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Abstract

The purpose of this paper is to demonstrate the importance of a compliant wall

approach in modeling of non-Newtonian and non-physiological blood flows. A

case study of a stenosed and symptomatic carotid bifurcation was considered

to show the influence of the wall-resilience assumption on the flow parameters

obtained with numerical simulations. Patient-specific data concerning the

geometry and flow conditions were collected and used to carry out two-way

coupled fluid structure interaction simulations of the pulsatile blood flow

through carotid artery. The wall compliance was considered separately as

related to the wall-elasticity and as associated with the reaction of the loose

connective tissue surrounding the carotid bifurcation. The obtained hemody-

namic parameters were compared to those which were found in rigid-wall sim-

ulations. The difference between the results obtained for rigid-wall and

compliant-wall approaches for the peak-systolic area-averaged wall shear

stress achieved 35%, whereas the difference between the time-averaged local

vorticity and shear strain reached, respectively, 42% and 43%. The influence of

the highly resilient wall on the monitored hemodynamic parameters was sig-

nificant even if time-averaged values are compared, which suggests that these

metrics are considerably overestimated if the wall compliance is not consid-

ered. Moreover, the findings show that the mechanical response of the loose

connective tissue cannot be neglected in blood flow simulations. Additionally,

this study indicates that stiffening of the arterial wall due to atherosclerosis sig-

nificantly rises hemodynamic parameters. This explains the therapeutic bene-

fits of surgical removal of plaque lesions formed in the carotid bifurcation

(endarterectomy).
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1 | INTRODUCTION

Atheropathogenesis, related to smoking, sedentary lifestyle, diet, and even genetic predisposition, is a serious problem
rising cardiovascular morbidity and mortality and is the largest cause of death in aging populations of well-developed
countries.1,2 Atherosclerotic plaque build-up in carotid artery may form stenosis leading to an ischemic stroke associ-
ated with high blood pressure drop, plaque rupture, or clot formation. The ischemic stroke is a lack of blood circulation
in the brain, which can result in death or loosing of brain functions, disability, and loss of independent life. Stenoses
can be asymptomatic or symptomatic. Neurological signs can be mild like blurry vision or vertigo, although often could
lead to serious neurological deficit including paresis or coma. Carotid artery stenosis, resulting from atherosclerotic
plaque, is responsible for 15%–20% of all cases of stroke,3 wherein according to Wafa et al in 2017 there were 1.12 mil-
lion incident strokes in Europe with 0.46 million deaths, and 7.06 million disability-adjusted life years lost because of
stroke.4 The same authors estimate that by 2047 a number of incident strokes will increase by 40,000. The increase in
the number of cases, which is enlarging patients' suffering, is also constantly rising national expenditures on public
health service in numerous countries. Thus, it encourages multidisciplinary research groups to conduct thorough
researches providing a deeper insight into the multifactorial process of atheropathogenesis. Carotid artery stenosis as a
risk factor is surgically removable and, despite possible intraoperative complications, the intervention has positive
long-term outcomes.5

The crucial role in the development of the plaque is played by hemodynamic conditions, mostly by oscillating and
non-physiologically low or high values of wall shear stress (WSS) associated with disturbed blood flow in the vicinity of
arterial branches.6–10 Therefore, stenoses formed in the internal carotid artery (ICA), which is responsible for brain per-
fusion, are usually located just after the division of the common carotid artery (CCA) into ICA and external carotid
artery (ECA) supplying the face and neck. Elevated wall WSS, induced by the viscous blood flow on the endothelial
internal layer of blood vessel walls, cannot be directly measured in vivo, however, it can be precisely calculated with
computational fluid dynamics (CFD). Thus, over the last 20 years, numerical methods have been employed by numer-
ous researchers for modeling of blood flow in patient-specific geometries of different parts of the human circulatory sys-
tem, including carotid bifurcations.11–15

In the majority of studies devoted to numerical modeling of blood flows in carotid artery blood vessel walls have
been considered to be rigid, however, this assumption had to be accepted due to a limited computational power. In the
last 10 years, a rapid development of computers, associated with an acceleration of processors, has allowed researchers
to carry out computer simulations of blood flows with coupled two-way fluid structure interaction techniques (FSI), in
which walls are considered to be resilient. Despite the fact that FSI calculations are time-demanding and relatively
expensive while compared to the rigid-wall approach, some researchers have shown the importance of taking into
account blood vessel compliance. As a result, blood pressure damping is included in numerical simulations, which sig-
nificantly influences the results obtained in the fluid domain, which represents local hemodynamics. McGah et al16

showed that the rigid wall assumption is burdened with uncertainty related to the fact that the values of WSS may be
over-estimated by up to 10%. A similar overestimation of WSS (10%–13%) was found in a rigid model of an arteriove-
nous fistula when compared to a compliant wall analogous case presented in Reference 17. The same group showed
that the rigid-wall simulation can overestimate the peak velocity by 20% and the peak WSS values by 15%18 as compli-
ant walls are able to accumulate a part of the mechanical energy of the fluid. The significance of this fact was shown
indirectly in the FSI study devoted to an analysis of the blood flow in a carotid branch for different stages of hyperten-
sion.19 Lopes et al20 compared rigid-wall and compliant-wall approaches to investigate different stages of stiffening of
healthy carotid walls but the authors focused mostly on flow rate distribution and areas of low WSS that prone to
atheropathogenesis. Contrary, Sousa et al21 did not find significant differences between the results obtained in analo-
gous rigid and compliant models of the carotid bifurcation. However, Sousa et al and Lopes et al studied non-stenosed
carotid artery and considered blood to be a Newtonian fluid. Thus, other parameters, such as vorticity, shear strain, or
local blood viscosity, which may be relevant to pathological non-Newtonian hemodynamics in symptomatic stenosed
arteries, have not been investigated.

Although wall compliance cannot be negligible, researchers conducting FSI analyses have to accept numerous
assumptions related to modeling of blood vessel wall behavior. First of all, the mechanical properties of arterial tissue
need to be described by a selected linear or more sophisticated model of a viscoelastic or hyperelastic material (which
defines the stress–strain relationship). Moreover, the attenuation and compliance of the surrounding tissue must be
taken into account. Cushioning effects can be mathematically expressed by damping coefficients. The flexibility of tis-
sues located in the vicinity of the blood vessel (called loose connective tissue, LCT) is described by the foundation
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stiffness coefficient (FS), which has to be defined. However, the problem concerning the choice of the most appropriate
linear or nonlinear model describing material properties of the wall has not been resolved yet. Moreover, damping and
FS remain unknown.

The novelty of this study is to show how arbitrarily selected parameters describing wall compliance and mechanical
response of LCT can quantitatively affect pathological hemodynamics obtained in patient-specific FSI simulations of
non-Newtonian blood flow in symptomatic carotid stenosis. The second objective of this paper is to present the signifi-
cance of the resilient-wall approach in blood flow modeling as compared to the rigid-wall simplification. The presented
findings may be used by other researchers investigating blood flows and can be correlated with in vivo measurements
done in symptomatic stenoses formed in carotid branch areas. However, the obtained results and observations may be
useful for all who do researches on flows in rubber-like tubes or pipes.

2 | MATERIAL AND METHODS

Conducting patient-specific simulations required reconstruction of the model and determination of flow conditions
based on data acquisition, generation of numerical grids followed by mesh testing, bidirectional numerical FSI calcula-
tions and extraction of the obtained results. The patient-specific geometry was obtained with an approval from the
Local Bioethics Committee at the Medical University of Lodz on February 18th, 2018 (RNN/63/18/KE) and in accor-
dance with the Helsinki Declaration of 1975, as revised in 2000, the identification of the patient has been made anony-
mous for the publication of this paper. Prior to medical examination, the patient was fully informed and signed a
consent form as per IRB protocol.

2.1 | Model reconstruction

To generate a patient-specific carotid artery model compatible with ANSYS Mesher software and suitable for the
generation of the external wall, a reconstruction process comprised three main stages. The first one was related to
biomedical image segmentation, extraction of patient-specific surface geometry of the arterial lumen (in a custom,
in-house software developed in Institute of Turbomachinery at Lodz University of Technology), and extraction of
the vessel lumen contours. The second stage involved importing the generated contours into the CAD program
(computer-aided design) and generating a volumetric object via the profiles-lofting method. Since the atherosclerotic
plaque was not segmented as a part of the fluid domain (it was treated as a separate object that was saved in stereo-
lithography STL format), the authors obtained a model of the patient-specific lumen of a carotid artery bifurcation
without a pathological change. Then, the authors used a ScanTo3D algorithm available in SolidWorks software to
convert a surface (STL) model of atherosclerotic plaque into volumetric one. Afterwards, a standard Boolean sub-
traction was performed to obtain a patient-specific model of the arterial lumen, including vessel narrowing resulting
from the stenosis presence. Finally, a wall of specific thickness had to be added to the existing geometry. As a
result, the authors obtained two separate volumetric models, i.e. the first one mimicking blood vessel lumen, while
the second representing the arterial wall. A more thorough description of this multistep geometry reconstruction
technique is provided in Appendix S1. A simple workflow chart presenting the chosen stages of the model prepara-
tion is outlined in Figure 1.

2.2 | Boundary conditions and assumptions

To simulate patient-specific flow, an ultrasound examination was performed to acquire a velocity waveform that could
be used to define the inlet boundary condition (Figure 2). Due to the satisfactory length of the CCA allowing the veloc-
ity profile to be developed upstream the investigated carotid bifurcation, and due to low values of the estimated Reyn-
olds number (Re = 486 at peak systole), the idealized parabolic velocity profile was applied at the inlet cross-section:
Vp = Vmax�(1-[r/Rmax]

2). The maximal velocity Vmax at the cross-section center was assumed to be a function of time in
accordance with the curve obtained in vivo (Figure 3).

A normal blood pressure waveform representing the peripheral resistance, employed in another FSI study,19 was
time-integrated with the velocity function and applied at both outlet cross-sections as the outlet boundary condition.
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Using a constant value of pressure or zero-pressure condition would not be appropriate since dynamic effects of blood
pressure on the compliant wall and the wall response were modeled in this study.

Blood is a non-Newtonian fluid having the shear-thinning rheological behavior that is associated with flattening
of erythrocytes and their easier sliding over each other when they are deformed in the high shear strain environ-
ment. Numerous mathematical models describing the non-Newtonian nature of blood have been developed.22,23

However, some authors argue that in large arteries high values of velocity gradients are achieved, thus, blood viscos-
ity becomes constant and the Newtonian model can be employed. Therefore, in this study, the comparison of the
results obtained for two Newtonian models and one non-Newtonian model was done. For Newtonian models, two
values of dynamic blood viscosity, equal to 3.1 and 3.45 mPa�s, were used. The non-Newtonian model was developed
by Jozwik and Obidowski for modeling vertebral blood flows24 and employed in another study of blood circulation
through the circle of Willis.13 Within this model dynamic viscosity decreases to achieve the constant value equal to
3.45 mPa�s when shear strain rate is higher than 327 s�1 (see Equation 1). In all of the presented cases, blood den-
sity was assumed to be equal to 1040 kg/m3. Heat transfer was neglected and no slip conditions were considered at
the walls.

FIGURE 1 Patient-specific geometry: (A) surface model obtained in the custom-developed software Anatomical Model Reconstructor;

(B–D) volumetric model retrieved in SolidWorks

FIGURE 2 Fluid domain with boundary conditions (end-systolic phase) and monitoring points defined in ANSYS CFX Preprocessor
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μ¼ 0:554712 for
∂v
∂y

< 1e�9

μ¼ μ0
∂v
∂y

� �n�1
for 1e�9 ≤

∂v
∂y

< 327

μ¼ 0:00345 for
∂v
∂y

≥ 327

8>>>>>>><
>>>>>>>:

ð1Þ

Mesh independence tests, a comparison of the results obtained for Newtonian and non-Newtonian blood rheologi-
cal models, and a timestep assessment were based on rigid-wall steady-state simulations conducted for the peak
systolic conditions, for which the monitored hemodynamic parameters can reach the highest values within the car-
diac cycle.

Three linear isotropic material models for walls, defined by different values of Young's modulus equal to
E = 0.5 MPa, E = 1 MPa, and E = 3 MPa, were arbitrarily chosen to clearly show how significantly the level of compli-
ance affects the hemodynamic parameters monitored in the fluid domain in FSI simulations. As the selected models
correspond to other numerical studies of arterial flows,19–21,25–27 the obtained findings represent the wide range of the
possible response of wall and may capture all discrepancies which can occur in different studies. Despite the fact that
numerous nonlinear and/or multi-layered material models of arterial wall have been developed28,29 and even have been
successfully employed in numerical modeling of arterial deformation under physiological conditions18,30 or stenting,31

they are computationally demanding. However, according to some researchers, the linear material model can be
employed in the modeling of the mechanical response of the vascular bed due to the relatively small deformation of
arterial walls within the cardiac cycle. Corpataux et al measured the change in the radial artery diameter, which oscil-
lated in the range ± 0.67% of the mean diameter.32 Deformation of carotid artery has been estimated to be larger but it
does not exceed ±6% of the mean diameter.33,34 Additionally, the advantage of the linear model is the relatively short
calculation time of simulations providing results that are in good agreement with the data obtained in vivo.19,35 In all
simulations, the Poisson's ratio was assumed to be equal to 0.45. The same value of the ratio was used in other FSI stud-
ies on blood flows presented in.19,20,27,35,36 As the mass matrix is built within structural calculations, the arterial wall
was assumed to be an isotropic and one-layered structure with density equal to 1060 kg/m3.

To stabilize the model in space it was assumed to be fixed in the inlet and outlet cross-sections but also at the inner
part of the plaque which was calcified. Thus, the plaque was much stiffer than the arterial wall.37 The compliant reac-
tion of tissues surrounding the carotid branch was represented by FS that can be understood as numerous small springs
connected to external walls of the model. To analyze the influence of LCT on hemodynamics, the set of FSI simulations
were carried out for various values of FS (FS = 0 that means no response, FS = 0.05 N/mm3, FS = 0.1 N/mm3,
FS = 0.2 N/mm3). The obtained results were compared to those obtained with rigid-wall approach. The Rayleigh
damping model was adopted in this study. Selected values of coefficients α = β (in the range 0.0001–0.1) were used,
however, the influence of damping on the hemodynamic parameters was not observed. All of the presented results were
obtained for α = β = 0.01.

FIGURE 3 Vmax (in vivo measurements) and normal blood pressure19 functions used to define boundary conditions, respectively, at the

inlet and outlets
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2.3 | Mesh and GCI

All the presented stationary and non-stationary simulations were carried out with the use of the unstructured hybrid tetra-
hedral grid generated in the fluid domain. The mesh was selected in the mesh independence test based on the grid conver-
gence index (GCI) that was shown in38 and successfully employed in other numerical studies of blood flows.39,40 Following
the GCI procedure, three meshes containing N1, N2, and N3 finite volumes (N1 >N2 >N3) were generated and tested with a
rigid-wall approach for peak systolic conditions. To carry out sensitive flow analyses, on the base of the earlier experience,
the mesh generation was started from highly precise mesh containing 20 sublayers (N1) built in the inflation near-wall
layer. Then, the mesh density was reduced by slightly diminishing the max. Volume size and lowering the number of infla-
tion sublayers to 10 and 5, respectively, for N2 and N3. Then, the representative cell size h was calculated as

h¼ 1
N

XN
i¼1

ΔVið Þ
" #1=3

ð2Þ

where N, total number of finite volumes; ΔVi, volume of the ith cell.
Then, as the grid refinement factor r is expressed by

r¼ hcoarse
hfine

ð3Þ

and the relation h1 < h2 < h3 was assumed, refinement factors could be found from: r21 = h2/h1 and r32 = h3/h2. As
advised in Reference 38, the refinement factor r should be higher than 1.3. In the next step, differences between the
selected parameters ϕ obtained in simulations performed for sequent meshes, expressed by ε21 = ϕ2� ϕ1 and
ε32 = ϕ3� ϕ2, were calculated. In this study, ϕ is represented by three area-averaged parameters insensitive to local
mesh imperfections: area-averaged WSS (AAWSS) on the wall, velocity, and mass flow rate averaged over the ICA inlet
and ECA outlet cross-sections. Then, the apparent order p was found using equations

p¼ 1
ln r21ð Þ ln

ε32
ε21

����
����þq pð Þ

����
���� ð4Þ

q pð Þ¼ ln
rp21� s

rp32� s

� �
ð5Þ

s¼ sgn
ε32
ε21

� �
ð6Þ

where the functions representing p and q(p) must be found iteratively. Then, extrapolated values of the investigated
parameters were calculated as follows

ϕ21
ext ¼

rp21ϕ1�ϕ2

rp21�1
ð7Þ

Furthermore, the approximate relative error and extrapolated relative error were calculated

e21a ¼ ϕ1�ϕ2

ϕ1

����
���� ð8Þ

e21ext ¼
ϕ21
ext�ϕ1

ϕ21
ext

����
���� ð9Þ
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Finally, the fine-grid convergence index GCI was calculated from

GCI21fine ¼
1:25e21a
rp21�1

ð10Þ

The results obtained within GCI testing are presented in Table 1. As the GCIfine was lower than 5% for all investigated
parameters ϕ, the mesh N2 was assessed to be fine enough for further calculations. This mesh provides a sufficient com-
promise between precision and the total time of calculations. The chosen mesh (Figure 4) is characterized by the follow-
ing metrics: number of finite volumes = 1,860,627, number of nodes = 608,287, max. Volume size = 0.2 mm, averaged
Skewness = 0.226, averaged element quality = 0.688. The mesh representing the walls (Figure 4), consisting of 146,221
elements, was significantly coarser than the fluid one (av. Skewness = 0.312) as structural computing is much more
time-demanding than fluid flow calculations.36

2.4 | Theory and calculations

As the transient FSI modeling requires both, fluid and structural analyses to be done simultaneously, a two-way
coupled technique involving ANSYS CFX and Transient Structural modules was employed.

2.4.1 | Governing equations

The modeled transient blood flow was assumed to be incompressible and thermal effects associated with heat conduc-
tivity and energy dissipation were not considered. Moreover, the sum of body forces is neglected as the motionless
patient was examined in the supine position, thus, the Unsteady Reynolds Averaged Navier–Stokes (URANS) equations
governing the fluid motion solved by CFX41 were simplified to

TABLE 1 Parameters and results obtained in the mesh independence test based on the grid convergence index method

Parameter
Φ =AAWSS [Pa]

Φ = area-averaged
velocity [m/s]

Φ = area-averaged
mass flow [kg/m3]

Localization Wall Plaque inner Plaque outer ECA out ICA out ECA out ICA out

N1;N2;N3 15,333,243; 1,860,627; 375,513

r21 2.02

r32 1.07

Φ1 4.87 11.77 7.15 0.7592 0.38856 0.005694 0.003594

Φ2 4.42 10.90 6.85 0.7622 0.38860 0.005707 0.003583

Φ3 3.41 8.76 6.00 0.7756 0.39020 0.005783 0.003513

p 1.82 1.95 2.17 2.99 6.91 3.46 3.61

Φ 32
ext 5.04 12.07 7.24 0.76 0.39 0.0057 0.0036

e 32a [%] 22.93 19.62 12.36 1.76 0.41 1.33 1.95

e 32ext [%] 12.27 9.68 5.37 0.45 0.01 0.25 0.33

GCI 32coarse [%] 17.48 13.40 7.09 0.56 0.01 0.31 0.42

Φ 21
ext 5.04 12.07 7.24 0.76 0.39 0.006 0.004

e 21a [%] 9.17 7.41 4.24 0.39 0.011 0.228 0.31

e 21ext [%] 3.41 2.46 1.17 0.06 0.0001 0.02 0.03

GCI 21fine [%] 4.42 3.15 1.48 0.07 0.0001 0.0275 0.0328
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∂Uj

∂xj
¼ 0 ð11Þ

ρ
∂Ui

∂t
þ ∂

∂xj
UiUj
� �� �

¼� ∂p
∂xi

þ ∂

∂xj
τij�ρuiuj
� � ð12Þ

where ρ—constant blood density equal to 1040 kg/m3, p—pressure, τ—stress tensor (including normal and shear com-
ponents), ρuiuj —Reynolds (turbulent) stresses related to turbulent fluxes, and Ui and Uj—velocity components, which
can be divided into an average and fluctuating time-varying components calculated as follows

Ui ¼Uiþui ð13Þ

where ui is a varying component and Ui is an averaged component that can be expressed as

Ui ¼ 1
Δt

ZtþΔt

t

Uidt ð14Þ

To close URANS equations, in which the Reynolds stresses are unknown, additional formulas were considered. These
complementary expressions are called the statistical model of turbulence. Despite the fact that the blood flow in the
CCA was assumed to be laminar, it can undergo disturbances in the carotid bifurcation and stenosis. Thus, the shear

FIGURE 4 Longitudinal cross-sections of mesh in fluid domain (1,860,627 finite volumes) and structural domain representing the wall

(146,221 elements) generated in ANSYS
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stress transport (SST) turbulence model was chosen. The SST approach connects advantages of k-ε that is widely
accepted for modeling of the free stream flow and k-ω describing the near-wall treatment for low-Reynolds number
flows by assuming the relation between turbulence viscosity with turbulence kinetic energy and turbulent frequency.
Therefore, as WSS is an important hemodynamic parameter deeply investigated in this study, the SST model allowing
one to achieve the desirable convergence level for low values of the Reynolds number was chosen.41,42

The results obtained by the steady-state simulation carried out with a convergence residual target equal to 10�6 and
a high-resolution scheme, were utilized as initial conditions for transient flow simulations for rigid- and compliant-wall
approaches. Transient computations were supported by high resolution and second-order backward Euler schemes. On
the basis of our previous experience and similarly to,19 stability and the desired convergence level of FSI simulations
were achieved by means of the mass flux pressure coefficient defining the source at the interface. Additionally, the
range of 1 to 8 coefficient loops was set to control convergence.

Three values of timestep (dt = 0.01 s, dt = 0.001 s, dt = 0.0005 s) were tested with the rigid-wall approach, however,
it was observed that dt influenced only on the local Courant number without significant affection on the investigated
hemodynamic parameters, thus the value equal to 0.01 s was chosen to conduct highly time-consuming FSI
simulations.

Another package of equations was solved by Transient Structural on the other side of the fluid–solid interface to
model the mechanical response of the wall structure for a load of changing pressure in the fluid domain. According to43

the basic equation of motion solved by ANSYS Mechanical is as follows

F tð Þf g¼ M½ � €uf gþ C½ � _uf gþ K½ � uf g ð15Þ

where {F(t)}—load vector (coming from pressure in the fluid domain), M½ �—mass matrix, C½ �—damping matrix,
K½ �—stiffness matrix, €uf g—nodal acceleration vector, _uf g—nodal velocity vector, uf g—nodal displacement vector.
Therefore, M½ � €uf g, C½ � _uf g, and K½ � uf g represent, respectively, inertia forces, damping forces, and internal forces. To
solve Equation (15) ANSYS Mechanical uses the Newmark time-integration method and an improved implicit tech-
nique called the Hilber-Hughes-Taylor method allowing for energy dissipation.

2.4.2 | Fluid–structure coupling

As two-way FSI analyses were carried out, the automatic System Coupling module available in ANSYS Workbench
2020 R1 was used to combine calculations performed in CFX and Transient Structural modules. The coupling uses the
staggered approach and allows the forces, coming from the pressure and stresses determined in the fluid domain, to be
transferred across the fluid–solid interface. Then, displacements, stresses, and strain in the solid structure are computed
and the information comes back to the fluid side. Therefore, the physics can be parallelly solved in both domains until
convergence is attained by the System Coupling.44,45 The same range of coupling iterations was set for all the FSI simu-
lations to achieve convergence in the optimal time of 43–56 h, which is roughly 10 times longer than for rigid-wall
cases. A single workstation was used for all calculations: Intel Core i7-3930K CPU 3.20 GHz 6 cores Hyper-V, RAM
DIMM 1600MHz 64 GB.

3 | RESULTS

The hemodynamic parameters were monitored at five points located in the fluid domain shown in Figure 2 or were
determined at the zones defined on the outer surfaces of that domain as depicted in Figure 5. To show the significance
of the compliant-wall approach and to compare the results attained in FSI simulations for a range of Young's modulus,
foundation stiffness, or damping coefficients, time-averaged parameters were extracted from the transient results
obtained in the third cardiac cycle. Changes in selected parameters were presented over time.

Besides blood velocity and pressure, other metrics characterizing hemodynamics investigated here are:
- wall shear stress (absolute value) calculated as

WSS¼ τω¼ ρu�uτ ð16Þ
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where u*—near-wall velocity and uτ—friction velocity are calculated from Scalable Wall Function developed by ANSYS
CFX, which is based on the empirical formulas describing the logarithmic change of the velocity near the wall when
velocity at the nearest point from the wall is determined41;

- shear strain rate determining the blood viscosity defined by

sstrnr¼ 2
∂Ui

∂xj
Sij

	 
1
2

ð17Þ

where

Sij ¼ 1
2

∂Ui

∂xj
þ ∂Uj

∂xi

� �
ð18Þ

- vorticity magnitude expressed as

Ω¼ ffiffiffiffiffiffiffiffiffiffiffiffiffiffi
2ΩijΩij

p ð19Þ

where Ωij is the vorticity tensor

Ωij ¼ 1
2

∂Ui

∂xj
� ∂Uj

∂xi

� �
ð20Þ

3.1 | Newtonian versus non-Newtonian rheological models

To compare blood rheological models, relatively less time-consuming stationary simulations with a rigid-wall
approach were performed for the peak-systolic conditions. A comparison of the results obtained for two selected
Newtonian and the non-Newtonian rheological models did not show significant influence of the chosen models on
hemodynamic parameters (Figure 6). However, noticeable discrepancies in vorticity and shear strain were found at
the monitoring points P2 (ICA) and P3 (stenosis). The significant difference in vorticity and shear strain in P3 if
compared to the other points is associated with huge acceleration of blood flow in the stenotic zone and local

FIGURE 5 Zones specified on the outer surfaces of the fluid domain in Ansys Mesher
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complexity of flow patterns. Therefore, due to the fact that three-dimensional flow was further modeled and similar
differences can occur in undefined points or zones, it was decided to use the non-Newtonian model in FSI
simulations.

FIGURE 6 Comparison of parameters obtained at the monitoring points in steady-state simulations at the peak-systolic point for

selected rheological models (rigid-wall approach)

FIGURE 7 Comparison of time-averaged parameters obtained at the monitoring points in transient simulations carried out with rigid-

wall and fluid structure interaction approaches for selected values of Young's modulus. E = 3 MPa, E = 1 MPa, and E = 0.5 MPa

(FS = 0.1 N/mm3).
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3.2 | Elasticity-related wall-compliance

Figure 7 presents a comparison of time-averaged hemodynamic parameters obtained in the monitoring points for rigid-
and compliant-wall approaches. To carry out FSI simulations, three values of Young's modulus were used (with
FS = 0.1 N/mm3). It is clearly visible that almost in all cases the results are overestimated in rigid-wall simulations. As
expected, the highest differences can be found between rigid-wall and the most flexible model (E = 0.5 MPa). In point
P5 the discrepancies reach even 23.8%, 21.9%, and 11.4%, respectively, for time-averaged shear strain, vorticity, and
velocity. Differences in pressure are relatively low and they are higher if monitored closer to the inlet (0.47% in P1). It is

TABLE 2 Comparison of peak-systolic parameters obtained in particular zones in transient simulations carried out with rigid-wall and

FSI approaches for selected values of Young's modulus: E = 3 MPa, E = 1 MPa, and E = 0.5 MPa (FS = 0.1 N/mm3)

Peak-systolic
parameters (t = 1.48 s) Rigid

Compliant

3 MPa
Compliant
/rigid [%] 1 MPa

Compliant
/rigid [%] 0.5 MPa

Compliant
/rigid [%]

Max WSS Wall [Pa] 47.654 43.564 8.58 41.024 13.91 39.461 17.19

AAWSS Wall [Pa] 4.507 4.164 7.62 3.897 13.52 3.737 17.08

AAWSS Plaque Inner [Pa] 10.929 10.162 7.02 9.561 12.52 9.196 15.86

AAWSS Plaque Outer [Pa] 6.962 6.662 4.31 6.374 8.44 6.187 11.13

Flow rate ECA Outlet [cm3/s] 5.470 5.298 3.15 5.231 4.38 5.215 4.66

Flow rate ICA Outlet [cm3/s] 3.444 3.503 �1.70 3.484 �1.14 3.483 �1.12

Max Y plus 1.381 1.321 4.38 1.263 8.54 1.220 11.67

Area-Averaged Velocity ECA
Outlet [m/s]

0.760 0.736 3.14 0.726 4.42 0.724 4.76

Area-Averaged Velocity ICA
Outlet [m/s]

0.381 0.381 0.03 0.376 1.32 0.373 2.15

Area-Averaged pressure Inlet [Pa] 16,334 16,259 0.46 16,193 0.86 16,161 1.06

Note: Bold indicates the difference in values between the compliant and the rigid case.
Abbreviations: AAWSS, area-averaged wall shear stress; FSI, fluid structure interaction; WSS, wall shear stress.

TABLE 3 Comparison of end-diastolic parameters obtained in particular zones in transient simulations carried out with rigid-wall and

FSI approaches for selected values of Young's modulus: E = 3 MPa, E = 1 MPa, and E = 0.5 MPa (FS = 0.1 N/mm3)

End-diastolic parameters
(t = 2.02 s) Rigid

Compliant

3 MPa
Compliant
/rigid [%] 1 MPa

Compliant
/rigid [%] 0.5 MPa

Compliant
/rigid [%]

max WSS Wall [Pa] 7.579 7.284 3.90 7.000 7.64 6.779 10.56

AAWSS Wall [Pa] 0.950 0.923 2.89 0.896 5.68 0.876 7.81

AAWSS Plaque Inner [Pa] 2.058 2.0063 2.53 1.951 5.24 1.903 7.54

AAWSS Plaque Outer [Pa] 0.959 0.965 �0.57 0.955 0.42 0.940 1.97

Flow rate ECA Outlet [cm3/s] 1.468 1.462 0.46 1.471 �0.20 1.480 �0.79

Flow rate ICA Outlet [cm3/s] 0.854 0.886 �3.72 0.894 �4.73 0.897 �5.07

max Y plus 0.570 0.559 1.90 0.547 4.00 0.537 5.79

Area-Averaged Velocity ECA
Outlet [m/s]

0.204 0.203 0.44 0.204 �0.20 0.205 �0.74

Area-Averaged Velocity ICA
Outlet [m/s]

0.0890 0.0921 �3.48 0.0930 �4.44 0.0932 �4.70

Area-Averaged pressure Inlet [Pa] 10,850 10,845 0.05 10,840 0.09 10,837 0.12

Note: Bold indicates the difference in values between the compliant and the rigid case.
Abbreviations: AAWSS, area-averaged wall shear stress; FSI, fluid structure interaction; WSS, wall shear stress.
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FIGURE 8 Changes of AAWSS obtained at the defined zones in transient simulations carried out with rigid-wall and fluid structure

interaction approaches for selected values of Young's modulus: E = 3 MPa, E = 1 MPa, and E = 0.5 MPa (FS = 0.1 N/mm3)

FIGURE 9 Comparison of time-averaged AAWSS obtained at the defined zones in transient simulations carried out with rigid-wall and

fluid structure interaction approaches for selected values of Young's modulus. E = 3 MPa, E = 1 MPa, and E = 0.5 MPa (FS = 0.1 N/mm3)
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worth mentioning that significantly high vorticity and shear strain were found in stenosis in the environment of rela-
tively high velocity and associated low pressure (Venturi effect).

Table 2 shows a comparison of peak-systolic (t = 1.48 s) parameters characterizing the blood flow: maximal WSS
and AAWSS in selected zones, mass flow rates and area-averaged velocity at the outlet surfaces, and area-averaged pres-
sure determined at the inlet cross-section. An analogous table showing the end-diastolic results (t = 2.02 s) is presented
in Table 3. The tables give quantitative information about the range in which the parameters change within the cardiac
cycle. Additionally, percentage differences of the results obtained for compliant models with a reference to the rigid
model are given. The maximal influence of wall flexibility on hemodynamics, as expected, concerns the most compliant
model (E = 0.5 MPa). In this case, maximal WSS detected in the fluid domain varies within the cardiac cycle between
6.8–39.5 Pa that is 10%–17% lower than for the rigid model (7.6–47.6 Pa). Moreover, if compared to the rigid-wall
approach, in this case, a non-negligible difference in flow rate was determined in ECA in peak-systole (4.66%) while the
highest difference in flow rate in ICA was found for end-diastole (5.07%).

Changes of AAWSS monitored over time in the particular zones are depicted in Figure 8, whereas time-averaged
values of AAWSS were compared in Figure 9. Time-averaged AAWSS on the Wall does not exceed the typical arterial
level of 7–10 Pa7 as the maximal values are concentrated on the stenosis and a part of ECA (see: Figure 15). The differ-
ences in time-averaged AAWSS obtained for rigid and the most compliant model (E = 0.5 MPa) exceeded 10% in almost
all considered zones: CCA (10.11%), ECA (15.38%), ICA (11.81%), Plaque Inner (12.67%), Plaque Outer (8.14%), and the
whole Wall (13.23%). Moreover, time-averaged AAWSS is higher in ECA than in ICA that is associated with the flow
division and difference in mean area-averaged blood velocity. This parameter is much lower in CCA than in ECA and
ICA, which is in good agreement with observations of Lopes et al.20

The influence of the selected values of Young's modulus on changes in the maximal/average values of mesh dis-
placement and von Misses stress detected within the third cardiac cycle in the whole structural domain is presented in

FIGURE 10 Comparison of peak-systolic deformation and stress determined in the structural domain in FSI simulations for selected

values of Young's modulus: E = 3 MPa, E = 1 MPa, and E = 0.5 MPa (FS = 0.1 N/mm3).
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Appendix S1. A comparison of maximal displacement and maximal stress vs. Young's modulus is depicted in
Figure 10. The maximal displacement equal to 0.2573 mm was found in ECA in the area of the carotid bifurcation
for E = 0.5 MPa at t = 1.49 s (Figure 10). The maximal von Mises stress (0.1158 MPa) and maximal equivalent

FIGURE 11 Comparison of time-averaged parameters obtained at the monitoring points in transient simulations carried out with rigid-

wall and fluid structure interaction approaches for selected values of foundation stiffness: FS = 0.2 N/mm3, FS = 0.1 N/mm3, FS = 0.05 N/

mm3, and FS = 0 (E = 1 MPa)

TABLE 4 Comparison of peak-systolic parameters obtained in particular zones in transient simulations carried out with rigid-wall and

FSI approaches for selected values of foundation stiffness coefficients: FS = 0.2 N/mm3, FS = 0.05 N/mm3, and FS = 0 (E = 1 MPa)

Peak-systolic parameters
(t = 1.48 s) Rigid

Compliant

0.2 N/
mm3

Compliant/
rigid [%]

0.05
N/mm3

Compliant/
rigid [%] 0

Compliant/
rigid [%]

max WSS Wall [Pa] 47.654 43.065 9.63 38.424 19.37 31.853 33.16

AAWSS Wall [Pa] 4.507 4.0894 9.26 3.681 18.32 2.916 35.29

AAWSS Plaque Inner [Pa] 10.929 9.956 8.90 9.126 16.50 7.523 31.17

AAWSS Plaque Outer [Pa] 6.962 6.523 6.30 6.225 10.59 5.645 18.91

Flow rate ECA Outlet [cm3/s] 5.470 5.340 2.37 5.070 7.31 4.277 21.81

Flow rate ICA Outlet [cm3/s] 3.444 3.454 �0.28 3.537 �2.68 3.619 �5.08

max Y plus 1.381 1.299 5.97 1.222 11.51 1.076 22.07

Area-Averaged Velocity ECA
Outlet [m/s]

0.760 0.742 2.41 0.704 7.36 0.594 21.86

Area-Averaged Velocity ICA
Outlet [m/s]

0.381 0.376 1.40 0.378 0.79 0.378 0.63

Area-Averaged pressure Inlet
[Pa]

16,334 16,235 0.61 16,150 1.13 16,017 1.94

Note: Bold indicates the difference in values between the compliant and the rigid case.
Abbreviations: AAWSS, area-averaged wall shear stress; FSI, fluid structure interaction; WSS, wall shear stress.
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elastic strain (0.2318 mm/mm) in this case were found on the inner side of the structural domain in the branching
zone at t = 2.52 s. As expected, for the least elastic case with E = 3 MPa, the maximal deformation was much lower
(0.1668 mm), however, maximal von Mises stress equal to 0.4059MPa (Figure 10) and equivalent elastic strain
(0.0912 mm/mm) were achieved in the same regions at the same moments superimposing maximal blood pressure
exerted on the wall.

3.3 | Foundation-related LCT-compliance

Another set of FSI simulations was performed to investigate the influence of compliance of LCT surrounding the
carotid bifurcation. These simulations were carried out using different values of FS (for E = 1 MPa). As expected, the
unsupported external wall of the structural domain (FS = 0), as the most compliant, is responsible for the most signifi-
cant differences in hemodynamics when compared to the rigid-wall approach.

Figure 11 shows a comparison of the time-averaged flow parameters monitored in points P1-P5 in relation to the
values determined in the rigid-wall case. Similarly to previous comparisons, the highly compliant unsupported wall
usually results in significant decrease of the parameters obtained in the set. The differences are extremely high for vor-
ticity and shear strain determined in P3 where the parameters achieve elevated levels (respectively 42.47% and 42.75%
for FS = 0 vs. rigid wall). The influence of FS on the peak-systolic parameters obtained in the defined zones is presented
in Table 4, where percentage differences be-tween compliant-wall and rigid-wall approaches are given. End-diastolic
data are given in Table 5. High compliance, achieved for FS = 0, gives significantly lower AAWSS determined on the
whole wall within the cardiac cycle (13.21%–35.29% if compared to the rigid case). Moreover, the wall-foundation
strongly affects flow rate and, consequently, the area-averaged velocity at the outlet surfaces that can exceed 20% of the
reference value obtained for rigid-wall approach.

Changes of AAWSS monitored over time in the particular zones are depicted in Figure 12, whereas the time-
averaged values of AAWSS were compared in Figure 13. Similarly to the observations presented in section 4.2, time-
averaged AAWSS remains at the arterial level as the highest values of this parameter consider the same reference rigid-
wall simulation. However, the differences in time-averaged AAWSS obtained in the defined zones for rigid and the
most resilient model (FS = 0) are much higher in this set and exceed even 25%: CCA (28.24%), ECA (25.72%), ICA

TABLE 5 Comparison of end-diastolic parameters obtained in particular zones in transient simulations carried out with rigid-wall and

FSI approaches for selected values of foundation stiffness: FS = 0.2 N/mm3, FS = 0.05 N/mm3, and FS = 0 (E = 1 MPa)

End-diastolic parameters
(t = 2.02 s) Rigid

Compliant

0.2 N/
mm3

Compliant/
rigid [%]

0.05
N/mm3

Compliant/
rigid [%] 0

Compliant/
rigid [%]

max WSS Wall [Pa] 7.579 7.156 5.59 6.880 9.23 6.764 10.75

AAWSS Wall [Pa] 0.950 0.913 3.89 0.878 7.64 0.825 13.21

AAWSS Plaque Inner [Pa] 2.058 1.979 3.88 1.923 6.57 1.848 10.25

AAWSS Plaque Outer [Pa] 0.959 0.951 0.82 0.964 �0.55 1.027 �7.11

Flow rate ECA Outlet [cm3/s] 1.468 1.474 �0.39 1.462 0.46 1.420 3.27

Flow rate ICA Outlet [cm3/s] 0.854 0.875 �2.48 0.925 �8.33 1.065 �24.77

max Y plus 0.570 0.552 3.02 0.541 4.99 0.525 7.74

Area-Averaged Velocity ECA
Outlet [m/s]

0.204 0.205 �0.39 0.203 0.44 0.197 3.24

Area-Averaged Velocity ICA
Outlet [m/s]

0.0890 0.0910 �2.17 0.0961 �7.99 0.1110 �24.67

Area-Averaged pressure Inlet
[Pa]

10,850 10,843 0.06 10,837 0.12 10,831 0.18

Note: Bold indicates the difference in values between the compliant and the rigid case.
Abbreviations: AAWSS, area-averaged wall shear stress; FSI, fluid structure interaction; WSS, wall shear stress.

16 of 23 JODKO ET AL.



(17.25%), Plaque Inner (20.16%), Plaque Outer (5.78%), and the whole Wall (23.69%). The trend is similar as in the pre-
vious set and time-averaged AAWSS is much lower in relatively broad CCA than in ECA and ICA, which is related to
similar flow division in the carotid branch.

The influence of FS on changes vs. time in the maximal/average values of mesh displacement and von Misses stress
detected in the whole structural domain is shown in Appendix S1. The comparison of maximal displacement and maxi-
mal stress obtained for the selected values of FS is depicted in Figure 14. In this set, the maximal displacement (1.2119
mm), maximal von Mises stress (0.7691 MPa), and maximal equivalent elastic strain (0.7705 mm/mm) were found in
the most compliant model (FS = 0).

A qualitative comparison of the peak-systolic results, obtained for the rigid model and the aforesaid most compliant
models, is shown in Figure 15. The first row presents distributions of WSS, in which high shear stress WSS ≥10 Pa is
displayed in red. The fixed plaque zone is characterized by similar WSS in all cases, however, for both compliant
approaches, mostly for the unsupported walls (FS = 0, E = 1 MPa), the non-physiological stress in the ECA is deter-
mined in significantly smaller regions than in the rigid-wall case. Wall-compliance affected also velocity fields, which
are visible in the second and third rows, especially in the stenosis, which is a fixed one-sided narrowing of the canal. As

FIGURE 12 Changes of AAWSS obtained at the defined zones in transient simulations carried out with rigid-wall and fluid structure

interaction approaches for selected values of foundation stiffness: FS = 0.2 N/mm3, FS = 0.1 N/mm3, FS = 0.05N/mm3, and FS = 0 (E = 1 MPa)
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velocity fields are associated with wall-resilience, it affects also dynamic viscosity (fourth row) that is a function of shear
strain (fifth row) and vorticity (sixth row). Animations presenting changes in the distribution of the selected parameters
over time can be found in Appendix S1.

FIGURE 13 Comparison of time-averaged AAWSS obtained at the defined zones in transient simulations carried out with rigid-wall

and fluid structure interaction approaches for selected values of foundation stiffness: FS = 0.2 N/mm3, FS = 0.1 N/mm3, FS = 0.05 N/mm3,

and FS = 0 (E = 1 MPa)

FIGURE 14 Comparison of peak-systolic deformation and stress in Wall determined in the structural domain in fluid structure

interaction simulations for selected values of foundation stiffness: FS = 0.2 N/mm3, FS = 0.1 N/mm3, FS = 0.05 N/mm3, and FS = 0

(E = 1 MPa)

18 of 23 JODKO ET AL.



FIGURE 15 Distributions of peak-systolic parameters obtained with FSI and rigid-wall simulations in ANSYS CFX; the results are depicted

in space (3D) or on the plane passing through the model (2D); from the top: WSS (3D), velocity (2D), streamlines (3D), dynamic viscosity (2D),

shear strain rate (2D), and vorticity (2D). The same scales are used to allow one to compare the results in rows. Animations presenting changes

in the distribution of the selected parameters over time can be found in the Appendix S1. FSI, fluid structure interaction; WSS, wall shear stress.
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4 | DISCUSSION

This study shows the significance of the wall-compliant approach in numerical modeling of the blood flow through
patient-specific symptomatic arterial stenosis that was operated on soon after obtaining medical images. The employed
FSI technique provides more realistic results that are overestimated in rigid-wall simulations. This approach provides a
deeper insight into the pathological hemodynamics in arterial stenosis that has been mostly analyzed in simplified
models46,47 or healthy carotid artery.20,21 Due to the complicated geometry of the branch and stenosis, the flow was
allowed to be turbulent in these zones. As the influence of blood rheology on the selected hemodynamic parameters
was observed, the non-Newtonian model of blood was employed in FSI simulations in which dynamic effects associated
with wall motion were additionally modeled. Similarly, the non-Newtonian approach was used in the study of near-
wall phenomena in femoral stenosis.47 To raise the spatial resolution of the presented simulations and to capture slight
discrepancies between investigated cases a very precise numerical grid was generated in the fluid domain. Then, the
sophisticated GCI test was performed to avoid discretization errors higher than 5% and to obtain Y plus parameter at
the desired level (<2) in all simulations.

Similarly to others,20,26 the elasticity-related wall-compliance was investigated with the FSI technique by means of
selected values of Young's modulus. In FSI calculations with the lowest value of Young's modulus (E = 0.5 MPa), the
peak-systolic maximal and time-averaged WSS are, respectively, 17% and 13% lower than in the rigid case (E = ∞),
which is consistent with findings presented in References 16–18. However, additionally, this study provides other time-
averaged hemodynamic parameters that are much lower in FSI than in the rigid-wall simulation (even 24% and 22% of
the difference, respectively, for shear strain and vorticity for the high compliance in P5). As we hypothesize, these
parameters can affect the symptoms of the patient and have not been reported before. Selected values of Young's modu-
lus considerably influenced the response of the structural domain undergoing the same flow conditions. Differences
between peak-systolic parameters obtained for E = 3 MPa and E = 0.5 MPa achieved 35% and 71%, respectively, for
deformation and von Misses stress.

The foundation-related LCT compliance, neglected in other FSI studies, was investigated here with simulations in
which different values of FS were used. The maximal discrepancies between the hemodynamic parameters obtained for
the totally compliant walls (FS = 0) and stiff walls (FS = ∞) reached in this trial 43% (shear strain). For the high com-
pliance, the peak-systolic maximal and time-averaged WSS achieved, respectively, 33% and 24% lower levels than in the
rigid case. The FS coefficient influenced the structural domain behavior significantly, as the differences between peak-
systolic parameters obtained for FS = 0 and FS = 0.2 N/mm3 achieved 110% and 61%, respectively, for deformation and
von Misses stress. Therefore, these findings allow us to state that local hemodynamics is strongly dependent on the
compliance of LCT which was probably taken into account for the first time.

As concluded in,25 elastic arterial wall simplifies the flow patterns and decreases the complexity of local flow pro-
files. This observation is confirmed here which can be clearly visible in stenosis (Figure 15). The lack of energy accumu-
lation by the stiff walls results in the raised velocity that achieves lower values in both highly compliant cases
(Figure 15). This fact affects the other hemodynamic quantities which are derived from velocity: WSS, shear strain rate,
and vorticity. Due to the non-Newtonian model of blood rheology used in this study, blood viscosity, as dependent on
velocity fields as well, is elevated in the environment of lower shear strain in the elastic models.

It cannot be left unmentioned that the results of each numerical investigation cannot be taken for granted due to
oversimplification or spatiotemporal discretization errors. Thus, to prove the reliability of obtained data one has to com-
pare them with patient-specific data obtained during patient's hospitalization, physiological values gathered during
statistic-clinical case studies, or experimental data gathered on a specialized test rig that allows for investigating flows
within physical phantoms. Concerning the latter method, e.g. experimental validation, one could utilize PIV (particle
image velocimetry) measurements that allow for mapping the velocity vector field across the chosen cross-section of the
model. Such an approach was successfully used in several researches where the authors investigated the influence of
the stent presence in the arterial model48,49 or where they investigated flows of Newtonian and non-Newtonian fluids
in carotid artery bifurcation models with varying severity of the stenosis.50 However, the main shortcoming of the PIV
technique is related to the physical phantom, mainly its proper fabrication and preparation. Its structure has to be ide-
ally transparent so that the laser beam can pass through its walls and be reflected from the flowing seeded particles,
while the high-resolution camera can detect reflected light. Due to spatial constraints of the patient-specific models,
they are usually prepared with a lost-wax method that results in preparation of a rigid phantom.48,50 Concerning elastic
models, they can be manufactured with specialized equipment (such as Material Jetting 3D printers), however, the
exact values of their mechanical properties can vary significantly due to varied preparation processes and physic-
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chemical reactions occurring during resin polymerization. Therefore, some scientists limit their experimental-
numerical research to simplified geometries (Tomaszewski et al49). In our research, we analyzed varied (but with
exact values) mechanical properties used during FSI simulations so we could not directly compare numerical results
with experimental data. The mechanical properties of our phantoms might have not matched the exact values
defined in the solver.

4.1 | Limitations

As compliance is associated not only with the wall elasticity but also with the reaction of the surrounding tissues, this
factor must be somehow taken into consideration. In this paper, the response of LCT was modeled with arbitrarily cho-
sen coefficients FS and was uniformly applied to the whole external wall of the model. This is a simplification and limi-
tation of this study as the LCT reaction may be different for CCA supported by the carotid sheath and for more distal
ICA entering the carotid canal in the temporal bone in the skull. Therefore, new experimental non-invasive methods
allowing one to measure patient-specific mechanical properties of soft tissues in vivo are needed. Most of the research
on stress–strain relation in the arterial tissues has been done on specimens dissected from human cadavers or animal
models that differ from alive human tissues. Parallelly, hyperelastic and multilayered arterial models, which take into
account plaque lesions, should be numerically investigated. Such analyses will provide a deeper insight into the wall
behavior, and when combined with in vivo validation of hemodynamic parameters, they will allow finding the numer-
ous unknown coefficients and factors with the use of reverse-engineering methods. Therefore, the development of
micro-biosensors is also necessary.

5 | CONCLUSION

The paper clearly presents the importance of the assumption of wall-compliance in modeling blood flows through large
arteries as it significantly influences the hemodynamic results if compared to the rigid-wall approach. In consequence,
researchers have to face material model selection and the difficulty of defining the material properties of alive arterial
tissues, which are patient-specific and basically unknown. Finally, the paper shows indirectly that stiff calcified plaque,
which makes arterial walls rigid, significantly alters local hemodynamics. The study shows a huge increase in shear
strain and vorticity in the stenotic zone which are usually not investigated in similar studies. This may be a reason for
neurological symptoms and explains the positive effects of surgical removal of plaque allowing the blood flow parame-
ters to achieve baseline values as in a healthy carotid artery.
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