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Abstract

A fluid–structure interaction (FSI) model of a left anterior descending (LAD) coronary artery 

was developed, incorporating transient blood flow, cyclic bending motion of the artery, and 

myocardial contraction. The three-dimensional (3D) geometry was constructed based on a 

patient’s computed tomography angiography (CTA) data. To simulate disease conditions, a plaque 

was placed within the LAD to create a 70% stenosis. The bending motion of the blood vessel 

was prescribed based on the LAD spatial information. The pressure induced by myocardial 

contraction was applied to the outside of the blood vessel wall. The fluid domain was solved using 

the Navier–Stokes equations. The arterial wall was defined as a nonlinear elastic, anisotropic, 

and incompressible material, and the mechanical behavior was described using the modified 

hyper-elastic Mooney–Rivlin model. The fluid (blood) and solid (vascular wall) domains were 

fully coupled. The simulation results demonstrated that besides vessel bending/stretching motion, 

myocardial contraction had a significant effect on local hemodynamics and vascular wall stress/

strain distribution. It not only transiently increased blood flow velocity and fluid wall shear stress, 

but also changed shear stress patterns. The presence of the plaque significantly reduced vascular 

wall tensile strain. Compared to the coronary artery models developed previously, the current 

model had improved physiological relevance.
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Introduction

The left anterior descending (LAD) coronary artery supplies blood to 45–55% of the 

left ventricle and plays an important role in myocardial perfusion [1]. The narrowing 

or blockage of the LAD due to atherosclerosis results in 40–50% of all heart attacks 

and causes over 185,000 deaths in the U.S. annually [2,3]. Besides genetic and life-style 

factors, biomechanics plays a key role in the development of atherosclerosis. Although it 
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is well established that pathological shear stress and tensile strain can cause inflammatory 

responses in vascular endothelial cells and enhance leukocyte transmigration [4,5], the 

associated mechanisms are not fully understood. A better quantification of coronary blood 

flow-induced shear stress and coronary artery motion-induced tensile strain [6–8] can 

provide more information on how coronary artery biomechanics affects atherosclerosis 

development and vice versa.

Computational fluid dynamics models are often used to estimate fluid shear stress and 

vascular wall tensile strain within blood vessels [9–13]. In recent years, a good number 

of fluid–structure interaction (FSI) models have been developed. Many of those models 

incorporated patient-specific geometry [14,15], transient blood flow conditions, cyclic 

bending motion [16,17], and anisotropic material properties of the blood vessel wall [18] 

and were successful in elucidating complex stress–strain conditions in the coronary arteries. 

However, only a handful of models considered the effect of myocardial contraction on 

coronary hemodynamics and blood vessel wall tensile strain distribution [19,20].

A large portion of the left coronary artery is embedded within the myocardium. During 

systole, the cardiac muscles contract, which can constrict the left coronary artery, and 

significantly reduce coronary blood flow [21]. The squeezing pressure of the myocardium 

on the external blood vessel wall can reach 40kPa [8]. Ignoring such a large contraction 

force is likely to lead to inaccurate estimation of flow, stress, and strain conditions. However, 

when myocardial contraction was considered, the results obtained from various FSI models 

differed. Zhang et al. simulated myocardial contraction using a two-dimensional FSI model 

to compare the difference between epi-cardial and intramural arteries and reported that 

myocardial contraction only caused a slight increase in the maximum blood flow velocity 

[22]. In contrast, a computational model developed by Smith demonstrated that myocardial 

contraction played a dominant role in reducing systolic flow [19]. In 2011, Ohayon et 

al. developed a patient-specific finite element model to study the effect of myocardial 

contraction on coronary blood vessel wall stress and strain distribution [23]. They reported 

that myocardial contraction caused vascular wall strain stiffening, which would contribute 

to the initiation of atherosclerosis. However, how blood flow interacted with the vessel wall 

was not considered in that study.

In this study, we aimed to develop a comprehensive FSI model of the left anterior 

descending contrary artery, to quantify blood flow shear stress and vascular wall tensile 

strain. This model was established based on a patient-specific geometry, and incorporated 

transient blood flow, blood vessel cyclic bending-stretching motion, and myocardial 

contraction. Compared to the coronary artery models we developed previously, i.e., a rigid 

wall CFD model [24] and a FSI model with coronary bending motion [16], the current 

model had improved physiological relevance.

Materials and Methods

The Geometry.

The three-dimensional (3D) geometry of a LAD coronary artery was constructed based on 

the anatomical-computed tomography angiography (CTA) data acquired from a patient at 
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Tianjin First Center Hospital in China (patient’s information was removed). The myocardial 

area was isolated using a 3D Slicer (Surgical Planning Labs, Boston, MA), and LAD was 

segmented using the colliding fronts segmentation algorithm of the Vascular Modeling 

Tool Kit (VMTK, an open source software2). The three-dimensional geometry of LAD was 

constructed and smoothed using SOLIDWORKS (2015), and exported to ADINA (Version 9.2, 

ADINA R&D, Inc., Watertown, MA) for mesh generation (Fig. 1). The diameter of LAD at 

the inlet was 3.82 mm, and that at the outlet was 1.59 mm. The total length of the model was 

7.45 cm (Fig. 1(a), and the thickness of the arterial wall was 0.25 mm [25].

The patient’s coronary artery appeared healthy, and there was no visible stenosis within the 

artery. To investigate how atherosclerotic plaque and stenosis conditions affect coronary 

hemodynamics and blood vessel wall strain distribution, a 70% lumen narrowing was 

artificially created 8 mm downstream from the LAD inlet. A diffuse plaque was positioned 

on the pericardium side of the LAD lumen [26] (Fig. 1(b)). The width of the lesion area 

was 3.05 mm and the length was 6.78 mm, which were typical for a 70% stenosis in the left 

coronary artery [27]. Due to the presence of the “plaque,” the viscoelastic property of the 

lesioned LAD wall changed, and the details are provided below when material properties are 

discussed.

The Mesh.

Free-form triangular elements were generated for both the normal and the stenotic LAD 

geometries using the Delaunay meshing algorithm. The fluid domain (i.e., blood within the 

vessel) and the solid domain (i.e., the blood vessel wall) were meshed separately. To ensure 

mesh independence, mesh size (the number of elements) was increased gradually till the 

solution difference was less than 5%. The normal LAD consisted of 39,284 elements in the 

solid domain and 373,903 elements in the fluid domain. In the 70% stenosis model, the 

solid domain included the vascular wall and the plaque. There were 39,214 elements in the 

vascular wall, 30,778 elements within the plaque, and 374,517 elements in the fluid domain. 

For the stenosis model, adequate face linkage was employed to ensure nodal coincidence 

between the plaque and the arterial wall.

Material Properties.

The arterial wall and the plaque were defined as nonlinear elastic, anisotropic, and 

incompressible materials. Their mechanical behavior was described using the modified 

hyper-elastic Mooney–Rivlin model with added anisotropic effects [28]. These anisotropic 

properties resulted from randomly oriented or aligned collagenous fibers within the blood 

vessel wall, which could affect the response of the blood vessel to applied stress/strain 

significantly, especially when the strain is large.

The strain energy density function W  for the modified Mooney–Rivlin model (stress–strain 

relationship) is given by [28,29]

2 www.vmtk.org 
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W = c10 I1 − 3 + c01 I2 − 3 + c11 I1 − 3 I2 − 3
+ c20 I2 − 3 2 + c02 I2 − 3 2 + D1 eD2 I1 − 3 − 1

+ K1
2K2

exp K2 J1 − 1 2 + exp K2 J2 − 1 2 − 2

(1)

where Ii’s are strain invariants of the Cauchy-Green deformation tensor and are defined as 

the following:

I1 = ∑Cii

(2)

I2 = 1
2 I1

2 − CijCij

(3)

I3 = det C

(4)

I4 = Cij na i na j

(5)

I5 = Cij nb i nb j

(6)

Ji’s are the reduced invariants [28,29], defined as the following:

J1 = I4I3
−1 3

(7)

J2 = I5I3
−1 3

(8)

The direction of the collagenous fibers are described by the normal vectors na and nb

with components na i and nb i, respectively [28,29]. ci, Di, and Ki are material constants 

chosen to match the experimental (tensile stretch and histology) data from human coronary 

arteries and calcified plaques, reported by Kural et al. [30] and Karimi et al. [31]. In those 
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studies, the artery and plaque samples were pre-elongated by 5% during mechanical testing, 

simulating prestress conditions [30,31]. Table 1 summarizes the constants of the Mooney–

Rivlin model and the added anisotropic properties.

Displacement, Bending, and Myocardial Compression.

During one cardiac cycle, LAD experienced large displacements due to cyclic bending and 

myocardial compression, which was prescribed based on the CTA data. Figure 2(a) depicts 

the centerline locations of LAD at the end of systole and diastole. The largest displacement 

occurred approximately 35 mm downstream from the inlet, and the outlet moved up/down 

by 7.5 mm. To simulate the cyclic bending motion of the blood vessel, displacement of the 

blood vessel was calculated based on the CTA data and prescribed along the inner LAD 

wall. The maximum radius of curvature displacement was 7.5 cm, occurring at 0.5 s during 

the cardiac cycle. Figure 2(b) depicts the displacement waveform (as a function of time) of 

the element with the largest displacement.

The pressure induced by myocardial contraction was also included in the model. As depicted 

in Fig. 2(b), the squeezing of the cardiac muscles took place during systole, and the 

maximum pressure generated was 25 kPa [8]. This load was imposed on LAD through 

the outside blood vessel wall.

Blood Flow.

A transient blood flow velocity input was applied at the inlet of LAD (the velocity waveform 

in Fig. 2(b)). During one cardiac cycle, the flow rate within the LAD varied between 0 

and 100 mL/min, corresponding to a mean velocity of 0–15 cm/s [32]. The maximum 

flow occurred during early diastole when the ventricles were relaxing, and the extravascular 

compression of the coronary arteries was absent. Blood flow was assumed laminar, and 

blood was modeled as an incompressible and Newtonian fluid with a density of 1060 kg/m3 

and a dynamic viscosity of 3.5 cP. The LAD outlet was defined as a pressure outlet, with 

zero normal traction [16,24,33,34].

Fluid–Solid Interface.

The inner surface of the LAD wall and the outer boundary of the fluid volume were defined 

as the fluid–structure interface. At the interface, velocity and traction conditions were equal. 

The fluid domain was solved using the arbitrary Lagrangian–Eulerian formulation of the 

Navier–Stokes equations. The fluid and solid domains were fully coupled using a direct 

coupling method with a coupling composite time-step of 0.0025 s. Default convergence 

criteria (10−3 tolerance) were used for both the force and the displacement calculation.

Following numerical simulation, blood flow velocity and wall fluid shear stress (WSS) 

distribution were analyzed for the fluid domain. Blood vessel wall circumferential and axial 

strains were calculated for the solid domain. The results obtained from the normal LAD 

model were compared to those of the stenosis model.
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Results

Blood Flow Velocity.

Transient velocity input was prescribed at the inlet of the LAD. As the blood vessel 

dislocated and the myocardial muscles compressed, blood flow velocity changed. Figure 

3 depicts representative blood flow velocity distribution within the normal and stenosed 

LAD during one cardiac cycle. The beginning of diastole was defined as t = 0. 0.0175 s 

into the diastole, and approximately 8mm downstream from the inlet (enlarged area in Fig. 

3(a)), blood flow velocity reached its maximum, i.e., 0.40 m/s, in the normal LAD. For the 

rest of the diastole, as blood pressure decreased, blood velocity decreased gradually. At the 

beginning of systole (t = 0.61 s), myocardial contraction started, squeezing the artery and 

accelerating the blood velocity back up to 0.42 m/s. Throughout the cardiac cycle, blood 

flow was laminar, with the Reynolds number varying between 27.6 and 551.

Blood flow under the stenosis conditions (70%) followed a similar trend, but appeared 

more complex (Fig. 3(b)). At the stenosis throat, the maximum flow velocity (magnitude 

was 1.05 m/s) occurred at approximately 0.02 s, followed by a gradual decrease until the 

end of diastole. As systole started (t = 0.61 s), myocardial compression caused blood flow 

acceleration, and the velocity went up to 0.83 m/s. Flow detachment occurred downstream 

of the stenosis, generating a recirculation region. The average velocity of the oscillatory 

flow within the recirculation region (approximately 0.6 cm in length) was 0.075 m/s. With 

the presence of a 70% stenosis, the maximum Reynolds number increased to 757. The 

maximum and mean velocity, as well as the maximum Reynolds number of blood flow 

under normal and stenosis conditions are summarized in Table 2.

Maximum Shear Stress.

The maximum shear stress along the vascular wall was calculated by ADINA directly and 

depicted in Fig. 4. The maximum shear stress was defined as one-half of the difference 

between the maximum and minimum principal stress. In a normal artery (Fig. 4(a)), near 

the inlet, maximum shear stress was always less than 2 Pa. Downstream at the point 

of the highest curvature, maximum shear stress varied between 0.5 and 6 Pa during the 

cardiac cycle. Arterial bending did not seem to impact vascular wall maximum shear 

stress much. However, with the presence of a 70% stenosis, vascular wall maximum shear 

stress increased significantly to over 10 Pa (Fig. 4(b)). WSS was calculated based on the 

local shear strain rate and effective viscosity. The maximum and mean WSS values are 

summarized in Table 2.

Strain.

The cyclic bending motion of LAD and myocardial contraction contributed greatly to the 

axial and circumferential strain developed within the blood vessel wall. Figure 5 depicts the 

circumferential (a) and axial (b) strain distribution within the vascular wall under normal and 

stenosis conditions. In the normal LAD, at midsystole (t = 0.75 s), myocardial contraction 

generated the most compression and resulted in a maximum circumferential strain of 10.8% 

and a maximum axial strain of 14%. During diastole (e.g., at t = 0.3 s), at the same 

location, the circumferential strain decreased to 2%, and the axial strain to 1.5%. Typical 
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cross-sectional views of the LAD are depicted in Fig. 5. Changes in the blood vessel lumen 

size during the cardiac cycle are noticeable.

Under stenosis conditions, near the stiffer plaque, the maximum circumferential strain 

within the vascular wall dropped to 4.5%, and the maximum axial strain to 3.5% 

during systole (Figs. 5(a) and 5(b), right panels). During early diastole, when myocardial 

contraction was absent and LAD was undergoing minimum bending, both circumferential 

and axial strain remained low (<2%) within the LAD wall (e.g., t = 0.3 s). Downstream 

from the plaque, within the recirculation region, the maximum circumferential strain was 

approximately 9%, and the maximum axial strain was 15% (data not shown in Fig. 5), 

similar to those observed with the normal LAD model.

Time-Variable Wall Fluid Shear Stress and Tensile Strain.

Figure 6 depicts representative wall fluid shear stress and tensile strain waveforms as 

functions of time, from randomly selected wall elements under normal and stenosis 

conditions. During one cardiac cycle, a wall element within a normal LAD experienced 

pulsatile shear stress and cyclic tensile strain simultaneously. For this wall element, the 

magnitude of wall fluid shear stress was 1 Pa, and that of the circumferential strain and axial 

strain were 7% and 8.4%, respectively (Fig. 6, normal). With a 70% stenosis, due to the 

narrowed lumen and the increased stiffness of the wall/plaque, wall fluid shear stress of a 

wall element located in the plaque area increased to 3.7 Pa, circumferential strain decreased 

to 3%, and axial strain to 2.9% (Fig. 6, stenosis throat). For a wall element located within 

the recirculation region, wall fluid shear stress decreased to 0.7 Pa, circumferential strain to 

5%, and axial strain to 7.2% (Fig. 6, recirculation region). Also, under all conditions, in one 

cardiac cycle (0.9 s), two shear stress peaks occurred (instead of one peak, as reported by 

our previous model, which did not consider myocardial contraction [16]).

To evaluate how much myocardial contraction contributes to changes in blood vessel wall 

fluid shear stress and tensile strain, the normal and stenosed LAD models were also run 

without myocardial compression, i.e., in those models, the deformation of the blood vessel 

wall was mainly induced by the bending motion of the vessel and changes of blood pressure. 

Typical wall fluid shear stress and tensile strain waveforms without myocardial compression 

are demonstrated in Fig. 7. In the normal LAD model without compression, the magnitude 

of wall fluid shear stress was similar to that observed in the model with myocardium 

compression, which was approximately 1 Pa (Fig. 7, normal). However, the second surge in 

shear stress due to myocardial contraction disappeared during systole. Axial strain remained 

similar (7.3%) since axial strain was mostly induced by the bending motion of the vessel. 

Circumferential strain decreased to 2.9%. A similar trend was observed with the stenosis 

model. Near the plaque, the wall fluid shear stress magnitudes remained almost the same 

compared to that of the compressed model, i.e., 3.7 Pa at the stenosis throat and 0.7 

Pa within the recirculation region. Similar to the normal model without compression, the 

second shear stress peak disappeared in the noncompressed stenosis model. The axial strain 

values remained similar at the stenosis throat, i.e., 3%, and slightly differed within the 

recirculation region (6.2% compared to 7.2%). However, the lack of compression resulted in 
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a large decrease in circumferential strain within the recirculation region (from 5% to 3.7%) 

and at stenosis throat (from 3% to 1.9%).

Discussion

The left coronary artery models developed in this study incorporated transient blood flow, 

blood vessel motion (bending and stretching), and myocardial contraction. How blood flow, 

blood vessel motion, and cardiac muscle contraction collectively affected coronary artery 

hemodynamics and vascular wall stress/strain distribution was investigated.

We have previously reported a left coronary artery FSI model considering both dynamic 

blood flow and vessel stretching-bending motion [16]. This study improved the previous 

model by simulating a longer portion of the left anterior descending artery (the total length 

of the current model increased by 50%). It also improved the physiological relevance by 

incorporating patient’s specific geometry and myocardial contraction. The results indicated 

that myocardial contraction had a significant effect on all hemodynamic parameters.

Compared to our previously reported FSI model [16], velocity magnitudes estimated by the 

current model were much higher. In the earlier study, the maximum blood flow velocity 

within the normal LAD was estimated to be 0.18 m/s; in the current model, the maximum 

blood flow velocity was 0.42 m/s, which was in agreement with echo Doppler measurements 

in patients with normal coronary blood flow [35]. With the presence of a 70% stenosis, 

velocity increased near the stenosis throat. The previous model predicted a maximum 

stenosis flow velocity of 0.31 m/s and the current model 1 m/s. Furthermore, myocardial 

contraction during systole caused a second surge in blood velocity, which was absent from 

the previous model, and the same model run without myocardial compression. This is 

consistent with that observed by van Wolferen et al. in a clinical study [36], where coronary 

blood flow was measured by magnetic resonance imaging and a second peak in LAD 

flow was noticeable in control patients. Also, a recirculation region formed downstream 

of the stenosis, and the size of the recirculation zone varied between 0.07 mm (during 

systole) and 0.6 mm (during systole), which was much smaller than that predicted using the 

previous model. These differences were likely caused by the inconsistency in geometry [24], 

boundary conditions, and degrees-of-freedom [37] between the two models, as well as the 

myocardial contraction.

Fluid shear stress at the vascular wall was also calculated using the present model. In the 

current normal LAD model, the maximum wall fluid shear stress was 2.63 Pa. With the 

presence of a 70% stenosis, the maximum wall fluid shear stress near the stenosis throat 

went up to 10 Pa, and that within the recirculation region never exceeded 0.9 Pa. These 

values are comparable to those reported in the literature, that fluid shear stress below 1 

Pa was considered pathologically low, between 1 and 2.5 Pa was considered normal (or 

physiological), and over 2.5 Pa was considered pathologically high [38–42]. The current 

model also estimated that in a normal LAD, the maximum shear stress within the vascular 

wall was 7.5 Pa, which is similar to that reported in the literature [38].
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For the tensile strain developed in the vascular wall, axial strain was more prominent 

during the bending motion (mostly in diastole), while circumferential strain changed largely 

during systole once the myocardial compression started. Under normal conditions, the axial 

strain within the LAD could reach a maximum value of 14%, which increased to 15.5% 

under stenosis conditions. These values are in agreement with those reported by others. 

Yamamoto et al. measured the amount of compression in the LAD associated with cardiac 

contractions, using multiplanar reconstruction and enhanced CT images [43]. They reported 

an axial strain of 15.6±26.4% (mean ± standard deviation) in normal LAD, and 17.1±30.8% 

in stenosed LAD. A study by Ohayon et al. also reported similar axial strain values of 

13.90±8.92 [23].

Using the current model, it was estimated that the maximum circumferential strain in 

the normal LAD was 10.8% and that near the plaque in a stenosed LAD was 4.5%. 

These estimations are comparable to those reported by in vivo studies using intravascular 

ultrasound. Liang et al. reported a 5–10% circumferential strain in normal regions of the 

LAD wall, and a 0–2% strain in the luminal area facing an eccentric plaque [44]. The slight 

difference here could be due to different plaque compositions, as mechanical properties 

of plaques change with their composition (calcified, soft, or mixed), which varies greatly 

among patients [45].

One limitation of the current FSI model is that the vascular wall was assumed to have a 

uniform thickness, which is not always the case in vivo. It was suggested by Choy and 

Kassab that coronary artery intimal-media thickness would affect transmural loading from 

intramyocardial pressure on the blood vessel wall, and thus affects left coronary artery 

mechanical adaptation and remodeling [46]. Under disease conditions, as atherosclerotic 

lesion/plaque grows, intima undergoes pathological thickening due to local inflammation 

and the accumulation of extracellular lipids [47]. This can alter the mechanical/material 

properties of the vascular wall and is likely to change local stress/strain distribution. Even 

though it is not fully understood how variations in the wall thickness affects vascular 

wall stress/strain distribution and coronary artery hemodynamics [23,25,48,49], it may be 

necessary to consider it in our future studies. In addition, anisotropic properties need to be 

described for the lesioned intima and plaque area, to further improve the accuracy of the 

model estimation.

A “traction-free” outlet boundary condition was used in the current model for simplicity. 

As pointed out by Moon et al., without considering the downstream flow resistance, a 

zero-pressure outlet boundary condition often led to inaccurate estimation of flow conditions 

[50]. Therefore, to improve the current model, proper pressure outlet boundary conditions 

(such as the “impedance” model [34]) will need to be imposed.

This model only simulated a portion of the left anterior descending artery, without 

considering the left main coronary artery and the left circumflex artery. The inlet blood 

velocity (coming off from the left main artery) was calculated based on coronary artery 

flow rate and previous studies [16,24,33]. Left coronary artery bifurcation geometry and 

hemodynamics within the left circumflex artery could affect blood flow within the left 

anterior descending artery [12]. However, due to the limitation in our simulation capability, 
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the current model cannot properly prescribe the bending–stretching motion of the anterior 

descending artery and the left circumflex artery (including the bifurcation) at the same time. 

This will be another area to improve in the future.

Compared to our previous effort, this is a larger and more physiologically relevant LAD 

FSI model. It not only considered transient blood flow and vessel bending/stretching 

motion, but also included myocardium contraction. The results indicated that along with 

LAD cyclic stretching and bending motion [16,51,52], myocardial contraction exerted 

a substantial mechanical stress/strain on the arterial wall and had a significant effect 

on coronary hemodynamics and mechanical loading conditions. In the current model, 

myocardial contraction-induced pressure was imposed perpendicular to the blood vessel 

wall, uniformly all around the outer LAD wall. This does not match physiological conditions 

precisely. Based on a study reported by Ziadinov and Al-Sabti [53], only about 60% of the 

coronary artery is embedded within the cardiac muscle (border proximal and middle portion 

of the coronary artery). The proximal portion of the LAD could be partially embedded. 

Our incapability to impose heterogeneous external pressure partially on the LAD wall is 

another limitation of the current model. Also, the patient-specific CTA data did not provide 

any information on myocardial contraction-induced pressure. Such information was not 

available in the literature either. The external pressure waveform used in the current model 

was based on a study by Vis et al. [8], which reported the pressure–area relationship for 

coronary artery embedded in cardiac muscle in diastole and systole. Based on the reported 

intramural pressure to keep the artery open and the muscle pressure that caused significant 

decrease in blood vessel lumen size (in situ), a maximum external pressure of 25 kPa was 

applied to the outside of the blood vessel wall, to simulate myocardial contraction. Changes 

in this myocardial contraction-induced pressure resulted in changes in blood flow velocity, 

shear stress, and wall strain (data not shown), indicating that coronary hemodynamics was 

sensitive to myocardial contraction.

Even though there are a few areas that need to be improved in the future studies, 

stress/strain values estimated using this current model agreed well with those reported 

in the literature (numerical simulation or in vivo measurement), validating the improved 

physiological relevance and accuracy of the model. Coronary artery shear stress and 

tensile strain conditions estimated using this FSI model can be employed by in vitro 

studies to investigate how coronary biomechanics affect vascular wall endothelial cell 

pathophysiological responses during atherosclerosis development [6].
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Fig. 1. 
Patient-specific LAD segmentation workflow. Myocardium region was isolated from 

CTA data at diastole and at systole: (a) the LAD was segmented and prepared for 

mesh generation; (b) diseased condition was simulated by adding a 70% stenosis, 8mm 

downstream from the LAD inlet.
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Fig. 2. 
Input waveforms for the FSI model: (a) cyclic displacement of LAD was computed by 

tracking centerline locations of the LAD at the end of systole and diastole; (b) LAD wall 

displacement waveform (of the element with the largest displacement), pressure waveform 

induced by myocardial contraction, and inlet blood velocity waveform during one cardiac 

cycle (0.9 s). Displacement of the blood vessel varied between 0.3 mm and 7.5 mm, the 

maximum pressure induced by myocardial contraction was 25 kPa; inlet blood velocity 

varied between 0 and 15 cm/s. Values are presented as the ratio to the maximum magnitude.
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Fig. 3. 
Blood flow velocity within (a) the normal LAD and (b) the stenosed LAD
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Fig. 4. 
The maximum shear stress along the vascular wall under (a) normal and (b) stenosis 

conditions within the LAD
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Fig. 5. 
Vascular wall (a) circumferential and (b) axial strain distribution within the normal and 

stenosed LAD
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Fig. 6. 
Wall fluid shear stress and tensile strain as a function of time in normal and stenosed LAD, 

when myocardial compression was included in the model
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Fig. 7. 
Wall fluid shear stress and tensile strain as a function of time in normal and stenosed LAD, 

when myocardial compression was not included in the model
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