the law is expressed as followed [126] :

ψ = 1
2C

(
eQ − 1

)
with

Q = E : B : E = EijBijklEkl

where B is a dimensionless symmetric fourth-order tensor of anisotropic material constants
and E the Green-Lagrange strain tensor. Due to symmetry of these tensors, we can use
Kelvin representation to write the expression of Q as follows [94] :

Q = E ·B · ET
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with B being symmetric, and E =
[
E11 E22 E33

√
2E12

√
2E13

√
2E23

]
.

In case of transverse isotropy, with the first direction being the principal axis, the relation
simplifies as follows [94] :

B =



bf 0 0 0 0 0
0 bt 0 0 0 0
0 0 bt 0 0 0
0 0 0 bft 0 0
0 0 0 0 bft 0
0 0 0 0 0 bt


Assuming that the fiber axis f is the principal axis of symmetry, and the sheetlet direction
s and the sheetlet normal direction n are orthogonal vectors in the normal plane, Q can be
written as [94] :

Q = bfE
2
ff + bt(E2

ss + E2
nn + 2E2

sn) + 2bft(E2
fs + E2

fn)

This last formulation is commonly mentioned in the literature. The mechanical parameters
in Abaqus are thus chosen as follows : b1111 = bf , b2222 = b3333 = bt, b1212 = b1313 =
bft

2 , and b2323 = bt

2 , all other components being zero.

A total of 14 parameter sets reported in the literature have been selected, and summarized
in Table 3.1.

In the finite element models presented in the following, two types of studies are conducted :

• Sensitivity study : Mechanical parameters are set according to the values reported by
Xi et al. [5], which are considered as the “reference” simulation. One parameter is then
successively set to the minimum, first quartile, median, last quartile and maximum of
values reported in the literature (lines 15 to 19 of Table 3.1), in order to independently
study the impact of each parameter.

• Comparative study : Mechanical parameters are based on a set of values reported in
the literature (lines 1 to 14 of Table 3.1), in order to compare existing set of parameters
with each other.
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Table 3.1 List of mechanical parameters studied

Authors Species C bf bt bft

Augenstein et al., 2005 [99] pig 3.00 11.09 1.76 10.00
Genet et al., 2014 [7] human 0.12 14.40 5.76 10.08

Costa et al., 1996 [127] dog 0.88 18.48 3.58 1.63
Nasopoulou et al., 2017 [9] human 1.70 8.28 3.00 3.75
Okamoto et al., 2000 [128] dog 0.51 67.07 24.16 21.60

Omens et al., 1993 [75] rat 2.20 9.20 2.00 3.70
Omens et al., 1993 [75] dog 2.40 26.70 2.00 14.70

Osnes and Sundnes, 2012 [90] dog 1.10 6.60 4.00 2.60
Vetter and McCulloch, 2000 [119] rabbit 1.76 50.00 5.00 1.63

Walker et al., 2005 [103] sheep 0.23 49.25 19.25 17.44
Wang et al., 2009 [8] dog 1.66 14.31 4.49 0.76
Wang et al., 2013 [61] human 3.60 8.60 3.70 25.80

Xi et al., 2013 [5] human 2.00 19.13 10.67 12.76
Zhang et al., 2021 [6] human 0.01 20.28 7.46 8.72

Minimum 0.01 6.60 1.76 0.76
First quartile 0.6 9.67 3.15 2.88

Median 1.68 16.44 4.25 9.36
Third quartile 2.15 25.10 7.04 14.22

Maximum 3.60 67.07 24.16 25.80

3.2.2 Biaxial extension and triaxial simple shear tests

The biaxial extension and triaxial simple shear tests conducted by Sommer et al. [74] are
reproduced numerically with finite element models in Abaqus/Standard (v2022) [125], ac-
cording to the details provided in the introduction of this chapter.

3.2.2.1 Biaxial extension tests

Sommer et al. [74] specimen were thin squared specimen of myocardium, of average dimension
12.5 × 12.5 × 2.3 mm. One side was aligned with the mean-fiber direction and the other
in the cross-fiber direction. After preconditioning cycles, different stretches were applied
consecutively until a final stretch of 1.10. Different ratios of fiber and cross-fiber were applied.
Further details about the experimental protocol can be found in [74].
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This study focuses on the 1:1 ratio tests, which means a stretch of 1.10 in both the fiber and
the cross-fiber direction. Due to the symmetry of the boundary conditions, only a quarter
of Sommer et al. [74] specimen is modeled. The geometry is a parallepiped of 12.5 × 12.5 ×
2.3 mm. A mesh convergence is performed to ensure maximum stress and strain deviation
with finer meshes remains below 1%. The final mesh is composed of 200 elements. Stretch
is simulated by imposing a displacement of 1.25 mm to two adjacent lateral faces in the
direction of the surface normal, and a zero displacement of the two other adjacent lateral
faces in the the surface normal direction. The principal material direction, representing the
fiber orientation, is aligned with one of the stretch directions.

The geometry and boundary conditions are illustrated in Table 3.2, along with a summary
of all model-related information.

The values of stress σ11 and σ22, and logarithmic strain LE11 and LE22 are extracted from sim-
ulation results at each time increment. The stretches λ11 = exp(LE11) and λ22 = exp(LE22)
[126] are computed to plot stress-stretch curves and compare with stress values reported by
Sommer et al. [74].

3.2.2.2 Triaxial simple shear tests

Sommer et al. [74] specimen were cubic specimen of myocardium, of average dimension
4 × 4 × 4 mm. Using the coordinate system introduced in Chapter 2, F being the fiber
direction, S the sheetlet direction, and N sheetlet normal direction, the specimen sides were
aligned with these directions. Preconditioning cycles, and different consecutive shear were
applied. Six different modes of shearing were applied, and have been introduced in Chapter
2 (see Figure 2.6) Further details about the experimental protocol can be found in [74].

The finite element model is a cube of 4 × 4 × 4 mm, composed of 8000 mesh elements. A
mesh convergence is performed to ensure that, compared to finer meshes, the deviation of
the average shear stress on the moving surface remains below 1%. In addition, as a region
of high stress is observed at the edges of the moving surface, an additional convergence
criterion is introduced : this region must extend over less than 5% of the total distance.
Material orientation is defined so that one face is parallel to fiber direction, one to sheetlet
direction, and one to sheetlet normal direction. Shear is simulated by imposing displacement
on two opposite faces : a displacement of 1.5 mm is imposed on one, while the other remains
fixed. The six different shear modes (FS, SF, FN, NF, SN, NS) are modeled.

The geometry and boundary conditions are illustrated in Table 3.2.

The values of displacement Ui and average stress σji on the moving surface are extracted from
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simulation results at each time increment. The "amount of shear" as defined by Sommer et
al. [74] is computed as Ui

L
with L = 4 mm being the length of each edge of the cube. Shear

stress-strain curves are then plotted.

3.2.2.3 Results analysis

For both biaxial extension and triaxial simple shear tests, stress-strain curve are plotted.
The root mean squared error (RMSE) between the curves obtained from the simulation and
the measurements by Sommer et al. [74] are computed. The convexity of stress-strain curves
is quantified by averaging the second derivative of the normalized curve. All calculations are
performed using Python (v3.11.9).

3.2.3 Passive inflation of an ideal left ventricle geometry

As the stiffness estimation relies on the displacement of left-ventricle, the impact of the
mechanical parameters on this displacement was investigated. To prevent the geometry from
affecting the results, it was decided to conduct this analysis with an ideal left ventricle
geometry.

The finite element model is built in Abaqus/Standard (v2022) [125], according to the details
provided in the introduction of this chapter.

The geometry is a truncated ellipsoid, with a minor axis of length 50 mm, apex-to-base
distance 80 mm, and thickness 7 mm. The truncation is 20 mm above minor axis. A mesh
convergence is performed, to ensure that within 90% of the height, excluding the basal region,
maximum stress and strain in the fiber direction deviate less than 2% with thinner meshes.
The geometry is finally discretized in 51569 elements.

Fiber orientation is implemented by assigning a local coordinate system to each element of
the mesh. The principal direction models the fiber orientation, and the second direction the
sheetlet plane. The mesh is composed of 7 layers, each with a respective helix angle of 60◦,
40◦, 20◦, 0◦, −20◦, −40◦, −60◦ from endocardium to epicardium. The transverse angle is
zero throughout the model.

Zero displacement is imposed on basal nodes, and a 1kPa pressure is applied on endocardial
surface. The geometry and load are illustrated in Table 3.2.

At the end of the simulation, the maximum displacement in the model, and coordinates of
each nodes, are extracted. The endocardial cavity volume is computed using Python Convex
Hull algorithm with nodes coordinates.
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Table 3.2 Details of the finite element models

Biaxial extension Shear
Ideal left ventricle

geometry

Geometry
Parallepiped

(12.5 × 12.5 × 2.3 mm)
Cube

(4 × 4 × 4 mm)

Truncated ellipsoid
(Minor axis : 50mm ;

Apex-to-base : 80mm ;
Thickness : 7mm)

Mesh 200 C3D8H elements 800 C3D8H elements 51569 C3D8H elements

Fiber ori-
entation

Fibers aligned with one
side of the square,
cross-fiber with the

other side of the square

One face parallel to fiber
direction, one to sheetlet
direction, one to sheetlet

normal direction

Linear transmural
variation of helix angle

from 60◦ at endocardium
to −60◦ at epicardium

Load and
bound-

aries
conditions

3.2.4 Patient-specific stiffness estimation

Patient-specific stiffness estimation is based on F. Mahalatchimy Master’s thesis [21], and
has been described in Section 2.6.

In this first study (Section 3), the framework developed by F. Mahalatchimy is kept identical.
Only the mechanical parameters of the Abaqus Fung-type constitutive law are modified, based
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on the values provided in Section 3.2.1.

For the 6 available subjects, patient-specific stiffness is estimated with the different set of
mechanical parameters. Stiffness estimation with different mechanical parameter sets were
compared using a Friedman ANOVA [129] using a significance level of p = 0.1 . Both
estimated stiffness and residual error (objective function at the end of the optimization) were
compared.

3.3 Results

This section reports the results obtained for the three studies. First, biaxial extension and
triaxial simple shear tests results are presented, then results of passive inflation of an ideal
left ventricle geometry, and finally patient specific stiffness estimations.

The results are presented sequentially for the two axis of analysis : sensitivity study (a
single parameter varying step by step from the reference value, which corresponds to the
parameters reported by Xi et al. [5]), and comparative study (comparison of full sets of
parameters reported in the literature).

3.3.1 Biaxial extension and triaxial simple shear tests

3.3.1.1 Sensitivity study

Figure 3.1 shows the stress-stretch curves resulting from biaxial extension tests with Xi et
al. [5] except one parameter varying as described in Section 3.2.1.

At fixed strain, both stresses in fiber and cross-fiber direction are directly proportional to C.

An increase in bf (respectively bt) of 164.1% (172.8%) leads to an increase of 161.7% (124.9%)
of the stress in the fiber direction at 1.1 stretch, and of 22.8% (177.1%) of the stress in the
cross-fiber direction at 1.1 stretch.

Increasing bf and bt contribute to the stress-stretch curve inflexion. In the fiber direction,
increasing bf from reference simulation (bf = 19.13) to the maximum value (bf = 67.07)
increases the curvature from 114.8kPa to 227.35kPa. In the cross-fiber direction, increasing
bt from reference simulation (bt = 10.67) to the maximum value (bt = 24.16) increases the
curvature from 100.0kPa to 182.2kPa.

The parameter bft has no impact on extension stresses in both fiber and cross-fiber direction.
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Figure 3.1 Stress-stretch curves of biaxial extension tests in the sensitive study

Convergence issues made it difficult to perform the complete sensitivity study for triaxial
simple shear tests. Nevertheless, it can be observed that shear stress in FS, FN, SF, NF
are impacted by bft parameter, and that these stresses increase as bft increase. Shear stresses
in SN and NS mode increase when bt increases. These results are illustrated in Appendix A.

3.3.1.2 Comparative study

Figure 3.2 shows the stress-stretch curves resulting from biaxial extension tests with differ-
ent parameter sets reported in the literature. The upper row corresponds to parameter sets
obtained from animal data, while the lower row corresponds to those derived from human
data.



40

Figure 3.2 Stress-stretch curves of biaxial extension tests in the comparative study

In the fiber direction, the three parameter sets, based on animal data, that yield results closest
to Sommer et al. [74] measurements are those reported by Walker et al. [103] (RMSE = 0.62),
Wang et al. [8] (RMSE = 1.19), and Augenstein et al. [99] (RMSE = 1.20). Regarding
parameter sets based on human data, these are those reported by Wang et al. [61] (RMSE =
1.39), Nasopoulou et al. [9] (RMSE = 1.97), and Genet et al. [7] (RMSE = 3.14).

In the cross-fiber direction, closest results based on animal and human data are respectively
the ones reported by : Walker et al. [103] (RMSE = 0.49), Vetter and McCulloch [111]
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(RMSE = 0.59) and Wang et al. [8] (RMSE = 0.91) ; and Wang et al. [61] (RMSE = 0.92),
Nasopoulou et al. [9] (RMSE = 1.27) and Genet et al. [94] (RMSE = 1.87).

All stress-strain curves are more linear than those reported by Sommer et al. [74] : curvature
as measured in this study (second derivative average) is equal to 367.0kPa for Sommer et al.
[74] measurements, compared to a maximum of 115.0kPa among human data-based models
(obtained with Xi et al. [5] parameters, and respectively 281.3kPa, 228.6kPa, 170.1kPa with
Okamoto et al. [128], Walker et al. [103] and Vetter and McCulloch [119] parameter sets.

Figure 3.3 shows the stress-stretch curves resulting from triaxial simple shear tests with
five different parameter sets based on human data reported in the literature. For all parameter
sets, stresses are higher in the FS and FN modes, than other modes. Stresses are equal by
pairs, with FS and FN stresses being equal, SF and NF, and SN with NS. Convergence issues
made it difficult to compare all parameter sets of the comparative study.

Figure 3.3 Stress-strain curves of triaxial simple shear tests in the comparative study

3.3.2 Passive inflation of an ideal left ventricle geometry

3.3.2.1 Sensitivity study

An increase in each parameter leads to a decrease in myocardium maximum displacement
and cavity volume expansion. Detailed results for each parameter are shown in Table 3.3.
The impact (percentage variation) on the displacement and cavity expansion of the ventricle,
resulting from the variation of each parameter, is reported therein. Convergence issues were
encountered with the two lowest values of bft and the smallest value of C, so the results were
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not taken into account for these three values.

Table 3.3 Variations in maximum displacement and endocardial inner volume

Variation (%)
Parameter Maximum displacement Cavity volume expansion

C 142.8 −129.5 −120.8
bf 164.1 −77.6 −67.17
bt 172.8 −114.4 −119.8
bft 93.5 −10.2 −9.3

Displacement distribution maps for the smallest values of bf and bt are shown on Figure 3.4.
A decrease in bf results in a widening of the geometry, whereas a decrease in bt leads to its
elongation during passive inflation.

(a) bfmin
(b) btmin

Figure 3.4 Displacement (U, mm) of an ideal left ventricle geometry with a 1kPa endocardial
pressure

3.3.3 Patient-specific stiffness estimation

3.3.3.1 Sensitivity study

Figure 3.5 shows the impact of each parameter on the stiffness estimation with P03 patient-
specific model.

Convergence issues encountered with the two smallest values of bft force us to exclude the
results with these two values from the analysis.
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Figure 3.5 Patient-specific (P03) stiffness estimation in the sensitivity study

3.3.3.2 Comparative study

Figure 3.6 shows stiffness estimation and residual error using 5 different sets of parameters
based on human data.

Due to convergence issues during optimization with the parameters from Nasopoulou et al. [9]
parameters, stiffness estimation with these parameters are not available for subjects P01 and
P06. Stiffness estimates using Nasopoulou et al. [9] parameters are thus excluded from the
statistical analysis.

There are significant differences between parameter sets (Friedman ANOVA, p < 0.1), but
no significant difference between residual error (Friedman ANOVA, p > 0.1). The average
residual error is 1.8mm. For the 6 volunteers, stiffness estimations showed a consistent
ranking : CXi < CZhang < CGenet < CWang. This order matches with the value of bt in the
set : btXi

> btZhang
> btGenet

> btW ang
.
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(a) Estimated stiffness

(b) Residual error

Figure 3.6 Estimated stiffness and residual error for the 6 volunteers (P01-P06) with different
parameter sets (Xi : [5], Zhang : [6], Genet : [7], Wang : [8], Nasopoulou : [9])
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3.4 Discussion

The aim of this study was to understand and evaluate the impact of the three anisotropic
parameters (bf , bt, bft) on global stiffness estimation. The methodological approach involved
analyzing the impact of each parameter of the set, and comparing existing parameter sets
reported in the literature. The study was conducted from a local viewpoint (biaxial and
shear tests) to a broader mechanical perspective (left ventricle ideal and patient-specific
geometries). This should facilitate the informed choice of a parameter set, based on an
understanding of its effects.

3.4.1 Biaxial extension and triaxial simple shear tests

3.4.1.1 Biaxial extension tests

For all parameter sets, stresses are higher in the fiber direction than cross-fiber direction,
which is coherent with experimental data [74].

All stress-strain curves are more linear than the experimental measurement of Sommer et
al. [71–74]. However, they remain consistent with simulation results reported by Zhang et
al. [6]. The difference with experimental data could be explained by tissue damage and strain
softening during tests, and the relief of residual stress due to dissection [4, 74]. Moreover,
fibers may not be perfectly aligned and homogeneous in the experimental specimen.

Biaxial extension tests highlighted significant differences between stress-strain curves ob-
tained with different parameter sets reported in the literature. This differences are consistent
with the sensitivity study results :

• At fixed strain, stresses are directly proportional to global stiffness C. Stiffness values
in Genet et al. [7] and Zhang et al. [6] are the smallest, and result in the lowest stress
values among human data-based parameter sets.

• The parameters bf and bt contributes to increase of stress values and inflexion of stress-
strain curve, respectively in fiber and cross-fiber direction. It can be observed in sim-
ulation results with Okamoto et al. [128], Vetter and McCulloch [119], and Walker et
al. [103] parameter sets. The same tendency is also observed in simulation with Xi and
al. [5] parameters set compared to other human data-based parameter sets.

3.4.1.2 Triaxial simple shear tests

The following pairwise equal stresses were observed : FS = FN, SF = NF, SN = NS. This
result is consistent with the symmetry induced by the organization of the cardiomyocytes
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and the strain-energy density function implemented, but does not match the pairs observed
experimentally (FS = FN, SF = SN, NF = NS) [4, 74]. Indeed, experimental measurements
show orthotropic behavior, whereas transverse isotropic behavior was assumed. The choice
of the strain-energy density function leads to neglect the laminar structure, taking only into
account cardiomyocytes organization.

Unfortunately, the convergence issues associated with the model’s large deformations prevent
us from drawing definitive conclusions or precisely comparing the different parameter sets.
Nevertheless, we could observe trends that are consistent with the energy density equation :
shear stresses in the FS, FN, SF, and NF modes are influenced by the bft parameter, while
those in the NS and SN modes are influenced by the bt parameter.

Although results on shear stresses are limited, this should not affect the understanding of the
impact of the parameters on stiffness estimation. Indeed, as discussed below, and confirmed
by [8], the impact of shear on the ventricle mechanical behavior is low during diastole.

3.4.2 Passive inflation of an ideal left ventricle geometry

Mechanical simulations highlighted the impact of global stiffness C on local material behav-
ior. This explains the major influence of this parameter on the displacement of the truncated
ellipsoid. According to Rodriguez-Cantano et al. [101],C is by far the most influential param-
eter. In our study, however, the variation range of C is smaller, while the variation ranges of
the other parameters are significantly larger. This difference may explain why C’s influence
does not appear to be as dominant relative to the other parameters as reported in their study.

Both bf and bt influence the passive expansion of the cavity. As their increase leads to an
increase of stresses and local stiffness, respectively in fiber and cross-fiber direction, it is
consistent to observe that it leads to a reduction in cavity volume expansion and myocardial
displacement.

These two parameters impact the expansion of the cavity differently. A decrease in bf ,
meaning a lower stiffness in the fiber direction, facilitates the widening of the cavity during
diastole. In contrast, a decrease in bt, meaning a lower stiffness in the cross-fiber direction,
facilitates the lengthening of the cavity during diastole. This result is consistent with the
fiber orientation implemented in the model. Indeed, due to their helical structure in the
ventricle, most fibers have a larger circumferential component than longitudinal. Lowering
bf thus promotes widening. Conversely, as the component of cross-fiber direction is mainly
longitudinal, lowering bt promotes lengthening.

The bt parameter is the most influential parameter of the 3 parameters of the set (bf , bt,
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bft). Although the variation range remains of the same order of magnitude, the impact on
expansion is clearly more significant.

3.4.3 Patient-specific stiffness estimation

As previously mentioned, bf and bt both contribute to constrain the left ventricle displace-
ment. It is consistent to observe that their increase leads to a decrease in the estimated
stiffness.

The minimal impact of bft on ideal left ventricle geometry displacement is coherent with its
minimal impact on stiffness estimation, although only a few value are studied.

The parameter bt once again stands out as the most influential parameter on stiffness esti-
mation, which is consistent with previously mentioned results.

In the comparative study, the decision was made to focus on models based on human data,
as there can be significant differences between species [75]. Although not shown in this study,
stiffness estimation was also performed using Walker et al. [103] parameters, as the stress-
strain curves obtained with these parameter best matches Sommer et al. [74] measurement.
No significant difference of stiffness estimation and residual error was found when compared
to the estimation performed using Xi et al.’s parameters [5] (Wilcoxon test, p > 0.1).

The estimated stiffness values are consistent with previous studies [8,12,20,21]. However, for
all parameter sets, the estimated stiffness remains higher in our study than reported in the
cited work. This could be due to the fact that the pressure values used are only estimates,
and when they exceed those reported in the cited studies, they may lead to higher stiffness.
Additionally, differences in boundary conditions, whether more or less stringent, could also
contribute to these observed differences.

Notably, for all subjects, the values of estimated stiffness with different parameter sets follow
an ordering that is consistent with that of bt. This finding supports the previously observed
strong effect of bt parameter.

There is no significant difference between residual error among parameter sets : no set stands
out for better fit with segmentation data, and the C value compensates for the stiffness
increase or loss of stiffness due to the other parameters.

3.4.4 Limits

There are some limitations to this study that must be taken into consideration.

First, due to the choice of the transversely-isotropic constitutive law, the orthotropic behavior
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of the myocardium observed in experimental studies [4,74] was not taken into account. The
shear properties therefore remain approximate. However, this approach reduces the number
of parameters in the constitutive law and helps mitigate issues related to non-uniqueness of
the solution. Viscoelasticity was also neglected, but this is not expected to be an issue given
the timescale considered [13].

Moreover, the material behavior is defined relative to a local orientation, defined by the
myofiber orientation. However, patient-specific model include the general helical structure
observed by Streeter et al. [15], but does not incorporate a patient-specific fiber architecture.
Studies suggest that this should not compromise the results [101]. A more detailed analysis
of this issue is provided in Chapter 4.

The convergence issues encountered during the simulation prevented the analysis of the full
range of data initially planned. However, the results obtained, although incomplete compared
to the initial method, still allow a meaningful understanding of the mechanical implications
of the parameters and fulfill the objective of this study.

Finally, it is noteworthy that sensitivity studies performed to compare the influence of each
parameter are highly dependent on the variation range of the parameters. Moreover, within
each range studied, only few values are evaluated. Therefore, these sensitivity studies con-
tribute to a better understanding of the impact of each parameter, although, caution is
required when comparing the influence of one parameter to another. However, since the
variation range is based on data from the literature, it should reflect the variability reported
in published studies.

3.5 Conclusion

Left ventricle myocardial stiffness is a promising biomarker in early detection of heart failure.
Finite element models are efficient tools to estimate this parameter. However, the estimation
relies on the choice of a set of parameters (bf , bt, bft) which are highly variable across studies.

Table 3.4 summarizes the qualitative findings of the sensitivity study.
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Table 3.4 Summary of parameters impact

Mechanical tests Passive inflation Stiffness estimation
bf ↘ S11 ↘ widening estimated stiffness ↗

bt ↘
S22 ↘

SN,NS ↘
lengthening

strong impact
estimated stiffness ↗

strong impact
bft ↘ SF, FS, FN,NF ↘ minor impact minor impact

In the comparative study, we observed significant differences in stress-strain curves resulting
from different parameters sets reported in the literature. Stiffness estimation performed with
different parameter sets reported in the literature were also significantly different. However
no model stands out as being more suited in terms of residual error. The parameter bt stands
out having a crucial impact on the observed differences.

Stiffness estimation performed with Xi et al. [5] parameters is closest to the stiffness values
found in the literature [5,20,61]. This parameter set also leads to consistent mechanical sim-
ulation results compared to Sommer et al.’s measurements. Therefore, the set of parameters
reported by Xi et al. [5] is selected for the subsequent part of the study.

To our knowledge, this study is the first to compare parameter sets reported in the literature,
and it should contribute to a better understanding and assessment of the impact of the
parameters variability. This step seems crucial to the longer-term objective of determining
standard and pathological values of myocardial passive stiffness, and brings us closer to the
ultimate goal of early detection of cardiotoxicity and heart failure.

However, as previously discussed, the selection of local mechanical parameters dictates ma-
terial properties relative to the local orientation. It is thus intrinsically linked to fiber orien-
tation. Accordingly, it is essential to assess the degree of precision needed in defining fiber
orientation. This constitutes the objective of the next chapter.
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CHAPTER 4 ASSESSING THE IMPACT OF FIBER ORIENTATION IN
LEFT VENTRICLE MYOCARDIAL STIFFNESS ESTIMATION

4.1 Introduction

This study builds upon previous work (Chapter 3). In the context of stiffness estimation with
patient-specific model, this prior study demonstrated the significant impact of anisotropy
parameters (bf , bt, bft). Since these parameters are defined relative to fiber architecture
in the model, investigating the effect of the architecture itself stood out as an important
analysis.

Even if called "patient-specific", most of finite element models used for stiffness estimation do
not include a patient-specific cardiac fiber architecture. This is mainly due to the challenges
associated with in vivo DTI acquisitions [20].

Instead, the helical architecture described by Streeter et al. [15] is commonly adopted. This
fiber orientation is characterized by an helix angle varying linearly from about 60◦ at the
endocardium surface, to about −60◦ at the epicardium surface, throughout the entire cir-
cumference and height of the left ventricle.

Nonetheless, as mentioned in Chapter 2, significant deviations from this general fiber ar-
chitecture have been reported in both healthy and pathological subjects [29, 67]. Moreover,
fiber orientation has been reported to have a non-negligible impact on left ventricle mechan-
ics [2,90,97,98,101,122] (see Chapter 2). However, fewer studies have focused on this impact
on stiffness estimation. Yet, this is crucial to assess the extent to which fiber orientation in
the model need to be patient-specific, and determine the required level of precision.

Indeed, a complete personalization of fiber architecture based on in-vivo DTI acquisitions
increases the complexity of the process, and is much more time-consuming during both
acquisition and post-processing. It is therefore necessary to develop a method of fiber im-
plementation that balances ease of implementation with sufficient precision. Achieving this
requires the understanding and evaluation of the impact of fiber orientation on stiffness es-
timation.

The aim of this Chapter is to understand and assess the impact of fiber architecture on the
stiffness estimation. This can be divided into two specific sub-objectives :

1. Evaluate how fiber orientation impacts the left ventricle passive inflation
2. Compare stiffness estimation using different fiber orientations
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4.2 Methods

Three MRI datasets of healthy subjects from F. Mahalatchimy’s master research [21] are se-
lected (P02, P03, P05), and patient-specific models are built. The impact of fiber orientation
is analyzed using these three finite element models.

These finite element models serve two main purposes, each addressing a specific sub-objective:

1. First, a standard pressure is applied at the endocardial surface of the model, and
mechanical behavior during inflation is analyzed.

2. Then, using a patient-specific estimated pressure, stiffness is estimated by inverse op-
timization.

The analysis is divided into five steps, each aiming at evaluating the impact of a precise
parameter of the fiber architecture :

• Global change in maximal helix angle : value of helix angle at endocardium and epi-
cardium are modified

• Transmural change in helix angle : transmural distribution of helix angle from endo-
cardium to epicardium is no longer linear but asymmetrical

• Change in maximal helix angle by sector : fiber orientation in one of the 17 sectors de-
fined by the American Heart Association (AHA) [130] is affected, while fiber orientation
in the rest of the ventricle remains unchanged

• Change in transverse angle : a non-zero value of transverse angle is assigned in the
ventricle

• Reconstruction of fiber architecture from a single DTI slice : fiber orientation is re-
constructed in the whole ventricle from a single mid-ventricular slice of in-vivo DTI
acquisition of Moulin et al. [29],

The following sections provide a comprehensive description of the finite element models con-
struction. As mentioned in Section 2.6, the framework is based on F. Mahalatchimy’s master
research [21].

4.2.1 Construction of patient-specific meshes

The construction of patient-specific meshes relies on a template mesh and segmentation
data. The main idea behind the method is to move the mesh points to match those of the
segmentation, so that the final mesh reproduces the patient-specific left ventricle geometry.
The whole method is implemented using MATLAB (vR2024a)

The segmentation data were rigorously validated in F. Mahalatchimy’s master research [21]
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and are kept unchanged. The points obtained from the segmentation are imported directly
in MATLAB. It consists of epicardial and endocardial contours in short-axis views, as well
as epicardial contours in the 3-chamber and 4-chamber views. Figure 4.1 shows epicardium
and endocardium points obtained from segmentation of the P03 short-axis views.

Figure 4.1 Points obtained from the segmentation in short-axis view (P03)

The template mesh is an ideal geometry of the left ventricle, which is a truncated ellipsoid,
built in Abaqus, as described in Chapter 3. The mesh resolution is chosen based on a
convergence study, as described below. The nodes of the template mesh are imported in
MATLAB.

4.2.1.1 Alignment of geometries

The first step in the construction of patient-specific meshes is the alignment of the template
mesh nodes and segmentation points.

First, the direction of the long axis is determined in the mesh and in the contours of the
segmented epicardium. A rigid rotation is applied to segmented points in order to align
these two axes. Then, an Iterative Closest Point registration algorithm is applied to compute
the rigid rotation and translation required to align the segmented epicardium basal plane
with basal plane in the mesh. Next, this same transformation is applied to all points of the
segmentation (epicardial and endocardial contours in short-axis views, epicardial contours in
the 3-chamber and 4-chamber views). Figure 4.2 illustrates this alignment.
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Figure 4.2 Epicardial contours before and after alignment, relative to template mesh nodes

Thereafter, short-axis slices obtained from segmentation are aligned with 3-chamber and 4-
chamber points, to correct motion-related artifacts. To achieve this, epicardial contour in
3-chamber and 4-chamber views are divided by slices, as illustrated in Figure 4.3. Each
epicardial short-axis slice is centered within them, and the computed translation is then
applied to the endocardial slice.

Figure 4.3 Epicardial contours divided by slices
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4.2.1.2 Morphing

Each point of short-axis epicardial and endocardial contour is associated to its closest point
in the mesh, measured with Euclidian distance. A 3D Thin Plate Spline Algorithm is used
to estimate the displacement field needed for control points to match segmentation points,
and deform the mesh nodes accordingly. This process is illustrated in Figure 4.4. This allows
to determine the coordinates of the patient-specific mesh nodes.

Figure 4.4 Epicardial contours divided by slices

This method is applied to built patient-specific mesh for subjects P02, P03, and P05 of F.
Mahalatchimy’s master research [21]. Segmented data acquired at rest and during isometric
contraction are used. The final meshes are illustrated in Figure 4.5

Figure 4.5 Final meshes
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4.2.1.3 Mesh convergence

To determine the mesh resolution, a mesh convergence study is performed. The quantities
of interest to assess convergence are stress and strain in the fiber direction within the com-
plete ventricle, and excluding 10% of the geometry near the base, which corresponds to the
boundary condition region. Figure 4.6 shows this analysis. Since the transmural distribu-
tion of stress will be analyzed in this study, a qualitative verification of this quantity is also
performed. The "layers" mentioned in this figure correspond to the number of transmural
layers in the ventricle wall mesh. Finally, the 7-layers mesh, composed of 87346 elements is
selected. It ensures that the maximal stress deviation with finer mesh is equal to 5.6% in the
complete ventricle and 1.5% when excluding the basal part. The strain deviation is equal to
1.6% in the complete ventricle.

Figure 4.6 Mesh convergence results
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4.2.2 Fiber orientation implementation

Fiber orientation is implemented in the finite element model by assigning a local coordinate
system to each element of the mesh. For each of the 5 studies described in the introduction
of this Section, different fiber architectures are implemented. However, the method remains
essentially the same. The fiber orientation is computed for each element using MATLAB
(vR2024a) and then written to the Abaqus .inp file.

The first paragraph outlines the shared aspects of this computation, followed by detailed
information on the different studies in the subsequent paragraphs.

4.2.2.1 Shared features

1st step - Local coordinate system :

First, a local orientation, relative to the ventricle geometry, independent of fiber orientation,
has to be computed for each element of the mesh. From this local orientation, the fiber
orientation can be defined [3, 32].

In each element, the local orientation is defined by 3 axis : e⃗n is the normal vector of the wall
local surface, e⃗z the longitudinal vector, and e⃗c the circumferential vector. These vectors are
illustrated in Figure 4.7.

For each element, the coordinates of the four nodes defining the internal wall surface (closest
to the endocardium) and the external wall surface (closest to the epicardium) are used to
compute their respective normal vectors. The vector normal to the surface is computed
using singular value decomposition. They are oriented from endocardium to epicardium.
The normal vector e⃗n is obtained by averaging internal and external normal vectors.

The longitudinal vector e⃗z is perpendicular to the basal plane. The normal direction is
obtained using singular value decomposition.

Finally, the circumferential vector is the cross product of e⃗n and e⃗z.
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Figure 4.7 Implementation of local orientation (e⃗n : radial direction, e⃗c : circumferential
direction, e⃗z : longitudinal direction)

2nd step - Fiber orientation :

As presented in Chapter 2, fiber orientation is usually defined relative to the local coordinate
system, by the helix and transverse angle. The fiber direction can defined as : −−−→

fiber =
cos(α) sin(β)e⃗n + cos(α) cos(β)e⃗c + sin(α)e⃗z. The cross-fiber direction can be defined as :
−−−−−−−−−→
cross− fiber = cos(β)e⃗n − sin(β)e⃗c. This vectors are illustrated in Figure 4.8.

The coordinates of fiber and cross-fiber directions can thus be computed for each element of
the mesh, and written in the simulation file.

Figure 4.8 Implementation of fiber orientation
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4.2.2.2 Reference fiber orientation

Given that the objective of this study is to compare different fiber architectures to evaluate
the model’s sensitivity to them, a reference fiber configuration is chosen for comparison.
This reference architecture is the commonly used orientation described by Streeter et al.
[15]. The helix angle is equal to 60◦ at the endocardium, and −60◦ at the epicardium.
The transmural variation is linear, symmetric, and centered around mid-ventricle. This
distribution is homogeneous from base to apex. The transverse angle is uniformly zero across
the entire ventricle. This fiber orientation is illustrated in Figure 4.9.

Figure 4.9 Reference fiber orientation

4.2.2.3 Global change in maximal helix angle

The first parameter that is modified relative to the reference orientation is the helix angle
value at endocardium and epicardium. The transmural variation remains linear, symmetric,
and centered around mid-ventricle. However, helix angle at the endocardium varies from 10◦

to 90◦, with increments of 10◦ across models. These values are chosen based on the extrema
of helix angle values reported in histological and DTI studies [15,16]. The helix angle at the
epicardium remains the opposite of endocardium value, and transverse angle remains zero.
This fiber orientation is illustrated in Figure 4.10.

Figure 4.10 Examples of fiber orientations for different values of the maximal helix angle
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4.2.2.4 Transmural change in helix angle

The second parameter that is modified relative to the reference orientation is the transmural
variation of helix angle. Helix angle values at the endocardium and epicardium remains
respectively 60◦ and −60◦, but the variation between the two is offset. The zero value of
helix angle is shifted from the mid-ventricle, varying between 0 and 100% of the transmural
distance between endocardium and epicardium. This helix angle distribution is illustrated
in Figure 4.11. The transverse angle remains zero.

Figure 4.11 Examples of transmural distribution of helix angle

4.2.2.5 Change in maximal helix angle by sector

In order to assess the impact of fiber orientation in each ventricle region independently, fiber
orientation in one of the 17 AHA segments [130] is affected, while in the rest of the ventricle
it remains identical to the reference configuration. The sectors are modified sequentially,
with a zero helix angle assigned throughout each affected sector.

For each subjects, sectors are segmented on MRI images. The transformation used for mesh
construction and applied to the segmentation points during the geometry alignment process
(see the first steps of the previous section) is also applied to the sectors contour points. Sectors
are thus aligned with the final mesh geometry. Then, each element of the mesh is assigned
to one of the 17 segments. To achieve this, the longitudinal distance (y) and azimuthal angle
(arctan( z

x
) ± π) of each elements are computed [3, 32]. These two coordinates, compared to

the same coordinates of the segment contours, allow assigning each element to one of the 17
AHA segments. The 17 sectors are illustrated in Figure 4.12.
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Figure 4.12 Example of left ventricle division by segments

4.2.2.6 Change in transverse angle

In existing models, the transverse angle is often considered to be zero [5, 7, 32], and such is
the case in the reference orientation of this study. DTI studies confirm that the transverse
angle is zero on average and correlates poorly with location in the myocardium [16, 27]. To
our knowledge, there is little geometric description of transverse angle variations, unlike the
helix angle. The chosen distribution is based on that described by Bovendeerd et al. [2] and
has been adopted by other researchers [23,92].

The transverse angle varies both transmurally and from base to apex. It varies transmurally
from 0◦ at the endocardium, to an extremum in mid-ventricle, to 0◦ at the epicardium. This
extremum varies longitudinally : it is maximum at the base, 0◦ in the mid-ventricle, and
minimum at the apex. More precisely, apex mid-ventricle value is the opposite of basal mid-
ventricle value. This distribution is shown in Figure 4.13. Based on extrema reported in the
literature [16], the maximum value of transverse angle varies from 0◦ to 50◦, with increment
of 10◦ across models.

The helix angle distribution remains identical to the reference orientation.

Figure 4.13 Examples of transverse angle distribution
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4.2.2.7 Reconstruction of fiber architecture from a single DTI slice

The four previous studies provide insights into the physical implications of various fiber
orientation parameters and their impact on stiffness estimation. The objective of this last
study is to compare different, more physiologically "realistic" fiber configurations to evaluate
the significance of variations among healthy configurations.

Mid-ventricular DTI slices acquired at diastasis from six healthy volunteers are adapted to
the previously mentioned patient-specific finite element models. These DTI data are taken
from Moulin et al. [29].

For each of the three finite element models, these six fiber architectures are implemented and
compared. The implementation methods presented below is identical for all three models
and six DTI slices.

The DTI slices include the complete fiber and sheetlets orientation, describe by the three
eigenvectors in each voxel. This orientation can also be described by helix, transverse, and
E2A angles. In this study, the sheetlet angle is neglected due to the assumption of transverse
isotropy. The transverse angle is also neglected, given its minimal influence, as demonstrated
in the following sections. The helix angle is the only angle considered. The method works as
follows : the helix angle distribution map on the DTI slice is wrapped onto a mid-ventricle
slice of the mesh, and data are then extended from base to apex. The method involves the
following steps, illustrated in Appendix B :

1. The mesh nodes coordinates of a mi-ventricle slice of the finite element model are
extracted. Using the same method as described for the division in AHA segments,
nodes in the septal parts are identified.

2. Using rigid translation and rotation, the DTI and mesh slices are first centered, then
rotated to align the septa.

3. Control points are selected on the endocardial contour of the mesh. Each point is asso-
ciated with its closest point on the endocardial contour of the DTI slice, measured with
Euclidean distance. The same process is applied to the epicardial contour. Using these
control points, a 2D Thin Plate Algorithm is used to deform the DTI slice geometry to
fit the mesh slice geometry. Each element of the mesh is associated to the closest helix
angle value of the deformed DTI slice, using the Euclidean distance.

4. From the mid-ventricle mesh slice associated with helix angle values, the helix angle
distribution map is extended to the entire ventricle. Given that only one slice was
available and that the helix angle distribution has been reported to be relatively uniform
from base to apex [17], the mid-ventricular distribution was reproduced by duplicating it



62

along the long axis of the ventricle. To achieve this, the azimuthal angle and transmural
distances are computed for each element of the mesh, and these coordinates are used
to assign the corresponding helix angle value from the mid-ventricular slice. Final
reconstruction are shown in Appendix C.

4.2.3 Mechanical framework

The precedent sections described the mesh construction and assignment of local orientation
for each element of the mesh. To complete the finite element model, the material constitutive
law, as well as loading and boundaries conditions need to be implemented.

4.2.3.1 Material constitutive law

The myocardium is assumed to be homogeneous, hyper-elastic, incompressible, and transversely-
isotropic. The material constitutive law is the Fung-type anisotropic law described in more
details in Chapter 3 :

ψ = 1
2C

(
eQ − 1

)
with

Q = bfE
2
ff + bt(E2

ss + E2
nn + 2E2

sn) + 2bft(E2
fs + E2

fn)

According to Chapter 3, parameters bf , bt, and bft are selected based on the values provided
by Xi et al. [5] : bf = 19.13, bt = 10.67, bft = 12.76.

As previously mentioned, the finite element models serve two main purposes : in one case,
the focus is on studying the passive inflation of the ventricle ; in the other on estimating the
patient-specific myocardial stiffness. Thus, in the first case, global stiffness C is set to the
standard value of 2kPa [5]. In the second case, C is estimated by inverse optimization.

4.2.3.2 Loading and boundaries conditions

All nodes at the base are fixed, and pressure is applied on the endocardial surface. In the
first case (study of the passive inflation of the ventricle), a standard pressure of 1kPa [5] is
applied. In the second case, (stiffness estimation), a patient-specific pressure is estimated
with CircAdapt model. These patient-specific pressure values are used directly, without
modification, from F. Mahalatchimy’s work [21], and are summarized in Table 4.1.
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Table 4.1 Patient-specific pressure for the three subjects studied

Subject Rest Isometric contraction
P02 1.30 kPa 2.10 kPa

P03 1.35 kPa 1.11 kPa

P05 1.54 kPa 3.15 kPa

4.2.4 Results analysis

In the passive inflation study, the maximum stress and strain in the fiber direction are ex-
tracted at the end of the simulation. Maxima are computed across the entire ventricle,
excluding the basal 10%. The average displacement, as well as maximum longitudinal dis-
placement and maximum displacement in the basal plane, are also extracted. The results are
compared to a reference value by computing the percentage deviation. Transmural values
of stress at the base, mid-ventricle, and apex are also extracted, and compare qualitatively.
Stress and strain distributions in the myocardium are also analyzed. All results are extracted
from the simulation .odb file using Python (v3.11.9).

In the stiffness estimation study, stiffness is estimated by inverse optimization using the opti-
mization algorithm developed by F. Mahalatchimy’s [21]. In the first three fiber orientation
studies, the obtained stiffnesses are compared to the reference value by computing the per-
centage deviation. In the last study (reconstruction from a DTI slice), stiffness estimations
are compared using a Friedman ANOVA [129], with a significance level of p = 0.1, followed
by post hoc pairwise Wilcoxon signed-rank tests corrected for multiple comparisons using
the Bonferroni method. Both estimated stiffness and residual error (objective function at the
end of the optimization) are compared. Computation are performed using Python (v3.11.9).

4.3 Results

This section provides the results of the five different studies previously described.

4.3.1 Global change in maximal helix angle

4.3.1.1 Passive inflation

Figure 4.14a reports the maximum stress value in the myocardium according to the maximal
helix angle. Figure 4.14b shows the stress distribution in P03 myocardium for different
maximal helix angle. Figure 4.15 illustrates the impact of the angle variation on transmural
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value of stress in P03 model.

As illustrated in Figure 4.14a, lower helix angles (≤ 30◦) lead to an increase in maximum
stress compared to the reference orientation. Between fiber orientations with 60◦ and 10◦

maximum helix angle, the maximum stress deviates by an average of 24.4% across the three
subjects studied. For lower helix angles, maximum stress values are located near the endo-
cardium surface. More generally, as illustrated in Figure 4.15, stresses values are globally
higher at the endocardial surface when helix angle decreases.

Higher helix angle values also result in increased maximum stress, but the maximal stress is
located near the middle of the wall thickness. The deviation in maximum stress between fiber
orientations of 60◦ and 90◦ is 6.5% on average for the three subjects. Overall, as illustrated
in Figure 4.15, stress values increase near the middle of the wall thickness with decreasing
helix angle, especially in the mid-ventricle region.

Moreover, as shown in Figure 4.14b, increasing the helix angle from 10◦ to 90◦ leads to greater
stress homogenization within the myocardium.

Figure 4.15 also shows that stresses in the apical region are lower and less influenced by
the helix angle. However, the same tendency is observed regarding the impact of the helix
angle when compared to the mid-ventricle. This same tendency is also observed in the basal
region, but with a fewer impact due to boundary conditions. The same study has been
performed on other cross-sectional planes (see Appendix E), and although stress values and
their transmural variations are influenced by the local geometry, the same tendencies are
observed. Observations are identical with P02 and P05 geometries (see Appendix E).

The results of strain analysis are similar to stress results (see Appendix E). Maximum strain
value in the myocardium is minimal for an helix angle around 60◦ − 70◦, with an increase of
strain at the endocardium surface for lower angles, and near the middle of the wall thickness
for higher angle. Higher helix angles (≥ 60◦) leads to greater strain homogenization within
the myocardium.

Figure 4.16 shows the impact of maximal helix angle on displacement during passive inflation.
For all three subjects (P02, P03, P05), displacement in the basal plane is higher than vertical
displacement. The displacement in the basal plane tends to increase as the maximal helix
angle increases (average increase of 8.6% across the three subjects between 10◦ and 90◦),
while vertical displacement exhibits a sharper decrease (average decrease of 30.7% across the
three subjects between 10◦ and 90◦). Globally, the average displacement in the myocardium
decreases as the maximal helix angle increases (average decrease of 13.1% across the three
subjects between 10◦ and 90◦).
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(a) Maximum stress in the myocardium

(b) Distribution of stress in the myocardium

Figure 4.14 Impact of maximum helix angle on stress in the myocardium
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Figure 4.15 Impact of maximum helix angle on transmural stress values (P03)

Figure 4.16 Impact of maximum helix angle on myocardium displacement
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4.3.1.2 Stiffness estimation

Figure 4.17 shows the impact of maximal helix angle on estimated stiffness and residual error.
Compare to the reference orientation (60◦), the maximum deviation observed is 8.7%, 22.4%,
and 5.9% respectively for P02, P03, P05, associated to a respective deviation in residual error
equal to 2.1%, 5.8% and 0.60%.

(a) Estimated stiffness (b) Residual error

Figure 4.17 Estimated stiffness and residual error with different maximum helix angle

As illustrated in Figure 4.18, at isometric contraction, the impact of fiber orientation on
stiffness estimation follows the same trend as at rest for each subject.

The influence of fiber orientation is slightly greater during isometric contraction compared
to rest, with respective variations of 15.7%, 37.0%, and 6.1% for subjects P02, P03, and P05
during isometric contraction.
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Figure 4.18 Estimated stiffness at rest and during isometric contraction

4.3.2 Transmural change in helix angle

4.3.2.1 Passive inflation

Figure 4.19 shows the impact of the transmural change of helix angle distribution on stress in
the myocardium. The normalized distance is equal to 0 at endocardium and 1 at epicardium.
As shown in Figure 4.19a, maximum stress increases as the distribution is off-centered. Zero-
angle values near the endocardium surface are responsible for highest stress. The maximum
stress value is always located in a region with zero-angle value, as illustrated by black circles.
Indeed, as illustrated in Figure 4.19b the regions with a lower helix angle exhibit higher
stresses. This tendency is slightly less marked at basal and apical region, as observed in the
previous study.

The average displacement of the myocardium during inflation is minimal when the helix
angle distribution is centered, and increases when off-centered (see Appendix F). Compared
to the reference orientation, the deviation is 4.6% when the helix angle is zero at the endo-
cardium (normalized distance: 0), and 7.7% when the helix angle is zero at the endocardium
(normalized distance : 1) in average across the three subjects.
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(a) Impact of helix angle transmural distribution on maximal stress

(b) Impact of helix angle transmural distribution on transmural stress values

Figure 4.19 Impact of helix angle transmural distribution on stress in the myocardium

4.3.2.2 Stiffness estimation

The estimated stiffness is minimal when the helix angle distribution is centered or nearly
centered. Compared to the reference orientation, the deviation is 5.1% when the helix angle
is zero at the endocardium (normalized distance: 0), and 13.5% when the helix angle is zero
at the endocardium (normalized distance : 1) in average across the three subjects. The
residual error deviates less than 2% in all cases.
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Figure 4.20 Estimated stiffness for different helix angle distribution

4.3.3 Change in maximal helix angle by sector

4.3.3.1 Passive inflation

Figure 4.21a shows impact of fiber orientation in each segment of P03 model. For each
segment, the shaded bar corresponds to the maximum stress value in the segment with
the reference orientation. The colored bar corresponds to the maximum stress value in the
segment when this segment is affected (zero helix angle in the segment). The color of the bar
refer to the color of the segment in Figure 4.12. Vertical lines delimit the basal, mid-ventricle,
and apical regions as defined in [130]. Except in the basal region, each segment shows an
increase in maximal stress when the helix angle is affected. Figure 4.21b illustrates the higher
stress values when segment 11 is affected.

As a comparison, the same study is performed with P02 and P05 geometries (Appendix
G). For the three geometries, maximum stress in apex is lower than in any other segment.
Maximum stress of each segment increases when the segment is affected, except in some
segments of basal region. Absolute deviation with reference orientation is equal in average
to 33.4%, 22, 1%, and 32, 0% across all segments, respectively for P02, P03, P05. No sector
clearly stands out as having a greater or lesser impact consistently across the three models.

The same study on displacement (Appendix G) shows that in each segment of the three
geometries, the displacement slightly decreases when helix angle values of the segment are
affected. The average deviation across segment is 1.88%, 2.0%, and 1.75% for P02, P03, P05.
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(a) Impact of helix angle on maximum stress

(b) Example of stress values increase

Figure 4.21 Impact of helix angle on stress values in each AHA segment
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4.3.3.2 Stiffness estimation

Figure 4.21a shows impact of fiber orientation in each segment for P03 patient-specific stiff-
ness estimation. The black horizontal line show the stiffness estimated value in the reference
configuration.

Figure 4.22 Impact of each sector fiber orientation on the global stiffness estimation

Each segment has minimal influence on global stiffness estimation : compared to the reference
orientation, stiffness changes by an average of 1.2%. The maximum variation is observed in
sector 9 (3.2%) for subject P03, but this sector varies depending on the geometry. The apex
has the least influence on the result.

4.3.4 Change in transverse angle

The transverse angle has a minimal impact on the mechanical model compared to the helix
angle (see Appendix H). Across simulations (from 0◦ to 50◦ maximal transverse angle), the
average maximum deviation observed for the three subjects remains low : maximum stress
varies by an average of 2.2%, with no consistent increase or decrease, as the trend depends
on subjects geometries ; mean displacement shows a slight average reduction of 1.1% across
all subjects ; and stiffness decreases slightly by an average of 1.3%.
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4.3.5 Reconstruction of fiber architecture from a single DTI slice

4.3.5.1 Passive inflation

Figure 4.23b shows maximum stress in the myocardium obtained with different DTI-slice-
based reconstructions. These tiffness estimates are generally higher than the reference ori-
entation, with a mean absolute deviation of 22.19%, 16.42%, and 16.42% for P02, P03 and
P05 respectively. Maximum absolute deviation reaches 41.18%, 28.33%, and 21.55% for P02,
P03 and P05 respectively.

(a) Maximum stress for different DTI data (b) Examples of stress distribution maps

Figure 4.23 Difference in stress for DTI-slice-based reconstructions

4.3.5.2 Stiffness estimation

Figure 4.24 illustrates the variation in estimated stiffness resulting from using different DTI
slices to define fiber orientation. The mean absolute deviation with the reference orientation
is equal to 5.1%, 7.8%, and 2.9% for P02, P03 and P05 respectively. The maximum absolute
deviation reaches 12.2%, 13.1%, and 10.0% for P02, P03 and P05 respectively.

The comparison of stiffness estimation with different DTI-slice-based reconstructions shows
significant differences between the slices used (Friedman ANOVA : p = 0.056). However,
pairwise comparisons show no significant differences between the reference orientation and
any of the DTI-slice-based reconstructions (Wilcoxon test with Bonferroni correction : p >
0.1).
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There are no significant differences between residual error (Friedman ANOVA : p = 0.42).

Figure 4.24 Difference in stiffness estimation for different DTI-slice-based reconstructions

As the first study of this Chapter shows a slightly higher impact of fiber orientation in stiffness
estimation during isometric contraction compared to rest, the difference between DTI-slice-
based reconstructions is also investigated during isometric contraction and is illustrated in
Figure 4.25. The mean absolute deviation from the reference orientation during isometric
contraction is equal to 9.4%, 7.5%, and 2.2% for P02, P03 and P05 respectively, which is
comparable to observed deviation at rest.
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Figure 4.25 Comparaison of stiffness estimation at rest and during isometric contraction

4.4 Discussion

The aim of this study was to assess the impact of fiber architecture on the stiffness estimation.
Methods first aim at understanding the mechanical implication of fiber orientation, in order
to understand the observed impact on stiffness estimation. This was performed by analyzing
the left ventricle passive inflation with different fiber architectures. The impact of fiber
architecture on the stiffness estimation was also evaluated.

To identify the most influential characteristics of fiber architecture in the ventricle, sensitivity
to multiple parameters was evaluated. First, the helix angle value at endocardium and
epicardium, its transmural variation, and its impact by AHA segments were studied. The
addition of a non-zero transverse angle was also evaluated. Finally, reconstructions with
different mid-ventricle DTI slices of healthy volunteers were compared.
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4.4.1 Global change in maximal helix angle

The stress values reported in the previous section are consistent with existing studies [14,
20, 97, 98]. Results shows that lower helix angles (≤ 30◦) lead to increased stress near the
endocardium, with higher maximum stress and less homogeneous stress distribution within
the myocardium. In contrast, higher helix angles (≥ 60◦) result in a more uniform distri-
bution of stress throughout the myocardium. This results are consistent with Palit et al.
observations [97].

Moreover, as the displacement results show, the motion of left ventricle parallel to the basal
plane is greater than vertical displacement : during diastole, the ventricle primarily undergoes
radial expansion rather than longitudinal elongation. Circumferentially oriented fibers act
to resist this radial motion. It is thus consistent to observe higher stress in these areas.

The results on transmural stress values also support this observation. These transmural
stress distributions are consistent with those reported by Wang et al. [98], as is the impact of
the maximal helix angle on this distribution. The geometric disparities between the ventricle
geometry used by Wang et al. [98] and those in our study explain the slight differences in
transmural stress distribution. Indeed, results show that at different locations within the same
ventricle, or between different ventricular geometries, the stress distribution is influenced by
the local geometry. This observation has also been previously reported [98,131].

Displacement analysis shows that lower helix angles favor longitudinal expansion of the ventri-
cle, while higher helix angles inhibit its elongation and slightly promote its radial expansion.
As stiffness is higher in the fiber direction than cross-fiber (bf = 19, 13 and bt = 10, 67),
these observations are coherent with the myocardium material properties : when the helix
angle decreases, the fibers are oriented more circumferentially, stiffening the ventricle in that
direction ; conversely, as the helix angle increases, the fibers become more vertically ori-
ented, stiffening the ventricle in the vertical direction. Overall, for low helix angle values,
the ventricle is much circularly constrained by the circularly oriented fibers, but very little
vertically constrained, increasing the mean displacement. Conversely, at higher angles, the
helical distribution of the fibers constrains the ventricle in all directions, reducing the mean
displacement.

This observation is consistent with higher values of estimated stiffness reported for lower
helix angle values. The stiffness values obtained in this study are consistent with previous
findings [5, 8, 12, 20, 21], and the range of variation due to the variation in helix angle is
consistent with Kolawole et al. [20].

Although lowest values of helix angle tends to increase the estimated stiffness, higher values
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have different impacts depending on the left ventricle geometry and the target displacement.
Indeed, since fiber orientation influences the direction of displacement, being either more
vertical or within the basal plane, global stiffness can vary to compensate for these directional
variations. This can explain differences in impact observed between P02, P03, and P05. The
stiffness estimates from Kolawole et al. [20] show that, for a fixed α, helix angle variation has
different impact on stiffness between the different subjects studied.

Notable differences in stiffness values are observed with varying angles. However, it is im-
portant to keep in mind that this range of variation remains broader than the physiological
range. Indeed, DTI studies have reported that local extrema of helix angle values can reach
up to 10◦ and 90◦ [16,17], justifying the chosen variation range. However, values implemented
in existing models are usually between 45◦ and 60◦ at the endocardium, and between −60◦

and −90◦ at the epicardium [5,7, 9, 90,95,97,100].

Residual error is much less affected by variations in helix angle. For subjects P02 and P05,
no fiber orientation significantly improves the optimization. For subject P03, however, higher
helix angles appear to be more favorable. An examination of the target displacement field
(see Appendix I) reveals that this displacement is almost exclusively radial, whereas the
simulated displacement includes a non-negligible longitudinal component (see Appendix I).
Therefore, vertically oriented fibers (i.e., with higher helix angles) are better suited for this
type of motion, which explains the observed reduction in residual error with increasing helix
angle.

Stiffness estimates during isometric contraction are consistent with previous study [21]. With
P05 model, a clear increase in estimated stiffness is observed during isometric contraction,
linked to a significant increase in estimated ventricular pressure. The impact of helix angle on
stiffness estimation is slightly greater than at rest, but the differences in impact remain com-
parable between rest and isometric contraction. This difference is possibly due to increased
displacement and pressure during isometric contraction.

4.4.2 Transmural change in helix angle

The results of the transmural helix angle variation study are consistent with the previous
analysis (Section 4.4.1). The layers with lower helix angles correspond to regions of higher
stress. At the base of the heart, stresses are less affected due to boundary conditions, while
at the apex, stresses are lower and also less sensitive to angle variation.

When the helix angle distribution is symmetric and centered across the wall thickness, the
ventricle becomes more constrained in all spatial directions. As a result, simulated displace-
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ments are reduced, and the stiffness estimated through optimization decreases accordingly.

4.4.3 Change in maximal helix angle by sector

This study aimed at determining wether certain regions in the left ventricle are more sensitive
to fiber orientation and require greater precision. Imposing a zero angle is not physiological,
but it is, according to previous studies, the choice of orientation that maximizes the impact of
fiber orientation. This should allow for the analysis of differences between the AHA segments.

All segments are impacted by their change in fiber orientation. Howerver, the impact differs
between segments and left ventricle geometries. Indeed, the strong impact of ventricular
geometry on stress distribution has been observed in previous analyses and reported in the
literature [98]. No sector stands out for greater or lesser sensitivity to fiber orientation.

The impact of each sector on the global stiffness estimate is negligible.

4.4.4 Change in transverse angle

The aim of this study was to assess the impact of the transverse angle on the mechanical
behavior of the ventricle and stiffness estimation, in order to determine whether this angle
should be taken into account in the model, or whether it can be approximated to zero. A
zero angle corresponds to fibers parallel to the endocardial and epicardial surfaces.

Despite the wide variation range studied, the impact of the transverse angle on both ventricle
mechanics and stiffness estimation is minimal. This result is consistent with previous results
reported in the literature [101], and justifies its approximation to zero in several mechanical
models [5, 20,122,124].

However, it is important to note that the chosen angle distribution implies near-zero values
in the mid-ventricular region, resulting in fiber orientations that differ only slightly from the
reference orientation in this area.

4.4.5 DTI-slice based reconstructions

The four initial studies aimed to assess the sensitivity of the reference orientation, in order to
determine how much deviation of different parameters related to it can affect the results. This
last study compared the reference orientation with orientations based on DTI measurements,
and DTI measurements with each other.

The six different DTI slices lead to pronounced differences in both maximum stress values
and stress distribution. Differences are observed between DTI-slices, and compared to the
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reference orientation. Consistent with previous findings (Section 4.4.1), the areas of highest
stress correspond to low helix angle values.

Although less pronounced than for stress, the impact on the stiffness estimate is also notice-
able. As already observed in the four previous studies, the ventricle geometry affects the
impact of fiber orientation. Overall, for the three subjects, the Friedman ANOVA test indi-
cates significant differences between the various DTI slices. However, pairwise comparisons
reveal that none of the slices significantly deviate from the reference slice. Despite this, when
considering subjects individually, deviations in stiffness estimates can exceed 10% for some
DTI-slices.

Deviations observed with isometric contraction estimates are comparable to those at rest.

Although deviations in stiffness estimates are not negligible, it is important to note that these
variations are small compared to variations that can be caused by pressure differences [20]
and material parameters variations (see Chapter 3).

It is important to note, however, that only healthy fiber configurations were evaluated.
Nonetheless, deviations, even in the case of pathological configurations, are expected to
remain within a similar range to those observed with a maximum helix angle of 10◦.

4.4.6 Limits

There are some limitations to this study that must be taken into consideration.

First, the choice of an transversely-isotropic constitutive law leads us to neglect the sheetlet
angle (E2A), despite its notable variation within the myocardial tissue [17,32]. However, this
approach is important in reducing the number of parameters in the constitutive law, and
thus attenuates issues related to non-uniqueness of the solution.

Moreover, all findings of this study are dependent on anisotropy parameter (bf , bt, bft), which
dictates the material properties relative to fiber orientation. However, despite significant
variation between parameter sets reported in the literature (see Chapter 3), the fiber to
cross-fiber stiffness ratio is usually on the order of 2, thus resulting in a comparable impact.

Furthermore, important approximations should be noted in relation to reconstruction from
DTI-slices. Firstly, given that only a single slice is available, mid-ventricle data were ex-
panded to base and apex, whereas variation from base to apex has been reported in the
literature [16]. Although this reconstruction deviates from the true complete fiber architec-
ture in the ventricle, it provides a rough estimate of the angle values within the physiological
range, and thus meets the objective of the study. However, this may have the drawback of
propagating slight local errors in the slice throughout the entire height. In addition, as fiber
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orientation vary between diastole and systole [29,37,40,132], the choice was made to perform
the reconstructions using DTI data acquired during diastasis. However, DTI acquisition were
reported to be more accurate at peak systolic [68, 69]. This is not expected to impede the
results, considering that the main goal is to compare various configurations within the phys-
iological range, and not to determine an accurate patient-specific fiber orientation. Finally,
given that only a few patient-specific geometries and a limited number of DTI slices have
been studied, the statistical significance is limited.

Lastly, it should be noted that this whole study focuses on passive mechanics of the ventricle
and does not address active behavior at all. Fiber orientation has yet been reported to have
a stronger impact on the ventricle contraction [18,23].

4.5 Conclusion

In the context of left ventricle myocardial stiffness estimation with finite element models,
the implementation of fiber orientation continues to raise many questions. Although fiber
orientation has been reported to have a considerable impact on left ventricle mechanics, its
impact on stiffness estimation remains little explored. Nevertheless, acquiring comprehensive
and patient-specific data of fiber orientation remains challenging.

The study reveals an increase in stress values in the areas of lower values of helix angle,
corresponding to circularly oriented fibers. No AHA segment stands out for greater or lesser
sensitivity. The stress distribution and maximal values are significantly more affected than
the stiffness estimate, yet their effects remain consistent with one another. Overall, helix
angle has proven to be an important parameter of fiber orientation from the perspective
of both stress distribution and stiffness estimate. In contrast, the transverse angle has a
negligible impact.

Stiffness estimates vary considerably between DTI-slice based reconstructions, but no DTI-
slice leads to significant deviation from the reference linear 60◦/−60◦ orientation. In addition,
this variation remains limited compared to material parameter impact.

This study should contribute to a better understanding and assessment of the impact of fiber
orientation. This should help guide the selection of an appropriate fiber orientation imple-
mentation method, balancing ease of implementation with accuracy of stiffness estimates.
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CHAPTER 5 CONCLUSION

This last Chapter briefly recapitulates the key results of the present work, and concludes
with its main limitations and some directions for future work.

5.1 Summary of Works

Left ventricular myocardial stiffness is a promising biomarker for the early detection of car-
diotoxicity and heart failure. Finite element models provide an effective non-invasive tool
for estimating this parameter. However, defining myocardial anisotropy in such models re-
mains challenging. The common assumption of transverse isotropy requires specifying three
anisotropy parameters (bf , bt, bft) and fiber orientation to estimate global myocardial stiff-
ness. As the impact of these inputs on stiffness estimation remains poorly characterized, this
study aimed to assess their influence.

Chapter 3 reports the impact of each of the three anisotropy parameters on stiffness estima-
tion. The increase in parameter bf is responsible for the increase in stress along the fiber
direction, and decrease of the left ventricle widening during passive inflation. As a conse-
quence, its increase leads to a decrease in the estimated stiffness. The increase parameter
in bt is responsible for the increase in stress along the cross-fiber direction and shear-stress
in SN and NS modes. Its increase also leads to a decrease in the left ventricle lengthening
during passive inflation, and a decrease in the estimated stiffness. Within the studied range
of variation, this parameter proved to be the most influential. The parameter bft dictates
shear material properties in SF, FS, FN, and NF modes. Its impact on passive inflation and
stiffness estimation is negligible.

Chapter 3 also provides a comparison of the different set of parameters reported in the
literature. Notable differences in the stress–strain curves highlight significant variations in
the myocardial mechanical response when using different parameter sets. Consistent with
this, stiffness estimates based on different parameter sets reported in the literature also
showed significant differences. In agreement with the sensitivity analysis results, parameter
bt appears to play a crucial role in these differences. No model stands out as being more
suited in terms of residual error.

As anisotropy parameters dictate the mechanical response relative to fiber orientation, it
seems crucial to investigate the impact of this orientation on stiffness estimate. This work is
reported in Chapter 4. This study reveals an increase in stress and strain values caused by
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the lowering of helix angle values, which corresponds to more circularly-aligned fibers. This
also changes ventricular motion during passive inflation, limiting its widening and promoting
lengthening. No AHA segment stands out for greater or lesser impact. In contrast to helix
angle, transverse angle has minimal effect.

While less pronounced than its impact on stress, fiber orientation still has a notable effect
on stiffness estimates. The comparison between DTI-slice-based reconstructions aimed to
evaluate variations in stiffness estimates among healthy configurations by comparing a range
of different, more "physiologically realistic" fiber configurations. It reveals evident variation
between reconstructions, but no DTI-slice leads to a significant deviation of the stiffness
estimate compared to the reference linear 60◦/−60◦ orientation. Furthermore, it is important
to note that the variation associated with fiber orientation (Chapter 4) is considerably lower
than that associated with mechanical parameters (Chapter 3).

Given the promising potential of the stiffness estimation method with data acquired during
exercise, this study was designed to be applicable to exercise-based estimations. Accordingly,
the impact of fiber orientation was evaluated using such data, revealing that its effect on
stiffness estimates during exercise is of the same order of magnitude as at rest.

These results are intended to guide the selection of input parameters for implementing my-
ocardial anisotropy. Chapter 3 should help in choosing anisotropy parameters despite their
wide variability in the literature. Chapter 4 is expected to support the selection of an ap-
propriate fiber orientation implementation method, according to desired accuracy level for
stiffness estimation.

These are important steps in determining standard and pathological values of myocardial
passive stiffness. It should contribute to enhance the effectiveness of this biomarker in early
detection of cardiotoxicity and heart failure.

5.2 Limitations and future research directions

The present work has several limitations that should be acknowledged, but also suggest
potential directions for future research.

Firstly, the interdependence between the anisotropy parameters and fiber orientation should
be noted. In the current study, these two sets of inputs were analyzed independently : the
sensitivity of stiffness estimation to anisotropy parameters was assessed using a fixed fiber
orientation, and vice versa. However, these factors are coupled. The mechanical behavior of
the myocardium results from the combined effect of material properties and fiber architecture.
For example, given sets of anisotropy parameters may modulate the impact of fiber orientation
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on left ventricular mechanics and stiffness estimation, and fiber orientation may, in turn,
influence the effect of these parameters. Although the interaction was not investigated, the
present work provides a clearer understanding of the individual impact of each factor. The
coupling could be the subject of a future study.

In addition, both studies were conducted on a limited number of subjects, restricting their sta-
tistical power. However, it provides valuable insights into the general influence of anisotropy
parameters and fiber orientation. Extending this study to include more subjects, and thus a
greater variety of left ventricular geometries, would provide valuable insights.

Another important aspect to consider is that the pressure values used as loading condi-
tions in the simulations were only estimates. It remains less precise than catheterization
measurement. This can have a non-negligible impact on stiffness estimates, due to their
high sensitivity to pressure [20]. However, it remains a promising non-invasive approach for
incorporating more patient-specific data instead of relying on standard values.

Regarding the use of left ventricle mechanical properties as a biomarker, current methods
face challenges related to the uniqueness and variability of parameters estimation. When
attempting to estimate all four parameters simultaneously, non-unique solutions undermine
the reliability of the results and reduce the relevance of comparisons between patients. This
makes it difficult to establish thresholds distinguishing healthy from pathological values.
Restricting the estimation process to only one parameter reduces the dimensionality of the
problem. However, the present work highlights that the stiffness estimate is significantly
dependent on the values chosen for the other parameters. Although this study provides tools
to help select the values of the other parameters, this significant dependence on the chosen
values remains a limitation for clinical applications. Some studies have chosen to focus on a
subset of two parameters. It may represent a practical compromise. However, in this case,
the solution is not unique but rather involves a coupling of two parameters. This alternative
is also not ideal for clinical applications. Therefore, further work is needed to establish
mechanical parameters as an effective biomarker for the early detection of heart failure. A
better understanding of the implications of these parameters, as presented in this study, will
be a valuable tool to achieve this goal.

While fiber orientation’s impact on stiffness estimation was smaller than mechanical param-
eters, it remains critical, especially for evaluating myocardial stress fields, which can provide
valuable diagnostic information. This highlights the critical role of the work that some re-
searchers are currently conducting to implement patient-specific distributions from in-vivo
acquisitions. In the present study, only a single DTI slice was used, which is a significant
limitation. For now, DTI data acquisition and implementation in the model remain highly
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challenging. This makes it difficult to use a fully patient-specific fiber orientation clinically
for stiffness estimation in an easy and timely manner. However, ongoing progress in the field
could make this increasingly accessible. It is therefore important to understand the required
level of precision based on the desired accuracy, both in terms of stress distribution and
stiffness estimation. The present study represents a first step in this direction but should be
extended with more comprehensive in-vivo DTI measurements. For exemple, comparing the
influence of using single versus multiple in-vivo slices would provide valuable insights.

Finally, it would be highly valuable to extend this work to active contraction modeling. Active
mechanical properties are also important indicators of cardiac function, and investigating the
impact of myocardial anisotropy on these properties could help improve their estimation.
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APPENDIX A SHEAR STRESSES IN SENSITIVITY STUDY

Figure A.1 FS shear stress with varying bf , bt, and bft parameters

Figure A.2 SF shear stress with varying bf , bt, and bft parameters
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Figure A.3 SN shear stress with varying bf , bt, and bft parameters
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APPENDIX B METHOD FOR DTI-SLICE BASED RECONSTRUCTION

Figure B.1 Schematic representation of DTI-slice based reconstruction method
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APPENDIX C FIBER ORIENTATION IN DTI-SLICE BASED RECONSTRUCTION

Figure C.1 Helix angle values in DTI-slice based reconstructions (cross-sectional view)
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APPENDIX D IMPACT OF MAXIMUM HELIX ANGLE ON
TRANSMURAL STRESS VALUES

Figure D.1 Transmural stress values when varying maximum helix angle (P02)

Figure D.2 Transmural stress values when varying maximum helix angle (P03)
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Figure D.3 Transmural stress values when varying maximum helix angle (P05)
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APPENDIX E IMPACT OF MAXIMUM HELIX ANGLE ON STRAIN
VALUES

Figure E.1 Maximum strain when varying maximum helix angle

Figure E.2 Strain when varying maximum helix angle (P03)
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APPENDIX F IMPACT OF HELIX ANGLE TRANSMURAL
DISTRIBUTION ON DISPLACEMENT VALUES

Figure F.1 Average displacement when helix angle transmural distribution
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APPENDIX G IMPACT OF FIBER ORIENTATION IN AHA SEGMENTS ON STRESS AND
DISPLACEMENT VALUES

Figure G.1 Maximum stress and displacement values in each affected segment (colored bar) compared to reference orientation
(shaded bar)
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APPENDIX H IMPACT OF TRANSVERSE ANGLE ON STRESS,
DISPLACEMENT, AND STIFFNESS VALUES

Figure H.1 Maximum stress when varying maximum transverse angle

Figure H.2 Average displacement when varying maximum transverse angle
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Figure H.3 Estimated stiffness when varying maximum transverse angle
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APPENDIX I TARGET AND SIMULATED DISPLACEMENTS FOR THE
3 SUBJECTS

Figure I.1 Target displacements for the three subjects at rest and during isometric contrac-
tions
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Figure I.2 Target and simulated displacements for the three subjects at rest
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