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Highlights 23 

• A computational model framework coupling a 3D biventricular electromechanics to a 24 

3D coronary circulation 25 

• Integrate core elements of cardiac electromechanical model including cardiac fibre 26 

orientation, electrophysiology, active force and myocardial mechanics with coronary 27 

blood dynamics model using a simplified one-way coupling approach 28 

• Presents the significance of cardiac-induced motion of coronary arteries on the coronary 29 

haemodynamic 30 

• The framework model advances the understanding of the significance of incorporating 31 

background cardiac motion on coronary haemodynamic in computational models of 32 

cardiology and provides a basis for modelling myocardial perfusion in the investigation 33 

of coronary artery diseases 34 

Abstract 35 

Background and Objective: Coronary flow is strongly influenced by the geometry and 36 

motion of coronary arteries, which change periodically in response to myocardial contraction 37 

throughout the cardiac cycle. However, a computational framework integrating cardiac 38 

biventricular electromechanics with dynamic coronary artery flow using a simplified, yet 39 

comprehensive mathematical approach remains underexplored. This study aims to develop a 40 

coupled 3D model of cardiac biventricular electromechanics and coronary circulation, enabling 41 

simulation of the interplay between cardiac electrical activity, mechanical function and 42 

coronary flow.   43 

Methods: A patient-specific biventricular electromechanical model encompasses the fibre 44 

orientation, electrophysiology, mechanical properties and an open-loop heart circulation is 45 

developed. The electromechanical model is simulated independently from the coronary 46 

circulation model. The model provides an input for the Navier-Stokes-based coronary flow 47 

model. A one-way coupling approach maps the biventricular motion to the coronary arteries, 48 

linking both components. To evaluate the influence of coronary arterial motion on coronary 49 

haemodynamic, simulations are performed for two scenarios: a moving and a non-moving 50 

(static) coronary artery model. 51 

Results: Cardiac-induced coronary motion alters the pressure, velocity and flow profiles. Non-52 

moving coronary arteries produce stable counter-rotating Dean-like vortices due to steady flow 53 



dominated by centrifugal forces, while the moving arteries disrupt these vortices as arterial 54 

curvature changes disturb the flow. Coronary motion significantly affects the wall shear stress, 55 

highlighting the necessity of incorporating arterial dynamics to investigate atherosclerosis. 56 

Conclusion: The integrated biventricular-coronary model emphasizes the significance of 57 

background cardiac motion in coronary haemodynamic. The model offers a foundation for 58 

exploring myocardial perfusion mechanisms in realistic physiological settings.  59 
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1.0 Introduction 65 

Cardiovascular diseases (CVD) continue to impact over half a billion people 66 

worldwide, accounting for nearly one-third of all global deaths [1]. Coronary artery disease 67 

(CAD) is listed as among the most prevalent and life-threatening cardiovascular conditions 68 

with approximately 1 in 20 adults aged 20 and older suffering from CAD [2, 3]. CAD is 69 

primarily characterized by the narrowing or blockage of coronary arteries due to 70 

atherosclerosis, which restricts the blood flow to the heart muscle or myocardium reducing 71 

oxygen delivery for cardiac function. CAD can further progress to myocardial ischemia, a state 72 

of insufficient oxygenation of myocardial tissue that can impair cardiac function. If untreated, 73 

it can lead to severe heart complications including potentially fatal cardiac infarction or heart 74 

attack [4, 5]. Hence, understanding the physiology of coronary flow dynamics and factors 75 

influencing myocardial ischemia is crucial for diagnosing, treating and preventing adverse 76 

outcomes. 77 

Coronary arteries undergo substantial motion during the cardiac cycle due to the 78 

anatomical attachment with the myocardium. Achenbach et al. [6] obtained data from 25 79 

patients (mean age 59 years) who underwent cine electron-beam computed tomography 80 

(EBCT) for clinical reasons and had normal left ventricular (LV) function. This study acquired 81 

20 consecutive cross-sectional images of the right coronary artery (RCA), left anterior 82 

descending (LAD) and left circumflex (LCX) coronary arteries. They found that the mean 83 

velocity of RCA movement was 69.5 mm/sec ± 22.5, which significantly faster than the LAD 84 

(22.4 mm/sec ± 4.1) and LCX (48.4 mm/sec ± 15.0), showing that the RCA exhibits the most 85 

motion of the three arteries. Similarly, by using EBCT, these studies [7, 8] supported the 86 

previous work that RCA has the greatest motion followed by the LCX and LAD throughout a 87 

cardiac cycle. Ding and Friedman [9] analysed the motion parameters of human RCA and LAD 88 

arteries using biplane coronary angiograms. They found that the LAD experienced less 89 

displacement but exhibited more torsion than the RCA. This study also highlighted that 90 

coronary artery motion varies significantly among individuals and along the vessel axis, which 91 

contributes to differences in susceptibilities of each artery to atherosclerosis. Johnson et al. [10] 92 

examined 15 patients with CAD using bi-plane X-ray angiography and found that the LAD and 93 

LCX mostly move in the cranial-caudal plane while the RCA moves left-right direction. 94 

Besides, the maximum motion was seen in the mid-segments of the RCA (16.08 mm), LAD 95 

(6.07 mm) and the distal segment of the LCX (9.65 mm). In another study, Shechter et al. [11] 96 



obtained data from 10 patients (mean age  65 ± 11 years) who were referred for diagnostic left 97 

heart catheterization, including four with mild dilated cardiomyopathy and two with mild to 98 

moderate hypertrophy. Using biplane angiograms, they reconstructed the RCA, LCX and LAD 99 

and tracked their motion with tracking techniques to measure the 3D displacement and velocity 100 

due to cardiac and respiratory motion. According to them, during cardiac contraction, all 101 

arteries moved leftward, inferiorly, and anteriorly with the RCA has the most displacement. 102 

The maximum 3D displacements were 14.4 mm for the RCA, 12.2 mm for the LCX and 9.6 103 

mm for the LAD. Tan et al. [12] analysed selected computed tomography (CT) images from 17 104 

patients (aged 18 to 70 years) who had undergone multi-slice CT-based coronary angiography 105 

with retrospective electrocardiogram (ECG) gating. All patients had suspected heart disease 106 

but no history of cardiac disease. The study measured coronary artery displacement finding 107 

that the RCA finding had the greatest displacement (4.5 – 6.2 mm) compared to the left main 108 

artery (3.9 – 4.5 mm), while the LAD, LCX and right marginal artery showed displacements 109 

ranging from 3.7 – 6.6 mm. The aforementioned studies demonstrated that imaging data 110 

revealed significant variations in coronary artery displacement and velocity across different 111 

arteries during cardiac cycles. 112 

The contraction and relaxation of the heart influence the coronary blood flow and drive 113 

myocardial perfusion [13, 14]. Based on these studies’ findings [9, 15-21], physiological 114 

coronary arterial motion can influence coronary haemodynamic affecting the pulsatility of the 115 

coronary flow. It affects the magnitudes of wall shear stress (WSS), pressure, flow 116 

characteristics, oscillatory shear index (OSI) and other haemodynamic metrics, potentially 117 

providing insights into plaque formation or other pathological changes. Low WSS and high 118 

OSI conditions are commonly associated with the initiation and progression of atherosclerosis 119 

[22-24]. Zeng et al. [20] have modelled a simple circular geometry of an RCA subject to a 120 

realistic cardiac motion to predict the effects on RCA haemodynamic. Their comparison of 121 

moving and stationary models showed that the dynamic RCA model predicted notable 122 

secondary flow patterns in terms of the size, strength and location of vortices. More 123 

importantly, the arterial movement generated larger WSS variations than the predicted 124 

stationary model, due to the changes in 3D curvature of the artery. Similar work was carried 125 

out by Torii et al. [21] with the findings predicted that models with dynamic vessel motion 126 

produce higher maximum WSS than the stationary model during peak systolic flow, mid-127 

diastole and early systole, a similar observation to that seen by Zeng et al. [20]. Their study 128 

also demonstrated a wide area of high OSI within the moving RCA model which also marked 129 



a high relative residence time (RRT). These comparable studies underscore the substantial role 130 

of coronary motion in modulating blood flow patterns within the coronary arteries. 131 

While randomized clinical trials are the preferred method for understanding realistic 132 

cardiac behaviour, computational models in cardiology have garnered considerable interest as 133 

a non-invasive modality to understand mechanisms underlying cardiac diseases. Previous 134 

studies have conducted cardiac biventricular electromechanical modelling using subject-135 

specific canine hearts [25] and a generic biventricular heart model [26]. Bakir et al. [27] have 136 

extended these works to develop a fully-coupled cardiac fluid-electromechanics finite element 137 

model of a generic human biventricular model. Regazzoni et al. [28] introduced a novel 138 

mathematical model of left ventricular electromechanics coupled with a lumped parameter of 139 

closed-loop heart circulation. These most recent studies [29-31] have proposed a 140 

comprehensive electromechanical model of the entire heart including the atrial contraction by 141 

coupling the 3D electromechanical model of the heart with 0D haemodynamic model of the 142 

circulatory system. These models capture the multiscale and multiphysics processes governing 143 

the cardiac function and the key components of such models are myocardial fibre architecture, 144 

cardiac electrophysiology, active and passive cardiac mechanics, and blood dynamics.  145 

Integrating the cardiac electromechanical model with coronary flow dynamics forms 146 

an inclusive framework that encapsulates the physiology of human cardiac function. This 147 

coupling approach enables a more holistic representation of the heart’s electrical, mechanical 148 

and haemodynamic and its interaction with coronary circulation. A few recent studies [32-35] 149 

have developed a cardiac-coronary modelling framework where they coupled the systemic 150 

circulation of the heart - mostly focusing on the LV with the coronary circulation typically 151 

using a 0D or 1D structured tree model. Recently, Wang and Yin [36] have developed a one-152 

way coupling of a 3D LV finite element model with a 1D structured tree of coronary flow by 153 

considering the influence of time-varying intramyocardial pressure (IMP). To the best of our 154 

knowledge, Zingaro et al. [37] presented the first example of a comprehensive mathematical 155 

model in which a detailed 3D LV electromechanical model was combined with a Darcy 156 

multicompartment biventricular model to simulate myocardial perfusion. To be specific, they 157 

developed a fully coupled electromechanical model which serves as input for Navier-Stokes-158 

Darcy model of the biventricular domain. However, their electromechanical heart simulation 159 

was restricted to the left side of heart solely. Their model did not incorporate fluid dynamics in 160 

the right side of heart, assuming no direct feedback of the right heart hemodynamic on 161 



myocardial perfusion. Besides, they assumed active mechanics driven by electrophysiology 162 

were present only in the left ventricle thus the atria were treated as electrically passive material, 163 

as the study primarily focused on the downstream dynamics of the aortic valve. For the 164 

perfusion model, they employed a biventricular fixed domain approach (the domain is non-165 

deformable) that they neglected the effect of tissue deformation on blood perfusion. One 166 

important limitation of their study was the assumption of zero displacement on the coronary 167 

walls that the coronary arteries remained fixed, for simplicity. 168 

Based on the limitations of the previous works, there remains a need to develop a 169 

realistic and comprehensive computational heart model that considers the electromechanics of 170 

whole heart coupled with coronary arterial circulation. Studies should implement a deformable 171 

domain for perfusion modelling, in order to account for the effects of myocardial contraction 172 

on coronary blood flow by using poroelasticity model or moving myocardial boundary 173 

conditions. The dynamics of coronary artery, such as the coronary artery wall motion and its 174 

deformation must be considered instead of assuming a fixed geometry which is unrealistic 175 

when modelling the coronary blood flow. Therefore, this study proposes a framework to 176 

develop a computational myocardium-coronary coupling model combining 3D cardiac 177 

biventricular electromechanics with 3D coronary arterial flow dynamics to investigate the 178 

mechanisms of myocardium-coronary interaction. The contribution of this article follows two 179 

strands: (a) first, we present a multiphysics model of 3D biventricular cardiac electromechanics 180 

coupled with a computational fluid dynamics (CFD) model of 3D coronary artery, (ii) second, 181 

we show the significance of cardiac-induced coronary arterial motion on the coronary blood 182 

flow patterns. 183 

 184 



2.0 Methods 185 

This study aims to develop a patient-specific biventricular electromechanical model 186 

coupled with a coronary flow model to investigate the influence of cardiac-induced coronary 187 

artery motion on coronary haemodynamic. Two cases were simulated: a moving coronary 188 

artery model and a non-moving coronary artery model. In the moving model, a one-way 189 

coupling framework was implemented, where the displacement of the coronary artery was set 190 

to match the displacement of the nearest myocardium. In the non-moving model, the coronary 191 

artery remains static throughout the cardiac cycle. In this methodology section, we first 192 

describe the mathematical formulation of the electromechanical model, including the 193 

geometrical domain, myocardial fibre orientation, electrophysiology, biventricular mechanics 194 

and the open-loop circulation model. Next, we explain the CFD model of the coronary artery. 195 

Then, we present a one-way coupling method used to link the biventricular electromechanical 196 

model with the coronary artery flow model. Lastly, we outline the solver settings employed to 197 

run the multiphysics model. 198 

 199 

2.1 Geometrical domain 200 

We acquired a pre-segmented patient-specific 3D model of the coronary arteries (Model 201 

ID: 0073_H_CORO_H) from the Vascular Model Repository, an open-source database of 202 

cardiovascular models [38, 39]. The model was obtained from a high-resolution CT scan of a 203 

healthy 28-year-old female patient (see Figure 1 and Table 1 in Supplementary Materials I). 204 

The left coronary arteries (LCA) consist of a short stem referred to as the left main coronary 205 

artery which bifurcates into the two LAD arterial branches (LAD1 and LAD2) and four LCX 206 

arterial branches (LCX1, LCX2, LCX3 and LCX4). The RCA is divided into three branches 207 

(RCA1, RCA2 and RCA3). Since the coronary arteries were already segmented and provided 208 

as a 3D model, we have focused on segmenting the biventricular myocardium. Using 3D Slicer 209 

software (version 5.2) [40, 41], we segmented the left and right ventricular chambers, including 210 

the epicardial and endocardial contours of the myocardium from the CT images. The detailed 211 

explanation of the segmentation process was shown in Supplementary Materials I (see 212 

Figure 2 in Supplementary Materials I). Figure 1 (A) depicts the 3D computational model 213 

of the biventricular myocardium and coronary artery. The biventricular domain, Ω𝑑𝑑𝑑𝑑𝑑𝑑𝑑𝑑𝑑𝑑𝑑𝑑 214 

incorporated anatomical features of both ventricles and was partitioned into the left and right 215 



epicardium, Ω𝑒𝑒𝑒𝑒𝑒𝑒,𝐿𝐿𝐿𝐿 and Ω𝑒𝑒𝑒𝑒𝑒𝑒,𝑅𝑅𝑅𝑅, left and right endocardium, Ω𝑒𝑒𝑒𝑒𝑒𝑒𝑒𝑒,𝐿𝐿𝐿𝐿 and Ω𝑒𝑒𝑒𝑒𝑒𝑒𝑒𝑒,𝑅𝑅𝑅𝑅, 216 

biventricular apex, Ω𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎 and basal, Ω𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏 as shown in Figure 1 (B). To avoid potential 217 

convergence issues arising from the complexity of meshing and solving multiphysics problems, 218 

we opted to treat the coronary artery and biventricular myocardium as distinct components with 219 

their respective dynamics handled independently before being coupled using a data mapping.  220 

 221 

2.2 Myocardial fibres 222 

The microstructure of the myocardium is composed of myofibers oriented in fibre, sheet 223 

and normal-to-sheet directions. Since fibres arrangement primarily determines the direction for 224 

conduction of electrical signals and passive mechanical properties [42], the orientation of the 225 

fibres produce anisotropic conduction [43]. Specifying a proper fibre orientation within the 226 

myocardium is essentially a first line task in computational heart modelling to obtain accurate 227 

simulations. To prescribe the fibre architecture in the biventricular surface domain, we 228 

implemented a Laplace-Dirichlet Rule-Based Method (LDRBM), widely reported in the 229 

literatures [27, 44-46]. In this work, the following assumptions were made for simplicity: (a) 230 

the fibre orientations were assumed to vary transmurally at an angle of -60º with respect to 231 

circumferential axis at the epicardium and +60º at the endocardium [47, 48] and, (ii) the sheets 232 

were assumed to lie perpendicular to both the epicardial and endocardial surfaces. Using the 233 

LDRBM method, we defined a transmural distance, 𝜙𝜙𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡 that is from the epicardium to 234 

the endocardium and an apicobasal distance, 𝜙𝜙𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎 that is from the base to the apex of 235 

the biventricular domain as the solutions to the Laplace boundary problems. Based on the 236 

transmural and apicobasal distances, we assigned local base tangent vectors, [𝒆𝒆�𝑙𝑙, 𝒆𝒆�𝑛𝑛, 𝒆𝒆�𝑐𝑐] at each 237 

point of the biventricular domain, respectively representing the longitudinal, normal and 238 

circumferential directions. This reference frame, [𝒆𝒆�𝑙𝑙 , 𝒆𝒆�𝑛𝑛, 𝒆𝒆�𝑐𝑐] was then rotated accordingly to 239 

define the myocardial microstructural orientations, [𝒆𝒆�𝑙𝑙, 𝒆𝒆�𝑛𝑛, 𝒆𝒆�𝑐𝑐]  → �𝒇𝒇�0, 𝒔𝒔�0,𝒏𝒏�0� where 𝒇𝒇�0 is the 240 

fibre, 𝒔𝒔�0 is the sheet and 𝒏𝒏�0 is the normal-to-sheet directions. Figure 1 (C) presents the 241 

developed myocardial fibre architecture showing the helical structure within the ventricles.  242 



 243 

Figure 1 (A, B) Computational domains of the biventricular myocardium and coronary artery model. Colours and labels 244 
denote the partitions of the domain boundaries and naming of each artery. (C) Biventricular fibres orientation 245 

 246 

2.3 Cardiac electrophysiology 247 

2.3.1 Action potential 248 

The cardiac action potential formulations were described in Eqs. (1)-(3) based on 249 

previous works [27, 49, 50]. Eq. (1) represents the transmembrane potential dynamics (𝑉𝑉𝑚𝑚)  250 

and action potential propagation within the myocardium. Eq. (2) indicates the transmembrane 251 

ionic current flow (𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖) while Eq. (3) governs the recovery of the action potential in the 252 

myocardium (𝑅𝑅). Value and description of the parameters setting are listed in Table 1. 253 

𝛽𝛽 �𝐶𝐶𝑚𝑚
𝜕𝜕𝜕𝜕𝑚𝑚
𝜕𝜕𝜕𝜕

+ 𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖� = ∇𝑋𝑋 ∙ (𝝈𝝈∇𝑋𝑋𝑉𝑉𝑚𝑚)       (1) 254 

𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖 = 𝑘𝑘1𝑘𝑘2(𝑉𝑉𝑚𝑚 − 𝐵𝐵) ��𝑉𝑉𝑚𝑚−𝐵𝐵
𝐴𝐴

− 𝑎𝑎� (𝑉𝑉𝑚𝑚 − 1) + 𝑘𝑘2𝑅𝑅(𝑉𝑉𝑚𝑚 − 𝐵𝐵)�   (2) 255 

𝜕𝜕𝜕𝜕
𝜕𝜕𝜕𝜕

= �𝜀𝜀0 + 𝜇𝜇1𝑅𝑅

�𝑉𝑉𝑚𝑚−𝐵𝐵
𝐴𝐴 +𝜇𝜇2�

�−𝑅𝑅 − 𝑘𝑘1 �
𝑉𝑉𝑚𝑚−𝐵𝐵
𝐴𝐴
� ��𝑉𝑉𝑚𝑚−𝐵𝐵

𝐴𝐴
� − 𝑎𝑎 − 1���   (3) 256 



 257 

Table 1 Parameters and initial values of the electrophysiology formulations 258 

Parameter Values Description 
𝛽𝛽 160000 m-1 Membrane surface to volume ratio of the myocardial tissue 
𝐶𝐶𝑚𝑚 0.01 F m-2 Membrane capacitance per unit area 
𝑉𝑉𝑚𝑚  Myocardial membrane potential 
𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖  Ionic current density 
𝝈𝝈  Electrical conductivity tensor 

∇𝑋𝑋𝑉𝑉𝑚𝑚  Diffusion term to represent the spread of the electrical potential within the myocardial tissue 
𝑘𝑘1 8 

Constants related to the rate of the ionic currents 𝑘𝑘2 100 s-1 
𝐵𝐵 -0.08 V Constant that shifts the baseline of the transmembrane potential 
𝐴𝐴 0.1 V Scaling factor to adjust the sensitivity of the ionic current 
𝑎𝑎 0.12 Unitless constant governing the action potential duration 
𝑅𝑅  Recovery variable 
𝜀𝜀0 0.2 s-1 Baseline rate of recovery 
𝜇𝜇1 20 s-1 

Constants that modulate the recovery rate 
𝜇𝜇2 0.3 

Initial values  
𝑉𝑉𝑚𝑚 -0.08 V Myocardial membrane potential 
𝑅𝑅 0.02 Unitless recovery variable 

 259 

2.3.2 Electrical conductivity tensor 260 

The cardiac cells’ electrical conduction travels the fastest along the fibre direction and 261 

the slowest in the direction perpendicular to the muscle fibre [51-53]. This rapid conduction 262 

enables a coordinated contraction of the ventricles for efficient ventricular contraction and 263 

effective ejection of blood. For this work, the electrical conductivity of the myocardium was 264 

set to exhibit the anisotropic properties at a ratio of 4:2:1 along the fibre (𝐹𝐹�), sheet (𝑆̂𝑆) and 265 

normal-to-sheet (𝑁𝑁�) directions, respectively based on prior studies [53, 54]. Eq. (4) describes 266 

the conductivity tensor, 𝝈𝝈 according to the conductivities in the direction of fibres (𝜎𝜎𝑓𝑓), sheets 267 

(𝜎𝜎𝑠𝑠) and normal-to-sheets (𝜎𝜎𝑛𝑛) 268 

𝜎𝜎 = 𝜎𝜎𝑓𝑓�𝐹𝐹�⨂𝐹𝐹�� + 𝜎𝜎𝑠𝑠�𝑆̂𝑆⨂𝑆̂𝑆� + 𝜎𝜎𝑛𝑛�𝑁𝑁�⨂𝑁𝑁��      (4) 269 

with 𝜎𝜎𝑓𝑓 = 3 S m-1 and ⨂ denotes the vector outer product.  270 



2.4 Myocardial mechanics 271 

2.4.1 Active stress 272 

In response to the action potential, the biventricular myocardium generates an active 273 

stress. We utilized a simplified version of the active stress formulation, see Eq. (5) proposed 274 

by Bakir et al. [27] 275 

𝜕𝜕𝑇𝑇𝑎𝑎
𝜕𝜕𝜕𝜕

= 𝜖𝜖(𝑉𝑉𝑚𝑚) �𝑘𝑘𝑇𝑇𝑇𝑇 �
𝑉𝑉𝑚𝑚−𝐵𝐵
𝐴𝐴
� − 𝑇𝑇𝑎𝑎�       (5) 276 

where 𝑇𝑇𝑎𝑎 is the active stress representing the contractile force generated by the myocardium 277 

and 𝑘𝑘𝑇𝑇𝑇𝑇 is a parameter controlling the magnitude of the active stress. The delay function, 𝜖𝜖(𝑉𝑉𝑚𝑚) 278 

models the rate at which active stress develops in response to the changes in the transmembrane 279 

potential and the equation is taken from Göktepe and Kuhl [26] as shown in Eq. (6). Value and 280 

description of the parameters setting are listed in Table 2. 281 

𝜖𝜖(𝑉𝑉𝑚𝑚) = 𝜖𝜖0 + (𝜖𝜖∞ − 𝜖𝜖0)𝑒𝑒𝑒𝑒𝑒𝑒 �−𝑒𝑒𝑒𝑒𝑒𝑒�−𝜉𝜉(𝑉𝑉𝑚𝑚 − 𝑉𝑉𝑡𝑡ℎ𝑟𝑟𝑟𝑟𝑟𝑟ℎ𝑜𝑜𝑜𝑜𝑜𝑜)��   (6) 282 

 283 

Table 2 Parameters and initial value of the myocardial contraction – excitation formulations 284 

Parameter Values Description 
𝑘𝑘𝑇𝑇𝑇𝑇 253 kPa Parameter controlling the magnitude of the active stress 
𝜖𝜖0 5.7 s-1 Baseline rate of the active stress generation 
𝜖𝜖∞ 28 s-1 Maximum rate of the active stress generation as 𝑉𝑉𝑚𝑚 increases well above the excitation threshold 
𝜉𝜉 7.6 V-1 Scaling factor 

𝑉𝑉𝑡𝑡ℎ𝑟𝑟𝑟𝑟𝑟𝑟ℎ𝑜𝑜𝑜𝑜𝑜𝑜 -0.03 V Threshold transmembrane potential at which the active stress generation rate begins to increase 
significantly 

Initial value  
𝑇𝑇𝑎𝑎 0 kPa Active stress 

 285 

2.4.2 Passive and active mechanics 286 

The passive myocardial material response is important to determine the performance of 287 

mechanical contraction and relaxation that shapes the cardiac function. In this work, the passive 288 

behaviour of the myocardium was described by a hyper elastic model as proposed by the 289 

constitutive model from Holzapfel and Ogden [55]. It is assumed the myocardium exhibits non-290 

linear hyper elastic, incompressible and is locally transversely isotropic with respect to the fibre 291 

axis. Eqs. (7)-(9) defines the total strain energy density function, 𝝍𝝍 decomposed into separate 292 

components to capture the mechanical properties of the myocardium 293 



𝝍𝝍 = 𝜓𝜓𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖 + 𝜓𝜓𝑓𝑓𝑓𝑓𝑓𝑓𝑓𝑓𝑓𝑓 + 𝜓𝜓𝑣𝑣𝑣𝑣𝑣𝑣 294 

𝜓𝜓𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖 = 𝑎𝑎𝑖𝑖
2𝑏𝑏𝑖𝑖

𝑒𝑒𝑒𝑒𝑒𝑒(𝑏𝑏𝑖𝑖(𝐼𝐼1 − 3) − 1)       (7) 295 

𝜓𝜓𝑓𝑓𝑓𝑓𝑓𝑓𝑓𝑓𝑓𝑓 = 𝑎𝑎𝑓𝑓
2𝑏𝑏𝑓𝑓

𝑒𝑒𝑒𝑒𝑒𝑒 �𝑏𝑏𝑓𝑓�𝐼𝐼4𝑓𝑓 − 1�
2
− 1�      (8) 296 

𝜓𝜓𝑣𝑣𝑣𝑣𝑣𝑣 = 𝑘𝑘(𝐽𝐽−1)𝑙𝑙𝑙𝑙(𝐽𝐽)
2

         (9) 297 

where 𝜓𝜓𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖 represents the strain energy due to the myocardial’s isotropic properties, 298 

𝜓𝜓𝑓𝑓𝑓𝑓𝑓𝑓𝑓𝑓𝑓𝑓 represents the strain energy due to the anisotropic behaviour of the fibres and 𝜓𝜓𝑣𝑣𝑣𝑣𝑣𝑣 299 

represents the volumetric strain energy due to deformation. Value and description of the 300 

parameters setting are listed in Table 3. 𝐼𝐼1 is the first invariant of the modified right Cauchy-301 

Green deformation tensor, 𝐂𝐂 given 𝐼𝐼4𝑓𝑓 = 𝐹𝐹� ∙ �𝐂𝐂𝐹𝐹�� is the fourth invariant of the right Cauchy-302 

Green deformation tensor representing the anisotropic invariants associated with the fibre 303 

directions and 𝐽𝐽 represents the determinant of the deformation gradient tensor, 𝑭𝑭. To ensure 304 

material stability, 𝐼𝐼4𝑓𝑓 was set to 0 when 𝐼𝐼4𝑓𝑓 < 0, to account for the assumption that myocardial 305 

fibres do not contribute significantly to passive mechanics during compression. For the active 306 

myocardial mechanics, the active stress, 𝑇𝑇𝑎𝑎 was added to the second Piola-Kirchhoff stress 307 

tensor, 𝑻𝑻 in the directions of fibre, sheet and normal-to-sheet as shown in Eq. (10) to couple 308 

the electrical and mechanical formulations. The magnitude of the active stress in sheet and 309 

normal-to-sheet directions is equal to 40 % of the stress magnitude perceived along the fibre 310 

direction [54]. 𝐄𝐄 denotes the Green-Lagrange strain tensor. 311 

𝑻𝑻 = 𝜕𝜕𝐄𝐄
𝜕𝜕𝜕𝜕

+ 𝑇𝑇𝑎𝑎�𝐹𝐹�⨂𝐹𝐹�� + 0.4𝑇𝑇𝑎𝑎�𝑆̂𝑆⨂𝑆̂𝑆� + 0.4𝑇𝑇𝑎𝑎�𝑁𝑁�⨂𝑁𝑁��    (10) 312 

The equation of motion governing the myocardial deformation is given by Eq. (11) 313 

0 = ∇ ∙ (𝑭𝑭𝑭𝑭)𝑇𝑇          (11) 314 

𝑭𝑭 = 𝐼𝐼 + ∇𝐮𝐮  315 

where 𝑭𝑭 = deformation of gradient tensor and 𝐮𝐮 is the myocardial displacement vector. 316 



 317 

Table 3 Parameters value of the myocardial mechanics formulations 318 

Parameter Values Description 
𝑎𝑎𝑖𝑖 2.280 kPa Parameters for the isotropic material properties 𝑏𝑏𝑖𝑖 9.726 
𝑎𝑎𝑓𝑓  1.685 kPa 

Parameters for the fibre strain material properties 𝑏𝑏𝑓𝑓 15.779 
𝑘𝑘 250 kPa Bulk modulus 

 319 

To note, the biventricular base at the top is assumed to be fixed, avoiding translation 320 

and rotation while other myocardial boundaries are allowed to move freely. We acknowledged 321 

that this differs from the physiological motion pattern, where the base moves more prominently 322 

[56]. However, our primary focus is on understanding the influence of myocardial motion on 323 

large coronary artery hemodynamic. The myocardial deformation field still captures key global 324 

contraction and expansion characteristics as shown in a previous work by Bakir et al. [27], 325 

allowing us to analyse how background motion affects coronary flow. To investigate potential 326 

impact of changing fixed reference frame, we performed an additional simplified simulation in 327 

a simple muscle slab with a curved cylindrical artery attached. We tested two cases: one with 328 

top wall fixed and the bottom wall moving (as in our original model) and another with the 329 

bottom wall fixed and the top wall moving (see Supplementary Materials II). The simulation 330 

results reveal that the location of the moving boundary – whether the top or bottom wall of the 331 

slab domain, has an overall similar spatiotemporal pattern with the same order of magnitude in 332 

the flow trends across the curved cylinder segment. In both cases, the maximum velocity is 333 

consistently observed at the top of the curved cylinder (3.8 m/s) for both cases. However, slight 334 

differences in the peak velocity values are shown at the mid and bottom sections of the curved 335 

cylinder between both cases. We noted minor phasic variations in the waveform between t = 336 

0.2 s and t = 0.4 s at both cases, likely due to the difference in the reference planes of both 337 

models. During this period, coinciding with the motion activation profile, the velocity peaks 338 

differently likely due to difference in motion direction. Similar minor phasic variation was also 339 

noted in the pressure where the fixed top wall case shows higher overall pressure magnitudes 340 

than the case of fixed bottom wall across the curved cylinder. While the outcomes suggest the 341 

point of reference can alter flow behaviour, albeit at minor variations, the general flow 342 

behaviour is largely unaffected. Although fixing base is more physiologically correct, however, 343 

this necessitates complex interactions with the atrial chambers to obtain correct basal motion. 344 

Therefore, based on the acquired geometrical domain of the biventricular model, fixing the 345 



base while permitting greater motion at the apex simplifies the computational process in our 346 

study. 347 

2.5 Open loop circulation model 348 

An open-loop 0D lumped parameter (three-element Windkessel) model [27] was 349 

prescribed at the electromechanical setting of the biventricular model to represent the heart 350 

circulatory system. This simplified approach captures the overall haemodynamic behaviour of 351 

the resistance and compliance of the circulatory system, thus governing the effect on ventricular 352 

pressures during ejection phase. Unlike closed-loop, the open-loop assumption is simpler but 353 

has several limitations such as producing unequal stroke volumes between the left and right 354 

ventricles which can compromise accurate simulation of real physiological conditions and 355 

lacks feedback mechanisms [27-29, 57] that regulate the heart function. But since the focus of 356 

this study is on the coupling between the myocardial mechanics and coronary haemodynamic, 357 

the open-loop assumption is sufficient for the purpose of setting up our computational 358 

framework, and a closed loop setup can be considered in the future. Using the lumped 359 

parameter model, the heart’s circulatory system was modelled with a combination of 360 

resistances and capacitances in a circuit illustrated in Figure 2, represented by a system of 361 

ordinary differential equations (ODEs) expressed by Eqs. (12)-(17) in Supplementary 362 

Materials I that includes the pressures, volumes, and fluxes of each ventricular chamber. To 363 

note, in this cardiac electromechanical simulation study, blood hemodynamic is not explicitly 364 

modelled so the Navier-Stokes equation is absent in the ventricular cavities. Instead, the 365 

ventricular pressures were determined using Eqs. (18)-(21), allowing the model to replicate all 366 

phases of cardiac cycle. Ventricular volumes are obtained by integrating the ventricular 367 

chamber volume at each time step.  368 



 369 

Figure 2 Biventricular open loop lumped parameter to model the heart circulation 370 

The inlet of each ventricle was coupled with a passive atrium. The left atrium (LA) was 371 

initially assumed to be a constant pressure source of 16 mmHg while the right atrium (RA) was 372 

set to 7 mmHg. Based on the governing ODEs, the inlets of the LV and RV were prescribed 373 

with flowrates representing the flow through a mitral valve from the LA and a tricuspid valve 374 

from the RA, respectively. For the outlet conditions, flowrates governed by a three-element 375 

Windkessel model were implemented to simulate the systemic and pulmonary circulations. All 376 

parameters [27, 49] and initial variables for the ODEs are listed in Table 4.  377 

 378 

Table 4 Parameters and initial values of the ODEs for the biventricular open loop circulation model 379 

Parameter Values Description 
𝑃𝑃𝐿𝐿𝐿𝐿 16 mmHg Left atrial pressure 

𝑅𝑅𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚 0.7199 MPa.s/m3 Mitral resistance 
𝑅𝑅𝐴𝐴𝐴𝐴 7.9993 MPa.s/m3 Aortic resistance 

𝐶𝐶𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠  5.81 ml/mmHg Systemic capacitance 
𝑅𝑅𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠  166.653 MPa.s/m3 Systemic resistance 
𝑃𝑃𝑅𝑅𝑅𝑅 7 mmHg Right atrial resistance 

𝑅𝑅𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡 0.18 MPa.s/m3 Tricuspid resistance 
𝑅𝑅𝑃𝑃𝑃𝑃 1.9998 MPa.s/m3 Pulmonary resistance 

𝐶𝐶𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝 1.4525 ml/mmHg Pulmonary capacitance 
𝑅𝑅𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝 41.6632 MPa.s/m3 Pulmonary resistance 

Initial values  
𝑃𝑃𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠  90 mmHg Systemic pressure 



Parameter Values Description 
𝑃𝑃𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝 90 mmHg Pulmonary pressure 

 380 

The electromechanical simulation was started by expanding the biventricular chamber 381 

from its zero-stress state increasing the LV volume from 77 ml to 118 ml at a pressure of 90 382 

mmHg and the RV volume from 68 ml to 89 ml at a pressure of 10 mmHg. Inflow is introduced 383 

using a ramp function over 0-50 milliseconds to allow the flow to increase gradually from 0 384 

ml/s, facilitating the model’s convergence from its initial state. During this filling phase, both 385 

initial value of the Windkessel parameters, 𝑃𝑃𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠 and 𝑃𝑃𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝 were set to 90 mmHg. 386 

The left and right ventricular pressures during the isovolumic phases were determined as shown 387 

in Eq. (18) and (19) based on this literature [58] 388 

𝑃𝑃𝐿𝐿𝐿𝐿,𝑖𝑖𝑖𝑖𝑖𝑖 = 𝑃𝑃𝐿𝐿𝐿𝐿,0 + 𝑘𝑘�𝑉𝑉𝐿𝐿𝐿𝐿,0 − 𝑉𝑉𝐿𝐿𝐿𝐿�       (18) 389 

where 𝑃𝑃𝐿𝐿𝐿𝐿,𝑖𝑖𝑖𝑖𝑖𝑖 is the isovolumic pressure in the LV, 𝑃𝑃𝐿𝐿𝐿𝐿,0 is the reference or baseline pressure of 390 

the LV, 𝑘𝑘 is a constant proportionality, 𝑉𝑉𝐿𝐿𝐿𝐿,0 is the initial volume of the LV and 𝑉𝑉𝐿𝐿𝐿𝐿 is the current 391 

volume of the LV and 392 

𝑃𝑃𝑅𝑅𝑅𝑅,𝑖𝑖𝑖𝑖𝑖𝑖 = 𝑃𝑃𝑅𝑅𝑅𝑅,0 + 𝑘𝑘�𝑉𝑉𝑅𝑅𝑅𝑅,0 − 𝑉𝑉𝑅𝑅𝑅𝑅�       (19) 393 

where 𝑃𝑃𝑅𝑅𝑅𝑅,𝑖𝑖𝑖𝑖𝑖𝑖 is the isovolumic pressure in the RV, 𝑃𝑃𝑅𝑅𝑅𝑅,0 is the reference or baseline pressure 394 

of the RV, 𝑘𝑘 is a constant proportionality, 𝑉𝑉𝑅𝑅𝑅𝑅,0 is the initial volume of the RV and 𝑉𝑉𝑅𝑅𝑅𝑅 is the 395 

current volume of the RV. 𝑘𝑘 was set to 10000 mmHg ml-1 to control the pressure needed to 396 

maintain a certain volume and was sufficient to obtain the isovolumic phases of the 397 

biventricular model. The left and right ventricular pressures for the whole cardiac cycle were 398 

governed by the following ODEs in Eq. (20) and (21). 399 

𝑃𝑃𝐿𝐿𝐿𝐿 =

⎩
⎪
⎨

⎪
⎧

𝑃𝑃𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠 + 𝑄𝑄𝐴𝐴𝐴𝐴𝑅𝑅𝐴𝐴𝐴𝐴, 𝑃𝑃𝐿𝐿𝐿𝐿,𝑖𝑖𝑖𝑖𝑖𝑖 > 𝑃𝑃𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠
𝑃𝑃𝐿𝐿𝐿𝐿,𝑖𝑖𝑖𝑖𝑖𝑖 , 𝑃𝑃𝐿𝐿𝐿𝐿,𝑖𝑖𝑖𝑖𝑖𝑖 ≤ 𝑃𝑃𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠

                                                       𝑃𝑃𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠 ≤ 𝑃𝑃𝐿𝐿𝐿𝐿,𝑖𝑖𝑖𝑖𝑖𝑖

𝑃𝑃𝐿𝐿𝐿𝐿 − 𝑄𝑄𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑅𝑅𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚, 𝑃𝑃𝐿𝐿𝐿𝐿 > 𝑃𝑃𝐿𝐿𝐿𝐿,𝑖𝑖𝑖𝑖𝑖𝑖

    (20) 400 

 401 



𝑃𝑃𝑅𝑅𝑅𝑅 =

⎩
⎪
⎨

⎪
⎧

𝑃𝑃𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝 + 𝑄𝑄𝑃𝑃𝑃𝑃𝑅𝑅𝑃𝑃𝑃𝑃, 𝑃𝑃𝑅𝑅𝑅𝑅,𝑖𝑖𝑖𝑖𝑖𝑖 > 𝑃𝑃𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝
𝑃𝑃𝑅𝑅𝑅𝑅,𝑖𝑖𝑖𝑖𝑖𝑖 , 𝑃𝑃𝑅𝑅𝑅𝑅,𝑖𝑖𝑖𝑖𝑖𝑖 ≤ 𝑃𝑃𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝

                                                       𝑃𝑃𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝 ≤ 𝑃𝑃𝑅𝑅𝑅𝑅,𝑖𝑖𝑖𝑖𝑖𝑖

𝑃𝑃𝑅𝑅𝑅𝑅 − 𝑄𝑄𝑡𝑡𝑡𝑡𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑅𝑅𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡, 𝑃𝑃𝑅𝑅𝑅𝑅 > 𝑃𝑃𝑅𝑅𝑅𝑅,𝑖𝑖𝑖𝑖𝑖𝑖

   (21) 402 

 403 

2.6 Coronary flow dynamics 404 

Blood flowing through the coronary arteries was considered to be an incompressible 405 

Newtonian fluid with a constant density, 𝜌𝜌𝑓𝑓=1060 kg/m3 and dynamic viscosity, 𝜇𝜇𝑓𝑓=0.00345 406 

Pa.s. Blood flow was assumed to be laminar governed by the Navier-Stokes equation in Eq. 407 

(22) and its continuity equation, Eq. (23) ensuring mass conservation within the fluid flow 408 

𝜌𝜌𝑓𝑓
𝜕𝜕𝑢𝑢𝑓𝑓
𝜕𝜕𝜕𝜕

+ 𝜌𝜌𝑓𝑓�𝑢𝑢�⃗ 𝑓𝑓 ∙ ∇�𝑢𝑢�⃗ 𝑓𝑓 = ∇ ∙ [−𝑝𝑝𝑝𝑝 + 𝐾𝐾]      (22) 409 

𝜌𝜌𝑓𝑓∇ ∙ 𝑢𝑢�⃗ 𝑓𝑓 = 0          (23) 410 

𝐾𝐾 = 𝜇𝜇𝑓𝑓 �∇𝑢𝑢�⃗ 𝑓𝑓 + �∇𝑢𝑢�⃗ 𝑓𝑓�
𝑇𝑇
�  411 

where 𝜌𝜌𝑓𝑓 = fluid density, 𝑢𝑢𝑓𝑓����⃗  = fluid velocity vector, 𝑝𝑝 = fluid pressure, and 𝐾𝐾 = viscous stress 412 

tensor. For the boundary conditions of the coronary flow model, the aortic inlet was prescribed 413 

with the simulated aortic outflow, 𝑄𝑄𝐴𝐴𝐴𝐴 described in Eq. (13) of the Supplementary Materials 414 

I. This coupling ensures that the coronary flow dynamics are driven by the physiologically 415 

relevant aortic flow of the simulated biventricular electromechanical model. The aortic outlet 416 

was represented with three-element Windkessel model [59, 60] as shown in Figure 3 to 417 

simulate the vascular afterload with ODE in Eq. (24) and (25) 418 

𝑄𝑄𝑝𝑝 = 𝑃𝑃𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖 − 𝑃𝑃𝑝𝑝
𝑅𝑅𝑝𝑝

         (24) 419 

𝑃𝑃𝑝𝑝 is determined from this ODE 420 

𝑄𝑄𝑝𝑝 = 𝐶𝐶𝑝𝑝
𝑑𝑑𝑃𝑃𝑝𝑝
𝑑𝑑𝑑𝑑

+ 𝑃𝑃𝑝𝑝
𝑅𝑅𝑑𝑑

         (25) 421 

where 𝑄𝑄𝑝𝑝 is the aortic outflow rate, 𝑃𝑃𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖 was calculated by averaging the pressure of the aortic 422 

outlet boundary, 𝑅𝑅𝑝𝑝 = 14.06 MPa.s/m3, 𝐶𝐶𝑝𝑝 = 0.001 cm5/dyne and 𝑅𝑅𝑑𝑑 = 142.19 MPa.s/m3. The 423 



coronary outlet boundary conditions were set to a constant pressure of 3 mmHg representing 424 

the mean right atrial pressure [36, 61]. This simplification serves to approximate the general 425 

outflow characteristics without the detailed representation of downstream microcirculatory 426 

effects. Ideally, a lumped parameter model for the microcirculation would be applied to better 427 

capture the contribution of intramyocardial pressure on coronary flow. However, the focus of 428 

this study is to investigate the effect of cardiac motion on coronary flow making the 429 

simplification is reasonable. 430 

 431 

Figure 3 Schematic of the boundary conditions for the coronary artery model. The simulated aortic flow from the 432 
electromechanical simulation, 𝑄𝑄𝐴𝐴𝐴𝐴 is prescribed as the coronary aortic inlet condition. The aortic outlet is set with a three-433 
element Windkessel model to represent the systemic flow. Each coronary outlet is governed by a constant pressure of 3 mmHg  434 

 435 

2.7 Coronary artery-myocardium displacement coupling 436 

To mathematically couple the biventricular electromechanical model with the coronary 437 

flow model, we adopted a one-way coupling method which means that the displacement field 438 

from the 3D biventricular electromechanics were translated to the coronary arterial walls but 439 

the feedback from the coronary arterial stiffness to the myocardium was neglected. We utilized 440 

a ‘General Extrusion’ coupling operator in COMSOL Multiphysics 6.1 (COMSOL AB, 441 

Sweden) to map the displacement field from the biventricular domain to the mutual interface 442 



of the coronary artery segment. Using this operator, we specified the biventricular myocardium 443 

as a source domain and the coronary artery as a destination domain. An extrusion mapping 444 

function was defined to relate the coordinates of the coronary artery segment to those of the 445 

myocardium, ensuring accurate transfer of the displacement vector (u, v, w) between the two 446 

closest points on the surface of the artery and the epicardial surface of the myocardium. This 447 

step ensured that the coronary artery moved through the same displacement field as the nearest 448 

position of the epicardium, creating a tethering effect. We did not explicitly model the arterial 449 

wall deformation as a separate fluid-structure interaction problem. However, we employed a 450 

moving mesh approach in which the coronary arteries were set to follow the myocardial 451 

motion. A moving mesh method with Yeoh hyper elastic smoothing method (see Eq. (26)-(28) 452 

in Supplementary Materials I) was implemented in the coronary arteries to accurately capture 453 

the mechanical interaction and deformation transfer between the myocardium and coronary 454 

artery domains similar to previous work [27]. We expect this approach is sufficient considering 455 

the artery itself was hyper elastic [62]. An Arbitrary Lagrangian-Eulerian (ALE) formulation 456 

was used to handle the deforming domains where the mesh nodes within the myocardium and 457 

coronary artery domains were allowed to move according to the prescribed displacement field 458 

ensuring accurate propagation of boundary motion. While this does not explicitly capture full 459 

arterial wall elasticity and wave propagation effects, it provides a reasonable approximation for 460 

investigating the influence of cardiac-induced motion on coronary hemodynamic. The aortic 461 

inlet and outlet boundaries were held fixed in space. 462 

 463 

2.8 Numerical setup 464 

A mesh independence study was conducted using COMSOL’s default mesh settings: 465 

Coarse, Normal, Fine and Finer. In this study, the mesh convergence for the fluid dynamics of 466 

the coronary arteries was assessed. The value of maximum coronary flow at peak systole was 467 

selected as the comparison metric to determine the optimal mesh configuration (see Table 2 468 

and Figure 3 in Supplementary Materials I). The fine mesh was selected as the optimal 469 

configuration, as the peak systolic coronary flow values deviated by less than 10 % compared 470 

to those obtained with the finer mesh. The coronary artery mesh was mostly comprised of 471 

tetrahedral elements followed by a smaller proportion of pyramidal, prismatic, triangular and 472 

quadrilateral elements. Tetrahedral elements were predominantly used for volume meshing due 473 

to their flexibility in capturing complex arterial geometries. Pyramidal and prismatic elements 474 



were incorporated in boundary layers to enhance accuracy in resolving near-wall flow 475 

gradients. Additionally, triangular and quadrilateral elements were employed in surface 476 

meshing to maintain smooth transitions and improve numerical stability.  477 

We first conducted a standalone biventricular electromechanical simulation to obtain 478 

essential data including the aortic flow rate, as well as the left and right ventricular pressures. 479 

The output from this simulation was then used to drive the simulation of the coronary artery 480 

flow model. We employed a weakly coupled approach rather than solving all physics 481 

simultaneously reducing the complexity and computational time. The simulation began with a 482 

stationary solver to resolve the myocardial fibre mechanics. This was followed by a time-483 

dependent solver to solve the electrophysiology and active stress equations, with electrical 484 

stimulus first applied to the biventricular apical region at t=0.45 seconds. The simulation was 485 

conducted over a total duration of 1 second, corresponding to a single cardiac cycle at a heart 486 

rate of 60 beats per minute. Then, the biventricular motion was solved under a quasistatic 487 

assumption by implementing the previously computed active stress in the equation of motion. 488 

For the solid mechanics physics in this simulation, the finite element discretization was set to 489 

use the COMSOL’s default setting of ‘quadratic serendipity’ elements for the displacement 490 

field. These elements offer fewer nodes per element compared to ‘quadratic Lagrange’ 491 

elements, offering a good balance between accuracy and computational efficiency. After 492 

running the electromechanical simulation, the laminar flow simulation for the coronary 493 

circulation model was performed. For solving the laminar flow, the discretization was set to 494 

use P1 + P1 elements, which is the default element order for laminar flow governed by the 495 

Navier-Stokes equations in COMSOL. The abbreviation PmPn refers to the polynomial order 496 

of the shape functions (elements) for the velocity components (m) and pressure (n) when 497 

employing tetrahedral or triangular elements. The P1 + P1 elements choice employs linear 498 

elements for both the velocity components and pressure fields and were selected to ensure 499 

computational efficiency while maintaining acceptable accuracy, given the computational 500 

demands of the multiphysics simulation in this study. The simulation was run for four cardiac 501 

cycles to ensure the formation of stable cycles. A fully coupled Parallel Direct Solver 502 

(PARDISO) with an automatically damped Newton method was employed for all formulations. 503 

A fifth-order implicit Backward Differentiation Formulation (BDF) solver was used to update 504 

the variables at each time step with results recorded every 2 milliseconds. We utilized the Iridis 505 

5 high-performance computing (HPC) cluster facilitated by University of Southampton, 506 

specifically leveraging one Intel compute node for computation. Each Intel node in Iridis 5 is 507 



equipped with dual 2.0 GHz Intel Xeon Gold 6138 processors, providing a total of 40 CPU 508 

cores per node that have 192 GB of DDR4 memory. The breakdown of the substantial 509 

computational resources in simulating the framework model of the cardiac electromechanics – 510 

coronary flow is presented in Table 3 in Supplementary Materials I. Overall, the total 511 

computation time to simulate a full cardiac cycle, including both myocardial electromechanics 512 

and coronary flow was approximately 14 hours and 30 minutes. The primary factors 513 

influencing the computational efficiency include the complexity of the multiphysics coupling 514 

that required for solving large nonlinear systems in myocardial mechanics and capturing the 515 

interactions between electromechanics and coronary flow dynamics.  516 

 517 

 518 
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3.0 Results and discussion 519 

In this study, results are presented from the last cardiac cycle of the simulation timeframe 520 

specifically spanning from t=3.45 seconds until t=4.45 seconds (stimulus was activated at 521 

t=3.45 seconds) to provide a stable representation of the data for analysis. 522 

3.1 Electromechanical 523 

The spatial distribution of membrane potential, 𝑉𝑉𝑚𝑚, active stress, 𝑇𝑇𝑎𝑎 and recovery, 𝑅𝑅 524 

phases across the biventricular model at certain time points throughout the cardiac cycle are 525 

depicted in Figure 4 (A-C) and the curve profiles are shown in Figure 4 (D-F). Based on 526 

Figure 4 (A), the electrical activation is initiated at the apical region (bottom part of the heart) 527 

of the biventricular model. The action potential propagates through the ventricles and fully 528 

activates them within 100 milliseconds. In healthy humans, the total ventricular depolarization 529 

lasts approximately 70 - 110 milliseconds [63]. The membrane potential waveform in Figure 530 

4 (D) indicates a rise in voltage instantly following the stimulation, peaking at 20 mV during 531 

the depolarization phase. It then gradually repolarizes and returns to the resting membrane 532 

potential of -80 mV. The action potential duration is approximately 250 milliseconds, aligning 533 

with the physiological range for humans, typically between 200 and 400 milliseconds [63, 64]. 534 

The active stress distribution as seen in Figure 4 (B) shows that the maximum stress occurs at 535 

the apical region once they are fully electrically activated at t=3.55 seconds and spread through 536 

the biventricular model to bring the mechanical contraction (systole). The active stress 537 

waveform in Figure 4 (E) proves that the biventricular myocardium peaks shortly after 538 

depolarization, preparing the ventricles to contract. It shows a rapid increase followed by a 539 

linear decline, reaching a peak stress of 224 kPa. The following recovery phase (diastole) 540 

begins at t=3.65 seconds and peaks at t=3.75 seconds at the basal region (top part of the heart) 541 

as seen in Figure 4 (C). The recovery plot in Figure 4 (F) demonstrates that after the action 542 

potential, 𝑉𝑉𝑚𝑚 is generated, 𝑅𝑅 gradually increases. As 𝑅𝑅 increases, 𝑉𝑉𝑚𝑚 gradually repolarizes 543 

before declining as 𝑅𝑅 reaches its maximum. Once the membrane potential returns to the resting 544 

state, 𝑅𝑅 decreases sharply.  545 
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 546 

Figure 4 Snapshot distribution of the (A) membrane potential (B) active stress and (C) recovery phases of the simulated 547 
biventricular electromechanics at various time points (Stimulus was activated at t=3.45 seconds). (D-F) show the waveform 548 
profiles of 𝑉𝑉𝑚𝑚, 𝑇𝑇𝑎𝑎 and 𝑅𝑅, respectively. The markers in the plot show the time points where data was obtained 549 

 550 

3.2 Pressure and volume 551 

To assess the contractility of the biventricular model, we obtained the pressure and 552 

volume changes in the ventricles over a cardiac cycle. Figure 5 (A) and (B) present the pressure 553 

and volume waveforms of the LV and RV over a complete cardiac cycle. The LV and RV 554 

pressures rise rapidly during systole reaching maximum values of 126 mmHg and 30 mmHg, 555 

respectively. The pressures then gradually drop until reaching minimum values of 16 mmHg 556 

and 7 mmHg. Figure 5 (C) presents the pressure-volume loops of the left and right ventricles. 557 

It illustrates that during the ventricular filling phase, the chambers expand to reach its 558 

maximum volume. The end-diastolic volume (EDV) are 118 ml and 89 ml, each for LV and 559 

RV. As systole begins, the ventricles contract with the volume remains constant for a short time 560 

(isovolumic contraction). This is followed by the ejection phase where the volume decreases 561 

rapidly to the end-systolic volume (ESV), with the LV and RV reaching ESV of 59 ml and 42 562 
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ml, respectively. After ejection, the ventricles relax during a period of constant volume 563 

(isovolumic relaxation) before the filling resumes and the volume increases again. The 564 

computed stroke volumes of the LV and RV are 59 ml and 47 ml, respectively with ejection 565 

fractions (EF) of 50 % and 53 %, respectively. The EF of the LV is slightly below the normal 566 

range of 52% to 74 % [65], likely due to under-segmentation of the biventricular chamber 567 

during pre-processing. The upper biventricular segment was removed, and the lower part was 568 

held fixed without motion, resulting in reduced chamber volume and potentially limiting 569 

maximal contraction thus generating a lesser cardiac output. Figure 5 (D) shows the pressure 570 

waveforms of the LV and aorta where the aortic pressure curve reflects the ejection phase with 571 

pressure ranges between 79 mmHg and 87 mmHg during systole.  572 

 573 

Figure 5 Physiologic pressure and volume measurements from the biventricular electromechanical simulation over the last 574 
cardiac cycle (Stimulus was activated at t=3.45 seconds). (A) LV and RV pressure traces during systole and diastole. (B) 575 
Volume changes of the LV and RV chambers. (C) Pressure-volume loops highlighting the EDV and ESV, to show the 576 
biventricular contractility performance. (D) LV and aortic pressure profiles, showing the relationship between the ventricular 577 
and systemic pressures 578 

 579 
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3.3 Myocardial – coronary displacement 580 

For brevity, results from the analysis of three coronary arteries LAD2, LCX3 and RCA2 581 

are reported. Figure 6 (A) displays the 3D displacement magnitudes of the biventricular model 582 

throughout the cardiac cycle. With the myocardial base fixed, the apex exhibits significant 583 

mechanical motion primarily upward displacement toward the fixed base which serves as the 584 

reference point. During ventricular systole, the myocardium deforms with the apex displaced 585 

by a maximum of 2 cm from its original position. During diastole, the myocardium returns to 586 

its initial configuration enabling biventricular filling. Figure 6 (B) illustrates that the 587 

displacement magnitude at one corresponding point on the shared boundary between the 588 

myocardium and the closest point of the LAD2, LCX3 and RCA2 are identical. This confirms 589 

that the coupling operator effectively maps the displacement from the myocardium to the 590 

coronary arteries. The precise alignment of displacements ensures similar mechanical 591 

deformations in the coronary arteries, validating the robustness of the coupling method used. 592 

The findings also show that the LAD2 artery undergoes the greatest displacement of 1 cm as it 593 

is located at the apex which experiences the greatest motion. 594 

 595 
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 596 

Figure 6 Myocardial-coronary artery displacement at selected time points throughout a cardiac cycle (Stimulus was activated 597 
at t=3.45 seconds). (A) The distribution of displacement magnitude across the electromechanical coupling model showing 598 
significant displacement of the apex during systole compared to the base, which remains fixed. During diastole, the model 599 
returns to its original position. (B) The displacement magnitude recorded at a point on the shared myocardial boundary and 600 
the corresponding closest point in the LAD2, LCX3 and RCA2 segments. The synchronized waveform indicates the successful 601 
mathematical coupling between the myocardium and coronary arteries achieved using the general extrusion coupling operator 602 

 603 

3.4 Pressure, velocity and flow profiles of the coronary arteries 604 

Local pressure, velocity and flow profiles were analysed from our two case models: the 605 

moving and non-moving coronary artery models to assess the variability of the coronary 606 

haemodynamic with and without cardiac-induced motion. Figure 7 (A-C) displays the profiles 607 

of local pressure in the LAD2, LCX3 and RCA2 segments, respectively. Our findings show 608 

that the moving coronary arteries model has higher pressure distribution than the non-moving 609 
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arteries model. The moving LAD2 in Figure 7 (A) produces a peak systolic pressure of 83 610 

mmHg, compared to 76 mmHg in the non-moving LAD2. Similarly, Figure 7 (B) shows that 611 

the moving LCX3 reaches a maximum systolic pressure of 42 mmHg while in the non-moving 612 

model this was 16 mmHg. For RCA2, as depicted in Figure 7 (C), the moving model has a 613 

peak pressure of 68 mmHg, whereas in the non-moving model this was 57 mmHg. The LAD2 614 

is located at the apex of the biventricular model which experiences more pronounced motion 615 

compared to other ventricular regions and having larger compressive forces than the LCX3 and 616 

RCA2. The LCX3 and RCA2 are situated near the myocardial basal region, which is less 617 

influenced by the myocardial motion, resulting in comparatively lower pressures. In addition 618 

to the pressure variations, Figure 7 (D-F) present the local velocity profiles to provide further 619 

insights into the flow dynamics. Our results show that the local velocity profiles of the non-620 

moving coronary arteries model are greater than the moving coronary arteries model. It is 621 

shown in Figure 7 (D) that the non-moving LAD2 has a slightly higher peak velocity of 1.8 622 

m/s and 1.4 m/s for the moving LAD2. Based on Figure 7 (E), the non-moving LCX3 has a 623 

maximum velocity of 2.3 m/s while the moving LCX3 shows a lower value of 1.6 m/s. 624 

Correspondingly, the non-moving and moving model of RCA2 has a maximum velocity of 1.8 625 

m/s and 1.4 m/s respectively as shown in Figure 7 (F). The flow profiles of the coronary 626 

arteries are shown in Figure 7 (G-H). Based on the flow profiles of the LAD2 in Figure 7 (G), 627 

the peak systolic flow rate are 6.6 ml/s and 3.7 ml/s for the non-moving and non-moving model, 628 

respectively. For the LCX3 in Figure 7 (H), the non-moving model has the maximum systolic 629 

flow rate of 2.5 ml/s and 1.8 ml/s for the moving model. Similarly, the non-moving model of 630 

RCA2 has higher flow rate during systole of 4.5 ml/s while the moving RCA2 is 3.6 ml/s. 631 

Since the coronary arteries are embedded on the myocardial tissue, they undergo 632 

complicated movement and deformation during cardiac cycle induced by the myocardial 633 

mechanics. In our study, the moving coronary artery model is believed to undergo changes in 634 

the arterial curvature especially during systole that may contribute to the little driving pressure 635 

in the arterial segment compared to the non-moving artery model. The moving arteries could 636 

add inertial force [66] to the blood flow that contribute to flow acceleration and elevate local 637 

pressure temporarily. Consequently, change in the local arterial shape may change the local 638 

arterial resistance, resulting with increased local pressure and reduced local velocity. In the 639 

case of the non-moving model, the dynamic effects are absent as the arteries encounter no 640 

motion thus producing smoother forward flow with higher velocities and less pressure losses.  641 
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In our case models, the coronary flow profiles are as expected to follow the aortic and 642 

coronary arterial pressure waveforms which the flow peaked during ventricular systole rather 643 

than exhibiting the physiological phasic flow patterns [67-69]. This is primarily due to the 644 

absence of intramyocardial pressure effect in the present study, which can be achieved if a 645 

lumped parameter model was adopted to simulate the increased flow resistance in coronary 646 

microcirculation. Physiologic phasic pattern is associated with the left coronary artery which 647 

is characterized by reduced flow during systole and dominant diastolic flow, as a consequence 648 

of compressive effects of intramyocardial pressure [70-72] on the intramural vessels. Instead, 649 

a constant pressure of 3 mmHg was applied at the coronary outlets of our model instead [36], 650 

representing the venous pressure for simplicity, as we were aiming to observe the effects of 651 

coronary motion. For comparison of blood flow in the moving and non-moving coronary 652 

arteries, the flow rates in moving arteries are lower due to the dynamic changes in arterial shape 653 

throughout the cardiac cycle. These arteries experienced non-uniform flow distribution that 654 

lowers the overall flow rate compared to the non-moving arteries where flow distribution is 655 

uniform.  656 
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 657 

Figure 7 Comparison of local haemodynamic parameters of the moving and non-moving coronary arteries models throughout 658 
the cardiac cycle (Stimulus was activated at t=3.45 seconds). (A-C) Local pressure at specific points within the LAD2, LCX3 659 
and RCA2 segments. (D-F) Local velocity at corresponding points in the LAD2, LCX3 and RCA2 segments. (G-I) Flowrate 660 
through the LAD2, LCX3 and RCA2 661 

 662 

3.5 Secondary flow pattern 663 

Blood flow patterns in coronary arteries are of clinical interest due to the potential 664 

involvement in the localization of atherosclerosis and CAD. Arterial curvature and its variation 665 

during the cardiac cycle can lead to flow irregularities, such as an altered Dean flow 666 

characteristics and oscillating wall shear stress [73, 74]. Figure 8 shows the cross-sections of 667 

velocity magnitude of the LAD2, LCX3 and RCA2 that shows the velocity contours formed in 668 

the arteries. Panels (A-F) present the results for the moving arteries model, while panels (G-669 

L) correspond to the non-moving arteries model, both evaluated at peak systole (t=3.55 670 

seconds) and peak diastole (t=3.77 seconds). Consistent with the quantitative velocity profiles 671 

shown in Figure 7, the velocity contours for both the moving and non-moving models 672 
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illustrates the blood velocity magnitude is elevated in the coronary arteries during systole than 673 

during diastole, as blood is pumped out of the LV into the arteries. Comparing the pattern of 674 

the contours between the moving and non-moving models, the moving arteries (see Figure 8 675 

(A-C)) undergo strong disturbances that cause the primary flow to skew toward the arterial 676 

outer wall, resulting in a contour pattern that with higher velocity near that wall. During diastole 677 

(see Figure 8 (D-F)), when the arteries are relaxed, the velocity contours exhibit a uniform 678 

flow distribution, indicting a full, unskewed primary flow through the coronary arteries. The 679 

similar characteristics of velocity contours are shown in the non-moving arteries model both 680 

during systole (see Figure 8 (E-H)) and diastole (see Figure 8 (I-K)).  681 

Throughout the cardiac cycle, the motion of the coronary arteries induced by cardiac 682 

contraction leads to changes in arterial shape, which likely cause dynamic changes in arterial 683 

curvature, introducing additional force to the flow, causing the flow to skew toward the arterial 684 

outer wall. As a result, it creates a region with higher velocity near the wall, creating non-685 

uniform velocity field profile. This is reflected in the velocity contours which distribution of 686 

low and high velocities across the cross-section of the artery. During diastole, however, the 687 

coronary arteries are more relaxed and less affected by the compressive force from the 688 

contraction, although the still experienced some effects of the myocardial motion. The flow is 689 

more evenly distributed resulting in a relatively uniform velocity contour profile. 690 
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 691 

Figure 8 Comparison of velocity magnitude contours at peak systole and peak diastole in the moving and non-moving model 692 
of LAD2, LCX3, and RCA2 cross-sectional planes 693 

Next, we obtained the graphical streamlines of secondary in-plane flow pattern of the 694 

LAD2, LCX3 and RCA2 to observe the characteristics of the secondary flow under the 695 

influence of arterial motion. In Figure 9 (A-C), we can see that the moving arteries, specifically 696 

the LCX3 and RCA2 show the presence of single elongated vortex structure, creating a unique 697 

secondary flow pattern. Nevertheless, during diastole (see Figure 9 (D-F)), there are no 698 

appearance of the secondary vortices in the moving arteries as the blood flows in an orderly 699 

manner at lower velocity values compared to systole. In contrast, the non-moving arteries at 700 

the peak systole (see Figure 9 (G-I)) and diastole (see Figure 9 (J-L)), exhibit prominent 701 

secondary flow patterns with dual vortices structures are produced in the LCX3 and RCA2. In 702 

the LCX3, two counter-rotating Dean-like vortices are visible whereas in the RCA2, the size 703 

of the dual vortices are distorted, with one of the vortices tend to be elongated. Compared to 704 

the LCX3 and RCA2, the LAD2 exhibits distinct characteristics in its velocity profiles, which 705 

appear less prominent in the visual representation. This difference may stem from the 706 

anatomical positioning of the LAD2 in our segmented model as major of its segments are 707 

predominantly embedded within the myocardium. The LCX3 and RCA2 in contradict, are 708 
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largely situated on the myocardial surface. Therefore, this structural distinction likely 709 

influences the flow dynamics as observed in the LAD2. 710 

Blood flow in coronary arteries is mostly laminar and may generate secondary flow due 711 

to vessel curvature or bifurcation [73, 75]. High-velocity flow in curved arteries causes the 712 

blood flow to skew toward the arterial wall (swirling effect), creating centrifugal forces. These 713 

forces create a secondary flow perpendicular to the primary flow direction, leading to the 714 

formation of counter-rotating Dean vortices. Our findings show that the Dean-like vortices 715 

clearly appear in the non-moving coronary arteries due to the steady flow profiles where the 716 

centrifugal forces dominate over the transient inertia effects [76]. Regarding the asymmetry 717 

structure of the counter-rotating Dean vortices, these studies [73, 77-79] reported similar 718 

findings in their analysis of helical pipes and coronary artery in different range of torsion or 719 

curvature, that an increase in the torsion causes a twisting effect on the interface between the 720 

two vortices which leads to the expansion of one of the vortices. On the other side, Dean-like 721 

vortices in the moving artery model appears to be washed out and less pronounced as seen in 722 

this work [69]. Similarly, this work [77] showed that the symmetric structures of their counter-723 

rotating vortical cells of a baseline graft model are distorted by the helix and nonplanar flow 724 

paths introduced in their grafts model. They also found that the degree of the asymmetry 725 

increases downstream as swirling intensity of the flow in the graft increases. In our case, the 726 

moving coronary arteries induced by cardiac motion throughout the cardiac cycle causes the 727 

flow to be exceptionally dynamic and chaotic therefore the vortices are less stable and 728 

disrupted. Such changes likely will affect transport characteristics, such as nutrient transport 729 

and lipid deposition, thus possibly promoting atheroprotective effect, however, further study is 730 

warranted. 731 
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 732 

Figure 9 Comparison of secondary in-plane flow streamlines on the cross-sections of the moving and non-moving LAD2, 733 
LCX3, and RCA2 to evaluate the impact of motion on the flow characteristics. Note that the streamlines represent the general 734 
graphical pattern of secondary flow, not primary flow 735 

 736 

3.6 Wall shear stress and time-averaged wall shear stress 737 

The instantaneous WSS profiles of the LAD2, LCX3 and RCA2 at peak systolic and 738 

peak diastolic are compared to examine the effects of coronary arterial motion on the 739 

instantaneous haemodynamic as shown in Figure 10. It is clearly shown that the moving 740 

coronary arteries produce higher WSS than the non-moving coronary arteries model near the 741 

bifurcation region and distal end of the arteries. Table 5 presents the maximum WSS values 742 

for the LAD2, LCX3 and RCA2 arteries during peak systole and diastole. In the moving model, 743 

the LAD2 at peak systole creates a region with a higher WSS with a maximum value of 22.7 744 

Pa than the peak diastole with maximum value of 15.3 Pa. The non-moving LAD2 at peak 745 

systole has a maximum WSS of 22.2 Pa and 13.5 Pa during peak diastole, very slightly lower 746 

value than the moving model. The LCX3 demonstrates the highest WSS in the moving model, 747 

reaching 42.3 Pa during peak systole and 24.6 Pa during the peak diastole, whereas the non-748 

moving LCX3 show notably lower WSS values of 28.3 Pa and 17.6 Pa, respectively. A similar 749 

pattern is observed for the RCA2, where the moving model of RCA2 depicts greater WSS 750 

values compared to the non-moving model. 751 
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Our findings reveal that dynamic motion of the coronary arteries induced by cardiac 752 

movement leads to higher WSS values might drive by the inertial effect and changing of the 753 

arterial curvature throughout the cardiac cycle. The significant impact of coronary arterial 754 

motion on instantaneous WSS on these reports [20, 21] further supports this observation. 755 

Consequently, the dynamic motion of the coronary arteries may confer an atheroprotective 756 

effect, as regions with low WSS are known to promote atherosclerosis. However, this review 757 

[80] suggested that both low and high wall shear stress in arteries have been associated with 758 

plaque development and vulnerability as shown by clinical imaging studies and the exact nature 759 

of these relationships remains poorly defined and sometimes inconsistent across studies. 760 

Therefore, as coronary artery motion influences the WSS distribution, this analysis highlights 761 

the importance of accounting arterial motion when studying coronary biomechanics. 762 

Neglecting it in computational models may underestimating the biomechanical factors driving 763 

CAD progression.   764 

 765 

Figure 10 Wall shear stress (WSS) distribution in the LAD2, LCX3 and RCA2 during peak systolic and diastolic phases to 766 
compare the variations between moving and non-moving arterial models. (A,B) show the WSS field of the moving LAD2 during 767 
peak systole and diastole, respectively with higher WSS observed in (A). (C,D) depict the WSS field of the non-moving LAD2, 768 
showing slightly higher WSS in (C). (E,F) illustrate the WSS field of the moving LCX3 with (E) exhibiting the highest WSS at 769 
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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). 770 
(I,J) display the WSS field of the moving RCA2 highlighting greater WSS in (I). (K,L) show the WSS field of the non-moving 771 
RCA2, with (K) exhibiting greater WSS than (L) 772 

Table 5 Maximum wall shear stress (WSS) at peak systolic (t=3.55 seconds) and peak diastolic (t=3.70 seconds) for the 773 
moving and non-moving arteries LAD2, LCX3 and RCA2 774 

Arteries 

Moving model Non-moving model 
Maximum WSS 
at peak systole 

(Pa) 

Maximum WSS 
at peak diastole 

(Pa) 

Maximum WSS 
at peak systole 

(Pa) 

Maximum WSS 
at peak diastole 

(Pa) 
LAD2 22.7 15.3 22.2 13.5 
LCX3 42.3 24.6 28.3 17.6 
RCA2 29.7 17.0 27.5 15.3 

  775 

The comparison of the time-averaged WSS (TAWSS) between the moving and non-776 

moving coronary artery models in our study revealed that the difference in TAWSS 777 

distributions is generally insignificant as shown in Figure 11. Based on the TAWSS field across 778 

the arterial segments, it demonstrates that region with high and low WSS are consistent across 779 

both models. This suggests that the inclusion of coronary arterial motion has limited impact on 780 

the overall spatial pattern of TAWSS in coronary arteries. These findings align with prior 781 

studies investigating the effects of cardiac motion on coronary artery haemodynamic. For 782 

instance, Zeng et al. [20] observed that while cardiac motion varies the instantaneous WSS 783 

notably, the TAWSS however were similar between the dynamic and static models. Similarly, 784 

Torii et al. [21] reported that the TAWSS for the case without the dynamic vessel motion shows 785 

a similar pattern with the case with dynamic vessel motion. They concluded that the dynamic 786 

motion primarily modulates the instantaneous flow feature of WSS while remain relatively 787 

stable for the TAWSS. The variations in the coronary arterial curvature may influence the short-788 

term WSS however these effects tend to average out over the entire cardiac cycle.  789 
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 790 

Figure 11 Comparison of the time-averaged wall shear stress (TAWSS) in the moving and non-moving LAD2, LCX3 and RCA2 791 
throughout a cardiac cycle. (A) the moving LAD2 (B) the non-moving LAD2 (C) the moving LCX3 (D) the non-moving LCX3 792 
(E) the moving RCA2 (F) the non-moving RCA2  793 

 794 

4.0 Limitations  795 

There are several limitations associated with this study. First, the patient-specific model 796 

considers the biventricular myocardium but excludes physical representation of the atrial 797 

chambers. While atrial contraction contributes to the ventricular blood filling, incorporating 798 

atrial dynamics would require additional computational costs and for studies focusing primarily 799 

on coronary flow and ventricular mechanics, the direct contribution of active atrial dynamics 800 

may alter the diastole myocardial strain but likely have a relatively smaller impact compared 801 

to the early passive filling phase. Second, the upper portion of the biventricular model is 802 

truncated enabling a high-quality mesh to be constructed in the relatively smooth geometry. 803 

While removing the atria and some parts of the upper right myocardial regions, this has led to 804 

an under segmentation of the RV leading to a reduction in RV stroke volume. Furthermore, we 805 

assumed the myocardial base as our fixed point of reference similar to [25], which may over-806 

constraint the basal displacement. In reality, the heart’s apex is fixed in place in actual 807 

physiology, which can alter the systolic behaviour [74]. This selection of fixed point of 808 
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reference was due to simplicity in achieving faster convergence.   However, it might cause 809 

slight deviations in the simulated pressure and volume from normal physiological ranges. 810 

Third, the cardiac circulatory system is modelled using an open-loop configuration. A closed 811 

loop circulatory model would provide more realistic feedback on pressures and flows from the 812 

interaction between the systemic circulation and the heart, which can also guarantee an equal 813 

stroke volume, but this would add considerable complexity as it requires additional parameter 814 

such as venous return and requires more cycles to achieve stable cardiac cycle. Fourth, the 815 

coronary outlet boundary condition was set with a constant pressure that provides a 816 

straightforward way to model the flow which we also neglected the coronary microcirculation, 817 

focusing only on the flow in the large epicardial coronary arteries. Since the primary goal was 818 

to investigate the effect of cardiac-induced coronary arterial motion on coronary flow, 819 

modelling the downstream microcirculation will be considered in future work when 820 

investigating downstream perfusion. Nevertheless, each limitation is a deliberate trade-off to 821 

meet the study’s main objective without overburdening the framework model. 822 

 823 

5.0 Conclusion 824 

In this paper, we presented a framework model that couples a 3D biventricular cardiac 825 

electromechanics model with a 3D coronary artery flow model to investigate the significance 826 

of cardiac induced-coronary arterial motion on coronary haemodynamic. There are two key 827 

contributions in this study. First, we introduced a simplified one-way coupling approach to 828 

integrate a comprehensive biventricular electromechanical model – encompassing 829 

mathematical formulations for fibre orientation, electrophysiology, anisotropic ventricular 830 

properties and mechanics with a coronary flow model via data mapping. To address the 831 

computational expense and potential of solving complex multiphysics problems in a single 832 

framework, we adopted a segregated approach solving the cardiac electromechanics and 833 

coronary flow models as separate components. Nevertheless, we ensured consistent 834 

displacement between the biventricular myocardium and coronary arteries through 835 

mathematical data mapping. Second, we show the significance of incorporating cardiac-836 

induced coronary arterial motion in simulating cardiac electromechanics-coronary flow model. 837 

The complex motion of coronary arteries alters the arterial shape i.e. curvature which impacts 838 

the pressure, velocity and flow profiles. We demonstrated that the cardiac-induced motion in 839 

curved arterial geometries generates unique secondary flow patterns throughout the cardiac 840 
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cycle, modifying the structure of Dean-like vortices. The dynamic artery model tends to wash 841 

out the Dean vortices. Furthermore, the arterial motion notably affects the WSS profiles, 842 

potentially influencing the initiation and progression of atherosclerosis. These findings suggest 843 

that accounting for physiological cardiac motion when quantifying coronary blood flow can 844 

bring divergent conclusions for the coronary haemodynamic metrices, which can be essential 845 

for the prediction of CAD in patients. Overall, this comprehensive framework offers a 846 

simplified yet robust approach to simulate physiological and pathological heart conditions for 847 

personalized medicine, enabling the study of myocardium-coronary vessel interactions and 848 

coronary artery diseases which can significantly impact patients’ heart health.  849 
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