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Highlights

e A computational model framework coupling a 3D biventricular electromechanics to a
3D coronary circulation

e Integrate core elements of cardiac electromechanical model including cardiac fibre
orientation, electrophysiology, active force and myocardial mechanics with coronary
blood dynamics model using a simplified one-way coupling approach

e Presents the significance of cardiac-induced motion of coronary arteries on the coronary
haemodynamic

e The framework model advances the understanding of the significance of incorporating
background cardiac motion on coronary haemodynamic in computational models of
cardiology and provides a basis for modelling myocardial perfusion in the investigation

of coronary artery diseases
Abstract

Background and Objective: Coronary flow is strongly influenced by the geometry and
motion of coronary arteries, which change periodically in response to myocardial contraction
throughout the cardiac cycle. However, a computational framework integrating cardiac
biventricular electromechanics with dynamic coronary artery flow using a simplified, yet
comprehensive mathematical approach remains underexplored. This study aims to develop a
coupled 3D model of cardiac biventricular electromechanics and coronary circulation, enabling
simulation of the interplay between cardiac electrical activity, mechanical function and

coronary flow.

Methods: A patient-specific biventricular electromechanical model encompasses the fibre
orientation, electrophysiology, mechanical properties and an open-loop heart circulation is
developed. The electromechanical model is simulated independently from the coronary
circulation model. The model provides an input for the Navier-Stokes-based coronary flow
model. A one-way coupling approach maps the biventricular motion to the coronary arteries,
linking both components. To evaluate the influence of coronary arterial motion on coronary
haemodynamic, simulations are performed for two scenarios: a moving and a non-moving

(static) coronary artery model.

Results: Cardiac-induced coronary motion alters the pressure, velocity and flow profiles. Non-

moving coronary arteries produce stable counter-rotating Dean-like vortices due to steady flow
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dominated by centrifugal forces, while the moving arteries disrupt these vortices as arterial
curvature changes disturb the flow. Coronary motion significantly affects the wall shear stress,

highlighting the necessity of incorporating arterial dynamics to investigate atherosclerosis.

Conclusion: The integrated biventricular-coronary model emphasizes the significance of
background cardiac motion in coronary haemodynamic. The model offers a foundation for

exploring myocardial perfusion mechanisms in realistic physiological settings.
Keywords

Cardiac electromechanics, Cardiac-coronary coupling, Cardiac motion, Coronary blood flow,

Myocardial perfusion
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1.0 Introduction

Cardiovascular diseases (CVD) continue to impact over half a billion people
worldwide, accounting for nearly one-third of all global deaths [1]. Coronary artery disease
(CAD) is listed as among the most prevalent and life-threatening cardiovascular conditions
with approximately 1 in 20 adults aged 20 and older suffering from CAD [2, 3]. CAD is
primarily characterized by the narrowing or blockage of coronary arteries due to
atherosclerosis, which restricts the blood flow to the heart muscle or myocardium reducing
oxygen delivery for cardiac function. CAD can further progress to myocardial ischemia, a state
of insufficient oxygenation of myocardial tissue that can impair cardiac function. If untreated,
it can lead to severe heart complications including potentially fatal cardiac infarction or heart
attack [4, 5]. Hence, understanding the physiology of coronary flow dynamics and factors
influencing myocardial ischemia is crucial for diagnosing, treating and preventing adverse

outcomes.

Coronary arteries undergo substantial motion during the cardiac cycle due to the
anatomical attachment with the myocardium. Achenbach et al. [6] obtained data from 25
patients (mean age 59 years) who underwent cine electron-beam computed tomography
(EBCT) for clinical reasons and had normal left ventricular (LV) function. This study acquired
20 consecutive cross-sectional images of the right coronary artery (RCA), left anterior
descending (LAD) and left circumflex (LCX) coronary arteries. They found that the mean
velocity of RCA movement was 69.5 mm/sec &+ 22.5, which significantly faster than the LAD
(22.4 mm/sec £ 4.1) and LCX (48.4 mm/sec £+ 15.0), showing that the RCA exhibits the most
motion of the three arteries. Similarly, by using EBCT, these studies [7, 8] supported the
previous work that RCA has the greatest motion followed by the LCX and LAD throughout a
cardiac cycle. Ding and Friedman [9] analysed the motion parameters of human RCA and LAD
arteries using biplane coronary angiograms. They found that the LAD experienced less
displacement but exhibited more torsion than the RCA. This study also highlighted that
coronary artery motion varies significantly among individuals and along the vessel axis, which
contributes to differences in susceptibilities of each artery to atherosclerosis. Johnson et al. [10]
examined 15 patients with CAD using bi-plane X-ray angiography and found that the LAD and
LCX mostly move in the cranial-caudal plane while the RCA moves left-right direction.
Besides, the maximum motion was seen in the mid-segments of the RCA (16.08 mm), LAD

(6.07 mm) and the distal segment of the LCX (9.65 mm). In another study, Shechter et al. [11]
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obtained data from 10 patients (mean age 65 + 11 years) who were referred for diagnostic left
heart catheterization, including four with mild dilated cardiomyopathy and two with mild to
moderate hypertrophy. Using biplane angiograms, they reconstructed the RCA, LCX and LAD
and tracked their motion with tracking techniques to measure the 3D displacement and velocity
due to cardiac and respiratory motion. According to them, during cardiac contraction, all
arteries moved leftward, inferiorly, and anteriorly with the RCA has the most displacement.
The maximum 3D displacements were 14.4 mm for the RCA, 12.2 mm for the LCX and 9.6
mm for the LAD. Tan et al. [12] analysed selected computed tomography (CT) images from 17
patients (aged 18 to 70 years) who had undergone multi-slice CT-based coronary angiography
with retrospective electrocardiogram (ECG) gating. All patients had suspected heart disease
but no history of cardiac disease. The study measured coronary artery displacement finding
that the RCA finding had the greatest displacement (4.5 — 6.2 mm) compared to the left main
artery (3.9 — 4.5 mm), while the LAD, LCX and right marginal artery showed displacements
ranging from 3.7 — 6.6 mm. The aforementioned studies demonstrated that imaging data
revealed significant variations in coronary artery displacement and velocity across different

arteries during cardiac cycles.

The contraction and relaxation of the heart influence the coronary blood flow and drive
myocardial perfusion [13, 14]. Based on these studies’ findings [9, 15-21], physiological
coronary arterial motion can influence coronary haemodynamic affecting the pulsatility of the
coronary flow. It affects the magnitudes of wall shear stress (WSS), pressure, flow
characteristics, oscillatory shear index (OSI) and other haemodynamic metrics, potentially
providing insights into plaque formation or other pathological changes. Low WSS and high
OSI conditions are commonly associated with the initiation and progression of atherosclerosis
[22-24]. Zeng et al. [20] have modelled a simple circular geometry of an RCA subject to a
realistic cardiac motion to predict the effects on RCA haemodynamic. Their comparison of
moving and stationary models showed that the dynamic RCA model predicted notable
secondary flow patterns in terms of the size, strength and location of vortices. More
importantly, the arterial movement generated larger WSS variations than the predicted
stationary model, due to the changes in 3D curvature of the artery. Similar work was carried
out by Torii et al. [21] with the findings predicted that models with dynamic vessel motion
produce higher maximum WSS than the stationary model during peak systolic flow, mid-
diastole and early systole, a similar observation to that seen by Zeng et al. [20]. Their study

also demonstrated a wide area of high OSI within the moving RCA model which also marked
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a high relative residence time (RRT). These comparable studies underscore the substantial role

of coronary motion in modulating blood flow patterns within the coronary arteries.

While randomized clinical trials are the preferred method for understanding realistic
cardiac behaviour, computational models in cardiology have garnered considerable interest as
a non-invasive modality to understand mechanisms underlying cardiac diseases. Previous
studies have conducted cardiac biventricular electromechanical modelling using subject-
specific canine hearts [25] and a generic biventricular heart model [26]. Bakir et al. [27] have
extended these works to develop a fully-coupled cardiac fluid-electromechanics finite element
model of a generic human biventricular model. Regazzoni et al. [28] introduced a novel
mathematical model of left ventricular electromechanics coupled with a lumped parameter of
closed-loop heart circulation. These most recent studies [29-31] have proposed a
comprehensive electromechanical model of the entire heart including the atrial contraction by
coupling the 3D electromechanical model of the heart with 0D haemodynamic model of the
circulatory system. These models capture the multiscale and multiphysics processes governing
the cardiac function and the key components of such models are myocardial fibre architecture,

cardiac electrophysiology, active and passive cardiac mechanics, and blood dynamics.

Integrating the cardiac electromechanical model with coronary flow dynamics forms
an inclusive framework that encapsulates the physiology of human cardiac function. This
coupling approach enables a more holistic representation of the heart’s electrical, mechanical
and haemodynamic and its interaction with coronary circulation. A few recent studies [32-35]
have developed a cardiac-coronary modelling framework where they coupled the systemic
circulation of the heart - mostly focusing on the LV with the coronary circulation typically
using a 0D or 1D structured tree model. Recently, Wang and Yin [36] have developed a one-
way coupling of a 3D LV finite element model with a 1D structured tree of coronary flow by
considering the influence of time-varying intramyocardial pressure (IMP). To the best of our
knowledge, Zingaro et al. [37] presented the first example of a comprehensive mathematical
model in which a detailed 3D LV electromechanical model was combined with a Darcy
multicompartment biventricular model to simulate myocardial perfusion. To be specific, they
developed a fully coupled electromechanical model which serves as input for Navier-Stokes-
Darcy model of the biventricular domain. However, their electromechanical heart simulation
was restricted to the left side of heart solely. Their model did not incorporate fluid dynamics in

the right side of heart, assuming no direct feedback of the right heart hemodynamic on
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myocardial perfusion. Besides, they assumed active mechanics driven by electrophysiology
were present only in the left ventricle thus the atria were treated as electrically passive material,
as the study primarily focused on the downstream dynamics of the aortic valve. For the
perfusion model, they employed a biventricular fixed domain approach (the domain is non-
deformable) that they neglected the effect of tissue deformation on blood perfusion. One
important limitation of their study was the assumption of zero displacement on the coronary

walls that the coronary arteries remained fixed, for simplicity.

Based on the limitations of the previous works, there remains a need to develop a
realistic and comprehensive computational heart model that considers the electromechanics of
whole heart coupled with coronary arterial circulation. Studies should implement a deformable
domain for perfusion modelling, in order to account for the effects of myocardial contraction
on coronary blood flow by using poroelasticity model or moving myocardial boundary
conditions. The dynamics of coronary artery, such as the coronary artery wall motion and its
deformation must be considered instead of assuming a fixed geometry which is unrealistic
when modelling the coronary blood flow. Therefore, this study proposes a framework to
develop a computational myocardium-coronary coupling model combining 3D cardiac
biventricular electromechanics with 3D coronary arterial flow dynamics to investigate the
mechanisms of myocardium-coronary interaction. The contribution of this article follows two
strands: (a) first, we present a multiphysics model of 3D biventricular cardiac electromechanics
coupled with a computational fluid dynamics (CFD) model of 3D coronary artery, (ii) second,
we show the significance of cardiac-induced coronary arterial motion on the coronary blood

flow patterns.
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2.0 Methods

This study aims to develop a patient-specific biventricular electromechanical model
coupled with a coronary flow model to investigate the influence of cardiac-induced coronary
artery motion on coronary haemodynamic. Two cases were simulated: a moving coronary
artery model and a non-moving coronary artery model. In the moving model, a one-way
coupling framework was implemented, where the displacement of the coronary artery was set
to match the displacement of the nearest myocardium. In the non-moving model, the coronary
artery remains static throughout the cardiac cycle. In this methodology section, we first
describe the mathematical formulation of the electromechanical model, including the
geometrical domain, myocardial fibre orientation, electrophysiology, biventricular mechanics
and the open-loop circulation model. Next, we explain the CFD model of the coronary artery.
Then, we present a one-way coupling method used to link the biventricular electromechanical
model with the coronary artery flow model. Lastly, we outline the solver settings employed to

run the multiphysics model.

2.1 Geometrical domain

We acquired a pre-segmented patient-specific 3D model of the coronary arteries (Model
ID: 0073 _H CORO_H) from the Vascular Model Repository, an open-source database of
cardiovascular models [38, 39]. The model was obtained from a high-resolution CT scan of a
healthy 28-year-old female patient (see Figure 1 and Table 1 in Supplementary Materials I).
The left coronary arteries (LCA) consist of a short stem referred to as the left main coronary
artery which bifurcates into the two LAD arterial branches (LAD1 and LAD2) and four LCX
arterial branches (LCX1, LCX2, LCX3 and LCX4). The RCA is divided into three branches
(RCA1, RCA2 and RCA3). Since the coronary arteries were already segmented and provided
as a 3D model, we have focused on segmenting the biventricular myocardium. Using 3D Slicer
software (version 5.2) [40, 41], we segmented the left and right ventricular chambers, including
the epicardial and endocardial contours of the myocardium from the CT images. The detailed
explanation of the segmentation process was shown in Supplementary Materials I (see
Figure 2 in Supplementary Materials I). Figure 1 (A) depicts the 3D computational model
of the biventricular myocardium and coronary artery. The biventricular domain, Qg,main

incorporated anatomical features of both ventricles and was partitioned into the left and right
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epicardium, Qp,;;y and Qg gy, left and right endocardium, Qepgory and Qengorvs
biventricular apex, Qgpe, and basal, Q4. as shown in Figure 1 (B). To avoid potential
convergence issues arising from the complexity of meshing and solving multiphysics problems,
we opted to treat the coronary artery and biventricular myocardium as distinct components with

their respective dynamics handled independently before being coupled using a data mapping.

2.2 Myocardial fibres

The microstructure of the myocardium is composed of myofibers oriented in fibre, sheet
and normal-to-sheet directions. Since fibres arrangement primarily determines the direction for
conduction of electrical signals and passive mechanical properties [42], the orientation of the
fibres produce anisotropic conduction [43]. Specifying a proper fibre orientation within the
myocardium is essentially a first line task in computational heart modelling to obtain accurate
simulations. To prescribe the fibre architecture in the biventricular surface domain, we
implemented a Laplace-Dirichlet Rule-Based Method (LDRBM), widely reported in the
literatures [27, 44-46]. In this work, the following assumptions were made for simplicity: (a)
the fibre orientations were assumed to vary transmurally at an angle of -60° with respect to
circumferential axis at the epicardium and +60° at the endocardium [47, 48] and, (i1) the sheets
were assumed to lie perpendicular to both the epicardial and endocardial surfaces. Using the
LDRBM method, we defined a transmural distance, ¢¢,gnsmurqr that is from the epicardium to

the endocardium and an apicobasal distance, @gpicopasar that is from the base to the apex of
the biventricular domain as the solutions to the Laplace boundary problems. Based on the
transmural and apicobasal distances, we assigned local base tangent vectors, [&;, &,, €.] at each
point of the biventricular domain, respectively representing the longitudinal, normal and
circumferential directions. This reference frame, [€;, €, €.] was then rotated accordingly to
define the myocardial microstructural orientations, [&;, &,, €.] — [fo, 5o, ﬁo] where f, is the
fibre, S, is the sheet and N, is the normal-to-sheet directions. Figure 1 (C) presents the

developed myocardial fibre architecture showing the helical structure within the ventricles.
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Figure 1 (4, B) Computational domains of the biventricular myocardium and coronary artery model. Colours and labels

denote the partitions of the domain boundaries and naming of each artery. (C) Biventricular fibres orientation

23 Cardiac electrophysiology

2.3.1 Action potential

The cardiac action potential formulations were described in Eqs. (1)-(3) based on
previous works [27, 49, 50]. Eq. (1) represents the transmembrane potential dynamics (V)
and action potential propagation within the myocardium. Eq. (2) indicates the transmembrane
ionic current flow (i;,,) while Eq. (3) governs the recovery of the action potential in the

myocardium (R). Value and description of the parameters setting are listed in Table 1.

Wi,

B(CnZ2 + tion) = Vx - (03 Vi) (1)

Vin—B

fon = Ko U = B) (|22 = @] U = 1) + ksR U = B)) @)

2 = (e 4 gty (- -k (5 (52) - ) g
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Table 1 ~ Parameters and initial values of the electrophysiology formulations

Parameter Values Description
B 160000 m™!' | Membrane surface to volume ratio of the myocardial tissue
Cn 0.01 Fm? | Membrane capacitance per unit area
Vin Myocardial membrane potential
lion Ionic current density
o Electrical conductivity tensor
ViV Diffusion term to represent the spread of the electrical potential within the myocardial tissue
ks 8 - Constants related to the rate of the ionic currents
k, 100 5!
B -0.08 V Constant that shifts the baseline of the transmembrane potential
A 0.1V Scaling factor to adjust the sensitivity of the ionic current
a 0.12 Unitless constant governing the action potential duration
R Recovery variable
& 0.2s! Baseline rate of recovery
Uy 205!
Constants that modulate the recovery rate
Uy 0.3
Initial values
Vin -0.08 V Myocardial membrane potential
R 0.02 Unitless recovery variable
2.3.2 Electrical conductivity tensor

The cardiac cells’ electrical conduction travels the fastest along the fibre direction and

the slowest in the direction perpendicular to the muscle fibre [51-53]. This rapid conduction

enables a coordinated contraction of the ventricles for efficient ventricular contraction and

effective ejection of blood. For this work, the electrical conductivity of the myocardium was

set to exhibit the anisotropic properties at a ratio of 4:2:1 along the fibre (F), sheet (S) and

normal-to-sheet (N) directions, respectively based on prior studies [53, 54]. Eq. (4) describes

the conductivity tensor, o according to the conductivities in the direction of fibres (ay), sheets

(05) and normal-to-sheets (a;,)

o= af(ﬁ'®ﬁ')+as(§®§)+an(ﬁ®ﬁ) “4)

with oF =3 S m™! and ® denotes the vector outer product.
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24 Myocardial mechanics

2.4.1 Active stress

In response to the action potential, the biventricular myocardium generates an active
stress. We utilized a simplified version of the active stress formulation, see Eq. (5) proposed

by Bakir et al. [27]

66% = E(Vm) (kTa (VmA_B) - Ta) (5)

where T, is the active stress representing the contractile force generated by the myocardium
and kr, is a parameter controlling the magnitude of the active stress. The delay function, €(V},,)
models the rate at which active stress develops in response to the changes in the transmembrane
potential and the equation is taken from Goktepe and Kuhl [26] as shown in Eq. (6). Value and

description of the parameters setting are listed in Table 2.

E(Vm) =€yt (Eoo - Eo)exp (_exp(_f(vm - Vthreshold))) (6)

Table 2 Parameters and initial value of the myocardial contraction — excitation formulations

Parameter | Values Description
Krq 253 kPa | Parameter controlling the magnitude of the active stress
€o 575! Baseline rate of the active stress generation
€x 285! Maximum rate of the active stress generation as V,, increases well above the excitation threshold
£ 7.6 V'' | Scaling factor
Threshold transmembrane potential at which the active stress generation rate begins to increase
Vinreshota | 003V significantly
Initial value
T, | 0 kPa Active stress

2.4.2 Passive and active mechanics

The passive myocardial material response is important to determine the performance of
mechanical contraction and relaxation that shapes the cardiac function. In this work, the passive
behaviour of the myocardium was described by a hyper elastic model as proposed by the
constitutive model from Holzapfel and Ogden [55]. It is assumed the myocardium exhibits non-
linear hyper elastic, incompressible and is locally transversely isotropic with respect to the fibre
axis. Egs. (7)-(9) defines the total strain energy density function, ¥ decomposed into separate

components to capture the mechanical properties of the myocardium
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Y= wisotropic + wfiber + Yyor

lpisotropic = Za_biiexp(bi(ll -3)-1) (7)
2
Vriver = 5 exp (by(lay = 1)" ~ 1) (8)
k(J-1)in(J)
Yo = ——2 (9)

B 2
where Yisotropic TEPresents the strain energy due to the myocardial’s isotropic properties,
Yriper represents the strain energy due to the anisotropic behaviour of the fibres and 1,
represents the volumetric strain energy due to deformation. Value and description of the
parameters setting are listed in Table 3. I; is the first invariant of the modified right Cauchy-
Green deformation tensor, C given I,f = F- (CF‘ ) is the fourth invariant of the right Cauchy-
Green deformation tensor representing the anisotropic invariants associated with the fibre
directions and ] represents the determinant of the deformation gradient tensor, F. To ensure
material stability, I, was set to 0 when I, < 0, to account for the assumption that myocardial

fibres do not contribute significantly to passive mechanics during compression. For the active
myocardial mechanics, the active stress, T, was added to the second Piola-Kirchhoff stress
tensor, T in the directions of fibre, sheet and normal-to-sheet as shown in Eq. (10) to couple
the electrical and mechanical formulations. The magnitude of the active stress in sheet and
normal-to-sheet directions is equal to 40 % of the stress magnitude perceived along the fibre

direction [54]. E denotes the Green-Lagrange strain tensor.

T =20+ T,(FOF) + 04T,(S®S) + 04T, (N@N) (10)
The equation of motion governing the myocardial deformation is given by Eq. (11)
0=V-(FT)T (11)
F=1+Vu

where F = deformation of gradient tensor and u is the myocardial displacement vector.
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Table 3 Parameters value of the myocardial mechanics formulations

Parameter Values Description
4 2.280 kPa Parameters for the isotropic material properties
b; 9.726 p prop
a 1.685 kP
bj; 15.779 a Parameters for the fibre strain material properties
k 250 kPa Bulk modulus

To note, the biventricular base at the top is assumed to be fixed, avoiding translation
and rotation while other myocardial boundaries are allowed to move freely. We acknowledged
that this differs from the physiological motion pattern, where the base moves more prominently
[56]. However, our primary focus is on understanding the influence of myocardial motion on
large coronary artery hemodynamic. The myocardial deformation field still captures key global
contraction and expansion characteristics as shown in a previous work by Bakir et al. [27],
allowing us to analyse how background motion affects coronary flow. To investigate potential
impact of changing fixed reference frame, we performed an additional simplified simulation in
a simple muscle slab with a curved cylindrical artery attached. We tested two cases: one with
top wall fixed and the bottom wall moving (as in our original model) and another with the
bottom wall fixed and the top wall moving (see Supplementary Materials II). The simulation
results reveal that the location of the moving boundary — whether the top or bottom wall of the
slab domain, has an overall similar spatiotemporal pattern with the same order of magnitude in
the flow trends across the curved cylinder segment. In both cases, the maximum velocity is
consistently observed at the top of the curved cylinder (3.8 m/s) for both cases. However, slight
differences in the peak velocity values are shown at the mid and bottom sections of the curved
cylinder between both cases. We noted minor phasic variations in the waveform between t =
0.2 s and t = 0.4 s at both cases, likely due to the difference in the reference planes of both
models. During this period, coinciding with the motion activation profile, the velocity peaks
differently likely due to difference in motion direction. Similar minor phasic variation was also
noted in the pressure where the fixed top wall case shows higher overall pressure magnitudes
than the case of fixed bottom wall across the curved cylinder. While the outcomes suggest the
point of reference can alter flow behaviour, albeit at minor variations, the general flow
behaviour is largely unaffected. Although fixing base is more physiologically correct, however,
this necessitates complex interactions with the atrial chambers to obtain correct basal motion.

Therefore, based on the acquired geometrical domain of the biventricular model, fixing the
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base while permitting greater motion at the apex simplifies the computational process in our

study.

2.5 Open loop circulation model

An open-loop 0D lumped parameter (three-element Windkessel) model [27] was
prescribed at the electromechanical setting of the biventricular model to represent the heart
circulatory system. This simplified approach captures the overall haemodynamic behaviour of
the resistance and compliance of the circulatory system, thus governing the effect on ventricular
pressures during ejection phase. Unlike closed-loop, the open-loop assumption is simpler but
has several limitations such as producing unequal stroke volumes between the left and right
ventricles which can compromise accurate simulation of real physiological conditions and
lacks feedback mechanisms [27-29, 57] that regulate the heart function. But since the focus of
this study is on the coupling between the myocardial mechanics and coronary haemodynamic,
the open-loop assumption is sufficient for the purpose of setting up our computational
framework, and a closed loop setup can be considered in the future. Using the lumped
parameter model, the heart’s circulatory system was modelled with a combination of
resistances and capacitances in a circuit illustrated in Figure 2, represented by a system of
ordinary differential equations (ODEs) expressed by Eqs. (12)-(17) in Supplementary
Materials I that includes the pressures, volumes, and fluxes of each ventricular chamber. To
note, in this cardiac electromechanical simulation study, blood hemodynamic is not explicitly
modelled so the Navier-Stokes equation is absent in the ventricular cavities. Instead, the
ventricular pressures were determined using Eqs. (18)-(21), allowing the model to replicate all
phases of cardiac cycle. Ventricular volumes are obtained by integrating the ventricular

chamber volume at each time step.
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Figure 2 Biventricular open loop lumped parameter to model the heart circulation

The inlet of each ventricle was coupled with a passive atrium. The left atrium (LA) was
initially assumed to be a constant pressure source of 16 mmHg while the right atrium (RA) was
set to 7 mmHg. Based on the governing ODEs, the inlets of the LV and RV were prescribed
with flowrates representing the flow through a mitral valve from the LA and a tricuspid valve
from the RA, respectively. For the outlet conditions, flowrates governed by a three-element
Windkessel model were implemented to simulate the systemic and pulmonary circulations. All

parameters [27, 49] and initial variables for the ODEs are listed in Table 4.

Table 4  Parameters and initial values of the ODEs for the biventricular open loop circulation model

Parameter Values Description
P4 16 mmHg Left atrial pressure
Roitral 0.7199 MPa.s/m? Mitral resistance
Ry 7.9993 MPa.s/m? Aortic resistance
Csystemic 5.81 ml/mmHg Systemic capacitance
Rsystemic 166.653 MPa.s/m? Systemic resistance
Pra 7 mmHg Right atrial resistance
Riricuspia 0.18 MPa.s/m? Tricuspid resistance
Rpy 1.9998 MPa.s/m? Pulmonary resistance
Cpuimonary 1.4525 ml/mmHg Pulmonary capacitance
Ryuimonary 41.6632 MPa.s/m? Pulmonary resistance
Initial values
Psystemic 90 mmHg Systemic pressure
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Parameter Values Description

Pyuimonary 90 mmHg Pulmonary pressure

The electromechanical simulation was started by expanding the biventricular chamber
from its zero-stress state increasing the LV volume from 77 ml to 118 ml at a pressure of 90
mmHg and the RV volume from 68 ml to 89 ml at a pressure of 10 mmHg. Inflow is introduced
using a ramp function over 0-50 milliseconds to allow the flow to increase gradually from 0
ml/s, facilitating the model’s convergence from its initial state. During this filling phase, both
initial value of the Windkessel parameters, Psystemic and Ppyimonary Were set to 90 mmHg.
The left and right ventricular pressures during the isovolumic phases were determined as shown

in Eq. (18) and (19) based on this literature [58]

Pryiso = Pyo + k(VLV,O - VLV) (18)

where Py 5, is the isovolumic pressure in the LV, P,y  is the reference or baseline pressure of
the LV, k is a constant proportionality, V;;, o is the initial volume of the LV and V,, is the current

volume of the LV and

Pryiso = Pryo + k(VRV,O - VRV) (19)

where Ppy ;50 1s the isovolumic pressure in the RV, Py, o is the reference or baseline pressure
of the RV, k is a constant proportionality, Vgy o is the initial volume of the RV and Vy, is the
current volume of the RV. k was set to 10000 mmHg ml! to control the pressure needed to
maintain a certain volume and was sufficient to obtain the isovolumic phases of the

biventricular model. The left and right ventricular pressures for the whole cardiac cycle were

governed by the following ODEs in Eq. (20) and (21).

Psystemic + QAVRAV; PLV,iso > Psystemic

PLV,iso' PLV,iso < Psystemic
Py = Psystemic < PLV,iso (20)

PLA - QmitralRmitralr PLA > PLV,iso
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( Ppulmonary + QPVRPVJ PRV,iso > Ppulmonary
PRV,isor PRV,iso < Ppulmonary
Ppy = Ppulmonary < PRV,iso (21)

PRA - Qtricuspithricuspid' PRA > PRV,iso

2.6 Coronary flow dynamics

Blood flowing through the coronary arteries was considered to be an incompressible
Newtonian fluid with a constant density, py=1060 kg/m?® and dynamic viscosity, us=0.00345

Pa.s. Blood flow was assumed to be laminar governed by the Navier-Stokes equation in Eq.

(22) and its continuity equation, Eq. (23) ensuring mass conservation within the fluid flow
du - -
Pf 6_tf + pf(uf . V)uf =V-[-pl +K] (22)

K = g (Viiy + (viip)")

where py = fluid density, 17 = fluid velocity vector, p = fluid pressure, and K = viscous stress
tensor. For the boundary conditions of the coronary flow model, the aortic inlet was prescribed
with the simulated aortic outflow, Q4 described in Eq. (13) of the Supplementary Materials
I. This coupling ensures that the coronary flow dynamics are driven by the physiologically
relevant aortic flow of the simulated biventricular electromechanical model. The aortic outlet
was represented with three-element Windkessel model [59, 60] as shown in Figure 3 to
simulate the vascular afterload with ODE in Eq. (24) and (25)

Pintet — P
Qp =5 (24)

b, is determined from this ODE

daPp. P.
Q=Crglt 7 (25)

where Q,, is the aortic outflow rate, P;y,;.; Was calculated by averaging the pressure of the aortic

outlet boundary, R, = 14.06 MPa.s/m?, C, =0.001 cm’/dyne and R; = 142.19 MPa.s/m>. The
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coronary outlet boundary conditions were set to a constant pressure of 3 mmHg representing
the mean right atrial pressure [36, 61]. This simplification serves to approximate the general
outflow characteristics without the detailed representation of downstream microcirculatory
effects. Ideally, a lumped parameter model for the microcirculation would be applied to better
capture the contribution of intramyocardial pressure on coronary flow. However, the focus of
this study is to investigate the effect of cardiac motion on coronary flow making the
simplification is reasonable.

Aortic outlet: Three-

element Windkessel Ry
MWV

ol

Aortic inlet,

Qav

800 —

Coronary outlet: ) — Rortic nlet, QAV] |
Constant pressure, 3
mmHg

Flowrate (ml/s)
N w2 o o
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3
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Figure 3 Schematic of the boundary conditions for the coronary artery model. The simulated aortic flow from the
electromechanical simulation, Q 4y is prescribed as the coronary aortic inlet condition. The aortic outlet is set with a three-

element Windkessel model to represent the systemic flow. Each coronary outlet is governed by a constant pressure of 3 mmHg

2.7 Coronary artery-myocardium displacement coupling

To mathematically couple the biventricular electromechanical model with the coronary
flow model, we adopted a one-way coupling method which means that the displacement field
from the 3D biventricular electromechanics were translated to the coronary arterial walls but
the feedback from the coronary arterial stiffness to the myocardium was neglected. We utilized
a ‘General Extrusion’ coupling operator in COMSOL Multiphysics 6.1 (COMSOL AB,

Sweden) to map the displacement field from the biventricular domain to the mutual interface
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of the coronary artery segment. Using this operator, we specified the biventricular myocardium
as a source domain and the coronary artery as a destination domain. An extrusion mapping
function was defined to relate the coordinates of the coronary artery segment to those of the
myocardium, ensuring accurate transfer of the displacement vector (u, v, w) between the two
closest points on the surface of the artery and the epicardial surface of the myocardium. This
step ensured that the coronary artery moved through the same displacement field as the nearest
position of the epicardium, creating a tethering effect. We did not explicitly model the arterial
wall deformation as a separate fluid-structure interaction problem. However, we employed a
moving mesh approach in which the coronary arteries were set to follow the myocardial
motion. A moving mesh method with Yeoh hyper elastic smoothing method (see Eq. (26)-(28)
in Supplementary Materials I) was implemented in the coronary arteries to accurately capture
the mechanical interaction and deformation transfer between the myocardium and coronary
artery domains similar to previous work [27]. We expect this approach is sufficient considering
the artery itself was hyper elastic [62]. An Arbitrary Lagrangian-Eulerian (ALE) formulation
was used to handle the deforming domains where the mesh nodes within the myocardium and
coronary artery domains were allowed to move according to the prescribed displacement field
ensuring accurate propagation of boundary motion. While this does not explicitly capture full
arterial wall elasticity and wave propagation effects, it provides a reasonable approximation for
investigating the influence of cardiac-induced motion on coronary hemodynamic. The aortic

inlet and outlet boundaries were held fixed in space.

2.8  Numerical setup

A mesh independence study was conducted using COMSOL’s default mesh settings:
Coarse, Normal, Fine and Finer. In this study, the mesh convergence for the fluid dynamics of
the coronary arteries was assessed. The value of maximum coronary flow at peak systole was
selected as the comparison metric to determine the optimal mesh configuration (see Table 2
and Figure 3 in Supplementary Materials I). The fine mesh was selected as the optimal
configuration, as the peak systolic coronary flow values deviated by less than 10 % compared
to those obtained with the finer mesh. The coronary artery mesh was mostly comprised of
tetrahedral elements followed by a smaller proportion of pyramidal, prismatic, triangular and
quadrilateral elements. Tetrahedral elements were predominantly used for volume meshing due

to their flexibility in capturing complex arterial geometries. Pyramidal and prismatic elements
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were incorporated in boundary layers to enhance accuracy in resolving near-wall flow
gradients. Additionally, triangular and quadrilateral elements were employed in surface

meshing to maintain smooth transitions and improve numerical stability.

We first conducted a standalone biventricular electromechanical simulation to obtain
essential data including the aortic flow rate, as well as the left and right ventricular pressures.
The output from this simulation was then used to drive the simulation of the coronary artery
flow model. We employed a weakly coupled approach rather than solving all physics
simultaneously reducing the complexity and computational time. The simulation began with a
stationary solver to resolve the myocardial fibre mechanics. This was followed by a time-
dependent solver to solve the electrophysiology and active stress equations, with electrical
stimulus first applied to the biventricular apical region at t=0.45 seconds. The simulation was
conducted over a total duration of 1 second, corresponding to a single cardiac cycle at a heart
rate of 60 beats per minute. Then, the biventricular motion was solved under a quasistatic
assumption by implementing the previously computed active stress in the equation of motion.
For the solid mechanics physics in this simulation, the finite element discretization was set to
use the COMSOL’s default setting of ‘quadratic serendipity’ elements for the displacement
field. These elements offer fewer nodes per element compared to ‘quadratic Lagrange’
elements, offering a good balance between accuracy and computational efficiency. After
running the electromechanical simulation, the laminar flow simulation for the coronary
circulation model was performed. For solving the laminar flow, the discretization was set to
use P1 + P1 elements, which is the default element order for laminar flow governed by the
Navier-Stokes equations in COMSOL. The abbreviation PP, refers to the polynomial order
of the shape functions (elements) for the velocity components (m) and pressure (n) when
employing tetrahedral or triangular elements. The P1 + P1 elements choice employs linear
elements for both the velocity components and pressure fields and were selected to ensure
computational efficiency while maintaining acceptable accuracy, given the computational
demands of the multiphysics simulation in this study. The simulation was run for four cardiac
cycles to ensure the formation of stable cycles. A fully coupled Parallel Direct Solver
(PARDISO) with an automatically damped Newton method was employed for all formulations.
A fifth-order implicit Backward Differentiation Formulation (BDF) solver was used to update
the variables at each time step with results recorded every 2 milliseconds. We utilized the Iridis
5 high-performance computing (HPC) cluster facilitated by University of Southampton,

specifically leveraging one Intel compute node for computation. Each Intel node in Iridis 5 is
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equipped with dual 2.0 GHz Intel Xeon Gold 6138 processors, providing a total of 40 CPU
cores per node that have 192 GB of DDR4 memory. The breakdown of the substantial
computational resources in simulating the framework model of the cardiac electromechanics —
coronary flow is presented in Table 3 in Supplementary Materials I. Overall, the total
computation time to simulate a full cardiac cycle, including both myocardial electromechanics
and coronary flow was approximately 14 hours and 30 minutes. The primary factors
influencing the computational efficiency include the complexity of the multiphysics coupling
that required for solving large nonlinear systems in myocardial mechanics and capturing the

interactions between electromechanics and coronary flow dynamics.
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3.0 Results and discussion

In this study, results are presented from the last cardiac cycle of the simulation timeframe
specifically spanning from t=3.45 seconds until t=4.45 seconds (stimulus was activated at

t=3.45 seconds) to provide a stable representation of the data for analysis.

3.1 Electromechanical

The spatial distribution of membrane potential, 1}, active stress, T, and recovery, R
phases across the biventricular model at certain time points throughout the cardiac cycle are
depicted in Figure 4 (A-C) and the curve profiles are shown in Figure 4 (D-F). Based on
Figure 4 (A), the electrical activation is initiated at the apical region (bottom part of the heart)
of the biventricular model. The action potential propagates through the ventricles and fully
activates them within 100 milliseconds. In healthy humans, the total ventricular depolarization
lasts approximately 70 - 110 milliseconds [63]. The membrane potential waveform in Figure
4 (D) indicates a rise in voltage instantly following the stimulation, peaking at 20 mV during
the depolarization phase. It then gradually repolarizes and returns to the resting membrane
potential of -80 mV. The action potential duration is approximately 250 milliseconds, aligning
with the physiological range for humans, typically between 200 and 400 milliseconds [63, 64].
The active stress distribution as seen in Figure 4 (B) shows that the maximum stress occurs at
the apical region once they are fully electrically activated at t=3.55 seconds and spread through
the biventricular model to bring the mechanical contraction (systole). The active stress
waveform in Figure 4 (E) proves that the biventricular myocardium peaks shortly after
depolarization, preparing the ventricles to contract. It shows a rapid increase followed by a
linear decline, reaching a peak stress of 224 kPa. The following recovery phase (diastole)
begins at t=3.65 seconds and peaks at t=3.75 seconds at the basal region (top part of the heart)
as seen in Figure 4 (C). The recovery plot in Figure 4 (F) demonstrates that after the action
potential, V;,, is generated, R gradually increases. As R increases, V,, gradually repolarizes
before declining as R reaches its maximum. Once the membrane potential returns to the resting

state, R decreases sharply.
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Figure 4 Snapshot distribution of the (A) membrane potential (B) active stress and (C) recovery phases of the simulated
biventricular electromechanics at various time points (Stimulus was activated at t=3.45 seconds). (D-F) show the waveform

profiles of Vi, T, and R, respectively. The markers in the plot show the time points where data was obtained

3.2 Pressure and volume

To assess the contractility of the biventricular model, we obtained the pressure and
volume changes in the ventricles over a cardiac cycle. Figure 5 (A) and (B) present the pressure
and volume waveforms of the LV and RV over a complete cardiac cycle. The LV and RV
pressures rise rapidly during systole reaching maximum values of 126 mmHg and 30 mmHg,
respectively. The pressures then gradually drop until reaching minimum values of 16 mmHg
and 7 mmHg. Figure 5 (C) presents the pressure-volume loops of the left and right ventricles.
It illustrates that during the ventricular filling phase, the chambers expand to reach its
maximum volume. The end-diastolic volume (EDV) are 118 ml and 89 ml, each for LV and
RV. As systole begins, the ventricles contract with the volume remains constant for a short time
(isovolumic contraction). This is followed by the ejection phase where the volume decreases

rapidly to the end-systolic volume (ESV), with the LV and RV reaching ESV of 59 ml and 42
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ml, respectively. After ejection, the ventricles relax during a period of constant volume
(isovolumic relaxation) before the filling resumes and the volume increases again. The
computed stroke volumes of the LV and RV are 59 ml and 47 ml, respectively with ejection
fractions (EF) of 50 % and 53 %, respectively. The EF of the LV is slightly below the normal
range of 52% to 74 % [65], likely due to under-segmentation of the biventricular chamber
during pre-processing. The upper biventricular segment was removed, and the lower part was
held fixed without motion, resulting in reduced chamber volume and potentially limiting
maximal contraction thus generating a lesser cardiac output. Figure 5 (D) shows the pressure
waveforms of the LV and aorta where the aortic pressure curve reflects the ejection phase with

pressure ranges between 79 mmHg and 87 mmHg during systole.
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Figure 5 Physiologic pressure and volume measurements from the biventricular electromechanical simulation over the last
cardiac cycle (Stimulus was activated at t=3.45 seconds). (4) LV and RV pressure traces during systole and diastole. (B)
Volume changes of the LV and RV chambers. (C) Pressure-volume loops highlighting the EDV and ESV, to show the
biventricular contractility performance. (D) LV and aortic pressure profiles, showing the relationship between the ventricular

and systemic pressures
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33 Myocardial — coronary displacement

For brevity, results from the analysis of three coronary arteries LAD2, LCX3 and RCA2
are reported. Figure 6 (A) displays the 3D displacement magnitudes of the biventricular model
throughout the cardiac cycle. With the myocardial base fixed, the apex exhibits significant
mechanical motion primarily upward displacement toward the fixed base which serves as the
reference point. During ventricular systole, the myocardium deforms with the apex displaced
by a maximum of 2 cm from its original position. During diastole, the myocardium returns to
its initial configuration enabling biventricular filling. Figure 6 (B) illustrates that the
displacement magnitude at one corresponding point on the shared boundary between the
myocardium and the closest point of the LAD2, LCX3 and RCA?2 are identical. This confirms
that the coupling operator effectively maps the displacement from the myocardium to the
coronary arteries. The precise alignment of displacements ensures similar mechanical
deformations in the coronary arteries, validating the robustness of the coupling method used.
The findings also show that the LAD?2 artery undergoes the greatest displacement of 1 cm as it

is located at the apex which experiences the greatest motion.
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Figure 6 Myocardial-coronary artery displacement at selected time points throughout a cardiac cycle (Stimulus was activated
at t=3.45 seconds). (4) The distribution of displacement magnitude across the electromechanical coupling model showing
significant displacement of the apex during systole compared to the base, which remains fixed. During diastole, the model
returns to its original position. (B) The displacement magnitude recorded at a point on the shared myocardial boundary and
the corresponding closest point in the LAD2, LCX3 and RCA2 segments. The synchronized waveform indicates the successful

mathematical coupling between the myocardium and coronary arteries achieved using the general extrusion coupling operator

34 Pressure, velocity and flow profiles of the coronary arteries

Local pressure, velocity and flow profiles were analysed from our two case models: the
moving and non-moving coronary artery models to assess the variability of the coronary
haemodynamic with and without cardiac-induced motion. Figure 7 (A-C) displays the profiles
of local pressure in the LAD2, LCX3 and RCA2 segments, respectively. Our findings show

that the moving coronary arteries model has higher pressure distribution than the non-moving
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arteries model. The moving LAD2 in Figure 7 (A) produces a peak systolic pressure of 83
mmHg, compared to 76 mmHg in the non-moving LAD2. Similarly, Figure 7 (B) shows that
the moving LCX3 reaches a maximum systolic pressure of 42 mmHg while in the non-moving
model this was 16 mmHg. For RCA2, as depicted in Figure 7 (C), the moving model has a
peak pressure of 68 mmHg, whereas in the non-moving model this was 57 mmHg. The LAD2
is located at the apex of the biventricular model which experiences more pronounced motion
compared to other ventricular regions and having larger compressive forces than the LCX3 and
RCA2. The LCX3 and RCA2 are situated near the myocardial basal region, which is less
influenced by the myocardial motion, resulting in comparatively lower pressures. In addition
to the pressure variations, Figure 7 (D-F) present the local velocity profiles to provide further
insights into the flow dynamics. Our results show that the local velocity profiles of the non-
moving coronary arteries model are greater than the moving coronary arteries model. It is
shown in Figure 7 (D) that the non-moving LAD?2 has a slightly higher peak velocity of 1.8
m/s and 1.4 m/s for the moving LAD2. Based on Figure 7 (E), the non-moving LCX3 has a
maximum velocity of 2.3 m/s while the moving LCX3 shows a lower value of 1.6 m/s.
Correspondingly, the non-moving and moving model of RCA2 has a maximum velocity of 1.8
m/s and 1.4 m/s respectively as shown in Figure 7 (F). The flow profiles of the coronary
arteries are shown in Figure 7 (G-H). Based on the flow profiles of the LAD2 in Figure 7 (G),
the peak systolic flow rate are 6.6 ml/s and 3.7 ml/s for the non-moving and non-moving model,
respectively. For the LCX3 in Figure 7 (H), the non-moving model has the maximum systolic
flow rate of 2.5 ml/s and 1.8 ml/s for the moving model. Similarly, the non-moving model of

RCAZ2 has higher flow rate during systole of 4.5 ml/s while the moving RCA2 is 3.6 ml/s.

Since the coronary arteries are embedded on the myocardial tissue, they undergo
complicated movement and deformation during cardiac cycle induced by the myocardial
mechanics. In our study, the moving coronary artery model is believed to undergo changes in
the arterial curvature especially during systole that may contribute to the little driving pressure
in the arterial segment compared to the non-moving artery model. The moving arteries could
add inertial force [66] to the blood flow that contribute to flow acceleration and elevate local
pressure temporarily. Consequently, change in the local arterial shape may change the local
arterial resistance, resulting with increased local pressure and reduced local velocity. In the
case of the non-moving model, the dynamic effects are absent as the arteries encounter no

motion thus producing smoother forward flow with higher velocities and less pressure losses.
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In our case models, the coronary flow profiles are as expected to follow the aortic and
coronary arterial pressure waveforms which the flow peaked during ventricular systole rather
than exhibiting the physiological phasic flow patterns [67-69]. This is primarily due to the
absence of intramyocardial pressure effect in the present study, which can be achieved if a
lumped parameter model was adopted to simulate the increased flow resistance in coronary
microcirculation. Physiologic phasic pattern is associated with the left coronary artery which
is characterized by reduced flow during systole and dominant diastolic flow, as a consequence
of compressive effects of intramyocardial pressure [70-72] on the intramural vessels. Instead,
a constant pressure of 3 mmHg was applied at the coronary outlets of our model instead [36],
representing the venous pressure for simplicity, as we were aiming to observe the effects of
coronary motion. For comparison of blood flow in the moving and non-moving coronary
arteries, the flow rates in moving arteries are lower due to the dynamic changes in arterial shape
throughout the cardiac cycle. These arteries experienced non-uniform flow distribution that
lowers the overall flow rate compared to the non-moving arteries where flow distribution is

uniform.
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Figure 7 Comparison of local haemodynamic parameters of the moving and non-moving coronary arteries models throughout
the cardiac cycle (Stimulus was activated at t=3.45 seconds). (A-C) Local pressure at specific points within the LAD2, LCX3
and RCA2 segments. (D-F) Local velocity at corresponding points in the LAD2, LCX3 and RCA2 segments. (G-1) Flowrate
through the LAD2, LCX3 and RCA2

3.5 Secondary flow pattern

Blood flow patterns in coronary arteries are of clinical interest due to the potential
involvement in the localization of atherosclerosis and CAD. Arterial curvature and its variation
during the cardiac cycle can lead to flow irregularities, such as an altered Dean flow
characteristics and oscillating wall shear stress [73, 74]. Figure 8 shows the cross-sections of
velocity magnitude of the LAD2, LCX3 and RCAZ2 that shows the velocity contours formed in
the arteries. Panels (A-F) present the results for the moving arteries model, while panels (G-
L) correspond to the non-moving arteries model, both evaluated at peak systole (t=3.55
seconds) and peak diastole (t=3.77 seconds). Consistent with the quantitative velocity profiles

shown in Figure 7, the velocity contours for both the moving and non-moving models
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illustrates the blood velocity magnitude is elevated in the coronary arteries during systole than
during diastole, as blood is pumped out of the LV into the arteries. Comparing the pattern of
the contours between the moving and non-moving models, the moving arteries (see Figure 8
(A-C)) undergo strong disturbances that cause the primary flow to skew toward the arterial
outer wall, resulting in a contour pattern that with higher velocity near that wall. During diastole
(see Figure 8 (D-F)), when the arteries are relaxed, the velocity contours exhibit a uniform
flow distribution, indicting a full, unskewed primary flow through the coronary arteries. The
similar characteristics of velocity contours are shown in the non-moving arteries model both

during systole (see Figure 8 (E-H)) and diastole (see Figure 8 (I-K)).

Throughout the cardiac cycle, the motion of the coronary arteries induced by cardiac
contraction leads to changes in arterial shape, which likely cause dynamic changes in arterial
curvature, introducing additional force to the flow, causing the flow to skew toward the arterial
outer wall. As a result, it creates a region with higher velocity near the wall, creating non-
uniform velocity field profile. This is reflected in the velocity contours which distribution of
low and high velocities across the cross-section of the artery. During diastole, however, the
coronary arteries are more relaxed and less affected by the compressive force from the
contraction, although the still experienced some effects of the myocardial motion. The flow is

more evenly distributed resulting in a relatively uniform velocity contour profile.
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Figure 8 Comparison of velocity magnitude contours at peak systole and peak diastole in the moving and non-moving model

of LAD2, LCX3, and RCA2 cross-sectional planes

Next, we obtained the graphical streamlines of secondary in-plane flow pattern of the
LAD2, LCX3 and RCA2 to observe the characteristics of the secondary flow under the
influence of arterial motion. In Figure 9 (A-C), we can see that the moving arteries, specifically
the LCX3 and RCA2 show the presence of single elongated vortex structure, creating a unique
secondary flow pattern. Nevertheless, during diastole (see Figure 9 (D-F)), there are no
appearance of the secondary vortices in the moving arteries as the blood flows in an orderly
manner at lower velocity values compared to systole. In contrast, the non-moving arteries at
the peak systole (see Figure 9 (G-I)) and diastole (see Figure 9 (J-L)), exhibit prominent
secondary flow patterns with dual vortices structures are produced in the LCX3 and RCA2. In
the LCX3, two counter-rotating Dean-like vortices are visible whereas in the RCA2, the size
of the dual vortices are distorted, with one of the vortices tend to be elongated. Compared to
the LCX3 and RCA2, the LAD?2 exhibits distinct characteristics in its velocity profiles, which
appear less prominent in the visual representation. This difference may stem from the
anatomical positioning of the LAD2 in our segmented model as major of its segments are

predominantly embedded within the myocardium. The LCX3 and RCA2 in contradict, are
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largely situated on the myocardial surface. Therefore, this structural distinction likely

influences the flow dynamics as observed in the LAD?2.

Blood flow in coronary arteries is mostly laminar and may generate secondary flow due
to vessel curvature or bifurcation [73, 75]. High-velocity flow in curved arteries causes the
blood flow to skew toward the arterial wall (swirling effect), creating centrifugal forces. These
forces create a secondary flow perpendicular to the primary flow direction, leading to the
formation of counter-rotating Dean vortices. Our findings show that the Dean-like vortices
clearly appear in the non-moving coronary arteries due to the steady flow profiles where the
centrifugal forces dominate over the transient inertia effects [76]. Regarding the asymmetry
structure of the counter-rotating Dean vortices, these studies [73, 77-79] reported similar
findings in their analysis of helical pipes and coronary artery in different range of torsion or
curvature, that an increase in the torsion causes a twisting effect on the interface between the
two vortices which leads to the expansion of one of the vortices. On the other side, Dean-like
vortices in the moving artery model appears to be washed out and less pronounced as seen in
this work [69]. Similarly, this work [77] showed that the symmetric structures of their counter-
rotating vortical cells of a baseline graft model are distorted by the helix and nonplanar flow
paths introduced in their grafts model. They also found that the degree of the asymmetry
increases downstream as swirling intensity of the flow in the graft increases. In our case, the
moving coronary arteries induced by cardiac motion throughout the cardiac cycle causes the
flow to be exceptionally dynamic and chaotic therefore the vortices are less stable and
disrupted. Such changes likely will affect transport characteristics, such as nutrient transport
and lipid deposition, thus possibly promoting atheroprotective effect, however, further study is

warranted.
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3.6 Wall shear stress and time-averaged wall shear stress

The instantaneous WSS profiles of the LAD2, LCX3 and RCA2 at peak systolic and
peak diastolic are compared to examine the effects of coronary arterial motion on the
instantaneous haemodynamic as shown in Figure 10. It is clearly shown that the moving
coronary arteries produce higher WSS than the non-moving coronary arteries model near the
bifurcation region and distal end of the arteries. Table 5 presents the maximum WSS values
for the LAD2, LCX3 and RCA2 arteries during peak systole and diastole. In the moving model,
the LAD2 at peak systole creates a region with a higher WSS with a maximum value of 22.7
Pa than the peak diastole with maximum value of 15.3 Pa. The non-moving LAD2 at peak
systole has a maximum WSS of 22.2 Pa and 13.5 Pa during peak diastole, very slightly lower
value than the moving model. The LCX3 demonstrates the highest WSS in the moving model,
reaching 42.3 Pa during peak systole and 24.6 Pa during the peak diastole, whereas the non-
moving LCX3 show notably lower WSS values of 28.3 Pa and 17.6 Pa, respectively. A similar
pattern is observed for the RCA2, where the moving model of RCA2 depicts greater WSS

values compared to the non-moving model.
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Our findings reveal that dynamic motion of the coronary arteries induced by cardiac
movement leads to higher WSS values might drive by the inertial effect and changing of the
arterial curvature throughout the cardiac cycle. The significant impact of coronary arterial
motion on instantaneous WSS on these reports [20, 21] further supports this observation.
Consequently, the dynamic motion of the coronary arteries may confer an atheroprotective
effect, as regions with low WSS are known to promote atherosclerosis. However, this review
[80] suggested that both low and high wall shear stress in arteries have been associated with
plaque development and vulnerability as shown by clinical imaging studies and the exact nature
of these relationships remains poorly defined and sometimes inconsistent across studies.
Therefore, as coronary artery motion influences the WSS distribution, this analysis highlights
the importance of accounting arterial motion when studying coronary biomechanics.
Neglecting it in computational models may underestimating the biomechanical factors driving

CAD progression.
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Figure 10Wall shear stress (WSS) distribution in the LAD2, LCX3 and RCA2 during peak systolic and diastolic phases to
compare the variations between moving and non-moving arterial models. (A,B) show the WSS field of the moving LAD2 during
peak systole and diastole, respectively with higher WSS observed in (4). (C,D) depict the WSS field of the non-moving LAD2,
showing slightly higher WSS in (C). (E,F) illustrate the WSS field of the moving LCX3 with (E) exhibiting the highest WSS at
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the distal end of the artery. (G,H) present the WSS field of the non-moving LCX3, where (G) produces greater WSS than (H).
(1.J) display the WSS field of the moving RCA2 highlighting greater WSS in (I). (K,L) show the WSS field of the non-moving
RCA2, with (K) exhibiting greater WSS than (L)

Table 5 Maximum wall shear stress (WSS) at peak systolic (t=3.55 seconds) and peak diastolic (t=3.70 seconds) for the
moving and non-moving arteries LAD2, LCX3 and RCA2

Moving model Non-moving model
Arteries Maximum WSS Maximum WSS Maximum WSS Maximum WSS
at peak systole at peak diastole at peak systole at peak diastole
(Pa) (Pa) (Pa) (Pa)
LAD2 22.7 153 22.2 13.5
LCX3 423 24.6 28.3 17.6
RCA2 29.7 17.0 27.5 153

The comparison of the time-averaged WSS (TAWSS) between the moving and non-
moving coronary artery models in our study revealed that the difference in TAWSS
distributions is generally insignificant as shown in Figure 11. Based on the TAWSS field across
the arterial segments, it demonstrates that region with high and low WSS are consistent across
both models. This suggests that the inclusion of coronary arterial motion has limited impact on
the overall spatial pattern of TAWSS in coronary arteries. These findings align with prior
studies investigating the effects of cardiac motion on coronary artery haemodynamic. For
instance, Zeng et al. [20] observed that while cardiac motion varies the instantaneous WSS
notably, the TAWSS however were similar between the dynamic and static models. Similarly,
Torii et al. [21] reported that the TAWSS for the case without the dynamic vessel motion shows
a similar pattern with the case with dynamic vessel motion. They concluded that the dynamic
motion primarily modulates the instantaneous flow feature of WSS while remain relatively
stable for the TAWSS. The variations in the coronary arterial curvature may influence the short-

term WSS however these effects tend to average out over the entire cardiac cycle.
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4.0 Limitations

There are several limitations associated with this study. First, the patient-specific model
considers the biventricular myocardium but excludes physical representation of the atrial
chambers. While atrial contraction contributes to the ventricular blood filling, incorporating
atrial dynamics would require additional computational costs and for studies focusing primarily
on coronary flow and ventricular mechanics, the direct contribution of active atrial dynamics
may alter the diastole myocardial strain but likely have a relatively smaller impact compared
to the early passive filling phase. Second, the upper portion of the biventricular model is
truncated enabling a high-quality mesh to be constructed in the relatively smooth geometry.
While removing the atria and some parts of the upper right myocardial regions, this has led to
an under segmentation of the RV leading to a reduction in RV stroke volume. Furthermore, we
assumed the myocardial base as our fixed point of reference similar to [25], which may over-
constraint the basal displacement. In reality, the heart’s apex is fixed in place in actual

physiology, which can alter the systolic behaviour [74]. This selection of fixed point of
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reference was due to simplicity in achieving faster convergence. However, it might cause
slight deviations in the simulated pressure and volume from normal physiological ranges.
Third, the cardiac circulatory system is modelled using an open-loop configuration. A closed
loop circulatory model would provide more realistic feedback on pressures and flows from the
interaction between the systemic circulation and the heart, which can also guarantee an equal
stroke volume, but this would add considerable complexity as it requires additional parameter
such as venous return and requires more cycles to achieve stable cardiac cycle. Fourth, the
coronary outlet boundary condition was set with a constant pressure that provides a
straightforward way to model the flow which we also neglected the coronary microcirculation,
focusing only on the flow in the large epicardial coronary arteries. Since the primary goal was
to investigate the effect of cardiac-induced coronary arterial motion on coronary flow,
modelling the downstream microcirculation will be considered in future work when
investigating downstream perfusion. Nevertheless, each limitation is a deliberate trade-off to

meet the study’s main objective without overburdening the framework model.

5.0 Conclusion

In this paper, we presented a framework model that couples a 3D biventricular cardiac
electromechanics model with a 3D coronary artery flow model to investigate the significance
of cardiac induced-coronary arterial motion on coronary haemodynamic. There are two key
contributions in this study. First, we introduced a simplified one-way coupling approach to
integrate a comprehensive biventricular electromechanical model — encompassing
mathematical formulations for fibre orientation, electrophysiology, anisotropic ventricular
properties and mechanics with a coronary flow model via data mapping. To address the
computational expense and potential of solving complex multiphysics problems in a single
framework, we adopted a segregated approach solving the cardiac electromechanics and
coronary flow models as separate components. Nevertheless, we ensured consistent
displacement between the biventricular myocardium and coronary arteries through
mathematical data mapping. Second, we show the significance of incorporating cardiac-
induced coronary arterial motion in simulating cardiac electromechanics-coronary flow model.
The complex motion of coronary arteries alters the arterial shape i.e. curvature which impacts
the pressure, velocity and flow profiles. We demonstrated that the cardiac-induced motion in

curved arterial geometries generates unique secondary flow patterns throughout the cardiac
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cycle, modifying the structure of Dean-like vortices. The dynamic artery model tends to wash
out the Dean vortices. Furthermore, the arterial motion notably affects the WSS profiles,
potentially influencing the initiation and progression of atherosclerosis. These findings suggest
that accounting for physiological cardiac motion when quantifying coronary blood flow can
bring divergent conclusions for the coronary haemodynamic metrices, which can be essential
for the prediction of CAD in patients. Overall, this comprehensive framework offers a
simplified yet robust approach to simulate physiological and pathological heart conditions for
personalized medicine, enabling the study of myocardium-coronary vessel interactions and

coronary artery diseases which can significantly impact patients’ heart health.
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