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Abstract

Cardiovascular diseases are the primary cause of mortality worldwide, affecting mil-
lions of people every year. Although advancements in medical practice are continu-
ously improving the diagnosis and treatment techniques, computer-based simulations
of the cardiac function are gradually becoming a powerful tool to better understand
the heart function and to support clinical decision-making.

Even though some area of heart modeling reached a certain level of maturity,
whole heart models are a far-reaching endeavour and are still in their infancy. This
thesis provides a detailed fully coupled multiscale mathematical and numerical model
of cardiac electromechanics (EM) of the whole human heart.

Two crucial factors for accurate numerical simulations of cardiac EM, which are
also essential to reproduce the synchronous activity of the heart, are: i) reconstruct-
ing the muscular fiber architecture that drives the electrophysiology signal and the
myocardium contraction; ii) accounting for the interaction between the heart and the
circulatory system, that determines pressures and volumes loads in the heart chambers.
With the aim of facing the challenges formerly described, the main contributions in
this thesis move along two strands: i) on the one hand, develop a unified mathematical
framework, based on Laplace-Dirichlet-Rule-Based-Methods (LDRBMs), to prescribe
myocardial fibers orientation in computational full heart geometries; ii) on the other
hand, provide a biophysically detailed 3D EM model coupled with a 0D closed-loop
lumped parameters model for the haemodynamics of the whole circulatory system.

This thesis gives a deeper account of existing biventricular LDRBMSs, introducing
also some modeling improvements, and presents a new biatrial LDRBM, which is able
to quantitatively reproduce the atrial fiber architecture and can be easily applied to
any arbitrary geometries. Systematic comparison of LDRBMs were performed in terms
of meaningful electrophysiological and mechanical biomarkers computed as output of
numerical EM simulations in physiological conditions. The validity of the proposed
models were demonstrated through simulations on a realistic full heart geometry,
showing that the obtained results match the experimental data available in literature.

In conclusion, the whole heart EM model of this thesis includes a detailed myocar-
dial fibers architecture, simulates the electrophysiology, the mechanical activation and
the mechanics of ventricles and atria, and is strongly coupled with a 0D closed-loop
model of the whole cardiovascular system.

Keywords: Cardiac electromechanics, Cardiac fiber architecture, Electromechanical
stmulations, Laplace-Dirichlet- Rule- Based-Methods, Whole heart modeling.
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Sommario

Le malattie cardiovascolari sono la principale causa di mortalita nel mondo, affliggendo
milioni di persone ogni anno. Sebbene i progressi nella pratica medica migliorino
continuamente le tecniche di diagnosi e trattamento, le simulazioni computerizzate
della funzione cardiaca stanno gradualmente diventando un potente strumento per
comprendere meglio la funzione cardiaca e per supportare le decisioni cliniche.

Anche se alcune aree della modellazione cardiaca hanno raggiunto un certo livel-
lo di maturita, i modelli di cuore integrato, a causa della loro enorme complessita
matematica e numerica, sono ancora nella loro infanzia. Questa tesi fornisce un mo-
dello matematico e numerico, completamente accoppiato, dell’elettromeccanica (EM)
cardiaca dell’intero cuore umano.

Due fattori cruciali per poter ottenere delle simulazioni numeriche accurate di EM
cardiaca, essenziali anche per riprodurre l'attivitad sincrona del cuore, sono: i) rico-
struire ’architettura delle fibre muscolari che guida sia il segnale elettrofisiologico che
la contrazione del miocardio; ii) tener conto in modo appropriato dell’interazione tra il
cuore e il sistema cardiocircolatorio, che determina pressioni e carichi di volume nelle
camere cardiache. Con l'obiettivo di affrontare le sfide precedentemente descritte, i
principali contributi di questa tesi si muovono lungo due filoni: i) da un lato, sviluppa-
re un quadro matematico unificato, basato sui Laplace-Dirichlet-Rule-Based-Methods
(LDRBM), per prescrivere l'orientamento delle fibre miocardiche nelle geometrie com-
putazionali di cuore totale; ii) d’altra parte, fornire un modello dettagliato di EM 3D
accoppiato con un modello 0D a ciclo chiuso per ’emodinamica dell’intero sistema
cardiocircolatorio.

Questa tesi fornisce un resoconto piu approfondito dei LDRBM ventricolari esisten-
ti, introducendo anche alcuni miglioramenti modellistici, e presenta un nuovo LDRBM
atriale, che € in grado di riprodurre quantitativamente I’architettura delle fibre atriali
e puo essere facilmente applicato a qualsiasi geometria. Il confronto sistematico dei
LDRBM e stato eseguito in termini di indicatori elettrofisiologici e meccanici significa-
tivi, calcolati come risultato di simulazioni numeriche di EM in condizioni fisiologiche.
La validita dei modelli proposti ¢ stata dimostrata attraverso simulazioni su una geo-
metria realistica di cuore totale, dimostrando che i risultati ottenuti sono compatibili
con i dati sperimentali disponibili in letteratura.

In conclusione, il modello di EM di cuore totale, presentato in questa tesi, include
un’architettura dettagliata delle fibre miocardiche, simula ’elettrofisiologia, 1’attiva-
zione meccanica attiva e passiva di ventricoli e atri ed & fortemente accoppiato con un
modello 0D a ciclo chiuso dell’intero sistema cardiovascolare.

Parole chiave: FElettromeccanica cardiaca, Architettura delle fibre cardiache, Si-
mulazioni di elettromeccanica, Laplace-Dirichlet-Rule-Based-Methods, Modellazione a
cuore intero.
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Chapter

Introduction

Cardiovascular diseases (CVD) represent the primary cause of morbidity and mortality
worldwide, affecting millions of people every year [241, 257]. These are estimated as
31% of all deaths'. The 85% of all CVD deaths are due to heart failure?. One of
the indirected reason behind such grim statistics is our limited understanding of the
mechanisms driving these pathologies [148].

Although experimental research and advancements in medical practice are contin-
uously improving the diagnosis and treatment techniques, computational modeling of
the cardiac function [92, 20, 18, 124, 159, 234, 78] are gradually becoming a cornerstone
in precision-medicine [172]. Computer-based numerical simulations provide a powerful
tool to better understand the heart function in both physiological and pathological
scenarios to improve and support clinical decision-making in cardiac diseases [172,
223, 227).

The mathematical modeling of the beating heart and its pumping action is an
highly complex task involving several difficulties related to the complexity of its func-
tion. A single heartbeat involve multiphysics and multiscale processes. The cor-
responding mathematical models describing each physical sub-mechanism, involved
in the heart function, require therefore multiphysics and multiscale numerical ap-
proaches, making the numerical modeling of the whole cardiac activity very challeng-
ing [188].

Even though heart modeling reached a certain level of maturity, whole heart mod-
els are a far-reaching endeavour and a field of current investigation. Four chambers
cardiac models are still in their infancy: until today, the most comprehensive simu-
lation of the entire cardiac function, including multiscale process in the tissue, blood
haemodynamics in the heart chambers and valve dynamics, is the UT heart simulator
developed by the research team of Tokio University [237].

This thesis is dedicated to develop a detailed fully-coupled multiscale mathematical
and numerical model of the electrical and mechanical activity of the whole human
heart. Our model includes state of the art models, based on human physiology, for
both the cardiac electrophysiology and muscle mechanics, and also takes into account
the presence of the whole circulatory system. A topic to which we devote particular
attention is the detailed reconstruction, by means of a mathematical model, of all

'https://www.world-heart-federation.org
2https://www.who.int/cardiovascular_diseases/en/
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Chapter 1. Introduction

Superior
vena cava

Pulmonary

to Lungs
to Lungs Left circulation
e
pulmonary
. Veins
Right ;
pulmgnary Mitral
veins valve
Inter-atrial
septum ~. Aortic P
i H valve ystemic
tacuspid circulation
valve .
Inter-ventricular
septum
Inferior

vena cava

Bl oxygenated blood
Pulmonary valve

[l Deoxygenated blood Bbdy

(@) (b)

Figure 1.1: (a) Blood flow through the heart; (b) The heart inside the whole circulatory
system. Images taken from www.pediatricheartspecialists.com (a) and www.
pinterest.it (b).

the main characteristic features of the cardiac muscular architecture, which is the
main driver of the heart contraction-relaxation. We demonstrate the validity of the
proposed model through simulations on realistic whole heart geometry.

In this introductory chapter, we provide a brief overview on the anatomy and
the physiology of the heart function (Section 1.1), then we focus on the mathematical
modeling, with particular attention on the cardiac muscular architecture and the heart
electromechanical activity (Section 1.2). In the end, we detail the main objectives and
the original contributions of this thesis (Section 1.3).

1.1 Overview of heart anatomy and physiology

The heart is a four chambers muscular organ whose function is to pump the blood
throughout the whole circulatory system. It is divided into the left atrium (LA) and
left ventricle (LV), forming the left heart, and the right atrium (RA) and right ventricle
(RV), defining the right heart. Both sides act in a synchronized fashion: the left side
pumps the oxygenated blood through the systemic arteries into the organs (systemic
circulation), meanwhile the right one recycles the deoxygenated blood through the
systemic veins into the lungs (pulmonary circulation) [188, 187]. The left and right
hearts are separated by the inter-atrial and inter-ventricular septa, which prevent the
mixing of oxygenated and deoxygenated blood, whereas the atria and the ventricles are
connected by the atrioventricular valves (mitral valve, MV, and tricuspid valve, TV)
that regulate the blood transfer from the upper to lower cavities. The four chambers
are connected to the circulatory system: the ventricles with the aorta through the
aortic valve (AV) and with the pulmonary artery via the pulmonary valve (PV); LA
with the left and right pulmonary veins (LPV, RPV), whereas RA with superior and
inferior caval veins (SCV, ICV), see Figure 1.1.
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Figure 1.2: Representation of the multiscale cardiac muscle. Images taken from [41],
www . kenhub. com and www.biologyonline.com.
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1.1.1 The cardiac muscular architecture

The heart wall is made up of three layers: the internal thin endocardium, the external
thin epicardium, that is surrounded by the pericardium (a membrane that isolates
the heart from other organs), and the thick muscular cardiac tissue, the myocardium.
Most of the myocardium is occupied by cardiomyocytes, striated excitable muscle cells
specialized in the cardiac function, that are joined together in linear arrays. Each
cell contains several myofibrils, which are stretched chains of sarcomeres, the basic
contractile units of cardiac muscle. The result of cluster cardiomyocytes, locally or-
ganized as composite laminar sheet (or cleavage) planes, defines the muscular fiber
(also called myofibers) orientations. Aggregations of myofibers give rise to the fiber-
reinforced heart structure defining the cardiac muscular architecture [134, 232, 86,
128]. A schematic representation of the multiscale myocardial fiber-structure is shown
in Figure 1.2. Ventricular muscular fibers are well-organized as two intertwined spirals
wrapping around the heart, clockwise on the sub-epicardium and counter-clockwise
on the sub-endocardium, defining the characteristic myocardial helical structure [134,
232]. Local orientation of myofibers are identified by their angle on the tangent plane
and on the normal plane of the heart, called the helical and the sheet angles, respec-
tively [232, 243], see Figure 1.2. The transition inside the myocardial wall is charac-
terized by a continuous change in helical angle from about 60° to 90° at the epicardial
surface to nearly 0° in the mid-wall region to —20° to —60° at the endocardium [134,
232, 242], with circumferential and longitudinal fiber orientations predominant in RV
with respect to LV [214, 154, 9, 211], see Figures 1.3(a-b).

Atrial fibers architecture is very different from that of the ventricles, where my-
ofibers are aligned in a regular pattern [232]. Indeed, fibers in the atria are arranged
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Figure 1.3: Anatomical dissection of myocardial fibers in ventricles (a-b) and atria (c).
Atrial fibers revealed by sub-millimiter Diffusion Tensor Magnetic Resonance Imaging,
DT-MRI (d). Images taken from [214, 212, 167].

in individual bundles running along different directions throughout the wall chambers.
Preferred orientation of myofibers in the human atria is characterized by multiple over-
lapping structures, which promote the formation of separate attached bundles [57],
Figure 1.2 also 1.3(c-d).

The complex cardiac muscular architecture is the backbone of a proper pumping
function and has a strong influence in the contraction of the heart [200, 185, 62, 163].

1.1.2 The heart electromechanical activity

The heart contraction, which is responsible for the blood pumping, is triggered by a
series of electrochemical reactions occurring in the myocardium. Each heartbeat is
initiated by an electrical signal, spontaneously generated in the sinoatrial node (SAN,
the heart natural pacemaker located in the upper part of RA) consisting of self-
excitable cells [36]. This impulse produces an electrical wave that propagates from
RA to LA across all the cardiomyocytes, causing a rapid variation of their potential
difference across the cell membrane, the so-called transmembrane potential [72]. The
cell membrane depolarizes and the transmembrane potential increases from a negative
resting value to a positive value (deporalization), remains nearly constant (plateau) and
then returns to the resting value (polarization). This event is known as action potential
and induces a release of calcium ions concentration by a complex biochemical reactions
inside the cells [72]. The above intracellular mechanism produces the kinetic activation
of the sarcomeres causing the shortening of the cardiac myofibers [112]. The highly
organized structure of the fibers translates in the macroscopic muscle deformation
enabling the atrial contraction. The transmembrane potential drives faster along the
myofibers [200, 185] allowing the electric signal to reach the atrioventricular node
(AVN, located between RA and the ventricles). AVN acts as a filter to ensure that
the atria contract before the signal enters into the ventricular fast cardiac conduction
system, CCS (mainly composed by the so-called Purkinje network, a sub-endocardial
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Figure 1.4: (a) CCS anatomy; (b) Characteristic action potential of cardiomyocytes;
(c) Graphical representation of the electromechanical activity of the heart. Images
taken from www.alamy.com and [225].

highly conductive system). CCS is responsible for the coordinated propagation of the
electric signal in the ventricles [239]. Then, similarly to what happens in the atria,
the signal travels from cell to cell throughout the myocardial muscle, allowing the
ventricular twisting. Finally, this synchronized heart contraction governs the blood
pressure inside the cardiac chambers, determining a ruled opening of the heart valves
and ensuring, at each heartbeat, the physiological blood flow throughout the heart
chambers and into the circulatory system [187, 112]. A schematic representation of
the electromechanical activity of the heart is outlined in Figure 1.4. Each cardiac
cycle can be summarized into the following three phases (see also Figure 1.4):

e Atrial systole: SAN generates an action potential yielding the contraction of
both atria, forcing the blood flow from the atria to the ventricles. At this stage,
TV and MV are opened, while AV and PV are closed.

e Ventricular systole: The activation front reaches AVN allowing, after a timed
delay, the signal propagation into the ventricles, causing their contraction and
the closing of MV and TV. The ventricular pressure raises until it overcome the
pressures of the aorta and of the pulmonary artery, triggering AV and PV to
open and the consequent ejection of the blood from the ventricle.

e Relaxation: AV and PV close and when the pressure of ventricles reaches that
of atria, MV and TV open again. At the end of this phase, a slow filling phase
(from the atria to the ventricles) begins. In the cardiac cycle, the relaxation
period of the heart muscle is named diastole.
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Figure 1.5: Sketch of the building blocks of a cardiac EM mathematical model. The
references highlight the corresponding coupling quantities between each subsystem.

1.2 An overview of mathematical models for the
cardiac electromechanics

The heart can be regarded as a complex system that involves different interacting phys-
ical phenomena at the molecular, cellular, tissue and organs levels: electrophysiology,
EP (which drives the electrical potential propagation across the cardiomyocytes), me-
chanical activation, MA (governing the activation-contraction mechanism inside the
sarcomeres), active and passive tissue mechanics, TM (of the fiber-muscle deforma-
tion), and fluid haemodynamics (of blood flow inside the heart chambers).

In mathematical modeling, these (single) physics are referred to as “core models”,
expressed by system of Ordinary Differential Equations (ODEs) and Partial Differen-
tial Equations (PDEs) and tightly coupled together [188]:

¢ The EP core model is set forth by a system of PDEs, such as the bidomain, the
monodomain or the eikonal equations coupled with an ionic model, a system of
ODEs characterizing the ionic fluxes dynamics across the cell membrane [72, 71,
246, 247, 47, 6, 145]. EP model needs to integrate the presence of CCS often
providing a number of early activation points, that surrogate faster endocardial
activation [43, 127, 59], or using physiologically-relevant methods that emulate
the structure of CCS network [252, 251, 46, 218, 126, 82];

o The MA core model can be described by means of PDEs or Monte Carlo approx-
imations of physics-based models [195, 261, 106]. However, due to the their
huge computational costs, involved in their numerical solution, phenomenolog-
ical models of system of ODEs, owing to represent the complex mechanisms
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behind the generation of active force at subcellular level, are typically pre-
ferred [125, 149, 196, 194, 204];

o The TM core model can be represented by the elastodynamics equation in the frame-
work of non-linear elasticity by adopting, for the passive mechanics a suitable
hyperelastic constitutive law [160, 102, 103, 89, 90, 12], and for the active parts,
either an active stress [188, 7, 249, 248] or active strain paradigm [204, 23];

¢ The fluid core model can be described with either a 3D “full” model or a 0D “re-
duced” one. In the former, the blood haemodynamics is modeled employing
the incompressible Navier-Stokes equations for a Newtonian fluid. In the latter,

the fluid pressure, acting on the endocardia, is taken into account by means of
ODE-based models [188, 187].

When the blood haemodynamics is modeled by means of a 3D fluid model, we
generate a Fluid-Structure Interaction (FSI) problem also known as electrofluidme-
chanics (EFM) model [188, 237, 69, 213, 158]. Whereas, employing a 0D model, the
fluid pressure, acting on the endocardia, is taken into account by means of ODE-based
models, thus obtaining an electromechanics (EM) model of the heart [233, 78, 21, 19,
198].

In addition, the interaction mechanisms among the four chambers are also reg-
ulated by the systemic and pulmonary circulations. Therefore, an EM/EFM model
needs to account for the coupling with the rest of the circulatory system (say, the
complements of the four heart chambers), usually represented by simplified lumped-
parameter Windkessel models [204, 53, 139, 80, 209, 130, 184] or, less common, closed-
loop systems [19, 198, 113, 96]. A schematic representation of the building blocks
constituting a mathematical model of cardiac EM is shown in Figure 1.5.

Finally, EM/EFM models should properly consider the strongly anisotropic nature
of the cardiac fiber architecture by accurately prescribing their orientations, which is
crucial in order to obtain physically meaningful results [30, 25]. Local fiber directions
are mapped based on histological sectioning informations, taken from measurements on
ex-vivo hearts [232, 253, 154, 93], or on digital processing (structure tensor methods)
of high-resolution volumetric imaging techniques [95, 269, 268, 167, 179], sometimes
using a statistical atlas heart [250, 161, 174]. In cases where neither histological
nor imaging information is available, myofiber structures are typically incorporated
by using rule-based methods, that estimate the fiber orientations associated to each
element of the volumetric mesh from pre-established patterns derived from histo-
anatomical findings [204, 176, 26, 260, 58]. Figure 1.6 shows a summary of the methods
most commonly used to obtain the cardiac fiber architecture.

1.2.1 Cardiac fibers modeling overview

In computational models of cardiac EM/EFM, a major issue consists in modeling the
complex arrangement of myocardial fibers that characterizes the cardiac tissue. Ag-
gregations of myofibers determine how the electric potential propagates within the
muscle [232, 200, 185, 176]. Indeed, the electrical propagation is three-four times
faster along the fiber direction than along its orthogonal plane [110]. Moreover, also
the muscle mechanical contraction, which is triggered by the propagation of the elec-
tric potential thorough the tissue, strongly depends on the fibers orientation [62, 163,
87, 164, 39, 81]. For instance, the essential ventricular twisting is attributed to the
arrangement of the myocardial helical fibers [230]. However, while it is well recognized
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Figure 1.6: Diagram showing the main sources of information at muscular tissue level
and the methods used to prescribe the cardiac fiber architecture in EM/EFM models.

that myofibers orientation is crucial for the construction of a realistic EM model, their
architecture has been explored only in a few works and it is not fully understood [163,
87, 233, 21, 81, 182]. Recently, it has been shown that myofiber orientations are dis-
persed around a predominant direction [3, 228]. However, the modeling of contraction
caused by dispersed myofibers was addressed in EM models only in [130, 63].

Over the years, myofibers orientation has been studied using mainly histological
data, anatomical dissections and Diffusion Tensor Imaging (DTI) acquisitions [232,
9, 211, 8, 104, 95, 167, 97, 165, 240, 100, 98, 16, 51, 93], see Figure 1.3. DTT is
a Magnetic Resonance Imaging (MRI) technique able to produce useful structural
information about heart muscle fibers and largely applied to explanted ez-vivo hearts,
coming from animal experiments [104, 95, 217, 267, 174] or from human corpses [134,
167]. However, acquired in-vivo DTI protocol lasts hours and generally produces a
noisy low-resolution fibers reconstruction [243, 5, 143]. Furthermore, there is a paucity
of imaging data on atrial fibers orientation with respect to the ventricles, mainly due
to imaging difficulties in capturing the thin atrial walls [57]. Only recently, ex vivo
atrial fibers have been analysed owing to submillimeter Diffusion Tensor MRI (DT-
MRI) [167, 268, 269], see Figure 1.3(d). Moreover, since the atrial thickness is smaller
than the DTI voxel size, it is not possible to obtain in-vivo myofibers in the atria [101].
All the above considerations make nowadays DTI techniques unusable to reconstruct
accurate 3D myofibers field in the common clinical practice.

Because of the difficulties to acquire patient-specific data of fibers distribution,
different methodologies have been proposed to provide a realistic surrogate of fiber
orientation for in-vivo cardiac geometries [204, 134, 242, 26, 58, 101, 266, 120, 64].
Among these, atlas-based methods map and project a detailed fiber field, previously
reconstructed on an atlas, on the geometry of interest, exploiting DT-MRI or histo-
logical data; see [134] for the ventricles and [101, 202] for the atria. However, these
methods require complex registration algorithms and the results depends on the orig-
inal atlas data upon which they have been built.

8
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Alternative strategies for generating myofiber orientations are the so called Rule-
Based Methods (RBMs) [30, 183, 154, 32]. RBMs describe fiber orientations with
mathematically sound rules based on histological or DTI observations and require in-
formation only about the myocardial geometry [232]. These methods parametrize the
transmural and apico-basal directions in the entire myocardium to assign orthotropic
(longitudinal, transversal and normal) myofibers; see [204, 26, 58, 25, 266, 183] for the
ventricles and [242, 120, 64, 67, 180] for the atria.

A particular class of RBMs, which relies on the solution of Laplace boundary-value
problems, is known as Laplace-Dirichlet-Rule-Based Methods (LDRBMs), addressed
in [204, 26, 58, 25, 266] for the ventricular case. LDRBMSs define the transmural and
apico-basal directions by taking the gradient of solutions corresponding to suitable
Dirichlet boundary conditions. These directions are then properly rotated to match
histological observations [86, 9, 211]. The above procedure ensures a smooth and
continuous change in fibers directions throughout the whole myocardium.

Most of existing ventricular RBMs refer to LV only and usually introduce an ar-
tificial basal plane located well below the cardiac valves. Only recently, a LDRBM,
that takes into account fiber directions in specific cardiac regions, such as RV, the
inter-ventricular septum and the outflow tracks, has been developed [58]. This has
provided a great improvement in RBMs since RV exhibits a different fiber orienta-
tion with respect to LV [134, 95, 217, 115]. The presence of a discontinuity in the
inter-ventricular septal fibers is a crucial matter, still very debated [115, 34].

Regarding the atria, several RBMs have been developed. They either use semi-
automatic rule-based approaches [242, 120, 64, 67, 180, 119, 123, 201] or prescribe
manually the fiber orientations in specific atrial regions [94, 256, 108, 220]. Recently,
atlas-based methods, in which fiber directions of a reference atrial geometry are warped
on a target geometry, have been introduced [101, 202, 215, 141, 203]. All the former
procedures require manual intervention introducing, for example, various distinct land-
marks, seed-points and a network of auxiliaries lines [120, 64]. Furthermore, they are
often designed for specific atrial morphologies [242, 120]. Moreover, no LDRBMSs have
been proposed so far for the atria. As a matter of fact, an extension of the ventric-
ular LDRBMs is not straightforward, mainly because the atrial fibers architecture is
characterized by the presence of multiple overlapping bundles running along differ-
ent directions, differently from the ventricles one where myofibers are aligned along
regular patterns. Hence, a processing procedure for generating atrial fibers field still
remains a knotty procedure [64, 65].

1.2.2 Electromechanical modeling overview

Several of the past computational studies have focused their attention only on either
the cardiac EP or TM, even if the electrical and mechanical functions of the heart
are highly interconnected. The vast majority of EP modeling studies ignored any
effects due to mechanical deformation and, vice versa, most TM modeling studies did
not represent explicitly any feedback of deformation on EP [89, 13, 151, 244, 245,
207]. Indeed, in the cardiac modeling community, fully coupled EM models are still
an exception rather than the common rule [188, 244]. Only in the last decade, great
efforts have been spent to develop computational models of cardiac EM [92, 20, 18,
124, 159, 234, 78] with increasingly biophysical detail, by properly taking into account
the interacting physical phenomena contributing to the heart EM [172, 223, 227, 41,
48]. However, most of the existing EM models refer to LV only [204, 198, 139, 80,
209, 130, 184] and neglect the important effects of the right ventricular deformation
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on the heart pumping function [163]. Only in the last decade, EM models have been
purposely developed for biventricular geometries [19, 96, 224, 42, 83, 49, 4, 75] and,
very recently, have been applied to four chambers hearts [233, 19, 78, 175, 124].

From a mathematical point of view, the effect of the electrochemical system on EP
is represented by the so-called mechanoelectrical feedback, which influences the speed
of propagation of the travelling wave: this is satisfactorily achieved by considering the
monodomian/bidomain equations in a deforming medium, as well as accounting that
some ionic channels opening is regulated by stretching [187, 130, 73]. At TM level,
the direct coupling between the electrochemical model and tissue deformations is the
prominent active contraction, which is typically expressed by considering an active
stress formulation, where one-dimensional active tension, along the fiber, is imposed
in the stress tensor [188, 7]. However, purely one-dimensional active stress cannot
describe the macroscopic orthotropic behaviour of cardiac TM and more general or-
thotropic active stress formulations [249, 248] (or as an alternative the more complex
orthotropic active strain formulations [204, 23]) were proposed. This orthotropic ac-
tivation was able to better fit experimental data, but no clear explanation of the
forces in the direction orthogonal to the fibers field was given. It has been argued
that cross-fibre active contraction may be related to myofiber orientations that are
dispersed around a predominant direction [3, 228]. Recently, based on experimental
measures [132], cross-fibers active tension has been introduced in [87, 207, 77, 264,
88] to model the contraction caused by dispersed myofibers. However, this aspect has
been addressed in EM models only in [130, 63].

From the numerical point of view, once the discretized core models are obtained,
a central topic concerns the numerical strategy selected for the integrated coupled
model: i.e. how the isolated problems are solved with respect to each other. Usually,
electromechanical coupling has been achieved by either a monolithic approach, where
the approximated equation are simultaneously solved in a single large system, or a
segregated algorithm, where the approximated problems are solved sequentially (in a
suitable order) [53, 80]. Monolithic solvers usually show better accuracy and stability
properties with respect to segregated ones, but they are much more computationally
demanding [96, 80]. Segregated solvers, that require less computational resources at
the cost of a reduced accuracy and stability, are becoming popular for solving cardiac
EM [20, 204, 78, 42, 83, 248, 22]. Recently, segregated solvers have been formulated
so that different time step size, for the single core models, can be used, thus leading to
the so called segregated-staggered algorithms [78, 53]. Moreover, segregated-staggered
solvers have been extended allowing to adopt different resolution in space and time,
thus leading to the segregated-intergrid-staggered (SIS) numerical schemes [209, 199,
177]. This is physically motivated by the fact that different space-time resolutions are
required for the single core models: namely, EP requires a fine space-time discretiza-
tion, to capture the fast transients and the steep depolarization wavefront [20, 181];
in contrast, TM can be solved with coarser resolutions, due to the smoother spatial
and slower temporal scales governing the cardiac deformation [20, 89].

Two crucial aspects for an accurate numerical simulation of the cardiac EM, which
are also essential to reproduce the synchronous activity of the heart, are:

i) properly imposing the mechanical boundary conditions able to replicate the realistic
motion of the heart;

ii) accounting for the interaction between the heart and the whole circulation.

The motion of the heart underlies different constrains involving the interplay of
ventricles, atria and the pericardium in which the heart is embedded. On the one
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hand, the pericardium has a direct impact on the cardiac motion, constraining the
epicardium to slide on the parietal pericardium [263, 175]. On the other hand, the
atrioventricular plane displacement (AVD) is considered to be the major contributor
to the ventricular pumping function [38]. The pericardium effect is properly taken into
account using contact mechanics [74] or applying normal Robin boundary conditions
on the epicardium [175, 235]. However, the majority of ventricular EM models have
limitations in reproducing the longitudinal systolic shortening, as excluding the atria
from the geometry requires to fix the basal plane or restrict its radial motion [260, 75,
68, 50, 153]. This is in contrast with physiological contraction where the AVD moves
significantly downwards in the apico-basal direction [38].

The coupling between the circulatory system haemodynamics and the cardiac TM
determines pressures and volumes in the heart chambers [80, 19, 113, 54, 87, 260].
From a physical point of view, this coupling is most accurately described by an FSI
problem [158, 111, 262]. This is relevant for investigating blood flow patterns or wall
shear stresses, but often not needed for simulating cardiac EM. Typically, EM models
are coupled with Windkessel-type preload/afterload models for the circulatory system
comprising 2-, 3-, 4-elements [60, 133, 221, 231, 258, 265]. In these models, the different
phases of the pressure-volume loop (PV-loop) are managed by solving different sets
of differential equations, one for each phase [80, 53, 62, 248]. Still, more meaningful
and physiologically sound interface conditions can be obtained by coupling the 3D EM
model with a 0D closed-loop model of the complete circulatory system for the whole
cardiac cycle. [198, 33, 15, 144, 162]. A further advantage of the latter approach is
that closed-loop circulation models do not require to be adapted through the different
phases of the cardiac cycle [159, 19, 54, 199]. However, solving efficiently the coupling
between the EM model and the closed-loop model for the whole cardiovascular system
is a challenging task [19]. This coupled problem has been so far addressed only in a
few works, namely [198, 96, 19, 113, 233].

1.2.3 Whole heart electromechanical modeling overview

In the last decades, several cardiac computational models were developed to study
pathological conditions affecting either the electrical or mechanical response in indi-
vidual heart chambers. The origin of heart diseases is often local: e.g., fibrillation
and myocardial infarction are typical electrical and mechanical dysfunctions. How-
ever, heart diseases almost always progress to affect the entire organ, impacting on
the electrical and mechanical function of all four chambers [131]. In the quest for a
more quantitative understanding of the heart functioning both in health and diseased
scenarios, it became fundamental to model and simulate the entire heart as an whole
organ [244]. Only recently, the scientific community moved to model and simulate the
electro-mechanical response of the whole heart [22, 74, 20, 213, 124, 175, 235, 233,
234, 78, 117].

The step zero of any computational whole heart EM simulation consists in the
so-called preprocessing procedure, which includes the generation of a computational
heart mesh, the embedding of the cardiac fiber architecture and the recovering of the
so-called stress-free reference configuration. This procedure is particularly important
if we aim at realistic patient-specific simulations, since obtaining in-vivo data (with
non invasive measurements) is a very complex task not routinely performed in current
clinical procedures [140].

The discretization of a whole heart geometry can be obtained starting from seg-
mented medical images, acquired from imaging techniques such as MRI or Computed
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Figure 1.7: The Zygote heart CAD model [107] reconstructed from high-resolution
CT-scan, representing an average healthy heart. Image taken from [37].

Tomography (CT) scan, or using detailed Computer Aided Design (CAD) models (see
Figure 1.7). Given the geometry, the creation of a whole heart mesh is a challenging
procedure mainly because the atrial wall is about an order of magnitude thinner than
the ventricular wall. In addition, atria are typically entangled and their geometry can
be quite involved, further complicating the heart meshing [22]. Furthermore, generat-
ing a whole heart mesh, starting from medical images data or CAD models, requires
several meshing tools to move from a surface to a volumetric mesh and labelling of
surfaces and volumes in order to impose specific electrical or mechanical tissue prop-
erties and boundary conditions. Along this side, promising results have been shown
in [66, 146], where several meshing tools specific for cardiac modeling have been pre-
sented. One of the first high-resolution four chamber three-dimensional unstructured
mesh, including the atria and a portion of the major vessels, was presented in [20].
Recently, a publicly available virtual cohort of about twenty linear tetrahedral four
chamber meshes was reported in [234].

Prescribing the myofibers architecture is significantly more challenging in full heart
geometries. Many of the existing four chambers heart models embed only the ventric-
ular fibers [234, 20], include simplified architecture for the atria [124] or adopt different
methodologies for considering the atrial fibers [233, 78, 175], either by using different
RBMs for the ventricle and the atria [175, 78, 74] or by mapping the atrial fibers
from ex-vivo DT-MRI dataset, using the so-called universal coordinate system [233,
203]. To the best of our knowledge, none of whole heart computational studies makes
use of a unified methodology to directly embed reliable and detailed cardiac myofiber
architecture that takes into account different fiber orientations specific of the four
chambers [176].

Cardiac geometries, acquired from medical images (typically during the diastolic
phase), are not in principle stress free, due to the blood pressure acting on the endocar-
dia. Therefore, given the whole heart mesh embedded with the fiber architecture, the
computation of the reference configuration consists in the estimation of the unloaded
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(i.e. stress-free) heart shape, which will revert back to the original reconstructed ge-
ometry when inflated with the measured end diastolic pressure. Several methods exist
for estimating the reference configuration [85, 76]. The simplest one is the backward
displacement method [222, 35, 118, 158]. Nevertheless, this inverse problem has been
shown to produce non-unique solutions, especially when buckling may occur, due the
thin RV wall or the intricate atrial geometry [85]. Recently, novel methodologies,
based on relaxation techniques [191], have been successfully proposed and applied to
recover the reference configuration in LV [140, 199] and biventricular geometries [177].

Attempting to build human whole organ EM models requires to integrate all
the mathematical, numerical and computational issues previously highlighted in Sec-
tion 1.2.2. Among them, the use of high resolution meshes becomes particularly
challenging due to the larger size of a human heart and the overall increase in degrees
of freedoms (DOFs) needed for discretizing both the ventricles and the atria [20].
This automatically translates in high computational costs for modeling the heart EP:
bidomain/monodomain equations are usually coupled with simplified ionic models [22,
117], although recently advanced cellular models are being included in heart simula-
tions with the help of High Performance Computing (HPC) resources [78, 37, 176]; as
an alternative, reaction-eikonal models are preferred due to the significant computa-
tional savings in the space-time resolutions [145, 233].

Recently, four chamber studies focused their attention on ventricular contraction,
investigating the importance of modeling the pericardium in order to reproduce phys-
iological AVD [235, 233, 175, 74]. Ounly few whole heart EM models consider the atrial
contraction, which is usually described by means of phenomenological MA atrial mod-
els [124, 233, 78, 74, 175)].

Furthermore, only in the last few years, whole heart EM models begin to incor-
porate the presence of the whole cardiovascular system, strongly coupling the 3D EM
model with a 0D closed-loop model [233, 78]. Currently, the modeling of whole heart
EM remains an open problem.

1.3 Objectives of the thesis

With the aim of facing the computational challenges formerly described in Section 1.2,
the main objectives of this thesis move along three strands:

1. Fibers architecture: develop a novel unified mathematical framework, based on
LDRBMSs, to prescribe myocardial fibers orientation in computational biventricular
and biatrial geometries;

2. Electromechanics: provide a biophysically detailed biventricular 3D EM model
coupled with a 0D closed-loop lumped parameters model for the haemodynamics
of the whole circulatory system:;

3. Whole heart: extend the unified LDRBMs mathematical framework and the
biventricular 3D-0D model to the whole heart. Present a preprocessing proce-
dure for the generation of a whole heart mesh. Perform full heart EP and EM
simulations.

The ultimate goal of this thesis is to provide a fully-coupled multiscale mathematical
and numerical model of the electrical and mechanical activity of the human heart. The
main contribution to the whole heart EM model, presented in this thesis, is given by
the generation a detailed whole heart myocardial fiber architecture, which is able to
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reproduce almost all the features of both the atria and the ventricles. Besides a very
detailed muscular architecture, the whole heart EM includes state of the art models,
based on human physiology, for the atrial and ventricular EP [72, 47, 247], and takes
into account both MA and TM of the four chambers, which are strongly coupled with
a closed-loop model of the whole cardiovascular system. The validity of the model is
demonstrated through simulations on a realistic whole heart geometry [107].

1.3.1 Original contributions

The following major challenges are addressed in this thesis:

1. Fiber architecture:

Review existing ventricular LDRBMs, providing a communal mathematical
description. Introduce also some modeling improvements with respect to
the existing literature [26, 204, 58], extending the ventricular LDRBMs in
order to include specific fiber directions for RV;

Propose for the first time an atrial LDRBM which is able to quantitatively
reproduce all the important features, such as fiber bundles, needed to pro-
vide a realistic atrial musculature architecture. Unlike most of the existing
RBMs, the new method, tested both on idealized and realistic atrial ge-
ometries, can be easily applied to any arbitrary geometries;

Compare the results of the new atrial LDRBM with the fiber orienta-
tions obtained by the RBM proposed in [242, 67], to histo-anatomical pic-
tures [100, 51, 97, 212] and to DT-MRI fiber data [167];

Carry out a systematic comparison, on realistic and idealized cardiac ge-
ometries, of the effect produced by different LDRBMs on EP for relevant
meaningful biomarkers (e.g. activation times) computed from numerical
simulations. For the ventricles, study the importance of including different
fiber orientations in RV and investigate the effect of the inter-ventricular
septal fibers discontinuity. For the atria, analyse the strong effect of the
complex bundles fiber architecture on the electric signal propagation.

2. Electromechanics:

14

Present a 3D biventricular EM model coupled with a 0D closed-loop model
of the whole cardiovascular system, discussing in detail the coupling condi-
tions that stand behind the 3D and the 0D models;

Introduce a boundary condition for the mechanical problem that accounts
for the neglected part of the domain located on top of the biventricular
basal plane and that is consistent with the principles of momentum and
energy conservation;

Perform EM simulations in physiological conditions using the 3D-0D model,
showing that our results match the experimental data of relevant mechan-
ical biomarkers available in literature [137, 238, 138, 236, 31, 61, 219];

Study how different configurations in cross-fiber active contraction, that
surrogate the myofibers dispersion, affect EM simulations;

Investigate the effect of several myofiber architectures on EM simulations.
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Figure 1.8: Graphical map of the thesis. Chapter 2 deals with myocardial fibers for
biventricular and biatrial geometries. Chapter 3 presents the 3D-0D biventricular
model. Chapter 4 provides the framework to perform full heart EP and EM simula-
tions, extending the methodologies of Chapter 2 and 3 to the whole heart.

3. Whole heart:

e Provide a detailed description of the process behind the generation of a
whole heart mesh, starting from an acquired cardiac geometry;

e Present a unified framework, based on LDRBMs, for generating myocardial
fibers directly on the whole heart. The methodology is straightforward and
can be easily applied to any four chambers heart geometry;

e Extend the biventricular 3D-0D model to whole heart geometries. With
this aim, present a 3D-0D model for the whole heart, composed by a 3D
description of cardiac EM in all the four chambers and a 0D representation
of the whole circulatory system, which includes the haemodynamics of all
heart chambers;

o Illustrate numerical results, including the full heart LDRBM., of EP and EM
simulations, with physiological activation sites, in a realistic computational
domain of the heart.

1.3.2 Structure of the thesis

This thesis is organized along the following chapters. A graphical map illustrating the
main topic and the link of these chapter is shown in Figure 1.8.

Chapter 2: we review existing ventricular LDRBMs presented in a unified
mathematical description. Then, we detail the new LDRBM for atrial fibers
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generation. We briefly explain the mathematical model and numerical meth-
ods used to perform EP simulations. Afterwards, we present numerical results
where we show a comparison among different LDRBMs in terms of meaningful
electrophysiological biomarker, computed as output of numerical simulations.
Moreover, we compare the results of the atrial LDRBM with the fiber orienta-
tions obtained by another RBM and also to anatomical and DT-MRI data;

Chapter 3: we fully describe the biophysically detailed biventricular 3D-0D
model. We present the new basal boundary condition for the mechanical prob-
lem. We detail the numerical approximation of the coupled 3D-0D model, care-
fully inspecting the coupling conditions of these heterogeneous models. We re-
port the results of several electromechanical simulations in physiological con-
ditions using the proposed 3D-0D model. We investigate the effect on EM of
different myofiber architectures. Furthermore, we study at which extent different
configurations in cross-fibers active contraction affect EM simulations;

Chapter 4: we present a preprocessing procedure for whole heart EM simula-
tion which includes: the generation of a whole heart mesh, the prescription of
the myocardial fibers and the computation of the reference configuration. We
detail how to extend to whole heart geometries the biventricular 3D-0D model.
Then, we illustrate numerical results of the whole heart EP and EM simulations;

Finally, we draw our conclusion and outline several possible future developments.

All the mathematical and numerical methods described in this thesis have been im-
plemented within 1ife*, a new in-house high-performance C++ Finite Elements (FE)
library mainly focused on cardiac applications based on deal.II FE core [14] (https:
//www.dealii.org). A first public binary release of 1ife* (including the fiber gen-
eration package) is freely available online (https://lifex.gitlab.io/), under an
open-source license (https://doi.org/10.5281/zenodo.5810269) [2].

All the numerical simulations were executed using either the iHeart cluster (Lenovo
SR950 192-Core Intel Xeon Platinum 8160, 2100 MHz and 1.7TB RAM) at MOX,
Dipartimento di Matematica, Politecnico di Milano or the GALILEO supercomputer
at Cineca (8 nodes endowed with 36 Intel Xeon E5-2697 v4 2.30 GHz). To analyse
the results we used ParaView (https://www.paraview.org) an open-source, multi-
platform data analysis and visualization application.

This thesis contains results which have already been published or accepted for publi-
cation in [176, 177].
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Chapter

Modeling the cardiac muscular
architecture

In this chapter, we provide a review, based on a unified mathematical description, for
existing Laplace-Dirichlet-Rule-Based Methods (LDRBMs) in the ventricles [26, 204,
58], introducing also some modeling improvements (Section 2.1). In particular, we
extend ventricular LDRBMSs in order to include specific fiber directions for RV. We
also propose a novel LDRBM for atrial fibers generation (Section 2.2). Afterwards,
we introduce the mathematical and numerical model used to perform cardiac elec-
trophysiology (EP) simulations (Section 2.3). Then, after a brief description related
to the setting of numerical simulations (Section 2.4), we carry out a systematic com-
parison of the effect produced by different ventricular LDRBMs on EP, in terms of
meaningful biomarkers (e.g. activation times), computed from numerical simulations
(Section 2.5). Moreover, we test the new method for atrial fibers generation, both
on idealized and realistic geometries, investigating the strong effect of the complex
atrial fiber architecture on the electric signal propagation (Section 2.6). Finally, we
compare the results of the novel atrial LDRBM with the fiber orientations obtained
by another Rule-Based Method (RBM) [67] and also to anatomical [100, 51, 97, 212]
and DT-MRI data [167] (Section 2.7). Part of the results presented in this chapter
have been published in [176].
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2.1. Ventricular Laplace-Dirichlet Rule-Based Methods

2.1 Ventricular Laplace-Dirichlet Rule-Based Meth-
ods

LDRBM is a particular class of RBMs for generating the myocardial fibers architec-
ture, strictly related to the solution of Laplace boundary-value problems [204, 26, 58,
25, 266]. The keystone of any LDRBM is to properly define several inter and intra ven-
tricular/atrial directions by taking the gradient of solutions of Laplace problems with
suitable Dirichlet boundary conditions. These directions define the “flat” myofibers,
that are then properly rotated in order to match histological and DT-MRI observa-
tions [86, 9, 211]. The above procedure ensures a smooth and continuous change in
myofiber directions throughout the whole myocardial muscle.

2.1.1 Original ventricular LDRBMs

We start by giving a review of three popular LDRBMs introduced so far in the lit-
erature for the ventricles: specifically, we consider three LDRBMs proposed by Rossi
et al. [204], by Bayer et al. [26] and by Doste et al. [568]. For each LDRBM, we first
provide details on the original algorithm and then we propose a unified mathematical
framework of such methods, highlighting similarities and differences, together with
some improvements for the biventricular case.

Rule-Based Method by Rossi et al.

The ventricular LDRBM by Rossi et al. [204, 188] (in what follows R-RBM) is a mod-
ified version of the algorithm studied in [266] for generating fibers in left ventricular
geometries [204], then extended to the biventricular ones in [188]. R-RBM is based
on the definition of the transmural direction. In particular, the idea is to compute
the sheetlet directions assuming that the orientation of collagen sheets is radial in the
transmural direction of the ventricles (i.e. from epicardium to endocardium).

Considering a biventricular computational domain, ;,,, the first step of R-RBM
consists in defining the boundary 90€;, as

8Qbiv = Fvepi U 1—‘base U Fév U Frs U F7"11—5

where I'yp; is the ventricular epicardium, I'y,s. the ventricular basal plane, I'y, the
left ventricular endocardium, I',.; the right ventricular septum and I',.,_, the right
ventricular endocardium excluding the septum. Specifically, the right septum T, is
identified exploiting the distance between LV and RV endocardia, see Figure 2.1(a).

The second step of R-RBM defines a normalized transmural distance, ¢, by solving
a Laplace problem with proper boundary conditions (see Figure 2.1(b))

—AG =0 in Qi

=0 on Fvepi UTs,
=1 on I'gy UL s,
Vo-n=0 on I'pyse.

After solving the Laplace problem for ¢, a local reference frame is build in each element
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0
¢
1

(b)

Figure 2.1: Procedure to generate myofibers with the original R-RBM.

of the biventricular mesh

L
t = I
Vel
~ Npgse — (nbase . /ét)/ét

" ||nbase - (nbase : /ét)/étH’

e =e, X €,
where V¢ is the gradient of the potential ¢ and np.se is the vector normal to the
ventricular base and pointing apex-to-base (so that the term npgse — (Npase - €1)€¢
represents the projection of np,s. on the plane orthogonal to €;). The vector €, is the
transmural direction , €, is the apico-basal (normal) direction, and €; is the “flat”
fiber (longitudinal) direction, see Figure 2.1(c). Finally, the fiber field f is obtained
by rotating €; around the €; axis by the helical angle «
f = Rg,(a)e,
where the rotation matrix Rﬁet («) is given by the Rodrigues’ formula
R (o) = I+ sin(@)[€], + 2sin®(a/2)[€; @ & — 1],

with the matrix [€;], defined as

0 —led:  [edy
€. = | [ed: 0 —[eda| -
—ledy (e 0

The rotation helical angle o = a(¢) is given by the following linear relationship be-
tween ¢ and «

o = aepi(l - ¢) + O‘endod)a
where aep; and aenqgo are fixed angle rotation on the epicardium and endocardium, re-
spectively. For further details about the original R-RBM see [204, 188]. The procedure
to generate myofibers with R-RBM is outlined in Figure 2.1.
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2.1. Ventricular Laplace-Dirichlet Rule-Based Methods

Figure 2.2: Procedure to generate myofibers with the original B-RBM.

Rule-Based Method by Bayer et al.

Bayer et al. [26] developed another LDRBM (in what follows B-RBM), for assigning
ventricular fiber orientations, introducing two major novelties. The former is the use
of Laplace-Dirichlet solutions to define both the transmural and apico-basal directions
in the whole myocardium [25]. The latter consists in using the bi-direction spherical
interpolation (bislerp) [226, 121] to manage the fiber orientations in order to guar-
antee a smooth and continuous change in the fiber field, particularly in the proximity
of the septum and around the inter-ventricular junctions [26].

Considering a biventricular computational domain, 2, the first step of B-RBM
consists in defining the boundary 0, as

aQbiv = Fvepi U Fbase ) FZU U F’I”U U Faévy

where I'yep; is the ventricular epicardium, I'yqse the ventricular basal plane, I'y, the
left ventricular endocardium, I',., the right ventricular endocardium and Ty, the
ventricular apex, selected as the LV epicardial point furthest from the ventricular
base [26]; see Figure 2.2(a).

The second step of B-RBM requires to solve the Laplace equations in the domain
Qpip with proper boundary conditions, in order to compute three different transmural
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Chapter 2. Modeling the cardiac muscular architecture

distances ¢¢, ¢, and ¢ep; and an apico-basal (normal) distance ¢ (see Figure 2.2(b)):

—A(bg =0 n Qbiv —A¢T =0 in Qbiv

d)g =1 on F[U (;57» =1 on F.,-U

¢ =0 on Lyepi UTy, " | ¢ =0 on Lyepi UTp,

Voe-n=0 on I'pgse Vo, n=0 on I'pgse
_A¢epi =0 in Qbiv —Ai/) =0 in Qbiv
Gepi = 1 on I'yeps =1 on Iygse
Gepi =0 on Ty, UT,, |9 =0 on Topy
Vepi - m=0 on I'pyge Vi -n=0 on Iyeps

Gradients of the above Laplace solutions are used to define the apico-basal direction,
V1), and the transmural directions, Vg, V¢, or Vep;. Then, to construct a unique
right-handed axis system in each point of the computational domain €2;,, B-RBM
exploits three functions axis, bislerp, orient. The function axis

e — Vi
- CITE
P, =le, ey, e =axis(Vy, Vo)) =(e, = Wﬂw%)gil\ i=140,r, epi,
€ =€, xe

takes as inputs two vector, Vi and either V¢,., Vg or Veps, then returns an orthog-
onal matrix, P; = [€;, €,, €;] (with i = ¢, r, epi,), where €;, €,, €; are the longitudinal,
normal and transmural directions, respectively. The function bislerp

P,, = bislerp(P,, Py, 7m),

where n € [0, 1] is an interpolation factor, is used to interpolate two orthonormal axis
system (P,, P) continuously within the whole myocardium, obtaining an interpolated
axis system P,,. When n — 0 implies that P,;, — P,, while n — 1 entails P,;, — P.
Specifically, bislerp is used first on P, and P,, defining Py, = bislerp(Fy, P, 1),
and then to obtain the unique axis system @ = bislerp(Fy, Pepi,n). The function
orient

[f,n,s] = orient(Q, o, 3) = QReg, ()R, (),

with
cos(a) —sin(a) 0 1 0 0
Rz, (o) = [sin(a) cos(a) 0|, Rg(B8)= 1|0 cos(f) sin(f)]|, (2.1)
0 0 1 0 —sin(B) cos(B)

takes as inputs @, the coordinate system, «, and [, the fiber and sheet orientation
angles, respectively, and gives as output, [f,n, s], an orthonormal axis system, where
f is the fiber, n the sheet-normal, and s the sheet directions, see Figure 2.2(c).

Finally, to assign fiber orientations throughout the whole myocardium B-RBM
exploits four functions representing the desired o and S angle rotations within the
septum (s) and the ventricular walls (w):

as(d) = Qendo(1 — 2d),
o (d) = Qendod + aepi(1 — d),
Bs(d) = Bendo(1 — 2d),

Buw(d) = Bendod + Bepi(1 — d),
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2.1. Ventricular Laplace-Dirichlet Rule-Based Methods

where d € [0,1] is the transmural normalized distance, and ®endo, Qepis Bendo and Bepi
are fixed angle rotation on the epicardium and endocardium. For further details about
the original B-RBM see [26]. The procedure to generate myofibers field with R-RBM
is outlined in Figure 2.2.

Rule-Based Method by Doste et al.

Both R-RBM and B-RBM have the common issue of being mainly focused on based-
biventricular computational models (meaning that they include an artificial basal
plane well below the cardiac valves). To overcome this limitation, Doste el al. [58]
proposed a LDRBM (hereafter named D-RBM) for generating cardiac muscle fibers
in a full biventricular geometry, without the need to cut it with a basal plane. In
addition, D-RBM prescribes the fiber orientations separately in each ventricle and
includes specific fiber architecture in the inter-ventricular septum and outflow tracks’
(OT), following observation from histological studies [58].

Considering a biventricular computational domain, 4, the first step of D-RBM
consists in defining the boundary 0, as

8Qbiv = Fvepi Ul Ul Ul gy UT gy U Ul UTg, U Fp'ua

where I'yeps is the ventricular epicardium, I'y, the left ventricular endocardium, I'y,
the right ventricular endocardium, I'ye, the left apex, I'y,., the right apex (selected
as the RV epicardial point furthest from the septal surface [216]) and T'yipgs = I U
gy UL, Uy, the four valve rings, with I'y,y, Iow, Ity and I'p, the rings of MV, AV,
TV and PV, respectively (see Figure 2.3(a)).

Laplace problems are solved in the domain €y, with different boundary conditions,
to compute the transmural distance ¢, the left and right apico-basal and apico-OT
distances Yqp ¢, Yab,r a0d Yot g, Yor,r, respectively (see Figure 2.3(b)):

—A(b =0 in Qbiv

¢=2 on I'y,
¢=-1 on 'y, )
¢=0 on Lyepi

Vo -n=0 onlripngs

_Awab,é =0 in Qg _Awab,r =0 in Qg
wab,f =0 on Faév wab,r =0 on Farv
wab,f =1 on Fmv ’ 1Z)ab,'r‘ =1 on Ftv ’

vwab,f ‘n=0 on aQbiv/(Faév U Fmv) v"/}ab,r -n=0 on aQbiv/(Farv U 1—‘tv)

*Awot,l =0 in Qbiv *Awot,r =0 in Qbiv
Yoty =0 on I'aey Yoty =0 on Typy
wot,é =1 on Iy, ’ wot,r =1 on va

V¢ot,€ ‘n=0 on 8Qbiv/(ra€v U Fav) Vwot,r ‘n=0 on aQbiv/(Farv U va)

1LV and RV outflow tracks are the AV and PV annular rings, respectively.
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(b)

Figure 2.3: Procedure to generate myofibers with the original D-RBM.

Moreover also the following inter-ventricular distances 1y, ¢, and 1y, are computed:

—A’(/Jw’g =0 n Qbiv —A’(/Jwyr =0 in Qbiv
ww,é =1 on L'ye, UT ww,r =1 on Lypy UT,
Yuw,e =0 on I, s Ywr =0 on Iy,
Voo -n =0 Vipyr - n=0
on Oy /(Tagy UTme UTe) on Oy /(Care U T, UTpy)

The boundary conditions for ¢ are assigned in order to discriminate the two ventricles
(positive and negative values for LV and RV, respectively), and also to take into
account that two-third of the septum belong to LV and one-third to RV [58].

The next step of D-RBM consists in building the orthonormal coordinate system,
needed to define the myofiber orientations, using gradients of the Laplace solutions
previously computed. The transmural direction (€;) is obtained by taking the nor-
malized gradients of V¢. The longitudinal direction (€,), defined separately in each
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2.1. Ventricular Laplace-Dirichlet Rule-Based Methods

ventricle, is a weighted sum of apico-basal (V)4 ;) and apico-OT (Vbe,;) directions,
exploiting the inter-ventricular distances ., ; (with i = ¢,7):

v’l[il - wwﬂ'vwab,i + (]- - ww,i)vwot,i 1= g» r.

Thus, e, is retrieved by projecting the gradients of Vi; and Vi, for LV and RV,
respectively, on the plane orthogonal to €;. Then, the longitudinal direction (€;) is
the cross-product of the previously computed directions. Finally, the local coordinate
system, [€;, €,, €], is set up in each nodal point of the mesh:

T Gy

> _ [ i"€t)et ] —

€n = V= (Ve i=4r.
e =¢,xe

The last step of D-RBM provides rotations of the fiber, «;, and sheet, 3;, angles
for LV (i = ¢) and RV (i = r). The vector €; is rotated around €; by an angle «; and
then €, is rotated around €; by an angle (;

[.fu n, S] = [/éla/éﬂn/ét]R’e\t (ai)R’él (61)7

where Rg,, and Rg, are the matrices previously defined in (2.1), and f, n, and s
represent the fiber, sheet-normal and sheet directions, respectively (see Figure 2.3(c)).
The expressions for «; and §; angles are the following

a;(d) = Qendo,id + Qepii(1 — d) Bi(d) = Bendo,id + Bepi,i(1 — d) i=4L,,

where d € [0,1] is the transmural normalized distance. Moreover, OT regions are
identified by 1, ¢ = 0, and 1, = 0. Thus, the angle values in OT regions can be
fixed by selecting the mesh points where v, ; = 0 (i = £,7). An optional feature of
D-RBM is the possibility of setting septal discontinuity between the two ventricles
by exploiting the intersection zone of both ventricles and using the solution ¢ that
discriminate LV from RV (see [58] for further details). The procedure to generate
myofibers with D-RBM is outlined in Figure 2.3.

2.1.2 A unified description for ventricular LDRBMs

The three ventricular LDRBMs under review (R-RBM, B-RBM and D-RBM) can be
embedded in a unified mathematical description (presented in [176]), characterized by
the following shared steps which are hereby reported:

1. Labelled mesh: Provide a labelled mesh of the ventricular domain £2;, to define
specific partitions of the boundary 0€;,, see Figure 2.4;

2. Transmural distance: A transmural distance is defined to compute the distance
of the epicardium from endocardial surfaces;

3. Transmural direction: The transmural distance gradient is used to build the
unit transmural direction €; of the ventricles, see Figure 2.4;

4. Normal direction: An apico-basal direction (directed from the apex towards the
ventricular base) is introduced and it is used to build the unit normal direction
€,, orthogonal to the transmural one, see Figure 2.4;
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l—‘lv

Qbiv‘ Iy = l—‘vepi UTyy UGy U Thgse
Figure 2.4: Left: Representation of the three directions employed by a LDRBM for an
idealized biventricular domain €2p;,, whose border 92, is partitioned in the ventricular
epicardium I'yeps, left 'y, and right I',., ventricular endocardium and the ventricular
base I'yase, Oiv = I'pepi ULy UL Ul 'pese. For visualization purpose, only directions
on the left ventricular endocardium I'yp, are represented. In blue: unit transmural
direction, €;; In green: unit normal direction, €,; In red: unit longitudinal direction,
€;. Right: zoom on a slab of the left ventricular myocardium €y;,, showing the three
final myofibers orientations f, s, n.

5. Local coordinate system: Build for each point of the ventricular domain an
orthonormal local coordinate axial system composed by €;, €, and the unit
longitudinal direction €; (orthogonal to the previous ones), see Figure 2.4;

6. Rotate axis: Finally, properly rotate the reference frame with the purpose of
defining the myofiber orientations: f the fiber direction, n the cross-fiber direc-
tion and s the sheet direction, see Figure 2.4(Right). Rotations are chosen in
order to match histology and DTI observations.

To characterize the ventricular distances computed by the three LDRBMs, it is
useful to introduce the following generalized Laplace-Dirichlet problem

—Ax =0 in Qi

X = Xa on Faa (22)
X = Xb on I'y,

Vx-n=0 on I'y,

for a generic unknown y and suitable boundary data x,, x» € R set on generic parti-
tions of the ventricular boundary I, 'y, T, with I'; UT, UT,, = 04, The variable x
will assume different meanings depending on the step and LDRBM considered. More-
over, the values x,, x» are fixed in order to evaluate specific ventricular distances
between boundary partitions I'y, T'.

We detail in what follows the six points aforementioned. We refer to Figures 2.5, 2.6
and 2.7, showing a schematic representations of the unified mathematical description
for R-RBM, B-RBM, and D-RBM, respectively, on a biventricular domain ;.
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1. Labelled mesh 2. Transmural distance ¢ 3. Transmural direction y = V¢

on
¢

1M

4. Normal direction 5. Local coordinate system 6. Rotate axis Fiber field f
k =npg P Ve
£ Iver

— Phase=(Mpase’VP)er,
[Inbase=(pase VP)éell’
1=¢énXeg

o>

n

>

-1¢1 5
- 0] P

[fins]

Figure 2.5: Schematic procedure of R-RBM for a biventricular geometry with an
artificial basal plane.

1. Labelled mesh: prescribing the ventricular boundary 9€Qy;,. R-RBM, B-RBM,
and D-RBM define the following boundaries:

I'yepi : the ventricular epicardium, Tpuse : the ventricular base,

[y, : the left ventricular endocardium, T',, : the right ventricular endocardium.

Moreover, R-RBM subdivides the right ventricular endocardium I',, into the right
septum I',.s and the remaining part I',.,_s such that I';., = T',.s U, _s, see step 1 in
Figure 2.5. This subdivision is usually performed manually by the user, thus intro-
ducing some arbitrariness during the septum selection. For B-RBM and D-RBM the
left ventricular apex I'yp, is also introduced, whereas the right ventricular apex T4y
for D-RBM solely (see step 1 in Figures 2.6 and 2.7). Furthermore, D-RBM requires
boundary labels for the four valve rings: I'p,, (MV), gy (AV), Ty (TV) and T'p,
(PV), see step 1 in Figure 2.7. It is also useful to define I'yings = iring U ring, with
Diring = U'mo Uy and I'rring = I'yy UT',. Notice that in B-RBM we considered the
union of the four valve rings as the ventricular base I'pyqse = I'yings. This allows the
use of B-RBM also in the case of a full biventricular geometry, see step 1 in Figure 2.6.
In summary, the three methods define the boundary 9€;, as follows:

R-RBM : 8Qbiv = Fvepi Ulp U s Ul s U Fbasea
B-RBM : aQbiv = Fvepi U FZ'U U Frv U Frings U Fafv;
D-RBM : 0Qip = Dyepi UL ULy Uy UTLqy ULy UL py Ul gey ULy,

2. Transmural distance: definition of transmural distances (generally indicated
with the letter ¢) obtained by solving Laplace-Dirichlet problems of the form (2.2).
In particular, for R-RBM, the transmural distance ¢ is found by solving (2.2) with
Xa = 1lon Ipy UTy_s, xo = 0 on Tyeps U Ty, and Ty, = T'ygse. For D-RBM, ¢
is found by solving (2.2) with xq = 2 on Iy, xo = —1 on I'yy, xp = 0 on Tyepi,
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Figure 2.6: Schematic procedure of B-RBM for a full biventricular geometry.

‘ LDRBM type ‘ Transmural distances ‘ Xa ‘ Iy ‘ Xb ‘ I ‘ r,
R-RBM ¢ 1 | Doy UTvy—s | 0 | Tyepi UTws | Thase
e 1 Ly, 0 | Toepi ULy | Trings
B-RBM o 1 | 0 | Doepi UTpy | Trings
¢epi 1 Pvepi 0 Fév ) Frv Fm‘ngs
D-RBM o S S (U B I B

Table 2.1: Transmural distance boundary conditions for R-RBM, B-RBM and D-RBM
used in step 2.

and T'y, = ['y4s. B-RBM requires to solve three Laplace problems (2.2) in order to
compute three different transmural distances ¢¢, ¢, and ¢¢pi. We refer the reader
to Table 2.1 for the specific choices in problem (2.2) made by the three methods.
Notice that in D-RBM the boundary conditions x, are assigned in order to identify
the two ventricles (positive and negative values for LV and RV, respectively) and to
associate roughly two-thirds of the septum to LV and one-third to RV [58] (see step 2
in Figures 2.5, 2.6 and 2.7).

3. Transmural direction: after solving the Laplace problems for finding the trans-
mural distances ¢, ¢;, ¢r, @cpi, their gradients define the transmural directions 7 (see
step 3 in Figures 2.5, 2.6 and 2.7). In particular, we have:

R-RBM : v = V¢,
B-RBM : v =V¢;, =41 epi,
D-RBM : v = V¢.
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2.1. Ventricular Laplace-Dirichlet Rule-Based Methods
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Figure 2.7: Schematic procedure of D-RBM for a full biventricular geometry.

4. Normal direction: definition of the normal direction k. In R-RBM, this is
done using the vector npqse, i.e. the outward normal to the ventricular base, that is
k = npase (see step 4 in Figure 2.5). For the other two LDRBMs, further variables
(identified by the letter ) are introduced: they are found by solving the Laplace
problem in the form (2.2) with suitable boundary conditions. Specifically, for B-RBM
the vector k is the gradient of the solution ¢ (k = V1) obtained with x, = 1 on
Frings, xo = 0 on I'gey, and I'yy = Tyeps U Ty, U Ty, see step 4 in Figure 2.6. In
D-RBM, instead, two normal directions are introduced, one for each ventricle:

k=1v%yVari + (1 — w,i) Vibori, i=4L,7, (2.3)

where ¢ = £,r refer to LV and RV, respectively, so that the normal direction is a
weighted sum of apico-basal (Vi),p,;) and apico-outflow-tract (Vb ;) directions, ob-
tained using an inter-ventricular interpolation function ., ; [58]; the latter are given
again by solutions of problems like (2.2) (see step 4a and 4b in Figure 2.7). In par-
ticular, 'l/)ab,éa T;Z}ab,ry 7/’015,@3 wot,m ww,éa 'l;bw,r are found by solving (22) with xq =1
on I'y, and x; = 0 on I'y, where I';, and I'y are boundary subsets listed in Table 2.2.
Summing up, the different methods compute the normal direction k as follows (see
step 4 in Figures 2.5, 2.6 and 2.7):

R-RBM : k = nyyec,
B-RBM : k = Vb,
D-RBM : k = ¢ i Vbapi + (1 — Y i) Vot i, i=4L,r.

5. Local coordinate system: building an orthonormal local coordinate system
(defined by letter @) at each point of the domain €;,. All the three methods make
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Chapter 2. Modeling the cardiac muscular architecture

’ Scalar potentials \ Iy \ Iy \ r,
wab,é Fmv Fahz Fvepi U FZU U Frv U F(w U F?"m'ng
wab,r Ft'u Farv F'Uepi ) FZU U Frv U va U Flring
¢ot,é Fav Faév Fve;ml ) Fév U Frv U Fmv U Frm’ng
1pot,r va Farv Fvepi ) FZU ) Frv U Ftv U 1—‘lring
1;[}10,@ Fmv ) Faév Fav Fvepi U Fév U Fm; U Frm’ng
1pw,r Ft’u U Far'u Fp'u Fvepi U Ffv U Frv ) Flring

Table 2.2: Scalar potentials used in D-RBM to build the normal direction.

use of the following function axis:

~ .
o T esns
o~ A~ ~ . -~ — et )e
P=le.e, e]=axis(k,y)=q(e, = szf(k-E:)ézW (2.4)
e =2e€, X €,

which takes as input a normal direction k and a transmural direction + and returns
the orthonormal system P whose columns are the three orthonormal directions €;, €,
€; which represent the longitudinal, the normal and the transmural unit directions,
respectively. For R-RBM we have Q = axis(k, V¢). For B-RBM three orthonormal
coordinate systems are introduced, that is P, = axis(k,Vd¢y), P. = axis(k,V¢,)
and Pep; = axis(k, Vepi), which are then interpolated through the function bislerp
to obtain a continuous orthonormal coordinate system within the whole myocardium.
Hence, B-RBM performs the following steps to obtain the final orthonormal coordinate
system @ (see step 5 in Figure 2.6):

Py = bislerp(Pe7 P, n)a
Q = bislerp(Py, Pepi, ).

D-RBM, instead, defines two different coordinate systems for LV and RV as a conse-
quence of the normal directions defined in (2.3) (see step 5 in Figure 2.7):

Qi = axis(ui Vibani + (1 — i) Vdori, VE), i =L,

6. Rotate axis: the orthonormal coordinate system, defined for each point of the
myocardium at the previous step, should be aligned in order to match histological
knowledge about fiber and sheet orientations. To this aim, the three LDRBMs intro-
duce a rotation of €;, €,, €; by means of suitable angles: the longitudinal direction ¢;
rotates counter-clockwise around €; by an angle «;, whereas the transmural direction
€, is rotated counter-clockwise around €; by an angle §3;, where ¢ = ¢,r depend on LV
or RV the point belongs to. Indeed, it is known that in LV and RV the fiber orienta-
tions feature a change in direction at the inter-ventricular septum [115]. In order to

obtain a local orthonormal coordinate system, direction €,, is rotated accordingly.
These rotations produce a map [€;, €, €] LN [f,n, s] from the original coordi-
nate system [€;, €,, €;] to a new coordinate system [f,n, s], by means of the function

orient:
[.fa n, S] = orient(Q,ai, 5%) = [/élv/énv/ét]REt (ai)REZ (BZ)? 1= €7 T,
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2.1. Ventricular Laplace-Dirichlet Rule-Based Methods

where f is the fiber direction, n is the sheet-normal direction and s is the sheet
direction.

For all the three methods the rotation angles a; = «;(d;) and 8; = p;(d;) are
functions of the position within the myocardium, in particular of the transmural nor-
malized distance d; € [0,1], i = £, r, defined as:

R-RBM : dy = d, = ¢,
B-RBM : d[ = (ZSZ dr = ¢7‘7
D-RBM : dy = ¢/2 d, = |¢|.

Accordingly, the rotation angles are written by means of the following linear relation-
ships:

073 (dz) - aepi,i(l - d’L) +O‘endo,idia ﬂz (dz) = Bepi,i(]- - dz) +ﬁendo,idi7 1= Ea T, (25)

where endo,ls Aepi,bs Xendo,ry Aepi,r, Bendo,@a 6epi,€7 /Bendo,r and /Bepi,r are suitable rota-
tion angles on the epicardium and endocardium chosen in order to match histological
observations. For instance, classical values for the helical angles found in the literature
are Qepi ¢ = +60°%, Qendoe = —60°, Qepir = —25°%, Qendo,r = +90° [134, 86, 9, 99, 210].

In order to differentiate between LV and RV and to apply the correct angles, we
propose here to use the solution of an additional Laplace problem (2.2) in the unknown
X = & with xo =1 on gy, xp = —1 on Iy, and Ty, = Tpgse U Tyepi®. In particular,
positive values of ¢ identify LV, whereas negative ones RV [24]. This new feature
enables to perform different rotations for LV and RV (see steps 6 in Figures 2.5, 2.6
and 2.7) that is crucial in order to generate realistic fiber fields. An alternative method
has been proposed in [58] but only for D-RBM. It is worth mentioning that the original
R-RBM [204, 188] introduces a rotation, by means of the Rodrigues’ formula, to obtain
the fiber field f only. Here we propose an extension in order to define also n and s.

Further, B-RBM exploits two other functions representing the rotation angles
within the septum:

as(di) = aendo,i(l - le); ﬂs(dz) = Bendo,i(l - 2d2)a 1= 67 T,

whereas with similar expressions, D-RBM introduces also the possibility to set specific
fiber and sheet angles rotation in the OT regions (see [26] and [58] for further details).

We conclude pointing out that B-RBM and D-RBM can be applied to the full biven-
tricular geometry and to the based biventricular one (that is obtained with an artificial
basal plane well below the cardiac valves). Indeed, in the based biventricular geometry
the whole procedure for B-RBM and D-RBM remains the same as long as the ring
labels are replaced by the base label, I'yip4s = I'tase. On the contrary, R-RBM is less
suitable for a full biventricular geometry because it is not able to strictly identify the
normal direction k as the outward normal to the ventricular rings. Besides, the right
septum I';.; can be very arbitrary to define for a full biventricular geometry.

2Let us observe that, for B-RBM T'pgee = I'yings in the case of a full biventricular geometry.
Moreover, for D-RBM solely xq = 2 in order to be compliant with the transmural distance.
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Chapter 2. Modeling the cardiac muscular architecture

[Type | X [xa| Ta [ o] T, \ T, \
é 1 réa -1 FTa aQbia/(FZa U Fra)
BIA 1 T
¢ 1 Ff: 0 Faepi ) Ftop,{’ U Ftupﬂ' aS)biu,/(rfa U Fra U Fuepi ) Ftup,l ) Ftop,r)
2 Frpv 1 | .
7/}(11) 0 Flpu 1 Flap aQbm,/(Frpv U 1_‘lpv U Fm,v U Flap)
d)T 1 Fmv 0 Flpv U Frpv aQbia/(Fmv U Flpv U Frpv)
LA wv 1 Frpv 0 Flpv OQbia/(Fr'p'u u Flp'u)
wsw 1 Fmv 0 Flp'u U Ftop,é U 1—‘lap Qbia/(rmv U 1—‘lpv U Ftop,[)
1 | T
ww 1 F::z—; 0 Ftop,é 6Qbia/(rmv—s U Fm’u—f U Ftop,lf)
1 Ftv
7/}{117 2 va -1 Fra,p aQbia/(Fiml U Fsml U Ftv U Frap U F(:s)
0 Fsc’u -2 ch
RA 1/%- 1 Ftv 0 Ftop,r aQbia/(Ftv U Ftop,7')
1 Ficv .
'l/)v 0 r -1 Frap deia/(Picv U Pscv ) F'rap)
scu
1 Tip—s
ww 1 Fft:,f 0 Ft()p,r aQbia/(Ftv—s U Ftv—f U Ftop.r)

Table 2.3: Boundary data chosen in the Laplace problem (2.2) for the inter-atrial
distances (BIA) &, ¢ and the intra-atrial distances ¥; (1 = ab, r, v, sw,w) in LA and RA.

2.2 Atrial Laplace-Dirichlet Rule-Based Method

In this section, we present a novel LDRBM for the generation of atrial myofibers, which
is able to qualitatively reproduce all the important features, such as the fiber bundles,
needed to provide a realistic atrial musculature architecture. Our newly developed
method has been proposed in [176], and in this thesis we present its extension to the
biatrial geometries.

The atrial LDRBM is inspired by [203] where Laplace problems are introduced
to map variables between two geometries and by LDRBMs, purposely built for the
ventricles, presented in Section 2.1 [26, 204, 58]. The extension of the latter is not
straightforward due to the nature of the atrial bundles which run in different directions.
For this reason, the atrial LDRBM combines the gradient of several harmonic functions
to represent the fiber bundles.

In what follows we detail the four steps of the atrial LDRBM. We refer to Figure 2.8
for a schematic representation of the method in a realistic biatrial geometry.

1. Labelled mesh: label the mesh of the biatrial computational domain Qp;, to
define the boundary partitions 9, (see step 1 in Figure 2.8):

aQbia :Faepi U I—‘top,ﬂ U Ftop,r ) Féa U Fra U FZa,p U Frapu
Flpv U Frp'u U Ficv U 1_‘scv U Fmv U Ftv U ch

where I'ycp; is the atrial epicardium, I'g,, I'y, the left and right atrial endocardium,
Lap, 'rap the left and right atrial appendage, I'ypy, I'rpy LPV and RPV rings, I'icy,
I'sep ICV and SCV rings, 'y, Ty MV and TV rings and I'ws the coronary sinus
appendage. In particular, I';,, and I'y, are further subdivided in a part facing the
atrial septum I'yy—s, I'tv—s and the other related to the free wall I'yp—y, Iy,
such that I'yyy = Tpy—s U Ty and T'yyy =Ty U Tyy— g (see step 1 in Figure 2.8).
Furthermore, I';op, ¢ and I'yop - are the boundary labels connecting the top upper region
of the anterior LPV to anterior RPV rings and ICV to SCV rings, respectively (see
step 1 in Figure 2.8).
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2.2. Atrial Laplace-Dirichlet Rule-Based Method
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Figure 2.8: Schematic procedure of the atrial LDRBM in a realistic biatrial geometry.
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Chapter 2. Modeling the cardiac muscular architecture

Figure 2.9: Definition of the bundles and their dimension throughout the biatrial
domain following the rules reported in Algorithms 1, 2, 3 and 4; (a) Complete bun-
dles selection in LA and RA; (b,e): bundles selection in RA following Algorithm 2;
(¢,f): bundles selection in LA following Algorithm 4. (d) Selection of the inter-atrial
connection (IC), crista terminalis (CT), pectinate muscles (PM) bundles following Al-
gorithms 1 and 3, respectively. 7; (for the i-th bundle) is the parameter related to the
bundle dimension.

2. Laplace problems: definition of biatrial distances, obtained by solving Laplace
problems in the form of (2.2) with proper Dirichlet boundary conditions on the atrial
boundaries, see step 2 in Figure 2.8. Specifically, the transmural ¢ and the inter-
atrial £ distances are introduced, see step 2a in Figure 2.8. Moreover, several intra-
atrial distances ; are computed, see step 2b in Figure 2.8. Refer to Table 2.3 for
the specific choices in problem (2.2) made by the atrial LDRBM. In particular, 14
is the solution of a Laplace problem (2.2) with different boundary data prescribed on
the right atrial appendage I'yqp, the rings of the caval veins (Ticvs Tsen), TV ring Ty,
and the coronary sinus appendage I';; for RA, and the left atrial appendage I'yqp, the
pulmonary vein rings (I, I'rpy) and MV ring Ty, for LA; 4, stands for the distance
between TV ring I'y,, and I'top » (RA) and between MV ring T',,,, and the union of the
pulmonary veins rings I'y,, UT',p, (LA); ¢, represents the distance between the caval
veins for the RA and among the pulmonary veins for LA; 1, is the distance between
the MV/TV ring of the free (I'y,—f/Tw—f) and the septum (I'y,—s/Tty—s) walls
for LA/RA . Finally, v, is computed for LA solely prescribing suitable boundary
conditions for LPV rings I'y,,, MV ring I';;,, and the the boundary labels connecting
LPV to RPV rings I'top ¢, see step 2b in Figure 2.8.
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2.2. Atrial Laplace-Dirichlet Rule-Based Method

Algorithm 1 . computegy,: bundles selection for biatrial geometry

Let TBBicr, TBBicl, TBBics TFOicrs TFOicly TFOics TCSicrs TCSicl and Togic the parameters
referring to IC bundles.
if (¢ € [TBBicr TBBic] and YEA < 7pp4.)
set k =V¢, v =V¢ — BBjc
ﬁip(/él 7€t)
else if (£ € [Troicr Troict] and Y5 > Troic and YR > 75p,)
set k=V¢, v =V — FOic
else if (£ € [Tosier, Tosia) and YRA > 755, and YRA < 7040 )
set k =V¢, v=VE — CSic
ﬂip(/él 7Et)
else
set vy =Vo
if £ > 0 computer,p
else computeg 5
Note: we use wZRA and ¢1LA to distinguish LA and RA distances. Moreover, the
function flip(e;,e;) flips the longitudinal €; and the transmural €; directions.

3. Bundles selection: definition of the atrial bundles and their dimensions through-
out the domain $2p;,, in order to match histology and DTI observations. With this
aim, the atrial LDRBM first selects LA, RA and the inter-atrial connection (IC) re-
gions, following the rules reported in Algorithm 1 (computegp,) and then compute
LA and RA bundles, exploiting the rules reported in of Algorithms 2 (computeg, ),
3 (computepy,;) and 4 (computey ). During this bundles selection procedure, a
unique intra-atrial distance v;, among those defined in step 2, is assigned for each
point in Qp;, (see step 3 in Figure 2.8 and also Figure 2.9). Moreover, at this step,
the atrial LDRBM defines a unique transmural v and normal k directions, by tak-
ing the gradient of a specified inter-atrial distance, v = V¢, V¢, and of a specific
intra-atrial distance, k = V1);, respectively. Following Algorithms 1-4, the principal
anatomical atrial regions are introduced: for RA, superior (SCV) and inferior caval
veins (ICV), tricuspid valve ring (TV), right appendage (RAA), right septum (RAS),
inter-caval bundle (IB), crista terminalis (CT), coronary sinus musculature (CSM)
and right atrial later wall (RAW), see Figure 2.9(b,e); for LA, left (LPV) and right
pulmonary veins (RPV), mitral valve ring (MV), left appendage (LAA), left septum
(LAS), bachmann’s bundle (BB), left atrial lateral wall (LAW) and roof (LAR), see
Figure 2.9(c,f); for IC, the bachmann’s bundle (BBj¢), the fossa ovalis (FOr¢) and the
coronary sinus (CSyc) connections, see Figure 2.9(c). Moreover, in order to specify
the bundles dimension, the parameters 7; are introduced: for RA Ty, Ticv, Tsevs Traa
Tesms Tsw,rs Tety s Tet—s Tibs Tras Tefer to TV, ICV, SCV, RAA, CSM, RAW, upper and
lower limit of CT, IB and RAS bundles, respectively; for LA Tiu, Trpo, Tipos Tow,e
Tlaa,in, Tlaa,up> Tbbs Tlaw, refer to MV, RPV, LPV, LAS, LAA, BB, LAW bundles, re-
spectively (see Figure 2.9); for IC, T7pBicr, TBBicl» TBBic» TFOicrs TFOicls TFOics TCSicr
Tosicl, Tesic refer to BBig, FOic and CSic connections. As an optional feature, the
atrial LDRBM allows to embed the pectinate muscles bundles (PM) in RAW and
RAA, exploiting the procedure outlined in Algorithm 3, which requires to specify the
parameters pmyp; .k, P,y ge; PMeyq and the numbers Nyqq, Nygw of PM in RAA and
RAW, respectively. The complete bundles selection procedures for the atrial LDRBM
are fully detailed in Algorithms 1-4 (see also step 3 in Figure 2.8 and Figure 2.9).
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Chapter 2. Modeling the cardiac muscular architecture

Algorithm 2 . computeg o: bundles selection for RA

Let toll < 1 and Ttvs Ticvs Tscvs Traay Tesmy Tsw,ry Tet_ Tct+7 Tiby Tras, Nraw and Nraa
be the parameters referring to the related bundles.
if Y. > 14, set k =V¢, — TV
else
if ¢, > 7y set k= Vy, — ICV
else if ¢, < Tgep
if wr 2 Traa
if PM=true computepy;(0, Nyoq) — PM
else set k = Vi), — RAA
else set k = Vi, — SCV
else
if (wab < Tesm and ¢U > 0.5 and wsw > Tsw,r) set k = vwab — CSM
else
if 1Z)T é TTG.’UJ
if (¢w Z Tet and 1l)u) S Tct+)
if |¢| > (1 —toll) set k= V,, — CT
else set k = Vi), — RAW
else if 1, > 7¢4,
if (¢, <0 and ¢, < 1) set k=Vy, — IB
else if (¢, < 0 and ¢, > 7;) set k = Vi, —> RAW
else
if ¥, > 745 set k =V, — RAS
else set kK = V¢, — IB
else
if PM=true computepy;(Tscv, Nraw) — PM
else set k = Vi,;, — RAW
else
if ¥y, > Tsw,r set k= Vi, — RAS
else
if PM=true computepy;(Tscv; Nraw) — PM
else set k = Vi, — RAW

Algorithm 3 . computepy;(¢,N): PM bundle selection in RA
Let ¢ and IV the generic input parameters, toll < 1 and pmy;er, PMy.gp 6. and pme,q
the parameters referring to PM bundles.
for n=1:N
PMZ = C + (7’L - 1) PMypick + (n - 1) pInrange;
PMf = C + N PMypen T (TL - 1) PIMygpges
PMS = C + N PIMypick +n pmrunge;
if |¢| > (1 — toll) and ¢, < pm,,,; and ¥, > PM, and ¢, < PM;
set k = V¢, — PM
if (J¢| > (1 — toll) and v, > PM; and %, < PM;) or ¢, > pm,,, or ¢, < ¢
set k = Vo, — RAW
if |¢| < (1 —toll) set k = Vipy, — RAW

36



2.2. Atrial Laplace-Dirichlet Rule-Based Method

Algorithm 4 . computey, 5 :bundles selection for LA

Let Timw, Trpvs Tipvs Tsw s Tlaa,in, Tlaa,ups Tbbs Tlaw D€ the parameters referring to the
related bundles.
if Ysup > Ty set k = Vipg,, — MV
else
if ¢, < 7y set k= Vy, — RPV
else if v, > 7, set k =V, — LPV
else
if 1% Z Tsw, 0
if ( 1pab S Tlaa,in and wr Z Tlaa,up) set k = vwab — LAA
else
if Y. > Ty set k= Vwr — BB
else set k = Vi, —> LAS
else
if Vs > Tiaw set k = Vi, — LAW
else set k = Vi), — LAR

4. Local coordinate system: definition of the myofiber orientations by rotating
an orthonormal local coordinate system, [€;,€,,€;] built at each point of the atrial
domain. This step is performed in the same way as for the ventricles, by applying first
the function axis, which takes as inputs the transmural direction « together with the
unique normal direction k, and then exploiting the function orient

Q=l[een, €] =axis(k,y),  [f,n s]=orient(Q,a,p). (2.6)

A transmural fibers variation can be prescribed in each atrial bundle, in two combined
ways:

1. by defining the unique normal direction k, within the function axis, as a linear
combination of the gradients of two intra-atrial distances

2. by setting a linear relationships for the angles o = «;(|¢]) and 8 = 5;(]¢|) in the
function orient

Q; = aepif;(l - |¢D + aendoi|¢|a /Bz = Bepii(l - ‘¢|) + ﬂendoi|¢|a

where Qepi; s Qendo, > Bepi; aNd Bendo, are fixed rotation angles on the epicardium
and endocardium of the i-th bundle, respectively.

The three unit directions correspond to the final fiber, sheet and sheet-normal direc-
tions f, n and s (see step 4 in Figure 2.8).

2.2.1 Atrial LDRBM rules

The atrial LDRBM presented in Section 2.2, based on the procedure of Algorithms
1-4 and the definition of the local coordinate system (2.6), prescribes a fiber field f
based on the following rules derived from histo-anatomical observations and DT-MRI
fiber data [167, 212, 97, 100, 98, 51, 203], see Figures 2.9:

37



Chapter 2. Modeling the cardiac muscular architecture
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Figure 2.10: Schematic procedure of the atrial LDRBM in a realistic RA (a) and LA
(b) geometries.
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2.3. Modeling cardiac electrophysiology

R1: Circular fiber arrangements are prescribed around LPV, RPV, SCV, ICV, CSM,
TV, MV, and encircle both appendages (RAA and LAA) [167, 212, 203];

R2: Fibers direction of CT runs longitudinally from the base of SCV to ICV [210];

R3: PM fibers run on the endocardial surface, almost parallel to each other and
perpendicular to CT fibers [67];

R4: RA structures like IB and RAW are vertically oriented, whereas those of RAS
are parallel to CT [97, 100];

R5: BB fibers run longitudinally in the same direction of those of MV [51];
R6: LAS fibers are almost aligned (parallel) to the nearby RAS [67];

R7: Directions of LAR and LAW descend perpendicularly to MV, while fibers of
LAS present a smooth transition going to LAS and LAA [67, 98, 203].

2.2.2 LDRBM for single atrial chamber

The atrial LDRBM, presented in Section 2.2 for the biatrial case, can also be applied
to generate fibers architecture to single RA or LA chamber. The LA and RA version
of the our novel atrial LDRBM has been proposed in [176].

In the single chamber atrial LDRBM, the inter-atrial solution ¢ is no longer com-
puted and the transmural distance ¢ is found by solving (2.2) with x, = 1 on the
atrial endocardium T'gengo = I'ra, e and x; = 0 on the atrial epicardium I'sep; and
Iy, = 0Nia/(Taendo Ul gepi). The intra-atrial solutions ¢; for RA or LA are computed
as detailed in step 2 of the biatrial LDRBM, see Figure 2.10. Finally, the bundles selec-
tion procedure is performed starting directly from Algorithms 2 (computeg, ) and 3
(computepy,) for RA, while from Algorithm 4 (computey, ) for LA. A schematic
representation of the atrial LDRBM applied to single RA and LA chamber is sketched
in Figure 2.10.

2.3 Modeling cardiac electrophysiology

In this section we briefly introduce the mathematical model for the description of the
EP activity in the cardiac tissue, that is the monodomain equation endowed with
suitable ionic models for human action potential [188, 57, 72, 255, 181, 245, 151].
For further details, we refer the reader to Section 3.1, where we fully present the
mathematical models associated to the core physics.

Cardiac tissue is an orthotropic material, arising from the cellular organization of
the myocardium in fibers, laminar sheets and sheet-normals, which is mathematically
modelled by the conductivity tensor

D=o;f®f+0s5®0s+0,n®n, (2.7)
where oy, o5 and o, are the conductivities along fiber (f), sheet (s), and sheet-

normal (n) directions, respectively. Given a computational domain Q (with either
Q = Qpiv, Wia) and a time interval (0, T], the monodomain equations read:

39



Chapter 2. Modeling the cardiac muscular architecture

Find, for each ¢, the transmembrane action potential u : Q x (0,7] — R and the ionic
vector variable w : © x (0,7] — R™, such that

Xm Cm% +Zion(u,w)| =V - (DVu) =Ly, in Qx(0,7], (2.8a)
%—1;’ ~ H(u,w)=0 in Q x (0,7], (2.8b)
DVu-n=0 on 00 x (0,7], (2.8¢)
u=1ug, W =wop, in @ x {0}. (2.8d)

where x,, is the surface area-to-volume ratio of cardiomyocytes, C,, is the specific
trans-membrane capacitance per unit area, Z,,, is an external applied current which
serves to initiate the signal propagation, Z;,, and H € R™ are the reaction terms,
linking the macroscopic action potential propagation to the cellular dynamics. The
unknown w, encoding the gating-variables (representing the fraction of open channels
per unit area across the cell membrane) and the concentration of specific ionic species,
is a n.—th dimensional vector function fulfilling a system of differential algebraic
equations. Specifically, we used the Courtemanche-Ramirez-Nattel (CRN98, n,, = 20)
in case of atrial action potential and the ten-Tusscher-Panfilov (TTP06, n,, = 18) for
the ventricular one (for further details see [47] for CRN98 and [247] for TTP06).
Furthermore, system (2.8) is equipped with suitable initial conditions (2.8d) for v and
w and homogeneous Neumann boundary conditions (2.8¢) for u on the boundary 9€2.

Regarding the numerical discretization of the monodomain system (2.8), we refer to
Section 3.2, where we detail the numerical methods of the different core models. Here,
we just mention that for the time discretization of system (2.8) we consider Finite
Difference (FD) with Backward Difference Formulae approximation (BDF) employing
an explicit treatment of the reaction term [189]. Moreover, the diffusion term is
treated implicitly, whereas the ionic terms explicitly [72, 181, 254]. Regarding the
space discretization, we use Finite Element Method (FEM) with continuous FE on
hexahedral meshes. Moreover, the discretization of the ionic current term Z;,, is
performed following the Tonic Current Interpolation (ICI) approach [244, 188, 105,
109, 13, 116].

2.4 Setting of numerical simulations

In this section we describe the setting related to the numerical simulations, that will
be presented in Sections 2.5 and 2.6. In Section 2.4.1, we first detail the procedure
to build labelled FE meshes, used for prescribing the atrial and ventricular fibers by
means of LDRBMs. In Section 2.4.2, we address the issue of estimating the parameters
employed in EP simulations.

2.4.1 Labelling procedure for LDRBMs

In order to build FE meshes, a preprocessing procedure was applied to every ventric-
ular and atrial geometries used for the generation of ventricular and atrial fibers by
means of LDRBM, presented in Sections 2.1 and 2.2. For this preprocessing phase
we rely on the novel semi-automatic meshing tool proposed in [66] which consists
of multiple steps including labelling, geometry smoothing and hexahedral FE mesh
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Figure 2.11: Preprocessing procedure applied to build a ventricles Finite Elements
(FE) mesh [66]. Left: smoothing and labelling procedure; Right: FE mesh of hexahe-
dral elements.

generation, see Figure 2.11. Specifically, the Vascular Modelling Toolkit vmtk soft-
ware [11] (http://www.vmtk.org) together with a new meshing tool were used to
perform such pre-processing phase.

The labelling procedures carried out in this work, for the ventricular and atrial
LDRBMs, are detailed in what follows. We remark however that our labelling proce-
dure is not crucial for the applicability of the ventricular and atrial LDRBMs. Indeed,
they are perfectly compatible with other labelling processes presented in other works
(see for example [58, 235]).

For the atria, the first labelling step consists in extracting the endocardium and
the epicardium from the unlabelled surface model. Then, labels of the pulmonary
and caval veins and the atrioventricular valves rings are selected by connecting the
points laying on the border zone of the endocardium to the corresponding epicardial
points, see Figure 2.12(b) (for further details about the connection procedure we refer
to [66]). Furthermore, the label I'y,,; in RA (i = ) and LA (¢ = ¢) is carried out
by manually producing a straightforward band connecting the top upper elements of
SCV and ICV, for RA, and anterior LPV to anterior RPV, for LA, see Figure 2.12(a).
Finally, TV and MV rings I'y,, I';ne in RA and LA, respectively, are subdivided in
one part facing the atrial septum I'y,_s, I';ns—s and another one related to the free
wall I'ty—s, Dimo—y, such that 'y, = I'yy—s U and 'y = Dppy—s U T'ipy—p: this
subdivision is produced by clipping the TV/MV ring with a plane passing through
Tiop,i band, see Figure 2.12(a).

For the ventricles, the first labelling step consists in extracting the epicardium
and the right and left endocardia from the unlabelled surface model. Moreover, for
R-RBM, the right endocardium T',,, is subdivided into the right septum I',.; and the
remaining part I';.,_ such that I',., = I',.4UL,.,,_4: this labelling subdivision is achieved
by selecting a threshold in the distance between right and left endocardia, see step 1 in
Figure 2.5. Furthermore, concerning a based biventricular geometry, the final labelling
step consists in producing an upper basal plane between the ventricular endocardium
and epicardium, see step 1 in Figure 2.5. Regarding a complete biventricular model,
labels of the four valve rings (I'),, MV, Iy, AV, Iy, TV and T',, PV) are defined by
selecting a threshold in the distance from the corresponding atrial rings for I',,,, and
I'y, and from the aortic and pulmonary OT roots for I'y, and I',,, respectively (see
Figure 2.12(c)).
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Figure 2.12: Labelling procedure performed to impose the boundary conditions for
the ventricular and atrial LDRBMs (presented in Sections 2.1 and 2.2). (a) Labelling
procedure for the top band I'y,, , and the tricuspid valve I'y, (such that I'y, = T'yy—s U
I'ty—s) in RA: 71 is the normal of the plane passing trough I'top, ,» while I's¢,, and 'y, are
the rings of the caval veins; (b) labelling procedure for LPV rings I';,, in LA: yellow
and blue points lay on the epicardial and endocardial border zone, respectively; (c)
result of the labelling procedure for the four valve rings ('), MV, Ty, AV, Ty, TV
and 'y, PV) in a complete biventricular geometry. For further details refer to [66].
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| Muscle type (ionic model) [ o¢[mS/cm] [ o5[mS/cm] | on[mS/cm] |
Ventricles (TTP06) 1.07 0.49 0.16
Atria (CRNOS) 7.00 0.77 0.77

Table 2.4: Conductivity values of, o5 and o, obtained after the fitting procedure,
displayed in Figure 2.13, for the ventricles (using TTP06) and for the atria (using
CRN9S).

2.4.2 On the choice of physical parameters and numerical set-
tings

The numerical approximation of the monodomain system (2.8) requires the follow-
ing physical data: the transmembrane capacitance per unit area C,,, the membrane
surface-to-volume ratio x,, and the conductivities along the three direction of the my-
ofibers o¢, 0, and o, appearing in the conductivity tensor D. The values chosen for
the first two quantities are C,, = 1 uF/ cm? and Xm = 1400 cm ™!, which are within
the physiological acceptable range of values reported in [183, 187, 205, 150].

The conductivity values o¢, 05 and o, were fitted by an iterative procedure de-
scribed in [45] (see also [64, 20]) in order to match the following conduction velocity
values [20, 64, 17, 55]:

ventricles : vy = 60 cm/s vs = 40 cm/s vn, = 20 cm/s,

atria : vy = 120 cm/s vs = 40 cm/s vp, =40 cm/s,

where vy, vs and v, are the conduction velocities in the fiber f, sheet s and normal
n directions. In Figures 2.13(a) and 2.13(b) we show the results of this fitting proce-
dure. The estimated values for oy, o5 and o, are reported in Table 2.4. Finally, to
initiate the signal propagation in the cardiac muscle, the monodomain system (2.8)
requires to specify the external applied current Zg,,(x,t). In this work Z,,,(x,t) was
modeled as a series of spherical impulses (with radius 2.5 mm and duration 3 ms)
applied in spherical subsets of the domain and prescribed alongside the ventricular
and atrial endocardia. Its amplitude is 50000 uA /cm?, for both atrial and ventricular
domains, in agreement with [150]. We used this value for all the simulations, while
the stimuli locations will be specified for each case reported in Sections 2.5 and 2.6.
Regarding the mesh element size h and the time step At, related to the space and time
discretizations of the system (2.8), accuracy constraints are imposed when biophysical
models (as CRN98 [47] and TTP06 [247]) are used: h = 100-500 pm and At = 1-
50 us [181, 254, 150]. These strong restrictions are motivated mainly by the fast
upstroke of cellular depolarization which produces a step-like wavefront over a small
spatial extent [135]. For the space discretization, we used continuous bilinear FE (Q1)
on hexahedral meshes with an average mesh size of h = 350 pum, an acceptable value
at least for linear finite element approximation and for physiological cases [244, 188,
105, 109, 13]. Concerning the time discretization, we used BDF of order o = 3 with a
time step of At = 50 us. Although, the most common time discretization used in lit-
erature for the monodomain system (2.8) is BDF1 (commonly known as the backward
Euler method), which requires a time step at most of 10 us [254], BDF3 allows us to
use a larger value of At to obtain the same accuracy of BDF1. To confirm this, in
Figures 2.13(c) and 2.13(d) we report a comparison between BDF3 with At = 50 us
and BDF1 At = 10 us on a benchmark problem proposed in [150].
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Figure 2.13: Top (a,b): Fitting procedure used to estimate the conductivity o re-
quired to match specific conduction velocity v [45]; (a): using the TTP06 ionic model
to obtain 60, 40 and 20 cm/s; (b): using the CRN98 ionic model to obtain 120 and 40
cm/s. The values for o4, o5 and o,, are reported in Table 2.4. Bottom (c,d): Com-
parison between BDF3 and BDF1 time discretization for the monodomain equation
(2.8), endowed with the TTPO06 ionic model, in the slab benchmark problem [150];
(c): plot of the activation time alongside the slab diagonal (displayed in black on the
Right); Red: BDF1; Blue: BDF3. (d): activation time in a clipped slice of the slab
for BDF3 time discretization.
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2.5 Numerical results for cardiac fibers and electro-
physiology in the ventricles

This section is dedicated to present numerical results related to both the fibers gen-
eration and EP simulations in the ventricles. These have been performed on either
idealized and realistic human biventricular models: we built idealized geometry, adopt-
ing the prolate spheroid coordinate system [224, 192], while, as realistic geometry, we
consider the 3D Zygote model [107], a complete heart geometry reconstructed from
high-resolution CT-scans representing an average healthy heart.

We show various comparisons among the three LDRBMs for ventricular fiber gen-
eration, presented in Section 2.1. Specifically, we compare the fiber fields, generated by
the three methods, and we investigate the influence of the different fibers orientation
in terms of activation times, computed as output of numerical EP simulations. We
first present the above analysis on the idealized biventricular geometry (Sections 2.5.1-
2.5.2) and then on the Zygote biventricular model (Sections 2.5.3-2.5.4).

2.5.1 Idealized ventricular fibers

The first comparison among the three ventricular LDRBMs was performed on a well
established idealized biventricular geometry that has been used in several computa-
tional studies [266, 224, 192, 84, 83, 4] and for ventricular volume estimation from
2D images [142]. The heart ventricles are approximated as two intersecting truncated
ellipsoids.

We constructed the idealized biventricular geometry using the prolate spheroid
coordinate systems in the built-in CAD engine of gmsh, an open source 3D finite
element mesh generator (http://gmsh.info); see Figure 2.14. For details about the
geometrical definition of the idealized biventricular model, we refer to [192, 4].

Fiber orientations obtained for the three LDRBMs (R-RBM, B-RBM and D-RBM)
in the idealized biventricular model are shown in Figures 2.14(a-f). The input angles
values Qendo,ls Aepils Aendo,ry Xepi,rs /Bendo,b Bepi,b ﬂendo,r and Be;m',r were chosen for
all the three methods based on the observations of histological studies in the human
heart [134, 86, 9, 99, 210, 136, 229] (see also [58]):

Qepi 0 = *600; Uendol = +600; Qepi,r = *2503 Qendo,r = +900;
Bepi,é = _|_2Oo’ Bendo,é = _2007 Be;m',r = +2007 5endo,r =0°.

We observe that all the LDRBMs represent the characteristic helical structure of
LV and a compatible fiber orientations both in the right endocardium, not facing to the
septum, and in the right epicardium, far enough from the inter-ventricular junctions.
Most of the differences occur in the right ventricular endocardium facing the septum
(see Figures 2.14(a-c)), in the inter-ventricular junctions between the two ventricles
and in the right epicardial lower region (see Figures 2.14(d-f)).

We computed the difference diff; ; of the fiber field f among the three methods,
defined as:

diff;;(2) = 1 - |f(2) - ()| i j=RBD (i), (2.10)
where fgr, fp and fp are the vector fiber fields of R-RBM, B-RBM and D-RBM, re-
spectively. If f; and f; are parallel, diff; ; = 0, otherwise diff; ; = 1 when orthogonal.
The result of these comparisons is reported in Figures 2.14(g), 2.14(h) and 2.14(i). As

expected, most of the discrepancies are found in the septum, in the inter-ventricular
junctions and in the right epicardial lower region.

(2.9)
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Figure 2.14: Comparison among LDRBMSs in the idealized biventricular model.
Streamlines of the vector f is depicted for R-RBM (a,d), B-RBM (b,e) and D-RBM
(c,f). White arrows represent the main fibers direction in specific ventricular regions
(displayed in red for the epicardium and in blue for the endocardium); the dashed
line in Figure (f) highlights the inter-ventricular junctions discontinuity of D-RBM.
Top: Frontal view; Centre: apex view; Bottom: Differences diff; ; among the three
LDRBMs, diffg g (g), diffg,p (h) and diffp g (i); only values diff; ; > 0.25 are dis-
played.

2.5.2 Electrophysiology in idealized ventricles

In order to evaluate the influence of the three LDRBMs fiber architectures in the elec-
tric signal propagation through the cardiac muscle, we performed three EP simulations
(with the setting detailed in Section 2.4.2), one for each LDRBM. To initiate the ac-
tion potential propagation we applied four endocardial stimuli: two for each ventricle,
one in the mid-septal zone and one in the lateral endocardial wall. In Figures 2.15(a~
c¢) we report the activation maps obtained with the three fibers configurations. The
activation time of a given point in the cardiac muscle is computed as the time when
the transmembrane potential derivative % reaches its maximal value. The activation

46



2.5. Numerical results for cardiac fibers and electrophysiology in the ventricles

R-RBM B-RBM D-RBM
[ 120
~:,
20
0

(2) (b) .
e)

(c)
AAR,B AAgrp AApg
30
I 25
20
152
10
ls
0
®

(d) (
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pattern for all the three methods are very similar in LV and RV, while most of the
differences are visible in the septum, see Figures 2.15(a), 2.15(b) and 2.15(c). We
computed also the absolute difference AA; ;(x) in the activation pattern among the
different methods as:

AA;j(x) = |Ai(z) — Aj(2)] i,j=R,B,D (i #j), (2.11)

where Ar, A and Ap are the activation times for R-RBM, B-RBM and D-RBM,
respectively (see Figures 2.15(d), 2.15(e) and 2.15(f)).

The most remarkable differences in both AAr g and AAgr p are exhibited in the
septum, particularly in the part facing the right endocardium, while AAg p does
not exceeds 15 ms, see Figures 2.15(d), 2.15(e) and 2.15(f). Also in the activation
maps, as expected, we retrieve differences in the septum zone caused by the different
fiber orientations on that region made by the three methods, as seen in the fibers
comparison, see Figure 2.14.

Finally, we evaluated the maximal discrepancies, M;; = maxzcq,,, AAd;;(x),
among the three methods, which are:

MR,B =35 ms, MR,D =33 ms, MB,D = 15ms.

The location of both Mg g and My p is in the lower part of the right ventricular
septum, while Mp p is placed in the lower anterior region of LV, see Figures 2.15(d),
2.15(e) and 2.15(f). Considering a total activation time of about A,,4,; = 120 ms for
the all biventricular muscle, the maximum relative differences, MZ%; = M, ;/Amaz,
among the three ventricular LDRBMs are

M{fy =29%,  M{p=28%,  M{p =13%.
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The different orientations of the septal fibers produced a significant impact in terms
of EP numerical results. A dissimilar activation pattern and timing were observed
at the septum, especially in the right endocardial region, confirmed by the highest
discrepancy between R-RBM and the other two methods reaching 28-29% of the total
activation time (Figure 2.15). Conversely, D-RBM and B-RBM yield almost the same
activation pattern, thanks to the extensions introduced in B-RBM (Figure 2.15). The
above results confirmed the importance of including specific fiber orientations in RV
with respect to those of LV.

2.5.3 Realistic ventricular fibers

The second comparison among the ventricular LDRBMs was performed on a realis-
tic full biventricular geometry. For this purpose, we used the Zygote solid 3D heart
model [107]. In order to obtain a smooth endocardium in both ventricles, we re-
moved all the papillary muscles and the trabeculae carneae, using the CAD mod-
eller SolidWorks (https://www.solidworks.com) in combination with the software
Meshmixer (http://www.meshmixer.com); see Figure 2.16. Considering the charac-
teristics of the electrical signal propagation, and the anatomical constituents of the
valvular and sub-valvular apparatus, we expect our calculations should not be sub-
stantially influenced by the papillary muscles elimination. Furthermore, according to
the motivations highlighted at the end of Section 2.1.2, we performed a comparison in
the full biventricular model only between B-RBM and D-RBM.

Fiber orientation for B-RBM and D-RBM in the Zygote full biventricular model
are displayed in Figures 2.16(a-b) and 2.16(d-e). We prescribed the same input angle
values used for the ideal geometry, reported in Equation (2.9). Moreover, for D-RBM
we also specified the angles in the OT regions as follows [58]:

Qepi,or = 0% Qepdo,or = +90°,  Bepi,or = 0%, Bendo,or = 0°. (2.12)

The two LDRBMs well reproduce the helical structure of LV up to MV ring and
exhibit a similar fiber orientation pattern in whole cardiac muscle, apart from the re-
gion among TV, PV and AV rings and far enough from the inter-ventricular junctions,
see Figures 2.16(a-b) and 2.16(d-e). B-RBM presents a roll up in the fiber directions
just after the AV ring, while D-RBM has a more longitudinal fiber orientations in
that region, see Figure 2.16(a) and 2.16(d). As also observed in the idealized case, the
B-RBM fiber field in the inter-ventricular junctions has a smooth change passing from
LV to RV, whereas D-RBM produces a strong discontinuity in the transition across
the two ventricles, see Figure 2.16(b) and 2.16(e).

We evaluated the mismatch of the fiber fields diffp , defined in (2.10), between B-
RBM and D-RBM. Indeed, diffp g highlights the most relevant differences of the two
methods in the septum, in the inter-ventricular junctions, in the regions of TV, PV
and AV rings and around the right ventricular apex, see Figures 2.16(g) and 2.16(h).

2.5.4 Electrophysiology in realistic ventricles

We performed two EP simulations (with the setting detailed in Section 2.4.2), one
with B-RBM and one with D-RBM. Two stimuli were here applied to each ventricle:
one in the mid-septal zone and one in the lateral endocardial wall. Figures 2.16(c)
and 2.16(f) depict the computed activation times, which result very similar in the
whole myocardium. Figure 2.16(i) shows the absolute difference between the two
activation maps, AAp p(x) = |Ap(x) — Ap(x)|, where Ap and Ap are the activation
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Figure 2.16: Comparison for B-RBM and D-RBM in a realistic full biventricular
model. Top (a-c): B-RBM. Centre (d-f): D-RBM. Bottom (g-i): differences be-
tween B-RBM and D-RBM. Streamlines of the vector f: top (a,d) and lateral views
(b,e). White arrows represent the main fibers direction in specific ventricular regions
(displayed in red for the epicardium and in blue for the endocardium); dashed line in
Figures (d,e) highlights the inter-ventricular junctions discontinuity of D-RBM. Differ-
ence in the fiber orientations diffp g (g,h), only the values diff; ; > 0.25 are displayed.
Activation maps using B-RBM and D-RBM: B-RBM (c) and D-RBM (f). Absolute
difference among B-RBM and D-RBM activation maps, AAp g (i).

times for B-RBM and D-RBM, respectively. We observe some discrepancies in the
activation pattern near TV, PV and AV rings, and also in the endocardium near
the right ventricular apex, although AAp p does not exceeds the value 14 ms, see
Figure 2.16(i). The maximal relative discrepancy among the two methods is Mp p =
maxgecq,,, AAp p(x) = 14 ms, corresponding to

Mgo,B = MD,B/AmaI =10 %,

with Asee = 140 ms the total activation time. The location of Mp p is in the lower
part of the endocardium just above the right ventricular apex, see Figure 2.16(3).
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2.6 Numerical results for cardiac fibers and electro-
physiology in the atria

This section is dedicated to present numerical results related to both the fibers gener-
ation and EP simulations in the atria. These have been performed on either idealized
and realistic human atrial models. We construct idealized LA and RA geometries,
starting form LA and RA NURBS surface representations presented in [171, 168]. As
realistic geometries, we use the Zygote 3D heart [107] and the atrial model presented
in [242, 67], in what follows referred to as Riunet geometry 3 (from the name of the
data repository, which includes the geometry and the fiber orientations obtained by a
RBM proposed in [67]). In particular, the 3D Zygote heart geometry, being a very de-
tailed model of the human heart, demonstrates the applicability of the atrial LDRBM
to arbitrary patient-specific scenarios.

We present the fiber generation results of the new atrial LDRBM (presented in
Section 2.2) to reconstruct LA, RA and biatrial fiber architectures. We show LA and
RA fiber bundles reconstruction applied to an idealized case (Section 2.6.1) and to
realistic geometries (Section 2.6.2). Then, we illustrate the results of the new LDRBM
applied to realistic biatrial models (Section 2.6.3). Finally, we investigate the influence
of atrial fibers in EP simulations: we compare the fiber activation map with respect
to a one obtained with an isotropic electrical propagation and then we studied how a
change in size of a single bundle affects the total activation sequence (Section 2.6.4).

2.6.1 Idealized atrial fibers

We began applying the novel atrial LDRBM on idealized geometries. To construct
them, we started by taking the surface representations of RA and LA, adopted in [171,
168], generated as separated NURBS patches. For each atrium, we created the
corresponding triangular mesh using the constructive geometry module of Netgen
(https://ngsolve.org). We considered this triangular mesh as the endocardium of
our 3D model. To generate the atrial epicardium we extruded (using the vmtk soft-
ware [11]) the endocardial surface by 2 mm, which correspond to an average thickness
of the atrial wall [101, 27]. Finally, we produced 3D labelled hexahedral mesh follow-
ing the preprocessing procedure described in Section 2.4.1, and then we applied our
RA and LA LDRBM for single atrial chamber, see Figures 2.17(a-d) and 2.18(a). The
input values of the parameters 7;, which define the bundles dimension of the atrial
LDRBM, are reported in Tables 2.5 and 2.6 for RA and LA, respectively. Moreover,
Niga = Nraw = 0 implying that we do not prescribe any PM in RA endocardium, see
Figure 2.18(a).

2.6.2 Realistic atrial fibers

Afterwards, we treat the case of realistic RA and LA taken from the Zygote 3D
heart model [107] and from the Riunet repository (https://riunet.upv.es/handle/
10251/55150). In particular, concerning the Riunet geometry, we extracted both
the endocardium and the epicardium (using ParaView), we removed all the inter-
atrial connections (using vmtk) and then we created the corresponding 3D labelled
hexahedral mesh (using the procedure described in Section 2.4.1). Fibers generated
by our atrial LDRBM are shown in Figures 2.17(e-h) and 2.18(b) for the Zygote
geometry and Figures 2.17(i-n) and 2.18(c) for the Riunet model.

3Freely available online at https://riunet.upv.es/handle/10251/55150.
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Figure 2.17: Atrial LDRBM fiber generation applied to idealized (a-d) and realis-
tic (e-n) models (Zygote (e-h) and Riunet (i-n) geometries) of RA and LA. Frontal
(a,c,e,g,i,m) and dorsal (b,d,f;h,1;n) views of the atria. SCV, ICV: superior and inferior
caval veins; LPV, RPV: left and right pulmonary veins; TV, MV: tricuspid and mitral
valve rings; RAA, LAA: right and left appendage; RAS, LAS: right and left septum,;
RAW, LAW: right and left atrial lateral wall; LAR: left atrial roof; IB: inter-caval
bundle; IST: isthmus; BB: Bachmann’s Bundle; CSM: Coronary Sinus Musculature.

[ RA | 7o [ Tico | Tsev | Traa | Tesm | Tsw.r | Traw [ et | 7er. | Tib [ Tras
Ideal 0.90 | 0.90 | 0.10 | 1.00 | 0.10 | -0.15 | 0.50 (30°-30°) | -0.13 -0.10 | 0.12 (20°-30°) | 0.20
Zygote | 0.90 | 0.90 | 0.215 | 0.55 | 0.10 | -0.15 | 0.75 (0°-30°) -0.27 -0.22 | 0.44 (20°-20°) | 0.28
Riunet | 0.90 | 0.88 | 0.15 | 0.52 | 0.10 | 0.01 | 0.50 (0°-30°) | -0.095 | -0.075 | 0.40 (20°-20°) | 0.05

Table 2.5: Bundle parameters used for fibers generation in the idealized (Ideal) and
realistic (Zygote and Riunet) RA. We use the convention 7;(@tendo-Ctepi) to set a linear

transmural angle variation for « inside the i-th bundle, while 7; alone to imply Qepgo =
Qep; = 0°.
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Idealized RA Zygote RA Riunet RA

Figure 2.18: Endocardial RA fiber architecture in the atrial LDRBM for idealized (a)
and realistic (b-c) models: Zygote (b) and Riunet (c). Dorsal view of the endocar-
dial fibers in RA coloured by means of the bundles selection procedure (see step 3
in Section 2.2). RAW: right atrial lateral wall; IB: inter-caval bundle; CT: crista
terminalis.

[ LA [ 7w [ Trpo | Tipo | Towid | Tiaasin | Tiaawp | Tob | Tiaw |
Ideal 0.75 | 0.14 | 0.85 | 0.08 0.7 0.35 0.45 | 0.16
Zygote | 0.90 | 0.15 | 0.835 | 0.04 0.45 0.60 0.45 | 0.65
Riunet | 0.90 | 0.20 | 0.80 | 0.03 0.50 0.55 0.75 | 0.24

Table 2.6: Bundle parameters used for fibers generation in the idealized (Ideal) and
realistic (Zygote and Riunet) LA and RA.

The input values of the parameters 7;, which define the bundles dimension of
the atrial LDRBM, are reported in Tables 2.5 and 2.6 for RA and LA, respectively.
Moreover, Nyqq = Nygw = 0 implying that we do not prescribe the any PM in RA
endocardium, see Figure 2.18(b-c). We observe that the atrial LDRBM qualitatively
capture the complex arrangement of fiber directions in almost all the principal anatom-
ical atrial regions (see Figure 2.17):

RA: SCV, ICV, TV, RAA, RAS, IB, CT, isthmus (IST), CSM and RAW;
LA: LPV, RPV, MV, LAA, LAS, BB, LAW and LAR.

Following the atrial LDRBM rules defined at the end of Section 2.2, circular fiber
arrangements are exhibited around LPV, RPV, SCV, ICV, TV, MV, and encircle CSM
and both appendages (RAA and LAA), see Figures 2.17(a-d) and 2.17(e-g). Fibers
direction of CT runs longitudinally on the endocardial surface from the base of the
SCV to the ICV, see Figures 2.17(d) and 2.17(h). RA structures like the IB and
RAW are vertically oriented, whereas those of RAS are almost parallel to the CT, see
Figures 2.17(c-d) and 2.17(g-h). IST fibers have the same direction of those of the
TV, see Figures 2.17(d) and 2.17(h). LAS fibers present a smooth transition going
to LAA and the adjacent region of RAS (Figures 2.17(a,b) and 2.17(e,f)), while BB
fibers run longitudinally in the same direction of those of MV (Figures 2.17(a,e,i)).
Directions of LAR and LAW fibers descend perpendicularly to MV (Figures 2.17(b)
and 2.17(f)).
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Figure 2.19: Atrial LDRBM fiber generation applied to realistic biatrial geometries:
Zygote (a-b) and Riunet (c-d). (a) Transmural fibers architecture for BB, LPV and
RPV in the Zygote geometry; BBi¢ connects RA to LA. (c) All the inter-atrial connec-
tions BBj¢, FOi¢, CSic are displayed for the Riunet biatrial model. (b-d) Endocardial
RA fiber architecture for the biatrial geometry of Zygote (b) and Riunet (¢), revealing
the presence of CT and PM.
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[ BIA-IC | 7Bpicr | TBBic | TBBic | TFOicr | TFOicl | TFOic | TCsier | Tosicl | Tosic |
[Zygote | 0.9 | 0.99 | 045 | 0.93 | 0.57 | 115 [ -0.80 | 060 | 060 |
[ Riunet | 0.97 | 0.93 | 045 | 093 | 093 | 1.2 | -0.92 | 092 | 020 |

Table 2.7: Bundle parameters used for IC fibers generation in realistic biatrial geom-
etry (Zygote and Riunet).

[BIA-RA | 7io [ Tico | Toev | Trao | Tesm | Towr | Traw | Tet. | Ter, | Tib [ Tras |
[ Zygote | 0.90 | 0.90 | 0.215 | 0.55(30°-30%) | 0.10 | -0.15 | 0.75 (30°-30°) | -0.27 | -0.22 | 0.44 (20°-20°) | 0.28 |
| Riunet | 0.90 | 0.90 | 0.18 | 052(300300) [ 0.10 [ 0.01 | 0.50 (30°-30°) | -0.095 | -0.075 | 0.40 (20°-20°) | 0.06 |

Table 2.8: Bundle parameters used for RA fibers generation in realistic biatrial ge-
ometry (Zygote and Riunet). We use the convention 7;(endo-Qepi) to set a linear
transmural angle variation for « inside the i-th bundle, while 7; alone to imply
Qendo = Uepi = 0°.

[ BIA-PM [ Nyaw | Nraa | PMypick | PMynge | PMypg |
[ Zygote [ 12 [ 6 [ 002 | 002 [ 0.66 |
| Riunet | 13 | 3 | 0025 | 0025 | 0.88 |

Table 2.9: Bundle parameters used for PM fibers generation in realistic biatrial geom-
etry (Zygote and Riunet).

[ BIA-LA | 70 | Trpv [ Tipy [ Tswi | Tiaasin | Tiaawp | Tob | Tlaw |
[ Zysote | 0.90 | 0.15 (90°-0°) | 0.835 (90°-0°) | 0.04 | 043 | 0.60 | 0.45 | 0.65 (20°-0°) |
[ Riunet | 0.90 | 020 | 080 _ | 003 ] 050 | 055 045 024 |

Table 2.10: Bundle parameters used for LA fibers generation in realistic biatrial
geometry (Zygote and Riunet). We use the convention 7;(@tendo-Crepi) to set a lin-
ear transmural angle variation for « inside the i-th bundle, while 7; alone to imply
Qendo = Uepi = 0°.

2.6.3 Biatrial fibers

Finally, we apply the atrial LDRBM to realistic biatrial models. With this aim the
entire Riunet model, which includes IC, is considered. Meanwhile, in order to create a
biatrial Zygote geometry, we physically connect RA to LA embedding IC coming from
the Riunet model (using vmtk). Following the Algorithms 1-4 of LDRBM presented
in Section 2.2, biatrial fiber architectures are generated for the Zygote geometry (see
Figures 2.19(a-b)) and for the Riunet model ( see Figures 2.17(c-d)).

The input values of the parameters 7;, which define the bundle dimensions of the
biatrial LDRBM, are reported in Tables 2.7, 2.8, 2.9 and 2.10 for IC, RA, PM and LA,
respectively. Moreover, for the Zygote model we define a further transmural variation
in BB (see Figure 2.19(a)) by defining the unique normal direction k as (see also
point 1 in step 4 of Section 2.2)

= (1= o)V + [0 Vtbap.

We observe that the biatrial LDRBM captures the arrangement of fiber directions
in all the principal anatomical atrial regions of RA, with the inclusion of PM (see
Figures 2.19(b-d)), of LA, with the prescription of different transmural variations
(e.g. in BB, LPV and RPV), see Figure 2.19(a). Moreover, it physically includes the
principal IC connecting RA to LA: BBj¢, FOic, see Figure 2.19(c).
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Figure 2.20: Comparison between the activation maps of EP simulations performed
with the atrial LDRBM fiber generation and the isotropic model on the Zygote geome-
tries. Left (a,d): Fibers simulation; Centre (b,e): Isotropic simulation. Right (c,f):
absolute difference AAf ; in the activation times for LA (i = £) and RA (i = r). Top
(a,b,c): LA; Bottom (d,e,f): RA.
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Figure 2.21: Comparison between EP simulations with different values of 7,,, in the
atrial LDRBM fiber generation for the Zygote LA. Dashed lines in white represent
the limit of the MV bundle. Left (a): Tpm, = 0.65; Centre (b): 7, = 0.85; Right (c):
absolute difference AA in the activation times.

2.6.4 Atrial electrophysiology

In order to analyse the influence of atrial fiber bundles in the electric signal propagation
we performed several EP simulations (with the setting specified in Section 2.4.2) on
the realistic Zygote LA and RA geometries.

Firstly, we made a comparison with an isotropic model. For the atrial LDRBM
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fiber parameters, we considered those reported in Tables 2.5 and 2.6. The fiber EP
simulations were carried out using the conductivity values of Table 2.4, while the
isotropic EP simulations by setting in (2.7) oy = 0, = 0, = 7.0 mS/cm, that is a
representative value chosen for the conductivity along the atrial fiber direction (see
Table 2.4). To initiate the signal propagation in RA we applied a single stimulus
in SAN which lies in the musculature of CT at the anterolateral junction with the
SCV [100]. For LA we stimulated at the location of the main IC to surrogate the
electric signal coming from RA: in the centre of BB (representing the BBj¢); in the
centre of LAS (standing for FOi¢); in the limbs of CSM at the bottom of LAW
(surrogating the CSyc) [208]. Activation of FOc and CSic were delayed, with respect
to the BBi¢ stimulus, by 14 ms and 52 ms, respectively.

Figure 2.20 displays the results of the comparison among simulations performed
with the atrial LDRBM fibers and the isotropic model for both RA and LA. Both
the activation pattern and activation time present significant differences. To provide
a quantification, we computed the absolute difference AA%,I in the activation time:

AAg i(x) = [Ap(z) — Aj(=)]  i=rL, (2.13)

where i = r, £ refer to LA (i = ¢) and RA (i = r) and AL and A} are the activation
times obtained by the simulations with and without fibers, respectively. Most of the
differences occur at LPV and LAA for LA, and at RAA and TV for RA. Finally, we
computed the maximal discrepancy, M}, ; = maxgzeq,,, AAL (x), i = £,

MIZ?,I = 60ms (52 %)7 M};J = 48 ms (44%)’

where in brackets we reported the relative values computed as M}m /AL . with
Al e = 116 ms and A, = 108 ms the total activation times. For RA Mf,; is

placed in RAA, while for LA Mf;yl is located in LPV.

Then, we investigated how a local change in a single LA bundle (the MV one)
affects the total activation pattern. We performed two EP simulations with the same
fiber setting used for the comparison with an isotropic model, except for the value of
Tmw, Which was set equal to 0.65 and 0.85, and excluding the presence of BB bundle.
Figures 2.21(a-b) depict the corresponding generated fibers: notice that with 7,,, =
0.65 the MV bundle is thicker with respect to the one obtained with 7,,, = 0.85, see
Figures 2.21(a-b). We also reported the absolute difference in the computed activation
times for the two fiber architectures, see Figure 2.21(c). The maximal discrepancy,
located in LAA, is of 28 ms which corresponds to 24% of the total activation time for
LA (116 ms).

The atrial EP simulations revealed a strong influence of the complex atrial fiber
architecture on the electric signal propagation. The activation pattern and timing,
induced by the atrial LDRBM fibers, were consistently different from the isotropic
model (Figure 2.20) in accordance with the previous findings [120, 64]. Furthermore,
EP simulations, embedded with the atrial LDRBM fibers, provided a total activation
time of 108 ms for RA and 116 ms for LA (Figure 2.20). These values are compatible
with the timings predicted in [44] for RA (102 ms) and in [120] for LA (115 ms).

2.7 Towards the validation of atrial fibers

In order to verify the reliability of the atrial LDRBM, we compare the results of the
novel atrial LDRBM with anatomical pictures [100, 51, 97, 212] (Section 2.7.1), with
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2.7. Towards the validation of atrial fibers

Figure 2.22: Comparison between anatomical atrial dissections in a normal human
atria and fibers obtained by the atrial LDRBM in the Riunet and Zygote geometries.
Fiber orientations, displayed with dashed lines in anatomical pictures, are compared
with fiber generated by the atrial LDRBM rules (R1-R7). ICV, SCV: inferior and
superior caval veins; CT: crista terminalis; CS: coronary sinus; LV: left ventricle;
TV, MV: tricuspid and mitral valve rings; LPV: left pulmonary superior (LS) and
inferior (LI) veins; RPV: right pulmonary superior (RS) and inferior (RI) veins; BB:
Bachmann’s Bundle. Anatomical pictures are readapted from [100, 51, 97, 212].

the fiber orientations obtained by another RBM [67] (Section 2.7.2) and with DT-MRI
fiber data [167] (Section 2.7.3).

2.7.1 Comparison with anatomical data

We provide a graphical comparison of the results obtained in the Riunet and Zygote
geometries, by means of the LDRBM, with anatomical pictures of atrial dissections
in a normal human heart taken from [100, 51, 97, 212], see Figure 2.22. The fiber
directions predicted by the atrial LDRBM rules showed an excellent agreement with
the anatomical studies, sustaining the validity of rules R1-R7 (Section 2.2).
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Left Atrium comparison Right Atrium comparison

Ferrer et al. RBM Atrial LDRBM for LA Ferrer et al. RBM Atrial LDRBM for RA

®

Figure 2.23: Fiber orientations (rendered in red glyphs) comparison in the Riunet
geometry between the atrial LDRBM and RBM in [67] for RA and LA. First column
(a,e): RBM in [67] for LA; Second column (b,f): atrial LDRBM for LA; Third column
(c,g): RBM in [67] for RA; Fourth column (d,h): atrial LDRBM for RA; Black arrows
represent the main fibers direction in specific atrial regions; FO: Fossa Ovalis; BB:
Bachmann’s Bundle.

[BIARA | 7 I R 7 B kS
[ JHU-geo | 0.90 [ 0.90 (90°-0°) ] 0.10 (90°-0°) [ 0.50 [ 0.60 (90°-90°) [ -0.30 |
[ BIA-RA | Traw \ Tet_ \ Tet, [ v | Tras \ |
| JHU-geo | 0.75 (0°-—20°) | -0.22 \ -0.22 | 0.40 | 0.40 (90°-90°) | |

Table 2.11: Bundle parameters used for RA fibers generation in the reconstructed real
biatrial geometry. We use the convention 7;(Qendo-Ctepi) to set a linear transmural
angle variation for « inside the -th bundle, while 7; alone to imply dendo = Qeps = 0°.

2.7.2 Comparison with another Rule-Based Method

The results obtained by our novel fiber generation strategy in the Riunet geometry
were compared with those previously reported in [67]4, prescribed by means of a RBM
incorporating a detailed regional description of fiber directions provided by anatomical
observations [242, 67]. Specifically, RBM in [67] was built by a manual subdivision
of the atrial geometry in several regions to embed a detailed fibers description [67].
This model includes also IC bundles, i.e. the Bachmann’s Bundle (BB), the limb of
Fossa Ovalis (FO) and the connections of the Coronary Sinus Musculature (CSM). We
removed IC from the Riunet model, in order to separately apply the atrial LDRBM
for RA and LA. The fibers field generated by our LDRBM (Figure 2.23), owing to a
suitable choice of the input parameters 7; (Tables 2.5 and 2.6), is in excellent agreement
with the finding of RBM previously proposed [67], reproducing almost the same fiber
orientations among the different atrial bundles.

4Freely available online at https://riunet.upv.es/handle/10251/55150
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[ BIA-LA | 7 [ Topo | Tipo [ Towt | Tiaain | Tiaawp | hb \ Tlaw |
[ JHU-geo | 0.85 | 0.15 | 0.8 (90°-0°) | 0.05 | 0.60 (40°-40°) | 0.80 (40°-40°) | 0.40 (0°-40°) | 0.50 (90°-00°) |

Table 2.12: Bundle parameters used for LA fibers generation in the reconstructed real
biatrial geometry. We use the convention 7;(@endo-Crepi) t0 set a linear transmural
angle variation for « inside the i-th bundle, while 7; alone to imply aendo = Qepi = 0°.

2.7.3 Comparison with DT-MRI fiber data

We compare the fiber generation results of LDRBM with DT-MRI fiber data in a
reconstructed real biatrial geometry [167]. Moreover, we investigate the differences in
using LDRBM and DT-MRI fibers in EP simulations.

DT-MRI fiber data and the segmented tetrahedral biatrial mesh are from the
study of Pashakhanloo et al. [167] (in which ex-vivo human biatrial anatomies were
obtained from high resolution sub-millimeters DT-MRI) and were procured by the
Trayanova Lab (http://www.trayanovalab.org/) of Johns Hopkins University (JHU).
Starting from the volumetric segmented mesh we extracted (using vmtk [11, 66] and
Meshmixer® software) LA and RA endocardia and the biatrial epicardium. Then,
we produced 3D labelled hexahedral mesh following the procedure described in Sec-
tion 2.4.1. Finally, we projected DT-MRI fiber data, embedded in the segmented
tetrahedral biatrial mesh, into the hexahedral mesh by means of a linear projection
interpolation (using vmtk).

For the atrial LDRBM, we considered the parameters detailed in Tables 2.11 and
2.12. In addition, we fix Nyqq = Nyqw = 0, and we prescribe further transmural angle
variations in LAS, by setting a linear relationship for the angle o at endocardium
(Qendo = 0°) and epicardium (@endo = —40°), and in BB, by defining the unique
normal direction k as a linear combination of 1, and 1, (see also points 1-2 in step 4
of Section 2.2). Finally, since no IC were prescribed for this case, LA and RA fibers are
computed using the function compute; 5, and computeg ,, for positive and negative
values of &, respectively (see Algorithm 1, 2, 4 of Section 2.2).

Figure 2.24 displays the comparison between the fibers generated by LDRBM (see
Figures 2.24(a,d)) and those coming from DT-MRI data (see Figures 2.24(b,e)). The
two architectures reproduce globally the same fiber orientations among the different
atrial bundles, with visible major differences only in a restricted zone of LAA, at the
top of RAA, in the region embracing SCV (see Figures 2.24(a,b)) and in the inter-atrial
septal junction (see Figure 2.24(d,e)).

To quantitative compare the atrial LDRBM and DT-MRI fibers, we compute the
difference between the two architecture, defined as:

diff(z) =1 — |fprmri(®) - FLorem(T)], (2.14)

where forvri, Frorem are the vector fiber fields associated to DT-MRI data and
LDRBM, respectively. The two fiber architectures match quite well with most of the
discrepancies arising only in LAA, RAA, SCV and inter-atrial septal junctions, with
value diff > 0.3 (see Figure 2.24(c,f)).

In order to evaluate the influence of using LDRBM and DT-MRI fiber archi-
tectures in the electric signal propagation, we performed three different EP simu-
lations: one with DT-MRI fiber data, another with LDRBM fibers and the last
one with an isotropic model. We considered the conductivity parameters detailed

Shttp://www.meshmixer.com
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Figure 2.24: Comparison between the atrial LDRBM fibers and the DT-MRI fiber
data, in a reconstructed biatrial real geometry. Left: Fiber vector fields f are rendered
in Glyphs for LDRBM (a-d) and DT-MRI data (b-e) in the anterior (a-b) and posterior
view (d-e). Right: differences between LDRBM and DT-MRI fibers, computed as
diff(z) = 1 — | formri(®) - frorem(®)]- Colour-bar saturated for values diff > 0.3.
Top: frontal view; Bottom: anterior view.

in Table 2.4 for both the simulations with LDRBM and DT-MRI fibers. Whereas,
the isotropic simulation is carried out by setting in the conductivity tensor (2.7),
of =05 =0, = 7.0 mS/cm. To initiate the action potential propagation we applied
a single stimuli in SAN region (located near SCV in RA).

In Figure 2.25, we report the comparison of the activation maps obtained with
the three configurations. The total activation time is around 130 ms, for both the
simulations with LDRBM and DT-MRI fibers, while the isotropic model produces a
remarkably different value of 92 ms, see Figures 2.25(a-c). Moreover, the activation
patters, coming from DT-MRI and LDRBM fibers, are compatible with only marginal
discrepancies in LAA and RAA appendages, and near TV and MV regions, see Fig-
ures 2.25(a-b).

Finally, we compute the absolute difference AApryrr,; () in the activation pattern
among the different configurations as

AAprmrri(x) = [Aprvri(x) — A;(x)] i = LDRBM, Iso, (2.15)

where ApTmrr, ALpreMm and Agg, are the activation times for DT-MRI, LDRBM and
isotropic simulations, respectively (see Figures 2.25(d,e)). The discrepancies between
the simulations with LDRBM and DT-MRI fibers exceed the 15 ms (i.e. 11% of the
total activation time) only in restricted zones of TV, MV and LAA (Figure 2.25(d)),
while it extend almost over the whole LA volume between the simulations with DT-
MRI fibers and the isotropic model.
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Figure 2.25: Comparison among the activation maps of EP simulations with LDRBM
fibers, DT-MRI fiber data and the isotropic model, in a reconstructed biatrial real
geometry. Top-Left (a): LDRBM fiber simulation; Top-Centre (b): DT-MRI fiber
simulation; Top-Right (b): Isotropic simulation. Bottom: absolute difference AA4;
in the activation times for i=DTMRI-LDRBM (d) and i=DTMRI-Iso (e); colour-bar
saturated for values AA; > 15 ms; boxed figures show the volumetric differences.
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Chapter

Modeling the biventricular cardiac
electromechanics

In this chapter, we introduce the biventricular 3D-0D model, composed by a bio-
physically detailed 3D electromechanics (EM) model, which includes electrophysiol-
ogy (EP), mechanical activation (MA) and tissue mechanics (TM), strongly coupled
with a 0D closed-loop lumped parameters haemodynamics model of the whole circu-
latory system, including the heart blood flow. We begin by carefully detailing the
mathematical formulation of the different core models, composing the 3D-0D model,
plus the coupling condition between the 3D EM and the 0D fluid models (Section 3.1).
Moreover, we provide an effective boundary condition for the mechanical problem that
accounts for the neglected part of the domain located above the biventricular basal
plane. Then, we illustrate the space and time numerical discretizations of the differ-
ent core models, carefully addressing the coupling approach to solve, at the algebraic
level, the 3D-0D coupled problem (Section 3.2). Afterwards, we present physiological
EM simulations using the 3D-0D model (Section 3.3). Specifically, we show that our
results match the experimental data of relevant mechanical biomarkers available in
literature [137, 238, 138, 236, 31, 61, 219]. Furthermore, we study at which extent
different configurations in cross-fibers active contraction, that surrogate the myofibers
dispersion, affect EM simulations. Finally, we investigate the impact of using different
myofiber architectures on EM simulations. The results presented in this chapter have
been accepted for publication in [177].
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3.1. 3D-0D closed-loop model for cardiac electromechanics

3.1 3D-0D closed-loop model for cardiac electrome-
chanics

In this section, we provide a detailed mathematical description of the multiphysics
and multiscale 3D biventricular EM model coupled with a 0D closed-loop (lumped
parameters) hemodynamical model of the whole cardiovascular system, including the
heart blood flow. Our model features several extensions and novel additions with
respect to the previous papers [198, 199], that are limited to LV.

The 3D-0D model includes a detailed myofiber architecture, characterizing the
different fiber orientations of LV and RV, and it comprises four core models supple-
mented by suitable coupling conditions between the 3D EM and the 0D fluid models.
The core models are related to the different interacting physical phenomena (at the
molecular, cellular, tissue and organ levels) involved in the heart pumping function®:
cardiomyocytes EP (&) [130, 72, 73, 155], sarcomere MA (&) [204, 153, 206, 125,
195, 196], myocardial TM (.#) [90, 89, 160, 103] and blood circulation (%) [198, 96,
19, 113, 33, 15, 190]. The coupling conditions are established by the conservation
constraints (') [198].

In the following sections, we first briefly recall the fiber generation methods used
to reconstruct the cardiac muscular architecture in biventricular geometries (Sec-
tion 3.1.1). Then, we detail the different core models (& — &/ — .# — %) and the
coupling conditions (¥) comprising the 3D-0D model (Sections 3.1.2—3.1.7). Finally,
we show the strategy to reconstruct the unloaded (i.e. stress-free) configuration (Sec-
tion 3.1.8).

3.1.1 Fibers generation

We denote by QY. the computational domain occupied by the cardiac muscle tissue
at rest (reference configuration), see Figure 3.1(a), representing the region occupied
by LV and RV, whose boundary 9§, is partitioned into the epicardium I')_;, the
left '), and right I'?, endocardial surfaces and the biventricular base I'}, .. (namely
an artificial basal plane located well below the cardiac valves), so that we have

o, =T9

biv vept

ury ur? ur

base*

To prescribe the cardiac muscle fiber architecture in the biventricular computa-
tional domain Y, , we use Laplace-Dirichlet-Rule-Based Methods (LDRBMs), see
Section 2.1. Specifically, we consider three LDRBM types: R-RBM [188], B-RBM [26]
and D-RBM [58]. For further details about LDRBMs, we refer the reader to Sec-
tion 2.1. Here, we just recall that LDRBMs define the transmural ¢, the apico-basal
1 and the inter-ventricular £ distances as the solutions of suitable Laplace boundary-
value problems of the type (2.2), see Figure 3.1(b). Then, for each point of the
biventricular domain, the transmural and apico-basal distances are used to build an
orthonormal local coordinate axial system [€;, €,, €;] owing to

Vo > Vip—(Vip-e)er

€t = Vel ©n T TVy—(Veoel’

IR € = e, X €y,

defined as the unit transmural, longitudinal and normal directions, respectively. Fi-
nally, the reference frame [e;, €,, €;] is properly rotated with the purpose of defining

IWe indicate with a calligraphic letter the name we give to the mathematical core model.
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(c)

Figure 3.1: Left (a): representation of a biventricular reference domain Y, whose bor-
der is partitioned in F?}epi, I‘gase, F?U and I'% . Top Right (b): solutions of the Laplace
problem (2.2) defining ¢ the transmural, 1) the apico-basal and ¢ the inter-ventricular
distances that are used to prescribe the myofiber orientations using LDRBM of type

D-RBM. Bottom Right (c): fiber field f obtained using D-RBM.

the myofiber orientations:

[§l7€n7/ét] al—’ﬁl> [.vanO)SO]a iZEU,TU
where f is the fiber, ng the sheet-normal and sq the sheet directions in the reference
configuration, respectively. Moreover, i = fv, rv refers to LV or RV, and «; and j; are
suitable helical and sheetlet angles following linear relationships

GZ(dZ) = eem‘,i(l — dl) + Hendo’idi, with 0 = o, 8 and i = {v,rv,

in which d; € [0, 1] is the transmural normalized distance and Ocrndo,i, Oepi,; are suitable
prescribed rotation angles on the endocardium and epicardium, see Figure 3.1(c). To
embed different myofiber orientations for LV and RV, we employ the inter-ventricular
distance ¢ in which positive values of { identify the LV, whereas negative values refer to
the RV [176]. Moreover, we define the normalized inter-ventricular distance £ € [0, 1]
by rescaling &, see Figure 3.1(b).

An example of LDRBM boundary-value solutions for the fiber generation procedure
(of D-RBM type) is sketched in Figure 3.1(b). For further details about ventricular
LDRBMs we refer the reader to Section 2.1.
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3.1.2 Electrophysiology Core Model (&)

The mathematical description of electric activity in the cardiac tissue is expressed
by EP core model, comprising two building blocks: a system of ODE, describing the
activity at cellular-level, and a PDE related to the transmembrane potential propaga-
tion through the cardiac muscle [71, 72]. In this thesis, we consider the monodomain
equation endowed with a suitable ionic model for the human action potential [246,
247, 47].

Given the computational domain Qgiv and the time interval ¢ € (0,T], the mon-
odomain system (&), written in Lagrangian coordinates, reads as follows

Electrophysiology (&) :

Find, for each ¢, the transmembrane action potential u: Q). x (0,7] — R, and the

biv
ionic variables vector w: QY. x (0,7] — R™ such that

JXm Cm% + Zion(u,w)| =V - (JET'DFTVu) = JxmZapp

in Q). x (0,T], (3.1a)
aa—": — H(u,w) =0 in Q0. % (0,T], (3.1b)
(JET'DF "Vu) - N=0 on 9909, x (0,T], (3.1c)
u=ug, wW=wp in QY. x {0}. (3.1d)

Specifically, w = {wy};*, encodes the gating-variables (representing the fraction of
open channels per unit area across the cell membrane) and the concentration of specific
ionic species. Among them, one ionic variables (let say wy) represents the intracel-
lular calcium ions concentration [Ca2+]i, indicated in what follows with wg,. The
constant x,, represents the surface area-to-volume ratio of cardiomyocytes, while C,,
stands for the trans-membrane capacitance per unit area. The reaction terms Z,,
and H (specified by the ionic model at hand) couple together the action potential
propagation and the cellular dynamics. Specifically, we use the human ventricular ten
Tusscher-Panfilov ionic model (TTP06, n,, = 18 of which 12 gating variables and 6
ionic concentrations), which is able to accurately describe ions dynamics across the
cell membrane, at least in physiological conditions; see [247] for details on the specific
definition of w, H and Z;,, related to TTPO6.

The action potential propagation is driven by the diffusion term V-(JF " 'DF~TVu),
appearing in (3.1a), where we introduced the deformation gradient tensor F = I+ Vd
with J = det(F) > 0. In the former expression for F, d is the cardiac tissue displace-
ment, which is given by the solution of TM core model (.#), that will be provided
later in Section 3.1.4. The diffusion tensor reads:

FfooFf,
[Ffol?

FSQ X FSO
[Fso|?

FTLO (%9 FTLO

D= Uf((bfast) [Fno |2

+Us(¢fast) +0n(¢fast)

where 0¢(dfast); 0s(Drast), On(Pfast) arve the fiber, sheet and sheet-normal conductiv-
ities, respectively, defined as

Jk((b ): Ok, fast if¢fast <e, k:fasana
fast Ok, myo if d)fast > €, k= fa S, N,
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(bfast
1F WO

Figure 3.2: Left: solution ¢, of the Laplace problem (2.2) built as a function of the
transmural distance ¢. Right: selection of the fast endocardial layer ¢fq5 < € [127]
and the five spherical impulses in LV and RV endocardia: in the anterior para-septal
wall, in the left surface of inter-ventricular septum and in the bottom of postero-basal
area, for LV; in the septum and in the free endocardial wall, for RV.

where o, fast and Ok myo (With & = f,s,n) are the prescribed conductivities inside
and outside the fast endocardial layer, defined as ¢ rus:(¢) < € (with € < 1) and built
as a function of the transmural distance as (see Figure 3.2)

_ .| 2(¢—min(¢))
¢fast(¢) =1 max(qS) — mln(qS) 1f. (32)

The electric current Z,p,, stimulating the heart tissue, originates from the Purkinje
network [252, 46, 126]. In this thesis, we do not explicitly model the Purkinje network
(as for instance done in [252, 46, 126]). Instead, to surrogates the effect of the Purkinje
network (as done in [127]), we combined a series of spherical impulses, taken along LV
and RV endocardia where an electrical stimulus is applied, with the fast endocardial
conduction layer, see also Figure 3.2. To model the spherical stimuli, we set:

7

app

=7

Na .
= mee Zk:ﬁp 1S(m,mk) if mOd(tv THB) € [tgpp,k’ t?zppvk + tapp]
app (T, 1) =

0 otherwise

where Z™" is the electrical impulse amplitude and S(x, ;) = |@ — @[> < 672,,, with

{z k}kNi‘iP, the spherical region wherein the k-th stimulus, with radius d,pp, initial time
tgpp’ . and duration ¢, is applied at every heartbeat with period Tyg?.

Finally, problem (&) is closed by the initial conditions (3.1d) and equipped with
homogeneous Neumann boundary condition (3.1c), where N represents the generic
outer vector normal, taken in the reference configuration, to the boundary surface.

Notice that, in the case of a fixed domain (i.e with d = 0 which implies F =T and

J = 1) we retrieve the monodomain expression (2.8) presented in Section 2.3.

2For further details about the specific values chosen for Sapp, tapp, Thp and I™%® we refer to
Table 3.1 (see also Section 2.4.2)
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3.1.3 Activation Core Model (&)

Among the ionic species involved in the ionic dynamics of cardiac EP, calcium ions
enter inside the cell a few instants after the beginning of the cell excitation. In turn,
the increase of calcium concentration, triggering the activation of the thin filaments
inside the sarcomeres, play a key role in the active force generation mechanism.

In this thesis, we model MA of cardiac tissue by using a system of ODEs (&),
standing for an Artificial Neural Network (ANN) based model: the so called RDQ18-
ANN (recently proposed in [196]), which surrogates the high-fidelity RDQ18 [195]. The
RDQ18 model is based on a biophysically detailed description of the microscopic active
force generation mechanisms taking place at the scale of sarcomeres [29, 195]. The
RDQ18-ANN model has the great advantage of strikingly reducing the computational
burden associated to the numerical solution of the RDQ18 model, yet reproducing its
results with a very good accuracy, as shown in [196].

Given the computational domain Y, and the time interval ¢ € (0,7], the MA
core model () reads as follows

Activation (&) :

Find, for each t, the two-variable state vector s: ng x (0,T] — R2, such that

% = K (s, wca, SL) in Ql(z)iv x (0,77, (3.3a)
s = sg in Q) x {0}, (3.3b)

where K represents a suitable function associated to ANN, previously trained from a
collection of simulations obtained with the high-fidelity RDQ18 model [194, 196].
The model () has two inputs: the first one is the scalar field wc,, denoting the
intracellular calcium ions concentration [Ca®']; over the domain Q). . provided by
the TTPOG6 ionic model (3.1b), which gives a description of the intracellular calcium
dynamics directly from one of the ionic variables wc, € w; the second one is the scalar
field SL, denoting the elongation of the sarcomeres belonging to each region of the

domain Q9. . defined as
SL = SLoy/Tas(d),

biv’
where SLg stands for the sarcomere length at rest and Z,y = F f, - F f) is a measure
of the tissue stretch along the fibers direction. This creates a feedback between the
mechanical model (.#) and the force generation model () [198].

The RDQ18-ANN output is the permissivity P € [0,1] which is obtained as a
function of s, P = G(s), where G is a linear function defined in [196]. Since P is
the fraction of the contractile units in the force-generation state, the active tension
is given by T, = T,*** P, where T,"** denotes the tension generated when all the
contractile units are generating force (i.e. for P = 1), see [196] for further details.

To differentiate the active tension in LV and RV, we define a spatial heterogeneous
active tension

Tu(s,@) = T G(s) [€(@) + Copu(1 — é(@))] |
where £ € [0,1] is the normalized inter-ventricular distance, defined in Section 3.1.1,
and Cyry, € (0,1] represents the left-right ventricular contractility ratio, see Fig-

ure 3.1(b). Finally, problem (<) is closed by the initial condition (3.3b).
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3.1.4 Mechanics Core Model ()

The heart muscle can be described as an anisotropic hyperelastic viscous medium,
whose architecture is characterized by the presence of the muscular fibers. Indeed, the
heart passive mechanical response spreads into three mutually orthogonal preferential
directions, namely the fiber f, the sheet sg and the sheet-normal ng directions, which
form a local orthogonal frame of reference spanning the whole cardiac domain 9, ., see
Section 3.1.1. In this thesis we disregard the visco-elastic properties of the heart [91,
157] and we simply assume that the cardiac muscular tissue is represented by an
hyperelastic material constitutive relation. Many transversely isotropic or orthotropic
constitutive laws have been proposed in the literature so far (see e.g. [160, 102, 103,
89, 90, 12]), accounting for the different response along the myofiber directions f, so
and ng. Meanwhile, the tissue active contraction is typically expressed, either within
an active stress [188, 7, 249, 248] or active strain formalism [204, 23].

In this thesis, the mechanical response of the cardiac tissue is described by the
momentum conservation equation (.#) under the hyperelasticity assumption and by
adopting an active stress approach [89, 160], employing the orthotropic Guccione
constitutive law [90].

Given the computational domain QY,, and the time interval ¢ € (0,T], the TM
core model (.#) reads as follows

Mechanics (#) :

Find, for each ¢, the displacement d: Y, x (0,T] — R3, such that

biv

sz ~ V- -P(d,T,(s,z)) =0 in QY x (0,T], (3.4a)
P(d, T, (s, z))N = K""'d + C”em%‘: on T, x (0,7, (3.4b)
P(d,T,(s,2))N = —74,(t) JETIN on I'Y, x (0,7], (3.4c)
P(d,T.(s,x))N = —m,,(t) JFTTN on T9, x (0,T], (3.4d)
P(d, T,(s,z))N = | JFTN]| [WUV%SE + WMV?ZSE} on T9... x (0,7], (3.4e)
d = dy, %‘: = dy in QY,, x {0}, (3.4f)

where p; is the density. Within the active stress formulation, the first Piola-Kirchhoff
stress tensor P = P(d, T,) is additively decomposed according to

aW(G)(F) FfO ® -fO FSO X So F’n,o ® )
P(d,T,) = ——F5—— +Tu(s, s n——=—1s (3.5
(@) = =5 — + Tals,@) [ny ==t my = m, =t | (35)

where the first term represents the passive mechanics with W(S) being the strain en-
ergy density function, whereas the second one stands for the orthotropic active stress,
with T,(s,x) the active tension provided by the activation model (&7). Moreover,
Zss = Fsg - Fsg and 7y, = Fng - Fng are the tissue stretches along the sheet and
sheet-normal directions, respectively, and ny, n, and n, the prescribed proportion of
active tension along the fiber, sheet and sheet-normals directions, respectively. In this
thesis we adopt the orthotropic active stress formulation (3.5), which surrogates the
contraction caused by dispersed myofibers [87, 88, 77, 207, 79].

To model the passive behaviour of the cardiac tissue, we employ the orthotropic
Guccione constitutive law [90], according to which the strain energy function is defined
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as
(@)

W© _ g (e —1) + % (J — 1) log(J),

where the second term is the volumetric energy with the bulk modulus (%), which
penalizes large variation of volume to enforce a weakly incompressible behaviour [173,
56], and the exponent ) reads

Q = by B3y + b B2 + bun B2, + by (B3, + B2 ) + by (B3, + B2 ) + ban (B2, + E2,).

where a is the stiffness scaling parameter, E;; = FEig - jg, for i,j € {f,s,n} and
10,30 € {fo,S80,M0}, are the entries of E = % (C —1), i.e the Green-Lagrange strain
tensor, being C = FTF the right Cauchy-Green deformation tensor.

Finally, problem (.#) is closed by the initial conditions (3.4f) and equipped with
proper boundary conditions (3.4b)—(3.4e) detailed in what follows. We remark that
the boundary conditions (3.4b)—(3.4e) are one of the possible choices for the mechan-
ical problem (3.4). However, for the sake of exposition, we decide to consider (3.4f)

as the () core model.

Epicardial boundary condition

The heart is surrounded by the pericardium membrane, that prevents the cardiac mo-
tion from large stretching and protects the heart from external shocks. The pericardial
cavity is filled with a lubricating serous fluid to ensure minimal friction of the heart
wall with nearby organs, when the myocardium contracts and relaxes [263, 175].

To model the mechanical constraint provided by the pericardium [80, 175, 235], we
impose at the epicardial boundary Fgepi a generalized Robin boundary condition (3.4b)

by defining the tensors Kv¢?" and Cv°P’ as

K" = KIP(N @ N —1) - K" (N @ N), (3:6)
C'ri = ¢ (N@N 1) — O (N © N), (3.7)

where K| K ﬁ)ep ‘ ci? ‘ Cﬁwp " € R are the stiffness and viscosity parameters of the
epicardial tissue in the normal and tangential directions, respectively. In this way, the
epicardial tissues surrounding the heart wall are modeled as a system of springs and
dashpots that mimic the elastic and viscous effects, respectively. Hence, the coefficient
K" and K ﬁ’ep " represent the spring stiffness per unit area, while C7", C‘Tep * are the
dashpot viscosities per unit area. For simplicity, we use a unique set of parameters
for the epicardial region of LV and RV.

Endocardial boundary condition

The endocardial surfaces of LV and RV are in contact with the blood inside the
cardiac chambers. To accurately model the coupling between the blood and the heart
muscle, FSI models can be adopted. In this thesis, we neglect the shear stresses
produced by the fluid on the endocardial wall, rather we consider only the effect of
fluid pressure, that we assume to be constant in the whole endocardial cavities of
LV and RV, respectively. Therefore, normal stress boundary conditions (3.4c)—(3.4d)
were imposed at the endocardia I'), and I'?, of both ventricles, where 7y, (t) and 7., (t)
represent the pressures exerted by the blood in LV and RV, respectively.
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Notice that, in the 3D-0D model (that will be presented hereafter in Section 3.1.7),
the fluid pressures 74, (t) and 7, (t), acting on LV and RV endocardia, are given by the
coupling between the TM (.#) and the fluid circulation (¢) problems, thanks to the
coupling conditions (¥'). Both the circulation model (¢") and the coupling conditions
(7) are detailed later in Sections 3.1.5 and 3.1.6, respectively.

Basal boundary condition

The base I‘gase is an artificial boundary and, as such, it must be provided with suit-
able boundary conditions that account for the effect of the neglected part of the
domain above the ventricular basal plane considered. In the TM core model (.#), we
set on I') _ the energy-consistent boundary condition (3.4e) in the weighted-stress-
distribution form, where

€ Jro JETNL,
Jro  €IJF-TNIdI'y’

se

(1—£) Jro JF~TNdT,

vise(t.€) = : ,
Jro (1=€)|JF-TN|dI

v (t,€) =

(3.8)

with é the normalized inter-ventricular distance defined in Section 3.1.1. The bound-
ary condition (3.4e) represents the extension to the biventricular geometries of the
energy-consistent boundary condition originally proposed in [196] for LV. The com-
plete derivation of the energy-consistent boundary conditions are hereafter detailed.

Energy-consistent boundary condition in biventricular geometries

The energy-consistent boundary condition (3.4e), accounting for the effect of the ne-
glected part of the domain located above the biventricular base Fgase, is consistently
with the principles of momentum and energy conservation [196]. It represents a gen-
eralization, for biventricular geometries, of the boundary condition proposed in [196].

In what follows, we denote by QtNU (respectively Q?,m) the volume occupied at
time ¢, within LV (respectively, RV), by the fluid located below the base. Moreover,
we employ the tilde symbol (~) to refer to volumes and surfaces located on top of
the ventricular base. Specifically, we denote by ﬁ?,eu and ﬁ},rv the fluid volumes in

LV and RV, located above the base. Similarly, we denote by I:f)em-, I and I the
epicardial, and endocardial (left and right) surfaces located above the ventricular base.
Finally, we denote by T'%, __ the ventricular base surface itself, but endowed with outer
normal vector directed towards the apex, differently than for T} ..

Following the derivation of [196] and by defining T = J~!PF7 as the Cauchy

stress tensor, the balance of momentum, with a quasi-static approximation, entails

0:/ V~de:/ Tndl; =
Qe ZioH

(3.9)
:/ TndFt+/ Tndl'; + TndFt+/ Tndl.
fvepi fzv f'trv anse
The normal stress on the endocardium is given by Tn = —my,n and Tn = —7.,n

(on fﬁv and f’;v, respectively), while we assume negligible the load on the epicardium

(i,e. Tn =0 on ftvem‘)' Thanks to the divergence (Gauss) theorem, it is possible to

write the endocardial terms of Equation (3.9) as integrals over I} and I'L,. Indeed,
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we have the identities:

o)

Vg, dx 2/ oo dly +/~ Teondly,
t T

%00 40 bo T,
0= / _ Vmppdx = / Trondly + /~ T dly,
Q% U5 L, rt, r't,
from which we have
ff? meondly = — fl"} Teondly, ff?u Trondly = — friv Trondl;.

Hence, for the Equation (3.9), we end up with

/ TndFt = —/ Tn dFt = —/ T dFt —/ Tl drt =
Thase Tee g, I,
J

which entails, by considering the pull-back, to the reference configuration

/ Tndl“t:/
It T

0
base Lv

meondl’y + / T dly,
I“t

t
Lv TV

T JE Tndly + / Ty JE~Tndly. (3.10)
r

0
TV

Equation (3.10) provides the overall stress acting on the ventricular base. However,
we need some additional assumptions to define the point-wise distribution of stress,
among the infinitely many satisfying Equation (3.10). In the original derivation of the
energy-consistent boundary condition [196], at this stage, a uniform stress distribution
assumption is made. However, while this assumption is reasonable in a single-ventricle
geometry, it is unrealistic when the ventricular base surrounds both ventricles. Indeed,
the blood pressures acting in LV are typically much larger than those in RV. For this
reason, we propose to distribute stress over the basal surface not uniformly, but rather
according to a weight function (: Fgase — [0, 1], that indicates the fraction of stress

attributable to the pressure acting on LV, relative RV, at each base point. Hence, we
assume that, on Fgase, we have:

fl“?v 7w JE~Tn dly 10 fl“;v 7w JE T dlg
th ¢dr th (1-¢)dr ’

base base

Tn = (3.11)

which reads, in the reference configuration:

Cfr2 7o JE T dlg (1-9¢) fFO Ty JE T dlg
v + U
frgase |JE-Tn|dly frgase |[JE-Tn|(1—¢)dly

Pn = [JF Tn| [ 1 . (3.12)

In what follows we consider three different choices for the weight function ¢, corre-
sponding to as many boundary condition formulations (see also Figure 3.3):

e Uniform stress distribution. By setting ( = %, we recover the case of stress
uniformly distributed on the whole I') _ boundary:

base
P — |JF~Tn| /
frga% |JF7Tn|d].—‘O T

7o JE T Tndly + /
I

0
T

Ty JE T dFO] (3.13)

0]
Ly
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0

ng 1-\base,'rv 0

base,lv

1w o

Figure 3.3: Different choices of the basal boundary corresponding to the three type of
formulations for the energy consistent biventricular boundary condition: (a) for the

uniform stress distribution over each base I'y, .. ,, and ') . - (b) for the uniform and

weighted stress distributions, with the weight function ¢ = % and ( = é , respectively.

e Uniform stress distribution over each base. Let us suppose to split the
base into two subsets Iy, 5, and Tp,., ., respectively denoting the portion of
ventricular base surrounding LV and RV. Then, we define ¢ as the indicator
function of the set I'Y (that is ¢ =1 on Fgase,eva while ¢ = 0 on Fgase’rv).

base lv
In this case, we get:

P — |JF~Tn|
o |JF—Tn|dTy

base,lv
_ JF x|
~ Jro  |JF~TnldDy

base,rv

/ T JETTndly  on Ty, 4y

ro,

‘ (3.14)
Pn

/ T JE T dT on T v
re, ’

¢ Weighted stress distribution. Finally, we consider the case in which we set
¢ =¢ (as defined in Section 3.1.1). The function ¢ is defined such that we
have € ~ 1 on I'Y, ., € ~ 0 on I'), . and we have a smooth transition
on the septum. With this choice, the energy-consistent boundary condition of
Equation (3.12) reads

TV

Pn = [JETN] [ (V0 (1, 6) + mu(OV0 (16|, (315)

base
TV

base

having defined the vectors v;**¢ and v.¢*¢ as in Equation (3.8).

Based upon our experience, the uniform stress distribution approach usually does not
provide meaningful results. Indeed, since the stress is redistributed on the whole base
without accounting for the closeness to the two chambers, a net angular momentum
results on the elastic body, making it rotate during systole. Conversely, both the uni-
form stress distribution approach over each base and the weighted stress distribution
approach overcome this issue, thanks to a more realistic distribution of the stress.
While the two strategies globally provide very similar results, the latter allows for a
smoother solution close to the interface between the left and right bases. For this
reason, in this thesis we adopt the weighted stress distribution approach.
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3.1.5 Blood circulation Core Model (%)

EM models need to account for the interaction with the circulatory system [190]. In
this thesis, we describe the blood haemodynamics through the entire cardiovascular
network, by means of a 0D closed-loop lamped-parameters model, inspired by [96, 33]
and recently proposed in [198]. Specifically, systemic and pulmonary circulations are
modeled with resistance-inductance-capacitance (RLC) circuits, one for the arterial
part and the other one for the venous part. The heart chambers are described by
time-varying elastance elements and non-ideal diodes stand for the heart valves [198];
see Figure 3.4.

Given the time interval ¢ € (0,7], the 0D closed-loop circulation model is repre-
sented by a system of ODEs:

AV (t)

dt = Qﬁ:’fl (t) - va (t)7 (316&)
Wlt) _ Q0 (6) ~ Quult) (3.16)
Weall) _ Quun 1)~ Qu), (3.160)
d
th( ) - Qtv( ) va(t)7 (316(1)
0 _ g0 - Qi) (3.160)
ost Wnl) _ gty — Qi) (3.161)
ul

cp @0 _ () - Quie). (3168)
e e 0} (3.160)
LZ dQer"(t) Zj;(t) =—Qa"(t) — IM (3.161)
Lits 00 _ g (p) — Prel—_Piall) (3.163)

Lﬁ“l AR () Phen(t) — phy! (t)
RrY T dt —QbH(t) — N (3.16k)

Ly, dQBe, () Pra(t) — phen(t)
P T U R (3.161)

where:
Pev (t) = Pex (t) + Ey, (t) (‘/Kv (t) VO,EU) ) (317&)
Pro(t) = Pea(t) + Er(t) (Vi (t) — Voro) (3.17D)
DPea (t) = Pex (t) + Ela(t) (Véa (t) - VO,la) , (3 17C)
Pra (t) = Pex (t) + Era (t) (Vm (t) Vb,ra) ) (3 17d)
_ Dea (t) — peu(t) _ Pw (t) — Par’ (t)
R o () M o O T M
N Pra(t) — pro(t) _ Pro(t) — pg:fl( )

Q) = R pra@ ) = Ry (pro (1), PR (1)) (3.176)
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Figure 3.4: 0D closed-loop model for the circulatory system. The state variables
corresponding to pressures and fluxes are depicted in orange and blue, respectively.
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3.1. 3D-0D closed-loop model for cardiac electromechanics

In this model, pe(t), pra(t), Pev(t), Pro(t), Via(t), Via(t), Vi, (t) and V., (t) refer
to pressures and volumes in LA, RA, LV and RV, respectively. The variables Q. (%),
Qav(t), Quv(t) and @y (t) indicate the flow rates through MV, AV, TV and PV, respec-
tively. Furthermore, p5¥%(t), Q3¥°(t), p5¥s (t) and QY2 (t) are pressures and flow rates
of the systemic circulation (arterial and venous). Similarly, pP%(t), QPu(t), pP¥l (¢)
and QP (t) define pressures and flow rates of the pulmonary circulation (arterial and
venous). Moreover, p.,(t) represents the exerted pressure by the respiration and the
organs surrounding the heart. For the four cardiac chambers, time varying elastances

Ei,(t), Eg(t), Ero(t) and E,.,(t) are analytically prescribed by means of

Ep(t) = B ey, + Ef E,.(t) = Eactmate 4 BA
Ea(t) = Ef ™ ey, + B, E,q(t) = Boctmate 4 B4
with
%[1—005 (W%)] 0§t§T1§?,
Tye
_ (@) i % q P
eiw(t) = % [1 + cos (ﬂ'%)} quc) <t< Téc) + Tér), for 1 =14¢,r,
0 T + TS < t < Tus,
_ (@) i i
3 [1+cos (r =t} |0 <t < 1) + T — T,
0 8+ T — Tyup <t < {2,
€ia(l) = @ i i i for i=4,r,
ial?) %[1—005‘ (w%)} 19 <t <@ 41D,
“50) . .
% [1 + cos (W%)} tgzc) + T <t < Tus,

where Té?, TLE? are the duration of the (left ¢ = £ and right ¢ = r) ventricular and

atrial contraction, Téf«), Ta(f«) are the duration of the (left ¢ = ¢ and right i = r)

ventricular and atrial relaxation, tq(fc), ) the time beginning of the (left i = ¢ and
right ¢ = r) ventricular and atrial contraction and Typ is the heartbeat period. The
above parameters are physiologically calibrated with values ranging from E{l, Eg),
EA ., EfA — when the chambers are at rest — to (Ej + Eg<"™*) (B + E;<™7),
(EA + Eactmaz)  (BA 4 pactmaz) _ when the chambers are contracted. Finally,
Ry (p1,02)s Rav(p1,02), Riv(p1,p2) and Ry, (p1,p2) define the behaviour of valves as
diodes, according to:

R <
Ri(p1,p2) =<4 ™" PLSP2 g0 e {mv, av, tv, pv},
Rmaz7 b1 2 D2

where p; and p, stand for the pressures ahead and behind the valve leaflets with
respect to the flow direction, whereas R,,;, and R4, are the minimum and maximum
resistance of the valves.

Introducing the vector ¢(t) defined as

e(t) = (Vaa(t), Voo (1), Viea (£), Voo (8), 052 (1), D325 (), B (£), DL (8),
Sus (1), Q3L (1), QB (1), QL ()T,
which includes pressures, volumes and fluxes of the different compartments composing

the vascular network, Systems (3.16)—(3.17) can be expressed, as the core model (%),
in the following compact form

(3.18)
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Circulation(%) :
Find, for each ¢, the unknown vector ¢(t): (0,7] — R™, such that

dflit) = G(t,c(t)) for t € (0,77, (3.19a)
c(0) = o t=0, (3.19b)

where G is a proper function that collects the whole right hand sides of Equa-
tions (3.16) and (3.17). Finally, Equation (3.19b) closes the system (3.19).

3.1.6 Coupling conditions (7))

In the 0D closed-loop haemodynamics model (3.19), cardiac chambers are surrogates
by simplified 0D counterparts in the form of time-varying elastance elements. To
couple the 0D circulation model (3.19) with the 3D EM biventricular model, given
by (&)—()—(A), we follow the strategy proposed in [198] and here extended to the
biventricular case: we replace, in the circulation model, the time-varying elastance
elements representing 0D LV and RV models with their corresponding 3D mechanical
descriptions, obtaining the coupled 3D-0D closed-loop model depicted in Figure 3.5.
Hence, the pressure-volume relationships between py,, p,, and Vy,, V,., are no longer
prescribed by Equations (3.17a)-(3.17b), but by the 3D TM model resolution. More
precisely, in place of Equations (3.17a)-(3.17b), we introduce the volume-consistency
coupling conditions (¥")

Volume constraints (¥) :

VaP(d(t) = Viu(e(t)) for ¢ € (0,T), (3.20a)
VAP (d(t)) = Viw(e(t)) for t € (0,T], (3.20b)
where Vp, and V., are LV and RV volumes within the 0D circulation model, while

V3D and V3P represent the 3D ventricular volume for LV and RV computed as:
VP () = / J(t) (h@h) (x+d(t) —bi) - F 7 () Ndlo i =tv,r,
r

wherein h is a vector orthogonal to LV/RV centreline (i.e. lying on the biventricular
base) and b; (i = fv,rv) lays inside LV/RV [198]. Notice that, subtracting to the
space coordinate x + d(t) that of a point b; improves the accuracy of the formula
when the ventricular base changes its orientation [198].

Thanks to the coupling conditions (3.20), the 3D TM model (.#) must satisfy
at each time ¢ € (0,7] the volume-consistency coupling conditions (¥). Moreover,
having introduced two additional scalar Equations (i.e (3.20a)-(3.20b)), two additional
unknowns arise from the 3D TM model: the left m4,(¢) and right 7., () ventricular
pressures act as Lagrange multipliers associated to the constraint (7). Hence, we
introduce the 3D-0D (.#) — (€) coupled problem as follows:
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Figure 3.5: Biventricular 3D-0D closed-loop model for the circulatory system, cou-
pling the biventricular 3D-EM model and the 0D-fluid model. The state variables
corresponding to pressures and fluxes are depicted in orange and blue, respectively.
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Find, for each t, the displacement d: ng x(0,T] — R? and the PTessures Ty, Ty : (0, T
— R such that

ps g — YV P(d,Tu(s, ) =0 in QY. x (0,7], (3.21a)
, .od
P(d,T,(s,z))N = K""'d + C”em%t onTY, . x (0,T], (3.21b)
P(d,T,(s,x))N = —m,(t) JFTTN on TY x (0,7], (3.21c)
P(d,T.(s,x))N = —m,.,(t) JFTTN on TY, x (0,T], (3.21d)
P(d, T,(s,))N = [JE TN [m0, (£)Vrs® + 7 (1) V22 on T, % (0,77], (3.21e)
Vi (d(t) = Vao(e(t)) for t € (0,77, (3.21f)
VAP(A(t)) = Vi (e(t)) for t € (0,7], (3.21g)
d = d,, %‘: =d in QY,, x {0}, (3.21h)
Ty = Thv,0, Tro = Troy,0 t=0. (3211)

Moreover, to ensure the continuity of the pressures between the 3D TM and the
0D circulation models, we introduce the following the pressure-consistency coupling
conditions

Pressure constraints:

{pgv (t) = mep(2) for t € (0,77, (3.22a)
Do (t) = Ty (L) for t € (0,T]. (3.22b)

Therefore, we introduce the coupled 3D-0D version of the circulation model (%) as:
Find, for each ¢, the unknown vector ¢(t): (0,7] — R", such that

de(t)

2 = Gl e0), peo(t),prul0) forte (0.7, (3:23)
Dew(t) = ey (T) for ¢t € (0,77, (3.23b)
Doy () = Ty (1) for ¢t € (0,71, (3.23¢)
¢(0) = ¢, t=0. (3.23d)
where G is a proper function that collects the right hand sides of Equations (3.16)

and (3.17), apart from those corresponding to the pressures of LV and RV (3.17a)-
(3.17b).

We remark that the following coupling strategy for the 3D-0D model, where the
pressures of both ventricles act as Lagrange multipliers associated to the volume-
consistent constrains, has been proved to be complaint with the principles of con-
servation of mechanical energy, which is achieved in virtue of the energy consistent
boundary conditions, that account for the interaction among the cardiac chambers
within the computational domain. In particular, the power exerted by the cavity
pressures in the 3D EM model balances that exchanged with the 0D circulation model
at the coupling interface [198]. For the derivation of the balance of mechanical energy
for the 3D-0D model, we refer the reader to [198].
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3.1.7 The coupled electromechanical problem

Putting together the five building blocks (&)—(&/)—(A)—(€)—(¥), just detailed, we
get the 3D-EM-0D-fluid problem, a system of coupled PDEs and ODEs.

Given the computational domain ng and the time interval ¢ € (0, T], our complete
3D-0D biventricular model reads:

3D-0D Biventricular model

IXm Cm% + Zion(u,w)| =V - (JF'DFTVu) = IXmZapp
in Q). x (0,T], (3.24a)
ow .0
o H(u,w)=0 in Qp;, x (0,7, (3.24b)
(JET'DF "Vu) N =0 on 90, x (0,T], (3.24c)
% = K(s,[Ca®'];, SL) in Q). x (0,7, (3.24d)
9*d o
Pagz — V-P(d,T,(s,z)) =0 in Qp;, x (0,T], (3.24e)
. -od
P(d, T,(s, z))N = K"P'd + c"e’"%t on T, x (0,T], (3.24f)
P(d, Ty(s,@))N = —pg, () JET'N on T, x (0,7], (3.24g)
P(d,T.(s,x))N = —p,,(t) JETTN on T9 x (0,T], (3.24h)
P(d, T,(s,2))N = |[JF N [peo (£) V75 + pro(t)v75%] on T, x (0,71, (3.240)
de(t
dS: ) Gt e(t), pes(t), poo (1)) for t € (0,T], (3.24j)
Vi (d(t) = Veu(e(t)) for t € (0,77, (3.24k)
VEP(d(t) = Vyolc(t)) for t € (0,7], (3.241)

where the model unknowns are
u: Q) x (0,T] - R, w: Q) x (0,7] = R™ s: Q) x (0,T] — R",
d: Q) x(0,7] = R3 ¢:(0,T] = R"™, pg: (0,T] =R, pp: (0,T] = R,

biv

Finally, the model is closed by the initial conditions in QY x {0}:
od
ot

Notice that, in the 3D-0D problem (3.24) the continuity of the pressures, expressed
by the coupling condition (3.22), is implicitly recovered by the coupling approach for
the 3D mechanical model (.#) and the 0D closed-loop hemodynamical model (¢’) by
means of the volume conservation constraints (%), where the pressures of LV and RV
act as Lagrange multipliers. Hence, Equation (3.22a) and (3.22b) are not formally
included in the 3D-0D problem (3.24).

We remark that the number of equations, in the 3D-0D problem (3.24), balances
with the number of unknowns: we have in total 1 + n,, + ng + 3 + ne + 2 unknowns
and equations, respectively.

U = Ug, W = wWp, S= 8o, d:dOa :d07 C = Co, Ptv = Ptv,05 Prv = Prv,0-

3.1.8 Reference configuration and initial displacement

Cardiac geometries are acquired from in vivo medical images through imaging tech-
niques. In principle, these geometries are not stress free, due to the blood pressure
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Qbiv
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Figure 3.6: Schematic representation of the strategy used to recover the reference con-
figuration and to set the mechanics initial condition. The red and blue lines represent
the Klotz curves [114] (i.e. the pressure-volume relationship of the relaxed ventricles)
for LV and RV. The black lines represent schematic pressure-volume loops.

acting on the endocardia. Therefore, we need to estimate the unloaded (i.e. stress-free)
configuration (also named reference configuration) to which the 3D-0D model (3.24)
refers. To recover the reference configuration QY, . starting from a geometry ﬁbiv
(where a pressure pg, > 0 and p,-, > 0 acts on LV and RV endocardia, respectively)
acquired from medical images (typically during the diastolic phase), we extend to the
biventricular geometries the procedure proposed for LV in [198]. We assume that the
configuration ﬁbiv is acquired during the diastole, when the biventricular geometry
is loaded with pressures g, = Dgy, Tro = Drp and a residual active tension T, = T,
is present. To recover the reference configuration QY, we solve the following inverse
problem:

Find the domain ng such that, if we inflate Qgiv by d, solution of the differential
problem?

V-P(d, Ty(s,z)) = 0 in Qf,,,,
P(d,T,(s,z))N + KPid = 0 on Fgem,
P(d,T,(s,z))N = —mp, JETTN onTY (3.25)
P(d,T,(s,z))N = -7, JFTIN onTY,

P(d, T, (s, )N = | JFTN| [ww%“(é) + T v (§)| onTY,,.,

obtained for 7y, = Dy, Try = Pro and T, = fa, we get the domain ﬁbm-

3The problem (3.25) is derived from (.#) setting aside the time dependent terms.

82



3.2. Numerical approximation of the 3D-0D model

After recovering Y, , we inflate the biventricular reference configuration QY, by
solving again problem (3.25) (but now as a forward problem), where we set the pres-
sures e, = p;?{f and 7y, = p¢¢ with the superscript ed stands for the end-diastolic
phase. In this way we obtain the end-diastolic configuration for the biventricular ge-
ometry. Hence, the solution d of the problem (3.25) and the pressures pjf)l and p¢?
are set as initial conditions dg (for d), pey,o (for pe,) and pry o (for pry) in the 3D-0D
problem (3.24). The above procedure is represented in Figure 3.6. For the numerical
resolution of the above inverse problem we refer to [199], where several algorithms,

based on fixed-point iteration schemes, are proposed.

3.2 Numerical approximation of the 3D-0D model

In this section, we illustrate the numerical discretization of the 3D-0D problem (3.24).
Specifically, we follow the segregated-intergrid-staggered (SIS) approach proposed
in [199, 209], which is extended here to the biventricular case. In the SIS numer-
ical scheme, the core models (&) — (&) — (#) — (€) are solved sequentially in a
segregated manner by using different resolutions in space and time, to properly han-
dle the different space-time scales of the core models, contributing to both cardiac EM
and blood circulation [159, 188, 187].

We begin by introducing, in Sections 3.2.1 and 3.2.2, the space and time discretiza-
tions of the 3D-0D problem (3.24), explaining how the core models (&) — (&) — (A ) —
(€¢) are reciprocally solved within the adopted SIS numerical scheme. Then, in Sec-
tion 3.2.3, we detail how to solve, at the algebraic level, the 3D-0D coupled problem.
In Section 3.2.4, we summarize the SIS numerical scheme. Finally, in Section 3.2.5,
we explain the strategy that we adopt to reach a limit-cycle.

3.2.1 Space discretization

For the space discretization, we use continuous Finite Element Method (FEM) built
on hexahedral meshes [186]. We consider two nested meshes €, and Q, of the
computational domain ng, where hy and ho, with hy < hs, represent the mesh sizes.
The mesh )y, is built by uniformly refining Qy,, [1, 40]. We adopt the finer mesh Qp,
for (&), where it is essential to accurately capture the dynamics of travelling waves,
while the coarser one Qy,, is used for both (&) and (.#), which feature larger spatial
scale [20, 199, 73], see Figure 3.7.

We employ an efficient intergrid transfer operator between the two nested grids
Qp, and Qp,, which allows to evaluate the feedback between (&) and (&) — (A#) [199].
The intergrid transfer operator can be generalized to the case of locally-refined non
conforming nested grids. For more details about this strategy, we refer the reader
to [209].

We denote by ay,(t) ~ a(t), with either h = hq, ho, the semi-discretized FE approx-
imation of the generic (scalar ay, vectorial aj, or tensorial Aj) variable a(t): 9, x
(0,T] — R defined over the computational mesh Q,, (h = hy) or Qp, (h = hg).
Meanwhile, we identify by a;, (t) the vector collecting the DOFs associated with ap,(t),
with either h = hl, hg.

We introduce the following finite dimensional space:

X7 = {uop € CO(Qpsy) |k € Qu(K) VK € ), r€NY, h=hy,hs,

where Q,.(K) is the space of polynomials of degree less than or equal to r (with » > 1),
over a mesh element K of either Qp,, (h = hy) or Qp, (h = ha).
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PR

Figure 3.7: Nested meshes 2, (on the left) and €, (on the right), with h; < hg,
used for space discretization of the 3D-0D model: the finer mesh €, for (&), while
the coarser one (€2p,) for both (&) and ().

The FE approximation of the generic a;, and the corresponding vector a;, collecting
all the DOFs are then expressed respectively by

N
an(t) =Y ailt)p;  and  a,(t) = [ait),... aw, ()",
i=1

where {¢,} % is the set of basis functions for the FE space (X7 1% with N, = dim([X} ]%)
and a; (1 =1,...,N,) are the nodal values (DOF's) of the FE approximation variable,
entering in the vector a,,.

Electrophysiology (&3,)

The semi-discretized in space formulation (&, ) of the monodomain system (3.1) reads:
Find (up, (t), wn, (t)) € Xy x [&] "= for all t € (0,7}, given up, (0) and wy, (0), such
that

XmCm Thy U, () s dS2 +Xm/ Thy Zion (U, (1), wh, (t))p: dQ+

th th

+/ (Jth,:llDF,:lTVuh1 (t)) - Vi d2 — Xm/ Jhy Lapp(t)p; d2 =0,
Qpy Q

h1
Vi=1,..., Ny, (3.26&)
wh1 (t) P s — H(uhl (t)a Wh, (t)) ' df) = 0,
O, O,
Vi=1,...,Np,, (326b)

where the over-dot notation is used for the time derivative and {(;}** and {cpi}iv:f"
are the sets of basis functions for the FE spaces &y and [} ]"~, with N, = dim(&} )
and N, = dim([A} ]"=), respectively. Moreover, wp, (t) and up, (t) are the semi-
discretized versions of the transmembrane potential and the ionic vector variable,
respectively. The tensor Fy,,, with Jy,, = det(Fy,), is the interpolated deformation
tensor, obtained through the following procedure [1, 209]:
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3.2. Numerical approximation of the 3D-0D model

e First Vdp, is recovered from ,,, thanks to an L? projection [209], from the
approximated solution dj, of problem (.#},) (that will be presented shortly in
this section);

e Then Vdj, is interpolated on 2, exploiting our intergrid transfer operator
between nested meshes [209], obtaining Vd, ;

¢ Finally, we build Fj, =1, + Vd}, directly on Qp,.

Introducing the vectors wy, (t) and w, (t) collecting the DOFs associated with
up, (t) and wp, (t), respectively, Equation (3.26) can be written as a system of non-
linear ODEs:

MWDy, (1) + K(dy, () wy, () + Lion(wy, (), w),, (1) — Lapp(t) =0Vt € (0,77,

MW, (t) — H (wy, (t), wy, (£) =0 vt € (0,77,

wy, (0) =ug Wy, (0) = wqp, t=0,
(3.27)

where the following matrices and vectors have been defined

th

M) :/ Pj - pids,
h

Qny

Kij(d,, (1) = / (Ju F;, 'DF;, T¥,) - Vg, S,

Qpy

(Iion(ﬂhl (t), wy, (t)))z = XM/ Ins Zion (un, (), wn, (t))pi €2,

Qn,
Lapp(t)); = Xm o Iny Lapp(t)pi dS2,
(H (uy, (1), wy, (1)), = H (up, (1), wh, (1)) - pi dQ.

Qn,

For the evaluation of the nonlinear term I, (uy, (t),wy,, (t)), three strategies are
available (see [188, 116, 170, 169] for further details). Here, we use the so-called ionic
current interpolation (ICI) approach [116], which yields a faster assembly of the ionic

term [116]. Specifically, denoting by {}}, Ma <) and {wkX } 1 the quadrature nodes and
weights of a generic mesh element K € th, the term Iwn(ghl(t) wy, (t)) is firstly
evaluated at the DOF's and then interpolated at the quadrature nodes, i.e.

/ Iion(uhl (t)a Wh, (t))<pl dQ) =~
Szhl

N, (3.28)
~ ¥ Tion (1u(8), w; (1)) 05 (g )oi(@y Yy

KeQpn, q=1j=1

Activation ()

The semi-discretized in space formulation (4%,,) of MA core model (3.3) reads:
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Find sp, (t) € [} ]* for all ¢ € (0,77, given sy, (0), such that

| snalypid = [ Km0, wean (0, SLus(t) - i d2 =

Qpy Qpy (329)
Vi=1,...,Nn.,

where {goinf is the set of basis functions for the FE space [X} ]* with N, =

dim([Xy ]?). Furthermore, sy, (t) is the semi-discretized activation vector variable and
Wea,h, () is obtained by interpolating the intracellular calcium concentration variable
of TTPO6 ionic model from €y, to Qp,, using the intergrid transfer operator between
nested meshes [209]. On the other hand, SLy,(¢) is directly obtained by SL;, =

SLo\/Zsf(dp,), where Zyg p, (t) = Fp,(t) fo-Fp,(t) fo. Finally, the output of (@,,) is
T, (t), which denotes the semi-discretized active tension, evaluated as

Ta,hg (t) = TZLWQIG(ShQ (t)) éhz + Cem}(l - £h2) .

Introducing the vector s, (t) collecting the DOFs associated with sy, (t), Equa-
tion (3.29) can be written as a system of ODEs:

MPg, (t) — K(sy, (t), weay,, (t), SLy, (1) =0Vt € (0,77, (3.30)
85, (0) = 801, t=0,
where the following matrices and vectors have been defined
MZ(JZ) :/ ;- pid,
Qh2
(B (s, (1), ey, (1,51, (1)) = | K(sna(t), weana(t), SLug (1)) - i d2.

K2 Qh2

Finally, the semi-discretized active tension, evaluated in the DOFs, reads:

&hQ (t) _ T;naxG(§h2 (t)) |:§Ah2 + Cgm,(l — §h2) .

Mechanics (#},,)

The semi-discretized in space formulation (.#,,) of TM core model (3.4) reads:
Find dp, (t) € [}, ] for all t € (0,77, given dj,(0) and dy, (0), such that

/ padin, (1) -y A2 + / P (dpy (£), To (1)) : Vepsd +
Qn, Qn,

- / ) {(th ® NhQ) (Kj}_epidhz (t) + Cj)_epidhz (t)) +
Fzzpl
+(Npy @ Ni = 1) (K", (1) + €)' (1)) | - o, T +

+ Peo(t) //Z Jno By Np, -, dl’ —sz(t)/ | Tna Byl Ny [VE25% -, dT +
i r

base
ha

+prv(t) / Jh2F}:2TNh2 g dl — pm)(t)/ |Jh2F}:;TNh2 |V1b”(11):922 “p;dl' =0

base
ho L4

Vi=1,...,Ng,
(3.31)
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where* we denoted by (X, ]2 the finite dimensional subspace of vector valued functions
and by {¢, }Y4 its basis, with Ng = dim([Xy ]*), and we introduced

frﬁg JnoFp Np, dT
frz‘;Se Ens | Tn, By N, | dT
fm Tny Fjy Ny, dT
fl—\ba o (1= &) T, By N, [ dD

base __ ¢
Vév ho — 5112

b .
Viohy = (1= &n)

Moreover, T, p,(t) is given by the solution of problem (4, ), previously described.
Denoting by d_ (t) the vector collecting the DOFs associated with dj,(t), the
corresponding algebraic formulation of Equation (3.31) reads:

ps MOy, () + Fd,,, (1) + Gd,,, () + S(dy, (1), Tay, (1) +

- ph)( )BZU( (t)) prv( )Brv (th (t))+
+p€v( )Pév(dhg(t)) + Pro(t) Tv(ghz(t)) =0 vt e (O’T]’

th (0) = Qo,h2> th( ) = Qo,h2 t=0,

where the following matrices and vectors have been defined

Si(d,, (). T h(t)):/Q P(dpy (), Topa () - Vipy d2,

Fij = /F [Cﬁ’e’"’(th @ Np, —I,) — CYP (N, ® th)} @, - ;dl,

ha

G = / . [Kﬁem(th ©Np, —In,) = K17 (N, @ th)} @ dl,
F’Ue' i

(Br(dp, (1)) = /Fb ' | Jna By Ny [Vi5e -, d, k= v, ro.
ha

(Pr(dy, (1)) = / JhZF,;Tth o dl, k= tu, .
Tk

ha
Equations (3.27), (3.30) and (3.32) provide the splitted semi-discretization in space
of the entire 3D EM model.

3.2.2 Time discretization

For the time discretization, we employ Finite Difference (FD) schemes [189] in a
staggered approach: different time step sizes are used for the core models (&) — (&) —
(M )—(V)—(€), allowing to separate and properly manage the temporal scales related
to the cardiac 3D-0D problem (3.24).

We consider a coarse uniform subdivision 0 = tg < t; < -+ < ty = T of the
time interval [0, 7] with a time step size At, and a finer one with 7 = At/Ngyp, where
Nsup € N, see Figure 3.8. We adopt the finer time-grid, with 7, to account for the
faster dynamics of (&), and the coarser one, with At, for (&) — (A#) — (V) — (%),

4Notice that in the space discretization (3.31) of the TM core model (3.4), we set 7, = pg, and
Try = Pro in order to be complaint with the 3D-0D problem (3.24).
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Figure 3.8: Graphical representation of the time advancement scheme.

which are characterized by a larger temporal scales [20, 199, 73]. In particular, the
cardiac EP model is solved by means of the Backward Difference Formulae (BDF)
discretization of order o > 2 (BDFo), adopting an implicit-explicit (IMEX) scheme,
denoted by (Svmmx) [193, 199, 152]. For the MA we employ an explicit BDF1 time
scheme, marked as (@), whereas for TM we use a fully implicit scheme, indicated by
(A1) — (Y1) [199]. Finally, we utilize an explicit BDF1 for (éx) [199], see Figure 3.8.

To denote a generic variable at the n-th time step, we use the n superscript, e.g.
a™ =~ a(t"). Finally, we denote by aj =~ a;(t") (with either h = hq, hs) the vector
collecting the DOF's associated to the fully discretized FEM problem, for the generic
variable a(t) (scalar a, vectorial a or tensorial A).

We begin our time advancing scheme, from ¢" to "1, with the problem (EIMEX ),
which is the time discretization of the system (3.27). Once we set " Nen = "
form=1,..., Neup, (61mEx) reads as follows:

H+L
e We find w;, Ysub defined on y,, by solving:

1 ( _ n+ m n+ m n+ m
_ = 1),,,m Nsub Nsub Noub
= TM W, BDFo T H(th,EXTavﬂhl,EXTthl ),
(3.33)

where appr, and QZI,BDFU are the terms associated to the BDFo discretization
of the time derivative w, , while the subscript EXTo denotes the extrapolation
to time step n + NL}), from previous time steps, given by the BDFo at hand

[70]. Specifically, for the ionic variables ® we employ an explicit (extrapolation)

m

QBDFo M(l)wn+7N:;b
T —h

treatment of the ionic concentration variables (indicated with w,, pit ) to avoid

the solution of a nonlinear system. This does not compromise the stability of the
scheme, thanks to the non-stiff dynamics of concentrations. On the other hand,

we use an implicit treatment of the gating variables (referred to QZT Meur) due to
the severe CFL condition on the time step induced by an explicit scheme. Indeed,
thanks to the linear dynamics of the gating variables, such implicit handling does
not require the solution of a system of linear or nonlinear equations [193]. The
following approach is an extension, to the BDFo case, of the first order IMEX
scheme proposed in [193].

5We recall that the ionic vector variable w is constituted by the ionic concentrations and gating
variables. More precisely, the 18 ionic variables TTP06 model embeds 6 ionic concentrations (fea-
turing a nonlinear but non-stiff dynamics) and 12 gating variables (linear but with an highly stiff
dynamics) [193].
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3.2. Numerical approximation of the 3D-0D model

e We interpolate dj;, on the finer mesh €,, once per time step, at t = ", obtaining

/ 2 m g m
dj . We use Qzl Yeub from (3.33) and dj to find gzl Yeub over Q,, by solving:

QBDFo (J) n ion n+ N:Z.b nt N:;b nt N:Zb —
(77 M+ K(dy,) + 1" (wy, 55t Wh, uy,, =

1

3.34
M(J) n jion n+ N:Lb n+7N7:;b I tn.:,.NL ( )
g U, BDFo — WUy, EXTor Wh, + Lapp sub )

where I ff” is the derivative of the terms of I;,, that linearly depends on w;, L
while I"”" collects all the other terms.
After having solved (81mEx), by means of Equations (3.33) and (3.34) for N, steps,
we advance, from t" to t" 1 (o) (.41)—(71)—(¢r) in the following way:

e We interpolate the calcium ionic variable wg:}ll from (3.33) on the coarser mesh

+1 n+1

Qp,, obtaining wey,,, and we find s; ™ by solving (%) as follows:

1 n 1 n T (T n n
EM@)%H = EM@)% + K (sf,, woaf T, SLY,). (3.35)

where SLj  is obtained using SLj = SLoy/Zsf(d},). Finally, we evaluate the
fully discretized active tension, obtained as

n+1) _ pmax (n+1) ; F
T = TG (s ) €, + Con(1 =€, )] -
e We use EEZH), to update QZ;H, pf}jl and p"}! by solving the system (.#;)—(77):
1 M(Q) 1 F g dn+1 S dn+1 T (n+1)
Ps A2 Tl TY )G T (dr, " Loy )+
+pp  Pro(dy ) + pi P (dr )+
- pglelv(f;«fg) _p:}lerv(f?{g) =
2 2) qn 1 2) gn—1 1 n
= psx g MOy, — po MO AT+
Vi (di) = Veu(e™),
Var(di ) = Viu(e™).

(3.36)

n+1

nt1using pjtt and p?t, by solving (¢%) with the forward

¢ Finally, we update ¢
Euler method (BDF1):

" ="+ AtGp (", " pptt pitt) (3.37)

In the next Section 3.2.3, we provide details about the numerical resolution, at the
algebraic level, of the coupled problem (3.36). We refer the reader to Sections 3.1.6
and 3.2.1 for a detailed description of the terms involved in the problem (3.36).

3.2.3 Numerical solution of the 3D-0D coupled problem

Equation (3.36) is a non-linear saddle-point problem, which is numerically solved by
means of a Newton strategy employing the Schur complement reduction [28].
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The fully discretized version of (.#1) — (¥1), expressed by the system (3.36), can
be compactly written as:

ra(dp ) =0
T (dp ) =0 (3.38)
Tpro (QZ—H) =0

where we moved all the terms to the right hand side and ry,,, rp,., and rq are suitable
functions. Moreover, h = hs is understood.

We solve the non-linear saddle-point problem (3.38) by means of the following New-
ton algorithm (where the temporal index n + 1 is understood) using, at the algebraic
level, the Schur complement reduction [28]:

4 — gy, p (0 _

e We initialize, for j = 0, dy, py, =}, and pry = pp,

e For j =1,2,..., we solve the linear system
j—1 1) (-1 ; i
e il N () (o
Jz()[w(li) O 0 Apgz.)) = 1"1(,]@11) ) (3.39)
Jood 0 0 Apyy T,
where
T30 = rralall ™o 7).
j—1 1 1 1 i—1 1 1 1
I8 = gira(@y ™ 7Y Y, JEY = gerad T oY Y,
j—1 d -1 1 2 1
J;(;Zv,d) = ad"pew (QELJ ))7 ngiu d) = adrpru(gglj ))7
e We update
4 =™ - Adf, 0 = o) - A and p) = ) - Al

e When the convergence criterion (based on the increment) is satisfied, we set
dptt = d;l) pptt = ( ) and pfl = pi).
We solve the saddle-point problem (3.39) via Schur complement reduction [28]. Specif-

ically, system (3.38) can be written as

Ja,aAdy, + Ja,pp. APev + Ja p,., APro = Td
Jpeo.aBdy, =1, , (3.40)
Jppy,aldy, =1p,,

where for simplicity we omitted the superscript (j). Deriving Ad,, form the first
equation of (3.40) we have

Ady, = Jga(ta = Jd pr, AP — Jap,, APro)
Tprs.ddgata = Jpu, aJg adape, APt — Jpry.aJg add pe, Ao = T, - (3.41)
Tproddgatd = Jpe,,adqadd e A0t = Jpoy,d I3 aTape, APro = Tp,,

System (3.41) can be written as
Ady, = Jg a(ta = Ja pe, Apeo = Jap,, Apro)
Tpenddq add e, APeo + syl g aape, APro = Jpyyadgata = o, - (3:42)
Tpesdda ada pe, APt + Jp,u.adgadd e APro = Jp,,.alqatd = Tp,,
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3.2. Numerical approximation of the 3D-0D model

Introducing
oLy, = Jp,,,dWL, oLR = Jp,y,dWR, oRL = Jp,,,dWL, ORR = Jp,, ,dWR,
b = Jpemdv ~ Tpgys br = Jprv-,dv T Tprys
with
—1 —1 -1
Wi, = Jd,de,Pen WR = Jd,de,prv7 VvV = Jd, rq. (343)

System (3.42) reads:

Adj, = v — wrLApgy, — WRAD
aLLApév + aLRAprv - bL . (344)
arLApey + arR APy, = br
Solving Equation (3.44) we obtain
Agh =V - WLAva - WRAprm
bLorr + bravr browr + brory

Apg, = , App, = . (3.45)
QLLORR — ORLOLR QLLORR — QRLOLR

Notice that we have to the solve three linear systems (3.43) in order to obtain the
solution (3.45).

3.2.4 Segregated-Intergrid-Staggered scheme

In summary, for the numerical approximation of the 3D-0D coupled model (3.24) we
follow the approach proposed in [199], which is extended here to the biventricular
case. The core models (&) — (&) — (M) — (¥€) are solved sequentially in a segre-
gated manner by using different resolutions in space and time, to properly handle the
different space and time scales of the core models contributing to both cardiac EM
and blood circulation [159, 188, 187]. For this reason we call this numerical approach
Segregated-Intergrid-Staggered (SIS).

For the space discretization, we use FEM with continuous FE and hexahedral
meshes. We consider two nested meshes 2, and 25, of the computational domain
Q). (with hy < ha), where Qy, is built by uniformly refining Q, [1, 40]. We adopt
the finer mesh €, for (&), while the coarser one {2, is used for both (&) and (.#).

We employ an efficient intergrid transfer operator between the nested grids Qp,
and Qp,, which allows to evaluate the feedback between (&) and (&) — (#) [199]. In
[199], the displacement field d is interpolated on 5, and Vd is assembled on the fine
mesh directly. Here, we follow the more effective strategy proposed in [209], where Vd
is recovered on (), thanks to an L? projection [1]. Then, Vd is interpolated on Qy, .

For the time discretization, we use FD schemes [189]. The cardiac EP model is
solved by employing BDFo (with o > 2). We adopt an IMEX scheme, denoted by
(&1mEx ) with the ICT approach, where the diffusion term is treated implicitly, whereas
the ionic and reaction terms explicitly [199, 152]. For MA, TM and fluid problems
we employ the BDF1 scheme, where (@) and (¢%) advanced in time with an explicit
method, whereas a fully implicit scheme is used for (1) — (#) [199].

We use two different time steps, At for (o) — (A1) — (Y1) — (6x) and 7 = At/Ngup
for (6imex), with Ny, € N. We first update the variables of (6imEx), then those of
(#4) and finally, after updating the unknowns of (.#1) — (1), we update the ones of
(¢w), see Figure 3.9.

The whole algorithm for the SIS numerical scheme is reported in Figure 3.9.
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Figure 3.9: Graphical representation of the SIS numerical scheme employed to numer-
ically solve the 3D-0D problem (3.24).

3.2.5 Setting initial conditions for the multiphysics problem

The numerical results of the 3D-0D biventricular model typically feature a tempo-
ral transient, which lasts for several heartbeats and converges to a periodic solution,
known as limit cycle. The outputs of clinical interest should be computed from the
numerical solution that is associated with the limit cycle. To reduce the compu-
tational overhead of reaching a periodic solution, we follow the strategy proposed
in [197], aimed at accelerating the convergence towards the limit cycle. This strategy
— named 3D-0D-3D V-cycle — comprises three stages (see Figure 3.10). In a first step,
three heartbeats are simulated with the 3D-0D model. Then, based on the PV-loops
obtained from the previous 3D-0D model, a 0D emulator of each ventricle is built
with the aim of surrogating the pressure-volume relationships, and substituted to the
3D model. These emulators, coupled with the 0D model of blood circulation for the
remaining compartments, allow to simulate the transient phase toward a periodic solu-
tion in less than one minute of computational time on a standard laptop. Finally, the
state obtained by means of this fully 0D model is used to initialize the 3D-0D model,
and three additional heartbeats are simulated. Overall, the computational cost of
reaching the limit cycle amounts to that of simulating six heartbeats, regardless of
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Figure 3.10: Graphical display of the 3D-0D-3D V-cycle for the initialization of a
numerical simulation employing the 3D-0D biventricular model. See [197] for further
details.

the number of cycles required to converge to a periodic solution. As a matter of fact,
the computational time required by the 0D surrogate model is negligible compared
to that of the full-order 3D-0D model. More details on this procedure are available
in [197].

To find an initial guess for the remaining variables, we initialize the ionic model
by running a 1000-cycle long single-cell simulation. Similarly, we initialize the force
generation model by means of a single-cell simulation with a constant calcium input
(corresponding to the final calcium concentration of the single-cell ionic simulation)
and a reference sarcomere length SL = 2.2 um.

3.3 Numerical results for biventricular electrome-
chanics

In this section, we presents some biventricular EM simulations that employ the 3D-0D
model discussed in Sections 3.1 and 3.2.

We organize this section as follows. After a brief description regarding the setting
of the numerical simulations (Section 3.3.1), we compare the results of a physiological
EM simulation with a comprehensive set of experimental data available in literature
(Section 3.3.2). Then, in Section 3.3.3 we investigate how different cross-fibers active
contraction arrangements affect the electromechanical simulations, by setting different
combinations of n¢, ns and n,, i.e. of the prescribed proportion of active tension
along the myofibers, see Equation (3.5). Finally, in Section 3.3.4 we evaluate the
impact of different myofiber architectures, obtained by three types of LDRBMSs, on
the biventricular pumping function.
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Variable Value Unit Description
Electrophysiology
Tus 0.8 S Heartbeat duration
Xm 1 uF/cm? Surface-to-volume ratio
Cm 1400 cm™! Transmembrane capacitance
€ 0.01 — Threshold of the fast conduction layer
(00 fast » O, fast On,fast ) (4.28, 1.96, 0.64) mS/cm Fast layer conductivities
(04, myo, Tt,myos On,myo)  (1.07, 0.49, 0.16) mS/cm Myocardial conductivities
maex 50-10%  pA/cm3 Applied current value
tapp 3.0 ms Applied current duration
t%\/,app (0.0,0.0,0.0) ms Applied current LV initial times
t(r){v,app (5.0,5.0) ms Applied current RV initial times
app 2.5 mm Applied current radius
Mechanics
s 102 kgm™3 Tissue density
K ﬁ’ep g 2.10* Pam™! Normal stiffness of epicardium
K g 2.10° Pam™! Tangential stiffness of epicardial tissue
(ol g 2-10* Pasm™! Normal viscosity of epicardial tissue
Cﬁey g 2.10% Pasm™! Tangential viscosity of epicardial tissue
a 0.88-103 Pa Material stiffness
k(S 50 - 103 Pa Bulk modulus
by 8 — Fiber strain scaling
bss 6 - Radial strain scaling
bnn 3 — Cross-fiber in-plain strain scaling
brs 12 — Shear strain in fiber-sheet plane scaling
byn 3 —  Shear strain in fiber-normal plane scaling
bsn 3 —  Shear strain in sheet-normal plane scaling
Reference Configuration
Dew 600 Pa Residual left ventricular pressure
Dro 400 Pa Residual right ventricular pressure
fl 350 - 103 Pa Residual active tension
Clro 1 - Residual contractility ratio
Activation
SLg 2 um Reference sarcomere length
e 840 - 103 Pa Maximum tension
Cory 0.60 — Contractility ratio

Table 3.1: Input parameters of the 3D EM model.

3.3.1 Settings of numerical simulations

All the simulations are performed on a realistic biventricular geometry processed from
the Zygote 3D heart [107], a CAD-model representing an average healthy human
heart reconstructed from high-resolution CT-scan. To build the computational mesh
associated with the biventricular Zygote model, we use the vtk software [10] (http:
//www.vmtk.org) by exploiting the semi-automatic meshing tool recently proposed
in [66].

For the space discretization, we used continuous bilinear FE (Q;) and we employ
two nested meshes where for the mechanical and activation problems we adopt a mesh
size of 3 mm, while for the electrophysiology problem we employ a mesh size four time
smaller [199]. For the time discretization, we use BDF2 with 7 = 50 us for EP problem
and BDF1 with At = 500 ps for TM, MA and fluid problems [199, 176].

The parameters of the 3D-0D model used for all the simulations presented in
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Variable Value Unit Description
Circulation

R3Y® 0.416 mmHgsmL ! Resistance of systemic arterial system
R3YS 0.260 mmHgsmL ™! Resistance of systemic venous system
Rg;” 0.048 mmHgsmL ! Resistance of pulmonary arterial system
Rpul 0.036 mmHgsmL™? Resistance of pulmonary venous system
ceys 1.62 mL mmHg ! Capacitance of systemic arterial system
csys 60.00 mL mmHg ™! Capacitance of systemic venous system
crut 5.00 mL mmHg ! Capacitance pulmonary arterial system
crut 16.00 mL mmHg~? Capacitance of pulmonary venous system
L3ys 5-107% mmHgs?mL™! Impedance of systemic arterial system
L3ys 5-107* mmHgs?mL™! Impedance of systemic venous system
Lg;” 5.-107* mmHgs?mL™! Impedance pulmonary arterial system
Leul 5-107* mmHgs?mL™! Impedance of pulmonary venous system
E{; 0.09 mmHg mL ! Left atrium elastance amplitude
EA 0.06 mmHg mL ! Right atrium elastance amplitude
EE 0.07 mmHg mL~? Left atrium elastance baseline
EE 0.07 mmHg mL~! Right atrium elastance baseline
Ty 0.17 - Duration of left atrium contraction (w.r.t. Thp)
T 0.17 — Duration of right atrium contraction (w.r.t. Thy)
7 0.80 — Initial time of left atrium contraction (w.r.t. Thp)
tee 0.80 — Initial time of right atrium contraction (w.r.t. Thp)
T 0.17 — Duration of left atrium relaxation (w.r.t. Thy)
Ter 0.17 — Duration of right atrium relaxation (w.r.t. Thp)
Vo,ia 4.0 mL Left atrium resting volume
Vo,ra 4.0 mL Right atrium resting volume
Ronin 75-107*  mmHgsmL™! Valves minimal resistance
Roax 75103 mmHgsmL™! Valves maximum resistance

Table 3.2: Input parameters of the 0D closed-loop hemodynamical model.

Physics/Fields Linear solver (preconditioner) Abs. tol.
Fiber Laplace problems GMRES(AMG) 10710
Monodomain model CG (AMG) 10-10
Activation GMRES (AMG) 10-10
Mechanics GMRES (AMG) 10710
Reference configuration GMRES (AMG) 10-¢

Table 3.3: Tolerances of the linear solver for the different core models.

Physics/Fields non-linear solver Rel. tol. Abs. tol.
Mechanics Newton 10~10 10-8
Reference configuration ~Newton 1076 10~

Table 3.4: Tolerances of the non-linear solver for the mechanical problem.
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Section 3.3 are listed in Tables 3.1 and 3.2. In particular, Table 3.1 contains the
parameters of the 3D EM model (referred to &, o7, .#) and Table 3.2 those of the
0D closed-loop hemodynamical model (€). Moreover, for the TTP06 ionic model,
we use the parameters (for epicardium cells) reported in [247], while for the RDQ18-
ANN model, we employ those in [196]. Tables 3.3 and 3.4 report the setting used
for the linear and non-linear solvers, respectively. The settings related to LDRBMs,
adopted for prescribing the fiber architectures, will be specified for each case reported
in Sections 3.3.2—3.3.3.

To approach the limit cycle, we initialize all the numerical simulations following the
procedure illustrated in Section 3.2.5 (see also [197]). Then, we perform three further
heartbeats using the fully framework of the 3D-0D model presented in Sections 3.1
and 3.2. We neglected the first two, so that all the reported results refer to the last
heartbeat.

In all the simulations we adopted the same pacing protocol in which five ventricular
endocardial areas are activated by spherical impulses (see Table 3.1): in the anterior
para-septal wall, in the left surface of inter-ventricular septum and in the bottom of
postero-basal area, for LV; in the septum and in the free endocardial wall, for RV [176,
59], see also Figure 3.2. This, combined with the fast endocardial conduction layer
(see Section 3.1.2), surrogates the action of the Purkinje network [127, 252].

3.3.2 Baseline physiological simulation

We present a human EM simulation in physiological conditions related to the Zygote
biventricular geometry.

For the fibers generation we adopted D-RBM [176, 58] (see Section 3.1.1). The
input angle values were chosen according to observations based on histological studies
in the human heart [134, 9]:

Qepi LV = _600, Qendo, LV = +600, Qepi, RV = _2507 Qendo,RV = +900;

R R R R (3.46)
Bepi,LV = +20 ) 5endo,LV =-20 ) 5epi,RV =+20 ) ﬁendo,R\/ = 0°.

Moreover, to surrogate the effect of dispersed myofibers, we set in (3.5) ny = 0.7,
ns = 0 and n,, = 0.3 for the proportion of active tension along the fiber, sheet and
normal directions, respectively [87, 3].

Figure 3.11 illustrates the time evolution of calcium ions concentration (a), the
mechanical deformation (b, e), the activation times (¢), the PV-loop curves for both
ventricles and the time evolution of pressures and volumes of the four chambers (d).
Specifically, in Figure 3.11(a) we display the time evolution of the TTP06 ionic model
calcium transient showing the physiological wave propagation up to the complete de-
polarization of both ventricles (¢t = 0.12s). In Figure 3.11(b) we report different snap-
shots of the biventricular geometry warped by the displacement vector. As expected,
at the beginning of the contraction the volumes of both ventricles remain nearly con-
stant while the pressure increases (t = 0.0 — 0.10s); during the ejection phase, the
ventricular contraction is clearly visible, with the basal plane that moves towards the
bottom while the apex remains almost fixed. Moreover, a significant thickening of the
myocardium wall takes place (t = 0.35s). Then, the ventricles start to relax. This
leads to a slow recovery of the initial volumes (¢t = 0.45 + 0.60s). Finally, in Fig-
ure 3.11(c) we display the simulated activation map in which both the total activation
time (120 ms) and the activation pattern are in accordance with the literature [176,
59]. PV-loops morphologies, showed in Figure 3.11(c), for both LV and RV, are in
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Figure 3.11: Baseline electromechanical simulation; (a) calcium transient at five time
instants in the cardiac cycle; (b) mechanical displacement magnitude (with respect to
the reference configuration) at five time instants of the heartbeat where 0.35 s is the
end of systole. (c¢) activation map; (d, left) PV-loop LV (orange) and RV (blue); (d,
right) pressures (top) and volumes (bottom) transient during the cardiac cycle for the
four chambers; (e) mid ventricular slices at the end of systole, showing LFS on the
left and WT on the right.
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Mechanical biomarkers —Literature values Simulation results Description
EDVyy (mL) 142 + 21 [137] 137 Left end diastolic volume
EDVgy (mL) 144 + 23 [138] 138 Right end diastolic volume
ESViy (mL) 47 £+ 10 [137] 48 Left end systolic volume
ESVgy (mL) 50 + 14 [138] 49 Right end systolic volume
EFiyv (%) 67 £ 5 [137] 66  Left ventricular ejection fraction
EFgry (%) 67+ 8 [238] 65 Right ventricular ejection fraction
Pry (mmHg) 119 =+ 13 [236] 117 Left systolic pressure peak
Pry (mmHg) 35 + 11 [31] 35 Right systolic pressure peak
LFS (%) 13-21 [61] 21 Longitudinal fractional shortening
WT (%) 18-100 [219] 41 Fractional wall thickening

Table 3.5: Comparison between the simulation results, employing the 3D-0D biventric-
ular model, and literature values of mechanical biomarkers in physiological conditions
(references are reported in the Table, see also [130, 260]).

accordance with other physiological PV-loop curves found in literature[137]. In Ta-
ble 3.5 we compare some relevant mechanical biomarkers obtained by our numerical
simulation with those provided by the data reported in the literature [137, 238, 138,
236, 31, 61, 219]. Notice that all the values in Table 3.5, related to the ventricular
volumes, are expressed with absolute values, in mL, estimated for an adult subject, as
reported in the quoted references. However, we are aware that in the clinical practice
the ventricular volumes are always indicated as “indexed ventricular volumes”, by
dividing the ventricular volume for the Body Surface Area of the related patient.
The chosen mechanical biomarkers were: i) left and right end diastolic/systolic vol-
umes (EDVyy, EDVgy, ESVyy, ESVRy), representing the maximal and minimal left
and right ventricular volumes achieved during the heartbeat, computed as the maxi-
mal (EDVyy, EDVRy) and minimal (ESViy, ESVgy) volumes in the PV-loop curves,
see Figure 3.11(d); ii) left and right ventricular ejection fractions (EFyy, EFgy), which
represent the amount of blood that is pumped by LV and RV during a cardiac cycle,
computed as
EDV,; — ESV; 10
EDV;

iii) left and right ventricular systolic pressure peaks (Pry, Pry), the maximal pressures
reached in LV and RV, computed as the maximal pressures in the PV-loop curves, see
Figure 3.11(d); iv) the systolic longitudinal fractional shortening (LFS), standing for
the fractional displacement between the epicardial apex and the base [130], evaluated
as

EF;(%) = 0 i=LV,RV;

Lo — L
0

LFS(%) = 100,

where Lo and L are the apico-basal distance measured at the beginning (¢ = 0.0s) and
at the end of systole (¢ = 0.35s), see Figure 3.11(e); v) the systolic wall thickening
(WT), representing the fractional cardiac wall thickening [130], measured as

T-T
WT(%) = — %100,

where Ty and T are the cardiac wall thickening at the beginning (¢ = 0.0s) and at
the end of systole (t = 0.355s), see Figure 3.11(e).

All the above mechanical biomarkers, obtained by our numerical simulation, fall
within the physiological range (references in Table 3.5).
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Cross-fiber configuration EF;y EFRy SViv SVgv

i) ny =0.7,n, =0.3, n, =0 45 % 44% 70.69 mL 71.04 mL
i) np=1,n, =03, n, =0 54%  53% 79.40 mL  79.50 mL
i) ny =1, 15 =0, ny =0 65% 64% 89.14 mL 89.08 mL
iv) ng=07,n,=0,n,=03 66% 65% 8927 mL 89.23 mL
v)ng=1,n,=0,n, =03 69% 67% 91.14mL 91.09 mL

Table 3.6: Ejection fraction (EF;) of the left (i = LV) and right (i = RV) ventricles
for the different cross-fibers active contraction cases i—v. The stroke volume (SV;) of
the two ventricles is also shown.

3.3.3 Cross-fibers active contraction in cardiac electromechan-
ics

To surrogate the dispersion effect in the cardiac fibers, we analyse several cross-fibers
active contraction arrangements, by setting in (3.5) different combinations of ny, ng
and n,, i.e. the prescribed proportion of active tension along the myofibers. Five
different sets were chosen: i) ny = 0.7, ny = 0.3, n,, = 0; ii) ny =1, ny = 0.3, n,, = 0;
i) nf =1, ns =0, ny, =0;iv) ny = 0.7, ny =0, n, =03; v) ny =1, ny =0,
n, = 0.3. Apart from the prescribed proportion of active tension, the settings are the
same as the baseline simulation® presented in Section 3.3.2.

Figure 3.12(a) shows the PV-loops from the five cases. An active tension along the
sheet direction (ns > 0, cases i and ii) produces a PV-loop with a reduced area com-
pared to case iii with no cross-fibers active contraction. Conversely, an active tension
along the normal direction (n, > 0, cases iv and v) yields a PV-loop with an increased
area. Table 3.6 displays, for all the cases, the ejection fraction (EF;) and the stroke
volume (SV; = EDV; — ESV,) of the left (i = LV) and right (¢ = RV) ventricles. The
maximal cardiac work is achieved for case v while the minimal for case i. The above
analysis shows that the active tension along the sheet direction (ns > 0) counteracts
the myofiber contraction, while the one along the normal direction (n,, > 0) enhances
the cardiac work, in accordance to [87, 88, 79].

In order to better appreciate the differences among the arrangements of cross-
fibers active contraction , we further compared cases i and iv with case iii. In these
particular cases, the proportion of active tension sums up to 1 (nf + ngs + n, = 1),
meaning that the myofibers contraction is redistributed along the three directions:
case iii (ny =1, ny = 0, n,, = 0) is a pure fiber contraction, in the following denoted
by f configuration; case i (ny = 0.7, ny = 0, n, = 0.3) is a contraction in the fiber
and normal directions, hereafter indicated by f-n configuration; case iv (ny = 0.7,
ns = 0.3, n, = 0) is a contraction along the fiber and sheet directions, named f-s
configuration.

Figure 3.12(b) illustrates the mechanical displacements at the end of systole (0.35 s)
for the three considered configurations (f, f-n and f-s). Both the apico-basal short-
ening and the wall thickening is dramatically reduced for f-s configuration. Almost
the same mechanical contraction is achieved for f and f-n configurations with a
slightly more pronounced longitudinal shortening and wall thickening for f-n configu-
ration. The LFS and WT are reported in Table 3.7. We also evaluate the components

6Notice that case iv is the baseline simulation.
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Figure 3.12: Cross-fibers active contraction simulations; (a) PV-loops from several
cross-fibers active contraction arrangements built by setting in (3.5) different com-
binations of n¢, ng and n,; (b) mechanical displacements (top) and mid ventricular
slices at the end of systole (0.35s), showing LFS (middle) and WT (bottom) for
redistributed cross-fibers active contraction configurations: a pure fiber f (blue), a
fiber-normal f-n (orange) and a fiber-sheet f-s (green) contractions; (c) circumferen-
tial stress Sy (top-right) at the peak pressure time instant (0.1s) and the time trace
of the average, minimum and maximum axial stresses Sy (top-left), Sss (bottom-left)
and S, (bottom-right) for f, f-n and f-s configurations.
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3.3. Numerical results for biventricular electromechanics

Cross-fiber configuration LFS WT

iii) f 17% 30%
iv) f-n 21%  41%
i) f-s % 8%

Table 3.7: LFS and WT for the three configurations of redistributed myofibers active
contraction (f, f-n and f-s).

of the mechanical stress by means of the following indicators [199]:

Ff,
Ffo|’

F's
Sss = (PSO) ! |F752|7 Snn = (PHO) :

Fl’lo

Sff = (PfO) : mv

where fy, sp and ng are the myofiber directions, P is the first Piola-Kirchhoff stress
tensor and F is the deformation gradient tensor. The metric Sy, (with a = f,s,n)
measures the axial stresses along the circumferential (¢ = f), radial (¢ = s) and
longitudinal (a = n) directions.

Figure 3.12(c) displays, for the three configurations f, f-n and f-s, the circum-
ferential stress (Sys) at the peak pressure time instant (0.1s) and the time trace of
the average, minimum and maximum axial stresses S¢¢, Sss and S,,,. The circumfer-
ential stress at the peak pressure instant is much higher, especially on LV side, for f-s
configuration with respect to the other two. Conversely, f-n configuration produces
the lowest circumferential stress. Almost the same considerations hold for the time
trace of the three axial stresses during the complete cardiac cycle, see Figure 3.12(c).

The previous results reveal that the configuration f-n allows to obtain a more
efficient cardiac contraction with a much lower axial stress with respect to f configu-
ration. On the contrary, f-s configuration yields an unphysiological cardiac contrac-
tion with EF, LFS and WT below the physiological range reported in literature (see
Tables 3.5-3.7).

3.3.4 Impact of myofiber architecture on the electromechanical
function

We investigate the effect of different myofibers architecture on the biventricular EM
model, by considering three types of LDRBMs: D-RBM, B-RBM and R-RBM (see
Section 3.1.1). Apart from the employed LDRBM, used to prescribe the myofibers
architecture, all the other settings, including the fiber input angles (3.46), are the
same as the baseline simulation” presented in Section 3.3.2.

Fiber orientations obtained for the three LDRBMs (D-RBM, B-RBM and R-RBM)
in the Zygote biventricular model are shown in Figure 3.13(a). For a detailed compari-
son among the three LDRBMs we refer the reader to Section 2.5 (see also [176]), where
pure EP simulations were considered. Here, we are instead interested in the effect of
fibers architecture on mechanical quantities obtained by means of EM simulations. We
recall that B-RBM produces a smooth change in the fiber field in the transition across
the two ventricles, while R-RBM and D-RBM a strong discontinuity [176]. Moreover,
R-RBM and D-RBM feature a linear transition passing from the endocardium to the
epicardium, while B-RBM employs a bidirectional spherical interpolation bislerp
(see [176, 26, 58, 188]). In Figure 3.13(b) the PV-loop curves (for both ventricles)

"Notice that the case with D-RBM is the baseline simulation.
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Figure 3.13: Results of EM simulations employing different LDRBMs (R-RBM, B-
RBM and D-RBM) to generate the fiber architecture; (a) fiber orientations obtained
for the three LDRBMs in the Zygote biventricular model; (b) PV-loop curves, for LV
(top) and RV (bottom), obtained with the three LDRBMs: D-RBM (orange), B-RBM
(blue) and R-RBM (green); (c¢) mechanical displacements (top) and mid ventricular
slices at the end of systole (0.35 s), showing LFS (middle) and WT (bottom) obtained
by D-RBM (orange), B-RBM (blue) and R-RBM (green); (d) circumferential stress
S¢¢ (top-right) at the peak pressure instant (0.1s) and the time trace of the aver-
age, minimum and maximum axial stresses Sy; (top-left), Sss (bottom-left) and Sy,
(bottom-right) for the three LDRBMs.
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Mechanical biomarkers D-RBM B-RBM R-RBM

EDVyy (mL) 137 145 138
EDVgy (mL) 138 136 139
ESVyy (mL) 48 58 50
ESVgy (mL) 49 49 50
EFLy (%) 66 60 64
EFgy (%) 65 64 64
Py (mmHg) 117 114 117
Pry (mmHg) 35 34 33
LFS (%) 21 25 20
WT (%) 41 36 38

Table 3.8: Comparison of relevant mechanical biomarkers among EM simulations using
D-RBM,B-RBM and R-RBM for the myofiber architecture.

are displayed, while in Table 3.8 some relevant mechanical biomarkers are compared
among the simulation results. The left ventricular PV-loop area of B-RBM is shifted
towards larger volumes with respect to the ones of D-RBM and R-RBM that show
almost a compatible PV-loop for LV, see Figure 3.13(b, top). Moreover, the left sys-
tolic pressure peak decreases for B-RBM with respect to D-RBM and R-RBM, see
Figures 3.13(b, top) and Table 3.8. As a consequence, the left ventricular ejection
fraction obtained with B-RBM (60%) is smaller than those obtained with D-RBM
and R-RBM (66% and 65%, respectively), see Table 3.8. On the contrary, small dif-
ferences are observed for the right ventricular PV-loops with only a slightly larger
ejection fraction for D-RBM, see Figure 3.13(b, bottom) and Table 3.8.

Figure 3.13(d) shows the circumferential stress (Syy) at the peak pressure in-
stant (0.1s) and the time trace of the average, minimum and maximum axial stresses
St¢s, Sss and Spp. The patterns of Syy are very similar for the three methods, see
Figure 3.13(d, top-right). Instead, the time traces of the axial stresses present sev-
eral discrepancies. Specifically, S¢s reveals lower values obtained by B-RBM with
respect to D-RBM and R-RBM, see Figure 3.13(d, top-left). This is associated to
a lower cardiac work produced by B-RBM (EFry = 60%) compared to D-RBM
and R-RBM (EFLy = 66%, 64%, respectively). On the contrary, the longitudinal
stress Sy, presents an opposite trend, see Figure 3.13(d, bottom-right). This is as-
cribed to a larger apico-basal shortening for B-RBM (LFS = 25%) with respect to
D-RBM and R-RBM (LFS = 21%, 20%, respectively). Meanwhile, larger values of
the radial stress Ss¢ are observed for D-RBM with respect to B-RBM and R-RBM,
see Figure 3.13(d,bottom-right), associated to a larger wall thickening of D-RBM
(WT = 41%) against the ones of R-RBM and B-RBM (WT = 38%, 36%, respec-
tively).

The previous results highlight that there is a strong interaction on the cardiac
pump function between the LV and RV [163, 259]. A different fibers architecture in
the transmural wall (from epicardium to endocardium) and a different septal fibers
interconnection between the two ventricles affect the ventricular cardiac pump work,
in particular the LV one. Indeed, a biventricular myofibers architecture has much
more information (e.g. in the inter-ventricular septum) compared to a stand-alone LV
model.
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Chapter

Towards the electromechanical
modeling of the whole heart

In this chapter, we extend the biventricular 3D-0D model presented in Chapter 3, to
the whole heart. More precisely, we consider a 3D description of cardiac electrome-
chanics (EM) in all the four chambers and a 0D representation of the circulatory
system, which includes the cardiac blood haemodynamics. Our whole heart 3D-0D
model includes a detailed myocardial fiber architecture and embeds state of the art
human models for the atrial and ventricular electrophysiology (EP). Moreover, the
model simulates mechanical activation (MA) and tissue mechanics (TM) of the atria
and the ventricles, which are strongly coupled with a closed-loop lumped-parameters
model of the whole cardiovascular system. We begin by presenting a Laplace-Dirichlet
Rule-Based Method (LDRBM) for generating myocardial fibers directly on the whole
heart (Section 4.1). The methodology, based on the combination of the atrial and
ventricular LDRBMs presented in Chapter 2, can be easily applied to any four cham-
bers heart geometry. Then, we describe the 3D-0D whole heart model, detailing the
modeling differences with respect to the 3D-0D biventricular model (Section 4.2). Fur-
thermore, we discuss the strategy employed to couple the 3D EM and the 0D fluid
models. Finally, after presenting a procedure for the generation of a whole heart mesh,
we illustrate numerical results of EP and EM simulations with physiological activa-
tion sites in a four chamber realistic computational domain of the heart (Section 4.3).
The results presented in this chapter, for the whole heart EP simulation, have been
published in [176].
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4.1. Whole heart Rule-Based Method

4.1 Whole heart Rule-Based Method

In this section we present a LDRBM for the generation of full heart myofibers ar-
chitecture, that is able to reproduce all the important characteristic features of the
four chambers, needed to provide a realistic cardiac musculature. Our newly devel-
oped method is built upon the combination of the ventricular and atrial LDRBMs
presented in Chapter 2 and on the novel definition of several inter-heart harmonic
functions, which couple together the different LDRBMSs for the atria and the ventri-
cles. With this aim, the heart LDRBM combines the gradient of the inter-heart and
intra-heart harmonic functions to properly represent the whole cardiac fiber architec-
ture.

Following the backbone structure of LDRBMs presented in Sections 2.1 and 2.2,
we detail hereafter the steps of the new heart LDRBM. We refer to Figure 4.1 for a
schematic representation of the method in a realistic heart geometry.

1. Labelled mesh: label the mesh of the heart computational domain et to
define the boundary partitions 0Qpeart = OQpiv U OQpia (see step 1 in Figure 4.1)
where

aQbia :Faepi U Ftop,f U Ftop,r U Féa U 1—‘Za,caps ) Fra U Fra,caps U FéapU
Frap ) Flpv U Frpv U P'ch U Fscv U Fmv U va,caps U Ftv ) Ftv,capsa
aQbiv :Fvepi ) Flv U Frv U Fav U va U va,cap ) Faév U Far'm

with I'gepi, Iyeps the atrial and ventricular epicardia; I'gq, I'yq, 'y, and 'y, the left
and right atrial and ventricular endocardia; I'¢g, caps and I'yq cqps the cut vein caps of
LA and RA; Ty, Dary the left and right ventricular apices; I'gqp, ['rqp the left and
right atrial appendage; I'py, I'vpy left and right pulmonary vein (LPV, RPV) rings;
[icv, Tsev inferior and superior caval vein (ICV, SCV) rings; I'y,,, 'y, mitral (MV)
and tricuspid (TV) valve rings, further subdivided in a part facing the atrial septum
I'yv—s, I'tv—s and the other related to the free wall I'y,—y, Iy, such that 'y, =
Fp—s U I'mp—g and I'ey =Ty s U Ty f5 Dy caps and 'y caps the atrioventricular
caps of MV and TV; I'y,p ¢ and I'y,p, - the top upper region connecting the anterior
LPV to RPV rings and ICV to SCV rings; I'g,, I'p, aortic (AV) and pulmonary (PV)
valve rings; I'py.cap PV cap; see step 1 in Figure 4.1.

2. Laplace problems: definition of several inter-heart and intra-heart distances,
obtained by solving Laplace problems in the form of

7AX =0 in Qpeart,

X = X(l on F(l? (4 1)
X = Xb on I'y,

Vx-n=0 on I,

with proper Dirichlet boundary conditions on the heart boundaries, see step 2 in
Figure 2.8. Specifically, the transmural ¢ and two inter-heart £ and w distances are
introduced. In particular, £ and w are used to discriminate the left from the right
heart and the atria from the ventricles, respectively (see step 2a in Figure 4.1). Then,
several intra-heart distances 1; are computed, see step 2b in Figure 4.1. In particular,
Yaby Vr, Yo, Py and 1hg, stand for the same inter-atrial distances introduced in the
atrial LDRBM, described in Section 2.2. Meanwhile, ¥ap ¢, Yabrs Yote;, Wot,ry Yw,e
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Figure 4.1: Schematic procedure of the heart LDRBM in a realistic whole heart ge-
ometry.
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[ Type [ x [xa] Ta [ x| T, \
1 Tyq Uy,
¢ -1 1—\2 U F[ 0 Fucpi U Fvepi U F'rnv U Ftv U Ftop,é U Ftop,'r
HEART ra = L
f 1 Fla U Fé’v -1 Pra U Prv
w 1 Ty Ul -1 Ty UL,
2 Frpv 1 | S
Yar | g Cipw -1 Tiap
1/)r 1 Fmv 0 1—‘lp'u ) Frp'u
LA % 1 Frpv 0 Flpv
'QZJSUJ 1 Fmv 0 Flp'u U I‘top,f U Flap
1 | N
ww -1 Fmvff 0 Ftop,f
1 Ftu
wab 2 va -1 Frap
0 Csew -2 [es
RA 1/)1" 1 Ftv 0 I‘top.ﬁ“
d) 1 Ficv -1 T
v 0 Fscv rap
1 |
'ww -1 FZ:—; 0 Ftop,r
wab,é 1 Fmv 0 Faév
wabﬂ' 1 Ftv 0 Parv
wot 14 1 Fav 0 1—‘alv
BIV :
¢0t,T 1 va 0 Farv
d)w,f 1 Fmv ) Faév 0 Fav
¢w,7‘ 1 Ftv U Farv 0 va

Table 4.1: Boundary data chosen in the Laplace problem (4.1) for the inter-heart
distances (HEART) ¢, £ and w, and the intra-heart distances (LA, RA, BIV) 4,
where i = ab;r;v;sw;w in LA and RA, while i = ab, ¢;ab,r;ot, {; ot, r;w, l;w,r for
LV and RV (BIV). It is understood that T';, = 0Qpeart/ (T U T) for each Laplace
problem (4.1).

and 1y, refer to the same inter-ventricular distances introduced in the ventricular
D-RBM, described in Section 2.1; see step 2b in Figure 4.1. We refer to Table 4.1 for
the specific choices in problem (4.1) made by the heart LDRBM.

3. Heart bundles selection: definition of the heart bundles and their dimensions
throughout the domain Qpcqr¢, in order to match histology and DTI observations.
With this aim, the heart LDRBM first sorts the atria from the ventricles by exploiting
the inter-heart distance w: positive value (w > 0) are assigned to the atria and negative
ones (w < 0) to the ventricles. Afterwords, the heart LDRBM defines a unique
transmural v and normal k directions, for each point in Qpcqrt, by taking the gradient
of a specified inter-heart distance, v = V¢, V¢, and of a specific intra-heart distance,
k = V1), respectively. For the atria, it follows the rules reported in Algorithm 1
(computeg;, ), to compute inter-atrial connection (IC), LA and RA bundles (see
step 3 of Section 2.2). For the ventricles, on the other hand, it exploits the steps 3-4
of the ventricular LDRBMSs, detailed in Section 2.1. The complete bundles selection
procedure for the heart LDRBM is fully detailed in Algorithm 5 (computeyggart),
see step 3 in Figure 4.1 and also Figure 4.2).
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Figure 4.2: Complete bundles selection in the whole heart domain following the rules
reported in Algorithms 1, 2, 3, 4 and 5; Left: frontal view; Right: posterior view.

Algorithm 5 computeygagy: bundles selection for whole heart geometry
ifw>0

computegyp
else
if&>0
Y=V , k=1 Vibap e+ (1 = Yue)ViPore — LV
else

Y= v¢ y k= ww,rvwab,r + (]- - ww,r)vwot,r — RV

4. Local coordinate system and rotations: definition of the myofiber orientations
[f,n,s] by rotating an orthonormal local coordinate system, [€;,€,, €;] built at each
point of the heart domain, using the transmural v and normal k directions computed
in the previous step. This is performed in the same way as for the other LDRBMs,
by applying first the function axis, which takes as inputs the transmural direction ~
together with the normal direction k, and then exploiting the function orient (see
Section 2.1):

Q = [e, e, e] = axis(k,), [f,n,s] =orient(Q,«, 3). (4.2)

As done for the atrial LDRBM (see step 4 of Section 2.2), a transmural fibers variation
can be prescribed in each heart bundle, in two combined ways: by defining the unique
normal direction k = (1 — |¢|)Ve; + |¢|Viy (j # k) as a linear combination of the
gradients of two intra-heart distances, within the function axis; and/or by setting a
linear relationships for the angles a; = cteps, (1—|P|) +endo, |@| and B; = Beps, (1—||)+
Bendo; ||, inside the function orient, where Ciepi;, Cendo;s Bepi; A Bendo, are fixed
rotation angles on the epicardium and endocardium of the i-th bundle, respectively.

The three unit directions correspond to the final fiber, sheet and sheet-normal
directions f, n and s (see step 4 in Figure 4.1).
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]'—‘Z’U U F UF UF Ura ,rings U Féa ,caps Urra ,caps Urp'u ring Uva cap Urmv ,caps Urtv,caps

4.2 3D-0D closed-loop model for the whole heart

In this section, we extend the biventricular 3D-0D model, presented in Chapter 3 to
the whole heart. With this aim, we consider a 3D description of cardiac EM for the
whole heart and a 0D representation of the circulatory system, which includes the
haemodynamics of the cardiac chambers.

The 3D-0D heart model includes a detailed myofiber architecture obtained thanks
to the heart LDRBM (presented in Section 4.1), which is able to account for the
different fiber orientations of LA, RA, LV and RV. Moreover, the 3D-0D heart model
comprises the core models for the cardiac EP, the sarcomere MA, the myocardial TM
and blood haemodynamics, plus four coupling conditions, between the 3D EM and
the 0D fluid models, established by volume conservation constraints.

We denote by Q?Leart the computational heart domain in the reference configura-
tion, see Figure 4.3(a), representing the region occupied by LV, RV, LA and RA at
rest. We split the domain Q) . in Q) . =Q) UQ). U anps, where wa and ),
are the regions occupied by the LV, RV and LA, RA, respectively, while Qca < repre-
sents the planes for the valves and for the cut veins, see Figure 4.3(b). The boundary
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o009, is partitioned into

O e =L0 ,UTY LT, UTY, LT, UTY ury

ept muv,caps tv caps

o U T caps UTD ur? uTY

a,rings ra,caps pv,ring pv,cap?

FO

where I'Y . is the heart epicardium, ', T'9 |

opi s %, and I'?, are the left, right ventricular
and atrial endocardia; T'?, caps and ro, caps are the atrioventricular caps of MV and

TV; 'Y are the atrial SCV, ICV, LPV and RPV rings; I') and I'? are

a,rings La,caps ra,caps
LA and RA epicardial caps; va ring and I‘pv cap are the PV ring and epicardial cap
of RV, respectively.

4.2.1 The coupled 3D-0D whole heart problem

Given the computational domain QY. and the time interval ¢ € (0, T, our complete
3D-0D Heart model reads as follows:

3D-0D Whole Heart model

Txm {Omg‘; + Zion (u, w)] — V- (JET'DF V) = JxmLapp
in Q(f)zeart X (OaT]a (433“)

ow . 0
E — H(’LL w) 0 mn Qhea’rt X (071—17 (43b)
(/F'DFTVu) - N=0 on 999, % (0,T], (4.3¢)
% = K(S’ [Ca2+}i7 SL) (wa U sza) (07 T], (43d)

9%d e .
Ps @ V- -P(d,T,(s,z)) =0 in Qpre X (0,7, (4.3¢)
P(d, T, (s, z))N = K?¥'d + cepi%‘: on T, x (0,7, (4.3f)
P(d, T, (s, )N = Krd + ¢ 0 o (9, 0y UT, 1 1na) % (0,T], (4.3g)
P(d, T, (s, 2))N = —pg, (t) JETN on T9, x (0,T], (4.3h)
P(d, T,(s,z))N = —p,,(t) JFTTN on T9 x (0,7], (4.3
P(d, T, (s, z))N = —pg(t) JE TN on (T9, UTY, caps) x (0,T], (4.3))
P(d, T,(s,z))N = —p,q(t) JFTN on (I UTY, aps) X (0, 7], (4.3k)
j's(dv fa(s’ IB))N =0 on (anv ,caps U Fz?v caps) (03 T]? (431)
d=0 on TY inge ¥ (0,7, (4.3m)
de(t)

dt = GH(t7 C(t) pév( )7prv(t)7pla(t)apra(t)) fort € (07 T] (431’1)
VEP(A(1) = Vi (e(t)) for t € (0,77, (4.30)
VAP(A(t) = Vi (c(t)) for t € (0,7}, (4.3p)
VEP(A(t) = Viale(t)) for ¢ € (0,7], (4.3q)
VAP (d(1) = Vrale(t)) for t € (0,7]. (4.31)
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where the generalized variables with the tilde symbol (~) are detailed hereafter.

The model unknowns are the transmembrane action potential u, the ionic variables
vector w, the state variables of the active force generation model s, the tissue mechan-
ical displacement d, the state vector of the circulation model ¢ (including pressures,
volumes and fluxes of the different compartments composing the vascular network, see
Equation (3.18)) and the pressures of the four heart chambers pg,, prv, Pra and prq.
Finally, the model is closed by the initial conditions in Q9_, ., x {0}:

ad
ot

C = Cpo, Prv = Ptv,05 Prv = Prv,0y, Pla = Pla,05 Pra = Pra,0-

U = Uup, W= wWp, S = 8o, d:d()v :dOa

Equations (4.3a)-(4.3¢) represent the EP core model. With respect to the 3D-0D
biventricular case (3.24), the 3D-0D heart model employs two different ionic models
to properly describe the cardiac EP: TTPO06 [247] for the ventricles and CRN98 [47]
for the atria. To account for this ionic heterogeneity, we introduced the following
generalized diffusion tensor D as

~ FfO X FfO Fso® Fsg Fng® Fng

D=g¢ o o ,
TUFf P T Fso? T [Fag 2
Uk((bfast) in ng
with o}, = a](:) in QY. fork=fsn,
0 in anps

and the generalized reaction terms IAZ(;L and H as

Tion in Qgiv H in ng
Iion = Ib(g'r)L in Qgia ’ H = H(a) in Qgia )
0 in Q9 0 in anps

where ol(ca), Iz(gr)L and H@ refer to CRN98 ionic model for the atria (see [47] for details
on the definition of Il(s,z and H(a)), while O‘}C((bfast), Zion, and H are the terms related
to the TTPO6 ionic model jg the @tricles, see Section 3.1.2. Moreover, thanks to
the generalized terms (D, Z;,, and H ) the volume domain Q9. is a non conductive
region, which electrically isolates the atria from the ventricles.

Equation (4.3d) stands for the MA core model. Both in the ventricular (€29, ) and
in the atrial domain (€2);,), the RDQ18-ANN model, described in Section 3.1.3, has
been considered [196]. However, to account for the different intracellular calcium ionic
concentration [Ca®T];, provided by the TTP06 and CRN98 ionic models, the function

K takes as input the calcium variable of TTP06 (wcy,) in ©Y;, and the one of CRN98
(wg) i 9f

bia
K(S,wca,SL) in Qgim
K(s,wl), SL) in Q.

Moreover, to account for different active tensions between the ventricles and the atria,
we defined a generalized active tension 7T, as

5 {Ta(sw) =T G(s) [€(x) + Coro(1 — £())] in Q;,,
“ Téa) (S,:’I!) = Tgna.r,(a)G(S) [5(:13) + C@ra(l - g(w))] in Ql?ia’
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where T and T," (@) denote the maximal tension prescribed for the ventricles
and the atria, respectively; Cppy, Corq € (0, 1] represent the left-right ventricular and
atrial contractility ratio, respectively; £ € [0, 1] is the inter-heart distance, defined in
Section 4.1, see also Figure 4.1.

Equations (4.3¢)—(4.3m) act as the TM core model. The 3D-0D heart model
exploits the same active stress formalism presented in Section 3.1.4 for the biventricular
case. For the active part of the heart QY. and Y, . we use the Guccione orthotropic
model [90], presented in Section 3.1.4, while purely passive tissues Q2, . (veins and
valve planes) are characterized by a Neo-Hookean model [160]. In addition to the
passive material behaviour, we describe the active response to electrical activation
with an orthotropic active stress formulation for the ventricles in ng‘v' Instead, one-
dimensional active tension, along the fiber, is imposed in the stress tensor for the
atria in 29, . Finally, incompressibility of all tissues is enforced with a penalty method.
Therefore, we introduced in Equation (4.3¢), the generalized first Piola-Kirchhoff stress
tensor P = f’(d,fa), defined as

aW(G) (F) S S 2 " :
—aF + T, (x,s) anf/"%o JrnsF\/OI%“ +nnF\/(%0 in QY. .
~ (G) F
P 8W6F( ) + T,ga) ($7 S) Ffo%g’fo in quu (44)
vV Zas
OWN(F
WOE) s,

where W(S) is the Guccione constitutive law, defined in Section 3.1.4, and WM is
the Neo—Hookean strain energy density function, defined as

N H 2 M) 2 2
Wi = £ (J’ﬁF:F—3> + [(J—l) +log (J)] :
with the shear modulus z and the bulk modulus £(N).
For the mechanical boundary conditions, we impose:

e generalized Robin boundary conditions (4.3f)—(4.3g) on the epicardial bound-
ary ngi and on PV cap and ring I'), ., U I‘gvmmg, to model the mechanical
constrains provided by the pericardium and the pulmonary valve, respectively.

In accordance to Equations (3.6), we define the following tensors

Kk:K(‘“(N@)NfI)fKi(N@N) i = epi, pv,
C'=C[(NeN-1I)-C[(N@N) i = epi, pu,

where K "f , K", Cllf, C* € R are the stiffness and viscosity parameters of the

tissue in the normal and tangential directions to the surface ng’cap U I‘gw.mg
(k=pv) and T,

e normal stress boundary conditions (4.3h)—(4.3k) on LV, RV, LA and RA en-
docardia T9,, T?,, T9 and I'%,, where ps,(t), pro(t), pea(t) and p.q(t) are the
pressures exerted by the blood in LV, RV, LA and RA, respectively. Moreover,
to model the continuity of pressure from LA to the pulmonary veins and from
RA to the caval veins, normal stress boundary conditions are applied also on LA
and RA caps, I‘?ajcaps and T? with pe.(t) and p,.o(t), respectively;

ra,caps’

(k = epi), respectively;
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4.2. 3D-0D closed-loop model for the whole heart

e homogeneous Neumann boundary conditions (4.31) on the atrioventricular valves
caps I'? ur?

muv,caps tv,caps’

0

e homogeneous Dirichlet boundary conditions (4.3m) on the atrial rings I'} ;.5

to account for the constrain imposed by the pulmonary and caval veins.

Coupling conditions in the 3D-0D heart model

To couple the 3D EM heart model, given by Equations (4.3a)—(4.3m), with the 0D
fluid model (3.19) (see Section 3.1.5), we follow the same strategy, presented in Sec-
tion 3.1.6, for the 3D-0D biventricular model and here extended to the whole heart.
Specifically, we replace the time-varying elastance elements, representing LV, RV, LA
and RA in the circulation model, with their corresponding 3D description, obtain-
ing the coupled 3D-0D heart model sketched in Figure 4.4. The 3D heart model
replaces Equations (3.17a)—(3.17d) for all the pressure variables of the 0D circula-
tion model and, in place, it introduces the four volume-consistency coupling condi-
tions (4.30)—(4.3r), where Vi, Viy, Voo and V,, are LV, RV, LA and RA volumes
within the 0D circulation model and V*P (with i = fv,7v,fa,ra) represents the 3D
ventricular volume for the four heart chambers, computed by exploiting the divergence
(Gauss) theorem

~ 1
VAP(d(t) = 3 / J(t) (x+d(t) —by) - FT)NdTy = 4v,rv,la,ra,
0
pool,i
where Fgool’i are the blood pools of LV, RV, LA and RA?', defined as
Fgool,i = 1"? U l"?nv’mps for i = fv, La,
Fgool,v‘, = F? U F(t)u,caps for i = rv, ra.

Moreover, b; is a vector that lays inside LV, RV, LA or RA. Notice that in the 3D-
0D heart model the volume integral are exactly computed because Fg ooli are closed
surfaces.

The 3D-0D coupled model must satisfy at each time ¢ € (0, T] the volume-consistency
coupling conditions (4.30)—(4.3r). Moreover, having introduced four additional equa-~
tions (i.e (4.30)—(4.3r)), four additional unknowns are associated to the 3D-0D model:
the pressure of all the four chambers, pg,(t), Prvo(t), Pea(t) and p.q(t), are no longer
determined by the 0D circulation model, but rather act as Lagrange multipliers as-
sociated to the constraints (4.30)—(4.3r). Hence, the 0D “reduced” circulation model
is expressed by Equation (4.3n) where Gy is a proper function that collects the
right hand sides of Equations (3.16) and (3.17), apart from those corresponding
to (3.17a)—(3.17d).

We remark that with the above coupling approach, both the continuity of volumes
and pressures, between the 3D EM and the 0D circulation models, are ensured (see
Section 3.1.6 for further details).

4.2.2 Heart reference configuration and initial displacement

To recover the reference configuration ) to which the 3D-0D heart model (4.3)

heart’
refers, we adopt the same procedure presented for the biventricular model in Sec-

tion 3.1.8 and here extend to the whole heart case.

! Concerning the caps surfaces I'),, ..,s and I'9, capss the volume integral are indeed computed

only on the cap surface facing to the corresponding heart chamber.

115



Chapter 4. Towards the electromechanical modeling of the whole heart
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Figure 4.4: 3D-0D coupling between the 3D EM heart model and the 0D fluid model.
The state variables corresponding to pressures and fluxes are depicted in orange and
blue, respectively.
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paN 0
Qheart Qhea.rt +d
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0
heart

Q
Figure 4.5: Schematic representation of the strategy used to recover the reference
configuration Q?wart and to set the mechanics initial condition in the 3D-0D heart
model (4.3).

To recover the reference configuration Q(l)zeart’ starting from a geometry Qpeqrt

acquired from medical images during the diastolic phase, when the heart is loaded
with the pressures 7y, = Pry; Tro = Drvs Tea = Dtar Tra = Pra and with a residual
active tension T, = T,, we solve the following inverse problem:

Find the domain QY ., such that, if we inflate QY ., by d, solution of the mechanical
problem

-P(d, Tu(s,z)) =0 in 9

Y v heart?

P(d,T,(s,z))N + Kd = 0 onT?,,

:E(d’ jja (Sa CE))N +KP'd =0 on ng,cap U ng,ring7
P(d,T,(s,x))N = —mp, JETI'N onT9 .

P(d, T,(s,))N = —m,, JEETN onT9,, (4.5)
P(d,T,(s,z))N = 7o JETTN  onT9 UTY, .,

]i’(d, Zja(s, )N = -7, JETTN  on I‘?a U F2a7caps,

P(d’ Ta (S, iE))N =0 on F?nv,caps U Fg’u,caps’

d=0 on I‘g’m-ngs,

obtained for m¢, = DPrv, Trv = Drvs Tea = Plas Tra = Dra and Ta = fa, we get the
domain Qpeqrt-

After recovering Q9 . .. we inflate the heart reference configuration QY . ., by
solving again (4.5) (but now as a forward problem), where we set the pressures g, =
pjg, Try = P4, Tpa = pl‘?g and 7., = p¢?, with the superscript ed stands for the
end-diastolic phase. Thus, the solution d of the problem (4.5) and the pressures p§?,
ped, ped  ped are set as initial conditions dg (for d), prwo (for pey), Proo (for pry),
Pea,0 (for pey) and prq o (for pr) in the 3D-0D heart problem (4.3). For the numerical

resolution of the above inverse problem we refer to [199], where several algorithms,
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based on fixed-point iteration schemes, are proposed.

4.2.3 Numerical approximation of the 3D-0D whole heart prob-
lem

For the numerical approximation of the 3D-0D heart model (4.3) we adopt the same
Segregated-Intergrid-Staggered (SIS) numerical scheme, presented in detail for the
biventricular 3D-0D model in Section 3.2. The core models, contributing to both
cardiac EM and blood circulation, are solved sequentially once per time step in a
segregated manner, by using different resolutions in space and time: we consider two
nested meshes 2, and Qj, of the computational domain Q9 . (with hy < hy). We
adopt the finer mesh €, for EP, while the coarser one 2, for both MA and TM,
and we employ an efficient intergrid transfer operator between the nested grids €y,
and Qp,, which allows to evaluate the feedback between the different core models.
Moreover, the cardiac EP model is solved with a finer time step 7 with respect to the
other core models, which are solved with a time resolution At = Ny, 7, with N, € N.
In the SIS numerical scheme, we first update the variables of EP, then those of MA
and finally, after updating the unknowns of TM, constrained by volume-consistency
coupling conditions (4.30)—(4.3r), we update the circulation variables. The whole
algorithm for the SIS numerical scheme is reported in Figure 3.9. We refer the reader
to Section 3.2 for further details about the space-time discretization of the different
core models in the SIS numerical scheme.

In what follows, we illustrate the extension, to the whole heart, of the numerical
solution of the 3D-0D coupled problem, presented in Section 3.2.3 for the biventricular
model.

In the 3D-0D heart model (4.3), we couple the 3D TM model (4.3¢)—(4.3m)
with the 0D closed-loop model (4.3n) by means of the volume conservation con-
straints (4.30)-(4.3r), where the pressures pey,, Prv, Pea and p.q act as Lagrange mul-
tipliers.

Introducing the discrete times " = nAt (with n > 0) and denoting by aj, =~
ay,, (t") the fully discretized FEM approximation of the generic (scalar a, vectorial a
or tensorial A) variable a(t), the fully discretized version of the 3D TM model coupled
with 0D fluid model, at each time step t"*!, reads:

. ~ (n+1) .
Given E}m , find QZ;H, pZ;H, prtt p?jl and pF! by solving:

<pSA1tQM(2) e Fepi  F) + Gopi + gpv) a8y L, )+
+ P P (dp ) + pi P (dr )+
+ o5 Pra(dy ) + pid Pra(dp ) =
= g MO, g MOGT + S (P + Foddi (a)
Vio(e™) = VEP(dpiHh),
Vou(e") = VAP (i),
Via(e") = VP (i),
Vea(e") = VEP (A ).
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where

M :/ Pj - pid, 3}:/9 P(d;, Ta(n+ ) Ve, de,
h ho

2

(F)ij = /Pk {C(f(th ®Np, —I,) — CF (N, ® th)} p; - dl', k= epi,pv,

ha

(gk)ij = /k {K\IT(N/M ® Nh2 - Ihz) - ch_(me ® Nh2):| PP dr', k= epi,pv,
ok

ho

(Pk)l = / JZLle(FZjl)iTNh2 C P dFa k= EU, r"u,ﬂa,ra,
Fk

ho
with
Qny = (Qeart) has
Dt = (Thas Tho = (Chucap)ha U (Do ring) has
I3 = (T9)hss Ffﬁ = (TP ha U (Tl caps)has
e = (T )hey  Tht = (T0)hs U (D caps)ha-

The fully discretized version of the system (4.6), can be compactly written as:

ra(dy gt o ol ) =0
Tpe, (A7) =0
Tpro (dn+1) =0 ) (47)
"pea (dn+l) =0
Tpm (dn+1) =0

where we moved all the terms to the right hand side and 7p,,, 7p.,,"psu> Tpro and rq
are suitable functions; h = hs is understood. We solve the non-linear saddle-point
problem (4.7) by means of the Newton algorithm:

e We initialize, for j = d(0 = dj, pgg) Dy pv(”?)) = Drvs p;? = pj, and
pLY = plla;
e For j =1,2,..., we solve the linear system
Tal Iy I I 0 (sapy g
— : i1
JI()ZM% 0 0 0 0 ApY o 1)
UY 0 0 0 0 Ap | = | (48)
I3 0 0 0 0 Apl?) rg Y
() ) (1)
pia,d 0 0 0 0 Aprd "Pra
where

1 1 1 1 1
J9GY = Zra@ ™V pil Y oY pl Y i),

Jl(ile_zl) = i<rd(g(j_1)7péi 1)’p£2)—1),p(] 1)7p’5‘jll 1))3 1= E’U,TU,Z(Z, ra,

‘]155,:11) 6d Tp; (d(] 1)) i = Lv,rv, la, ra;
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e We update
4 = a7 - A o) = 7 gl gl = g )
p) =pl Y — Apl?) and pi) = piY — Apil;

e When the convergence criterion (based on the increment) is satisfied, we set

5;) n+1 (4) (g

QZJrl — g pnt+1 () n+1 7. Pt = pi) and prtt = i)

4y "y Ppy T PpysPry =P

We solve the saddle-point problem (4.8) via Schur complement reduction [28]. Specif-
ically, the linear System (4.8) can be compactly written as

Jaa Jap) (Ad,\  [r4g
(s 7o) (S) = (). (9

where for simplicity we omitted the superscript (j) and we introduced the following
vectors

T
Jd7p = (Jd,p[,l, Jd»prv Jdvp@a Jdvpra,) ) Jpad = (Jp[md me,d Jpemd mevd) ’

T T
Ap = (Apew Apro Apra Apra) o Tp = (Tpuy Tprw Thea Tpra) -
System (4.9) reads:

Ja,aAdy, + Jap - Ap=r4q (4.10)
Jpald, =rp ' '
Deriving Ad,, form the first equation of (4.10) we have
Ady = Jaara = JaaTap AP . (4.11)
JP7dJc;,ilrd — Jp7dJ;iin7p -Ap = Tp
Introducing
v:delrd7 w:J;}in7p, (4.12)
Equation (4.11) can be written as
Ad,=v-w-A
{ S VoW , (4.13)
pdW - Ap=Jpav—T)p

Solving (4.13), we obtain the solution of the saddle-point problem (4.8) in the form of

Agh =V — W@vAva - wrvAprv - WlaApfa - WraApraa

Ipee.dWev  Jpy,.dWro  Jpp,dWea  Jpe,,dWra Apey Ipes.dV = T,
me,dwév me,dwrv me,dwéa me,dwra Apry _ me,dv — Tpry
Tpra.dWeo  Jp.dWro  Jppe.aWea  JpaWea | | Bpra | | JpraV = Ty,
Jpra,dwfv Jpra,dwrv Jpra,dwfa Jpra,dwra Apra Jpra,dv —Tpra
(4.14)

Notice that we have to the solve five linear systems (4.12), which are
Ja.av =14, Ja,aWew = Jd ps> Jd,dWre = Jdpy> Jd,dWea = Jd pras Jd,dWra = Jd prgs

in order to obtain the solution for Ad;,, Apey, Apry, Apeq and Ap,., of Equation (4.14).
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. Qpia
. Qbiv

. Qcaps

(f)

Figure 4.6: Procedure for the generation of the Zygote whole heart mesh. Left (a-b):
Generating accurate boundary tags for biatrial and biventricular geometries; Centre
(c-d): Connecting different heart chambers by means of closed annular rings and cap
planes; Right (e-f): Labelled whole heart volumetric mesh.

4.3 Numerical results: whole heart simulations

In this section, we present numerical results related to both the fiber generation and
EP/EM simulations, employing the full heart LDRBM and the 3D-0D whole heart
model, discussed in Sections 4.1 and 4.2, respectively. These have been performed on
the realistic 3D Zygote heart, a CAD-model representing an average healthy human
heart reconstructed from high-resolution CT-scan [107]. As it is a very detailed ge-
ometry of the human heart, it demonstrates the applicability of the proposed models
to arbitrary patient-specific scenarios.

We organize this section as follows. We begin illustrating a procedure for the
generation of a whole heart mesh, starting from an acquired cardiac geometry (Sec-
tion 4.3.1). Then, in Section 4.3.2, we present the whole heart fiber generation applied
to the Zygote heart. Finally, we show numerical results of EP and EM simulations,
using the 3D-0D whole heart model, with physiological activation sites and includ-
ing the myofibers generated by the full heart LDRBM, in the realistic computational
domain of the Zygote heart (Sections 4.3.3 and 4.3.4).

4.3.1 Whole heart mesh generation

The generation of a computational whole heart mesh is of crucial importance in order
to properly simulate the cardiac function. Practically, the starting point is a set of
unprocessed polygonal surfaces coming either from segmented images, acquired from
medical imaging techniques such as MRI or CT-scan, or from template CAD models.
These surfaces need ad-hoc processing to move from surfaces to a volumetric whole
heart labelled mesh, in order to suitable impose specific electrical or mechanical tissue
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(a)

Figure 4.7: Whole heart Zygote labelled FE meshes. (a): FE mesh of tetrahedral
elements; (b): FE mesh of hexahedral elements, exploiting the tet-hex algorithm [66].

properties and boundary conditions.

To build the whole heart Zygote mesh, we rely on the Vascular Modelling Toolkit
vmtk software [11] (http://www.vmtk.org), together with the new semi-automatic
meshing tools proposed in [66]. In particular, our cardiac mesh generation consists of
multiple steps, which includes:

1. Generating accurate boundary tags;
2. Connecting different heart chambers;

3. Connecting together several volumetric meshes.

1. Generating accurate boundary tags: we start the Zygote whole heart mesh
generation by using the biatrial and biventricular triangular labelled surfaces, cre-
ated from the labelling procedures detailed in Section 2.4.1 (see also Figure 2.11).
Figures 4.6(a-b) show the biatrial (BIA) and the biventricular (BIV) labelled surface
triangular meshes, respectively composed by:

BIA : atrial epicardium (including the top LA and RA bands), LA and RA endocar-
dia, MV and TV rings (both subdivided in one part facing the atrial septum
and another one related to the free wall), LPV and RPV rings, SCV and ICV
rings, see Figure 4.6(a);

BIV : ventricular epicardium, LV and RV endocardia, MV and TV rings, AV and PV
rings, see Figure 4.6(b).
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4.3. Numerical results: whole heart simulations

2. Connecting different heart chambers: to physically join together the atria
to the ventricles, we first extract from both BIA and BIV the MV and TV rings,
and then we connect MV and TV rings of the atria to the corresponding ones of the
ventricles, by means of the surface-connector algorithm (see [66] for further details
about this procedure). In this way, we obtain a closed surface for both MV and TV
annulus, see Figure 4.6(c). Finally, we create closed TV and MV caps by capping the
internal upper and lower rings of MV and TV annuli, see Figure 4.6(d).

To provide closed surfaces for cut-veins of the caval veins in RA, the pulmonary
veins in LA and the outflow track in RV, we first extrude each ring (of SCV, ICV, LPV,
RPV and PV) along its mean outward normal. Then, we connect the extruded rings to
the corresponding original ones, by means of the surface-connector algorithm [66], see
Figure 4.6(c). Finally, as done for the atrioventricular valve planes, we create closed
caps for each cut-vein by capping the inner and the outer rings, see Figure 4.6(d).

The above procedures ensure the construction of a set of conforming triangular
closed tagged surfaces of the whole heart, composed by atria, ventricles and the planes
for the valves and for the cut veins, see Figure 4.6(e).

3. Connecting together several volumetric meshes: the final step of the Zygote
whole heart mesh generation consists in creating tetrahedral volumes separately for
the atria, the ventricles, the valves and the cut vein planes, obtaining in this way a set
of conforming tetrahedral volumes, which are finally appended together to build the
whole heart tagged volumetric mesh, see Figure 2.11(d). The whole heart tetrahedral
mesh is then converted to an hexahedral one, obtained by subdividing each tetrahedron
into four hexahedra, exploiting the tet-hez algorithm [66], see Figure 4.7.

4.3.2 Whole heart myocardial fibers generation

For the fibers generation in the whole heart Zygote mesh, we adopt the full heart
LDRBM, presented in Section 4.1.

The input angles values for the ventricles qendo,e; Qepi,ts Cendo,rs Qepi,rs Bendo,ts
Bepi,e> Bendo,r and Beps » Were chosen based on the observations of histological studies
in the human heart [134, 86, 9, 99, 210, 136, 229]:

Uepit = _6007 Qendo, b = +6007 Qepi,r = _2507 Qendo,r = +9OO§

R o o o (4.15)

ﬂepi,f =+20 s ﬂendo,l =-20 ) 6€pi,7" = +20°, 6endo,r =0°.
Furthermore, we specified also the angles in the outflow track (OT) regions of PV and
AV, as follows [58]:

Qepi,OT = 007 Qendo,OT = +9007 ﬁepi,OT = 007 ﬁendo,OT =0°. (416)

Finally, we set the position of LV apex I'ys, equal to that of RV apex I'yp,, selected
as the LV epicardial point furthest from MV caps I';,y caps, See step 1 in Section 4.1.

Regarding the atria, the input values of the parameters 7;, which define the di-
mensions of biatrial bundles, are reported in Tables 4.2 and 4.3 for RA and LA,
respectively. In addition, we fix N;.qq = Nyqw = 0, implying that we do not prescribe
any PM in RA endocardium. Finally, although possible in the heart LDRBM, no IC
bundles are prescribed. Hence, LA and RA fibers are computed using the function
computer,, and computeg 4, for positive and negative values of £, respectively (see
Algorithms 1, 2, 4 of Section 2.2 and Algorithm 5 of Section 4.1).
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Transmural wall
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Figure 4.8: Fiber generation, employing the full heart LDRBM, applied to the real-
istic Zygote Heart model. (a): Anterior view; (b): Posterior view; (¢): Apex view;
(d): Frontal view. For visualization purpose we removed the valve and cut vein planes.

Figure 4.8 displays the Zygote heart geometry equipped with the prescribed LDRBM
fibers. We observe that the full heart LDRBM well reproduce the characteristic he-
lical structure of the ventricles up to MV and TV regions, presenting circular fiber
arrangements around PV-OT and AV-OT, see Figure 4.8(a,c,d). Moreover, circum-
ferential and longitudinal fiber orientations are predominant in RV with respect to
LV, with a strong discontinuity in the transition across the two ventricles around the
inter-ventricular junctions, see Figure 4.8(c,d).

The complex arrangement of fiber directions in almost every anatomical atrial
regions are well captured by the full heart LDRBM. In particular, following the atrial
LDRBM rules, reported in Section 2.2.1, circular fiber arrangements are exhibited
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Figure 4.9: (a): Stimuli applied in the four chamber model to mimic the Cardiac
Conduction System (CCS); SAN: Sino-Atrial Node; BB: Bachmann’s Bundle; FO:
Fossa Ovalis; CSM: Coronary Sinus Musculature; AVN: Atrio-Ventricular Node; AL:
Left Anterior; PL: Left Posterior; SL, SR: Left and Right Septum; ER: Right Endo-
cardium. (b-c): Activation maps computed from EP simulation; posterior (b) and
frontal (c) views.

\ RA [ o [ Tiev | Tscv | Traa [ Tesm | Tow.r |
[Zygote heart | 0.0 [ 090 [ 0215 | 055 | 0.00 | -0.15 |
\ RA [ Traw [ 7ot | Tety | Tib [ Tras | |

[ Zygote heart | 0.75 (0°-30°) | -0.22 | -0.22 | 0.44 (20°-20°) | 0.28 | |

Table 4.2: Bundle parameters used for RA fibers generation in the Zygote heart geom-
etry. We use the convention Ti(aendo—aem) to set a linear transmural angle variation
for a inside the i-th bundle, while 7; alone to imply endo = atepi = 0°.

‘ LA [ 7w | Trpw | Tipy | Tswyi | Tiaasin | Tiagwup | Tob | Tlaw |
[ Zygote heart | 0.90 | 0.15 | 0.835 | 0.04 | 043 | 0.0 ] 0.75 [ 0.65 (20°-0°) |

Table 4.3: Bundle parameters used for LA fibers generation in the Zygote heart geom-
etry. We use the convention 7;(Qendo-Crepi) t0 set a linear transmural angle variation
for « inside the i-th bundle, while 7; alone to imply qendo = atepi = 0°.

around LPV, RPV, SCV, ICV, TV, MV and both appendages (RAA and LAA), see
Figure 4.8(a,b). RA fiber structures like IB and RAW are vertically oriented, whereas
those of RAS are almost parallel to TV, Figure 4.8(b). LAS fibers present a smooth
transition going to LAA and the adjacent region of RAS. Directions of LAR and LAW
fibers descend perpendicularly to MV, see Figure 4.8(a).

4.3.3 Whole heart electrophysiology

We employ the whole heart LDRBM fiber architecture to perform an EP simulation
of the Zygote heart. To model the EP activity in the cardiac tissue we used the mon-
odomain equation endowed with TTP06 and CRN98 ionic models for the ventricles
and for the atria, respectively (see Sections 2.3 and 4.2.1), with the settings described
in Section 2.4.2. The interactions among atria and ventricles are based on the following
assumptions on the cardiac conductions system (CCS), showed in Figure 4.9(a).
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Figure 4.10: Evolution of the transmembrane potential for the ventricles uy and for
the atria u4 in the Zygote EP simulation, during a cardiac cycle. (a) full heart frontal

view; (b) clipped internal view. For visualization purpose we removed the valve and
cut vein planes.
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The ventricles are electrically isolated from the atria by the atrioventricular grooves [8];
the atria are electrically separated by the insulating nature of the atrial septum (divid-
ing RA from LA) apart from muscular continuity at the rim of Fossa Ovalis [100]. The
CCS pathway is modelled as a series of spherical delayed stimuli along the heart geom-
etry that mimic the electrical atrial connections, the Atrio-Ventricular Node (AVN)
delay and the main area of ventricular electrical activation: specifically, when the
transmembrane potential front reaches these points a stimulus current is triggered,
see Figure 4.9(a). Notice that, although the Purkinje network system should be used
to account for a detailed ventricular activation (see e.g. [252, 166]), for the sake of
simplicity several spherical endocardial stimuli were applied to each ventricle [59].

The CCS electric signal originates at the Sino-Atrial Node (SAN, ¢ = 0 ms) and
travels from RA to LA through three electrical atrial connections, the Bachmann’s
Bundle (BB, ¢ = 28 ms), the rim of Fossa Ovalis (FO, t = 42 ms) and the Coronary
Sinus Musculature (CSM, ¢ = 80 ms) [100, 208]. When the electric signal reaches the
AVN, located at the lower back section of the inter-atrial septum near the coronary
sinus opening, it is subject to a delay (90 ms), that allows the complete activation
of the atria before ventricles electric propagation starts [100]. Finally, ventricular
endocardial areas are activated: in the anterior para-septal wall (AL), in the left
surface of inter-ventricular septum (SL) and in the bottom of postero-basal area (PL),
for LV; in the septum (SR) and in the free endocardial wall (ER), for RV, 5 ms after
the onset of LV stimuli [59]; see Figure 4.9(a).

Figure 4.9(b-c) depicts the activation maps computed by the Zygote heart EP
simulation. We obtained a physiologically compatible timing for the heart activation
[188, 72, 187]: the complete atrial depolarization occurs after about 120 ms, while
that of ventricles after about ¢ = 270 ms. The last region to be activated is LAA for
the atria, while the postero-basal area of RV for the ventricles, both in accordance
with [208, 59].

The transmembrane potentials evolution for the ventricles uy and for the atria
u4 are shown in Figures 4.10. As expected, the electric signal initiates at SAN and
spreads from RA to LA. Then, after the delay of AVN, the ventricles start to acti-
vate. The atrial repolarization arises during ventricular depolarization. Finally, after
the isoelectric ventricular activity, the whole heart return to the depolarized initial
configuration, see Figure 4.10.

4.3.4 Whole heart electromechanics

We present an human heart EM simulation in physiological conditions in the Zygote
heart, employing the 3D-0D whole heart model, presented in Section 4.2. For the
fiber generation of the cardiac muscular architecture we adopted the heart LDRBM
described in Section 4.1.

Regarding the space discretization of the 3D-0D whole heart model, we used con-
tinuous bilinear FE (Q) and we employed two nested meshes, where for TM and MA
problems we adopted an average mesh size of 1.5 mm, while for EP problem a mesh
size two time smaller. Meanwhile, for the time discretization, we used BDF1 with
7 = 50 us for EP problem and with At = 207 for TM, MA and fluid problems [199,
176].

The parameters of the 3D-0D heart model are listed in Tables 4.4 and 4.5, see
also Section 4.2. Specifically, Table 4.4 contains the parameters of the 3D EM model
and Table 4.5 those of the 0D closed-loop hemodynamical model. Moreover, for the
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Variable Value Unit Description
Electrophysiology

Tus 0.8 S Heartbeat duration
Xm 1 uF/cm? Surface-to-volume ratio
Cm 1400 cm ™! Transmembrane capacitance
€ 0.05 — Threshold of the fast conduction layer
(00 fast, O, fast On,fast ) (5.00, 2.50, 0.75) mS/cm Fast ventricular layer conductivities
(04, myo, Tt,myos On,myo)  (1.00, 0.50, 0.15) mS/cm ventricular conductivities
(cféa), Ut@, m@) (7.00, 0.70, 0.70)  mS/cm atrial conductivities
Imax 50-10%  pA/cm3 Applied current value
Lapp 3.0 ms Applied current duration
Oapp 2.5 mm Applied current radius
Mechanics

Ps 103 kg m—3 Tissue density
Kﬁ”’i 2.104 Pam™! Normal stiffness of epicardium
K ‘ 2.10° Pam™! Tangential stiffness of epicardial tissue
c g 2-10* Pasm™! Normal viscosity of epicardial tissue
C’ﬁp ‘ 2.10% Pasm™! Tangential viscosity of epicardial tissue
K ﬁ’ v 2-10% Pam™! Normal stiffness of pulmonary caps
K'Y 2-10° Pam™! Tangential stiffness of pulmonary caps
C'T’ 2.10* Pasm™! Normal viscosity of pulmonary caps
Cﬁ’ v 2.10% Pasm™! Tangential viscosity of pulmonary caps
Guccione law:

a 0.88-103 Pa Material stiffness
k(@) 50 - 103 Pa Bulk modulus
byy 8 — Fiber strain scaling
bss 6 — Radial strain scaling
bin 3 — Cross-fiber in-plane strain scaling
bys 12 — Shear strain in fiber-sheet plane scaling
byn 3 —  Shear strain in fiber-normal plane scaling
bsn 3 —  Shear strain in sheet-normal plane scaling
Neo-Hookean law:

I 10° Pa Shear modulus
kM) 5-10° Pa Bulk modulus
Reference Configuration

Dew 650 Pa Residual left ventricular pressure
Dro 450 Pa Residual right ventricular pressure
Dea 800 Pa Residual left atrial pressure
Dra 600 Pa Residual right atrial pressure
fl 350 - 103 Pa Residual ventricular active tension
i) 350 - 103 Pa Residual atrial active tension
Coro 1 — Residual ventricular contractility ratio
Cra 1 - Residual atrial contractility ratio
Activation

SLg 2 um Reference sarcomere length
Tmer 800 - 103 Pa Ventricular maximum tension
" az,(a) 400 - 103 Pa Atrial maximum tension
Coro 1 — Ventricular contractility ratio
Clra 1 — Atrial contractility ratio

Table 4.4: Input parameters of the 3D EM heart model.
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Variable Value Unit Description
Circulation

R2Y® 0.640 mmHgsmL™! Resistance of systemic arterial system
R3YS 0.260 mmHgsmL™! Resistance of systemic venous system
Rg}‘l 0.032 mmHgsmL ™! Resistance of pulmonary arterial system
Rpul 0.036 mmHgsmL™* Resistance of pulmonary venous system
csys 1.200 mL mmHg ™! Capacitance of systemic arterial system
css 60.00 mL mmHg ™! Capacitance of systemic venous system
cru 10.00 mL mmHg ™! Capacitance pulmonary arterial system
cru 16.00 mLmmHg~! Capacitance of pulmonary venous system
Lsys 5.1072 mmHgs?mL™! Impedance of systemic arterial system
L3Ys 5.107* mmHgs?mL™! Impedance of systemic venous system
e 5.107% mmHgs?mL™! Impedance pulmonary arterial system
e 5.107% mmHgs?mL™! Impedance of pulmonary venous system
Roin 751074 mmHgsmL ™! Valves minimal resistance
Riaz 75103 mmHgs mL~! Valves maximum resistance

Table 4.5: Parameters of the 0D closed-loop model in the 3D-0D heart model.

Physics/Fields Linear solver (preconditioner) Abs. tol.
Fiber Laplace problems GMRES(AMG) 10710
Monodomain model CG (AMG) 1078
Activation GMRES (AMG) 10710
Mechanics GMRES (AMG) 10-8
Reference configuration GMRES (AMG) 10-¢

Table 4.6: Tolerances of the linear solver for the different 3D-0D heart core models.

Physics/Fields non-linear solver Rel. tol. Abs. tol.
Mechanics Newton 108 106
Reference configuration Newton 106 1074

Table 4.7: Tolerances of the non-linear solver for the 3D-0D heart mechanical problem.

TTP06 and CRN98 ionic models, we use the parameters? reported in [247] and [47],
respectively, while for the RDQ18-ANN model, we employed those in [196]. Tables 4.6
and 4.7 report the setting used for the linear and non-linear solvers, respectively. The
setting related to the heart LDRBM, adopted for prescribing the fiber architectures,
is detailed in Section 4.3.2. Moreover, to surrogate the effect of ventricular dispersed
myofibers, we fixed in (4.4) ny =1, ny = 0 and n,, = 0.4 for the proportion of active
tension along the fiber, sheet and normal directions, respectively [87, 3, 177].

To approach the limit cycle, we performed five heartbeats using the fully frame-
work of the 3D-0D model presented in Section 4.2. All the reported results refer to the
last heartbeat. Moreover, we initialized both the ionic models (TTP06 and CRN98)
by running a 1000-cycle long single-cell 0D simulation. Similarly, we initialized the
force generation model by means of a single-cell 0D simulation with a constant cal-
cium inputs (corresponding to the final calcium concentrations of the single-cell ionic
simulations of TTP06 and CRN98) and a reference sarcomere length SL = 2.2 um.

2For the TTP06 ionic model we used the endocardium cells parameters [247].
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Figure 4.11: Evolution of the mechanical displacement magnitude (with respect to the
reference configuration) in the Zygote heart EM simulation during a cardiac cycle. (a)
full heart frontal view; (b) clipped internal view.
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Figure 4.12: (a) Evolution of the calcium transient for the ventricles Cay (of TTPO06)
and for the atria Cay (of CRN98) in the Zygote heart EM simulation during a cardiac
cycle; (b) pressures (left), volumes (centre) and PV-loop (right) for LV (orange), RV
(blue), LA (green) and RA (yellow). Moreover, also the pressures p:¥* (red) and p2%
(violet) are plotted.

The pacing protocol, composed by atrial and ventricular endocardial spherical
stimuli, is the same as the whole heart EP simulation showed in Section 4.3.3. More-
over, in the ventricles we combined the impulses with the fast endocardial conduction
layer (see Section 3.1.2) in order to surrogates the action of the Purkinje network [127,
252].

Figure 4.11 illustrates the time evolution of the mechanical displacement magni-
tude, in the Zygote heart EM simulation, during a cardiac cycle. Specifically, we
report different snapshots of the atrial (in the first line) and of the ventricular (in the
second line) contraction of the heart geometry, warped by the displacement vector
(taken with respect to the reference configuration). At the beginning, we observe a
passive filling phase (from the atria to the ventricles) with a slow increase of ventric-
ular volumes (¢ = 0.0 + 0.13s). Then, the atrial systole, also named “atrial kick”,
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Figure 4.13: Schematic representation of the measured Longitudinal Fractional Short-
ening (LFS) in the Zygote heart EM simulation: (a) mid heart slice at the beginning
of the heartbeat (¢ = 0.00 s), showing the apico-basal distance Lo; (b) mid heart slice
at the end of systole (¢ = 0.44 s), showing the apico-basal distance L.

@

t = 0.44s

occurs, with the consequent decrease of atrial volumes and increase of the ventricular
ones (t = 0.26 + 0.32s). During the ventricular contraction, the ejection phase is
clearly visible, with the atrioventricular plane that moves towards the bottom of the
heart, while the apex remains almost fixed. Moreover, a significant thickening of the
ventricular wall takes place (¢ = 0.39 = 0.44s). Then, the ventricles start to relax.
This leads to a slow recovery of the heart initial volumes (¢ = 0.52 + 0.60s).

Figure 4.12(a) shows the physiological wave propagation of calcium ions concen-
trations (coming from TTP06 and CRN98) Cay and Ca,, during a cardiac cycle, for
the ventricles and the atria, respectively. Following the electrical activity of the heart,
the release of calcium originates at the SAN, (¢ = 0.04s) and travels from RA to LA
(t = 0.08 = 0.12s) up to the complete activation of atria (¢t = 0.20s). The AVN delay
(~ 0.09s) ensures that the atria contract before ventricular endocardial areas are ac-
tivated (¢ = 0.30s). The calcium wave spreads from LV to RV (¢t = 0.30 + 0.34s) up
to the complete activation of both ventricles (¢t = 0.44s). Finally, after the ventricular
contraction, the calcium concentration goes back to its resting value (¢ = 0.64s).

Figure 4.12(b) displays the PV-loop curves and the time evolution of pressures
and volumes of the four chambers. During the atrial contraction the volume of both
ventricles increases while the pressure remains almost constant (t = 0.00 + 0.30s). At
this stage, MV and TV are opened, while AV and PV are closed. Then, the ventricular
systole starts: at the beginning the volume of the ventricles is almost constant while
the pressure increases. This produces the ventricular contraction and the closing of MV
and TV. The ventricular pressures raise until they overcame the aorta and pulmonary
artery pressures (ps¥® and pP¥), triggering AV and PV to open with a rapid volume
decrease in both ventricles, due to the blood ejection (¢ = 0.30 + 0.60s). Finally,
the ventricles relax, AV and PV close and when the ventricular pressures reach those
of the atria, MV and TV open again and a slow filling phase (from the atria to the
ventricles) begins (¢ = 0.60 =+ 0.80s).

In Table 4.8 we compare some relevant mechanical biomarkers obtained by our
numerical simulation with those provided by the data reported in the literature [122,

132



4.3. Numerical results: whole heart simulations

Mechanical biomarkers Literature values Simulation results Description
EFLy (%) 50-75 [122] 51 Left ventricular ejection fraction
EFgrv (%) 48 + 5 [147] 48  Right ventricular ejection fraction
Pry (mmHg) 119 + 13 [236] 140 Left ventricle pressure peak
Pry (mmHg) 35 + 11 [31] 30 Right ventricle pressure peak
Pra (mmHg) 12-14 [178] 14 Left atrium pressure peak
Pra (mmHg) 1-8 [52] 8 Right atrium pressure peak
LFS (%) 13-21 [61] 21 Longitudinal fractional shortening

Table 4.8: Comparison between the simulation results, employing the 3D-0D whole
heart model, and literature values of mechanical biomarkers in physiological conditions
(references are reported in the Table).

147, 236, 31, 178, 52, 61]. The chosen mechanical biomarkers were: i) left and right
ventricular ejection fractions (EFry, EFgry), which represent the amount of blood that
is pumped by LV and RV during a cardiac cycle, computed as

EDV,; — ESV;
Vi SVZ10

EF:(%) = —Fpv,

0 i =LV,RV,
where EDV; and ESV; (with ¢ = LV, RV) represent the maximal and minimal (left
i = LV and right ¢« = RV) ventricular volumes achieved during the heartbeat, com-
puted as the maximal and minimal volumes in the PV-loop curves, see Figure 4.12(b);
ii) left and right atrial and ventricular systolic pressure peaks (Pry, Pry, Pra, Pra),
the maximal pressures reached in LV, RV, LA and RA, computed as the maximal
pressures in the PV-loop curves, see Figure 4.12(b); iii) the systolic longitudinal frac-
tional shortening (LFS), standing for the fractional displacement between the apex
and the atrioventricular plane [130], evaluated as

Lo—L

LFS(%) = ——=100,
0

where Lo and L are the apico-basal distance measured at the beginning (¢ = 0.0s) and
at the end of systole (t = 0.44s), see Figure 4.13.

Apart from the left ventricular systolic pressure peak (Pry), with a slightly higher
value, all the other mechanical biomarkers, obtained by our numerical simulation, fall
within the physiological range (references in Table 3.5).
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Conclusions

This thesis presented a fully-coupled multiscale mathematical and numerical model
of the electrical and mechanical activity of the whole human heart, wherein the main
contribution is given by the generation of the full heart myofibers, described by means
of a newly developed Rule-Based Method (RBM).

The whole heart fiber architecture is built upon a new Laplace-Dirichlet Rule-
Based Method (LDRBM), a particular class of RBM strictly related to the solution
of Laplace boundary-value problems [176]. The latter is based on the novel definition
of several inter-heart and intra-heart harmonic functions, which couple together the
different LDRBMs for the atria and the ventricles [176, 58]. To properly reproduce the
characteristic features of the cardiac fiber bundles in all the four chambers, the heart
LDRBM uses the gradient of inter-heart and intra-heart harmonic functions combined
with a precise definition of the boundary sections, where boundary conditions are pre-
scribed for the harmonic problems (see Section 4.1). This strategy makes the fibers
less open to subjective variability. On the other hand, the heart fiber bundles dimen-
sion could be adapted case by case changing the parameters involved in the RBM.
The proposed methodology was demonstrated to quantitatively replicate the complex
arrangement of the fiber directions in almost every anatomical atrial and ventricular
regions: the helical structure of LV, the characteristic fibers of RV, the outflow tracks
(OT) regions and the fiber bundles of LA and RA, including the inter-atrial connec-
tions (see Section 4.3.2). The heart LDRBM is computationally inexpensive, efficient
and easy to implement, and it allows to include realistic cardiac muscle fibers architec-
ture on whole heart geometries of arbitrary shape. As a consequence, it is possible to
generate patient specific heart fibers, fed by input parameters inferred from histology
or DT-MRI studies, through an automated and computationally efficient procedure.

Apart from a very detailed myocardial fiber architecture, the whole heart model
of this thesis considers a 3D description of cardiac electromechanics (EM) in all the
four chambers and a 0D representation of the circulatory system, which includes the
cardiac blood haemodynamics (see Section 4.2). The 3D EM part comprises:

i) the cardiac electrophysiology (EP), described by means of the monodomain equa-
tion endowed with state of the art human ionic models for the ventricle (TTPO0G6 [247])
and the atria (CRN98 [47]), which are able to accurately describe ions dynamics
across the cell membrane in physiological conditions;

ii) the sarcomere mechanical activation (MA), based on an Artificial Neural Network
(ANN) model, known as the RDQ18-ANN model (recently proposed in [196]), which
is able to represent in detail the sophisticated microscopic active force generation
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mechanisms, taking place at the scale of sarcomeres, with the great advantage of
strikingly reducing the computational burden associated to the numerical solution
of the RDQ18 full order model [195];

iii) the myocardial tissue mechanics (TM), for both the atria and the ventricles, rep-
resented adopting, for the passive behaviour, the Guccione constitutive law [90] and,
for the active part, an orthotropic active stress formulation [89], which surrogates
the contraction caused by dispersed myofibers [87].

The whole heart EM model, comprising EP-MA-TM, is strongly coupled with a 0D
closed-loop lamped parameters model (recently proposed in [198]) for the blood haemo-
dynamics through the entire cardiovascular network, where systemic and pulmonary
circulations (both arterial and venous) are modeled with RLC circuits. The heart
chambers are described by time-varying elastance elements and non-ideal diodes stand
for the heart valves (see Section 3.1.5). The coupling between the 0D-fluid and 3D-EM
models is achieved by means of the volume-consistency coupling conditions, where the
pressures of all the four chambers act as Lagrange multipliers associated to the volume
constraints (see Sections 3.1.6 and 4.2.1). The above coupling approach, between the
3D EM and the 0D circulation models, ensures both the continuity of volumes and
pressures and is complaint with the principles of conservation of mechanical energy
[198, 199].

The numerical approximation of the 3D-0D heart model included: finite Element
Method (FEM) with continuous FE and hexahedral meshes, for the space discretiza-
tion, and Finite difference (FD) schemes with Backward Difference Formulae of order
o > 1 (BDFo), for the time discretization. The Segregated-Intergrid-Staggered (SIS)
numerical scheme was adopted. The core models, contributing to both cardiac EM
and blood circulation, are solved sequentially once per time step in a segregated man-
ner, by using different resolutions in space and time, to properly handle the different
space-time scales of the core models (see Sections 4.2.3 and 3.2).

The validity of the whole heart 3D-0D model was demonstrated through EM and
EP simulations (see Sections 4.3.3 and 4.3.4), with physiological activation sites in
a four chamber realistic computational domain of the Zygote heart, a CAD-model
representing an average healthy human heart reconstructed from high-resolution CT-
scan [107]. As it is a very detailed geometry of the human heart, it demonstrates the
applicability of the proposed whole-heart model to arbitrary patient-specific scenarios.
EP simulation of the whole heart produced a physiologically compatible timing for
the cardiac activation [188, 187, 72] in accordance with previous reports [59, 208];
see Section 4.3.3. In EM simulation of the whole heart, some relevant mechanical
biomarkers, obtained by our simulation, are compared with those provided by the data
reported in the literature [122, 147, 236, 31, 178, 52, 61]. Almost all the mechanical
biomarkers fall within the physiological range; see Section 4.3.4.

The proposed 3D-0D whole heart model, presented in this thesis, provides an
important contribution to the whole heart modeling and to perform full heart EM
simulations, allowing both the study of four chambers heart clinical cases as well as
investigating medical questions.
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Besides the above mentioned achievements of the 3D-0D whole heart model, this thesis
obtained the following results:

e it provided a novel unified framework, based on LDRBMSs, for generating cardiac
muscle fibers in biventricular and biatrial computational domain (see Chapter 2);

e it reviewed existing ventricular LDRBMSs, proposed by Rossi et al. [204] (R-RBM),
by Bayer et al. [26] (B-RBM) and by Doste et al. [58] (D-RBM), by means of a
communal mathematical description. Some extensions were also introduced allowing
the inclusion of different fiber orientations in LV and RV for R-RBM and B-RBM,
the rotation of all the myofiber vectors for R-RBM, and the fibers generation up to
cardiac valve rings for B-RBM (see Section 2.1);

e it proposed a novel LDRBM for the generation of atrial myofibers, which is able to
reproduce all the important features, such as the fiber bundles, needed to provide
a realistic atrial musculature architecture. The newly developed method has been
proposed in [176], and in this thesis has been presented the extension to the bia-
trial geometries. The novel methodology makes the fibers less open to subjective
variability. On the other hand, the bundles dimension could be adapted case by
case changing the parameters involved in the method. Therefore, unlike most of
the existing atrial RBM requiring manual or semi-automatic interventions, the new
method can be easily adapted to any arbitrary geometry (see Section 2.2);

e it carried out systematic comparisons of ventricular LDRBMs, performed on either
idealized and realistic human biventricular geometries. R-RBM and B-RBM were
able to recover almost the same fiber orientations of D-RBM thanks to the proposed
extensions. However, some local differences persist in the methods utilized (see Sec-
tion 2.5). Furthermore, the influence of the different ventricular fibers architecture
on EP signal propagation in terms of activation times, computed as output of nu-
merical simulations, was investigated, highlighting the importance of including a
proper fiber orientation for RV (see Section 2.5);

e it presented the fiber generation results of the new atrial LDRBM to reconstruct
LA, RA and biatrial myofiber architectures, both in idealized and realistic geome-
tries. The new LDRBM quantitatively captures the complex arrangement of fiber
directions in almost all the anatomical atrial regions, including the inter-atrial con-
nections (see Sections 2.6 and 2.7). This was demonstrated through comparisons
with another RBM, with anatomical atrial dissections and with DT-MRI fiber data.

e it analysed the influence of atrial fiber bundles by means of EP simulations in real-
istic and real geometries (coming from DT-MRI data). Specifically, the comparison
between the fiber activation map and an isotropic electrical propagation or a change
in size of a single bundle strongly affect the total activation sequence in the atria.
These results putted in evidence the strong effect of the atrial bundles in the electric
signal propagation and the importance of including a detailed fiber architecture in
EP atrial models (see Sections 2.6 and 2.7);

e it presented a 3D biventricular EM model coupled with a 0D closed-loop model of
the whole cardiovascular system, providing a rigorous mathematical and numerical
formulation of the 3D-0D model, and detailing the approach to couple the 3D and
the 0D models (see Chapter 3). The biventricular 3D-0D model was the building
block for the 3D-0D whole heart model (see Chapter 4);
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e it introduced a boundary condition for the mechanical problem that accounts for
the neglected part of the domain located on top of the biventricular basal plane
and that is consistent with the principles of momentum and energy conservation.
In particular, the energy-consistent boundary condition (proposed for LV in [196])
was extended to the weighted-stress distribution form, applicable to biventricular
geometries (see Section 3.1.4);

e it carried out several numerical biventricular EM simulations aimed at reproduc-
ing physiological quantities like the PV-loops. The results quantitatively matched
the experimental data of all the relevant mechanical biomarkers available in litera-
ture [137, 238, 138, 236, 31, 61, 219], such as the end systolic and diastolic volumes,
the ejection fractions, the systolic pressure peaks, the longitudinal fractional short-
ening and the fractional wall thickening (see Section 3.3.2);

e it studied different configurations in cross-fibers active contraction, which surrogate
the dispersion effect in the cardiac fibers. These results proved that an active tension
along the sheet-normal direction enhances the cardiac work, whereas along the sheet
direction it has the opposite effect. Moreover, an active contraction in the sheet-
normal direction allows to obtain a more efficient cardiac pumping function with
a much lower axial stress with respect to a pure fiber configuration. Conversely, a
sheet active contraction yields unphysiological ejection fraction, longitudinal short-
ening and wall thickening. These results putted in evidence that the proportion of
active tension along the sheet direction should be avoided in the framework of an
orthotropic active stress (see Section 3.3.3);

e it evaluated the impact of different myofibers architecture on the biventricular EM,
showing the importance of considering a biventricular model with respect to a stand-
alone LV model. A different fibers architecture in the transmural wall and in the
inter-ventricular septum influence the ventricular cardiac pump work, in particular
the LV one. This highlighted the strong interaction on the cardiac pump function
between LV and RV, and consequently the importance of considering the two cham-
bers together during ventricular EM simulations. The continuous interrelationships
between right and left ventricular functions are well known not only in physiolog-
ical conditions, but particularly in pathological situations, for which any pressure
and/or volume overload of a ventricle is instantaneously reflected in impairment of
the function of the contralateral ventricle (see Section 3.3.4);

e it provided a detailed description of the process behind the generation of whole
heart mesh, starting from an acquired cardiac geometry. The following procedure
was applied to generate labelled volumetric mesh of a realistic whole heart geometry,
employed for EP and EM simulations (see Section 4.3.1).

Future directions and improvements

Several possible improvements and prospectives arise from th work carried out in this
thesis:

e further investigations should be performed to establish which ventricular LDRBM
better reproduces the anatomical ground truth. In particular, concerning the septal
fibers, standard anatomical observations claim that the fibers are almost continuous
through the septum [99, 210], though recent studies support the thesis of septal
fibers discontinuity [115, 34];
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e the validation of the atrial LDRBM, presented in Section 2.7.3, based on the com-
parison between the LDRBM fibers and the DT-MRI fiber data, should be extended
to more than one biatrial geometries, in order to verify the adaptability of the pro-
posed methodology to inter-patient variations;

e the EP at cellular and tissue levels was modelled as homogeneous through the whole
heart. Although in principle this assumption is a well accepted approximation for
the ventricular tissues of healthy individuals, several atrial regions exhibit distinct
EP properties. These should be taken into consideration to achieve a more realistic
activation/repolarization pattern [67, 129], particularly when reproducing patho-
logical conditions affecting the atrial chambers [57];

e the Purkinje network was not explicitly modelled (as for instance done in [252, 46,
126]). Instead, to surrogates the effect of the Purkinje network (as done in [127]),
a series of spherical impulses, taken along LV and RV endocardia where an electri-
cal stimulus is applied, was combined with the fast endocardial conduction layer.
Although this approximation is reasonable in physiological condition, the Purkinje
network should be explicitly modelled in order to achieve a more realistic activation
sequence in the ventricles, in particular when attempting to reproduce pathological
conditions, like for instance the Left Bundle Branch Block [156, 252];

e the RDQ18 activation model does not take into account the feedback of the shorten-
ing velocity along the muscle fibers on the subcellular force generation mechanism.
This effect (known as the force-velocity relationship) entails that when the tissue
rapidly contracts, the force generated decreases, thus making the pressure transient
smoother. Hence, the sharp pressure peaks shown in Figures 3.11(d) and 4.12(b)
would be smoothed by using a model that takes into account the force-velocity re-
lationship, such as the RDQ20 model, as shown in [194]. The integration of a the
recently developed RDQ20 force generation model [195] into the multiscale 3D-0D
cardiac model will be the subject of a future work.

e the proposed whole heart fibers generation methodology is computationally inex-
pensive, efficient and easy to implement, and it allows to include realistic cardiac
muscle fibers architecture on whole heart geometries of arbitrary shape. As a con-
sequence, it is possible to generate patient cohorts heart fibers. Recently, a publicly
available virtual cohort of about twenty linear tetrahedral four chamber meshes was
reported in [234]. However, these heart meshes embed only the ventricular fibers.
The application of the heart LDRBM will easily extend this cohort to include full
heart muscular architecture;

e the whole heart EM simulation, presented in Section 4.3.4, needs further calibrations
in order to better reproduce realistic atrial PV-loops.
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