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Compelling evidence shows the association of inflammation with atherosclerosis diseases,
one of the leading cause of mortality and morbidity worldwide. Recent research indicated
that the inflammatory process of atherosclerotic lesions is involved in the progression of
atherosclerotic plaques in specific regions, such as the carotid bifurcation, which represents
a risk for ischemic stroke as a result of the interaction between the blood and the plaque.
We start modeling using 3D idealized geometry in order to capture the most important
features of such interactions. Then, we proceed to a partly patient-specific computa-
tional domain representing an atherosclerotic artery. Understanding such interactions is
of paramount importance preventing the risk of the plaque rupture. The numerical re-
sults comparisons have shown that, qualitatively, there is an agreement between idealized
atherosclerotic artery and patient-specific atherosclerotic carotid artery. The idealized
carotid geometry will be useful in future FSI studies of hemodynamic indicators based on
medical images.

Keywords: atherosclerosis; blood flow; carotid bifurcation; fluid—structure interaction
(FSI).
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1. Introduction

The inflammatory process of atherosclerosis leads to the formation of an atheromatous plaque in the
intima of the blood vessel. It starts typically with the penetration of the low density lipoproteins (LDL)
into the intima layer of the blood vessel where they are oxidized (ox-LDL). Being a dangerous agent,
the ox-LDL triggers an immune response that initiates with the recruitment of monocytes, which are
later transformed into macrophages. The macrophages eliminate the ox-LDL and are transformed into
foam cells, that along with several other substances form the so-called lipid core. Smooth muscle cells
migrate and form a fibrous cap which covers and isolates the lipid core from the blood circulation. The
lipid core along with the fibrous cap constitute what is called the atheromatous plaque [1]. This process
may occur throughout vessels in the body, however, there are regional differences in the susceptibility
to lesion development. At the local level, susceptible sites for plaque formations are found at branch
points of the vascular tree, such as the carotid bifurcation and in the lesser curvature of the aorta,
where blood flow is characterized by low shear, oscillatory, and turbulent flow [2].

In this paper we will analyze some hemodynamic factors that have an important effect in the
development and the risk rupture of atherosclerotic plaque in the carotid artery using a 3D fluid-
structure interaction (FSI) numerical modeling. The methods to describe the interaction between
fluid and structure are of great importance to achieve accurate numerical simulations. These methods
include among others, the level set method [3], the immersed boundary method [4, 5], the fictitious
domain method [6, 7], the Fully Eulerian formulation [8,9] and the Arbitrary Lagrangian Eulerian
(ALE) approach [10-12]. In this paper we use the ALE method to simulate our FSI model.

It is known that the circulatory system can be seen as an infinite extremely complex network
including the heart and blood vessels. Therefore, mathematical and computational modeling of blood
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flow dynamics is a complex problem that requires simplifying assumptions of the physical properties
and boundary conditions (BCs). Rather than modeling the entire circulatory system, based on full 3D
models, which is beyond the capability of current computers, segments of the circulation are studied to
reduce the computational time, requiring appropriate inflow and outflow BCs. One can find an attempt
in [13-15], where, after a 2D and a 3D analytical study to prove the existence of a weak solution for
incompressible non-Newtonian fluids with nonstandard BCs, the authors tested the model numerically
by coupling it with a nonlinear hyper-elastic model for the arterial wall and the atheromatous plaque.

Mechanical effects such as wall shear stress (WSS), pressure forces and structural stress are the
most important factors. It is well accepted that low WSS is associated with the formation of plaques,
whereas high WSS may impose higher risk of plaque rupture. Also, structural stresses are known to
significantly affect the plaque vulnerability due to its considerable contribution to the total mechanical
load [16]. Therefore, WSS and structural stress play important roles in view of risk evolution of plaque
rupture. Several computational fluid dynamics (CFD) approaches have been proposed for modeling
blood flow. These can be based on idealized geometries, but also on patient-specific geometries taken
from medical imaging modalities, such as magnetic resonance imaging (MRI). The present study aims
to compare some results obtained in the 3D idealized geometry with those obtained recently within a
partly patient-specific computational domain representing an atherosclerotic artery.

2. Methods

2.1. Geometry of the atherosclerotic blood vessel
Idealized geometry. The computational domain is shown in Figure 1.

Fig. 1. 3D computational domain of the idealized stenosed artery model composed of fibrous cap,
lipid pool and vascular wall.

It consists of a cylindrical tube representing the blood vessel with a narrowing of its interior to mimic
the stenosis. The flow channel with radius R = 0.3 cm and height H = 2 cm contains the fibrous cap
and lipid pool described by the trigonometric functions corresponding to a stenosis length of [ = 1 cm.
The degree of arterial stenosis is ~ 70% with a fibrous cap thickness of 0.5 mm. The thickness of the
whole wall was chosen to be 1 mm. To avoid the entrance and exit effects, the computational domain
was extended upstream (2 cm) and downstream (4 cm) the stenosis.

Reconstructed geometry. Our image-based modeling approach involves the following steps.
First, the geometry of the stenotic carotid artery that will be used in our simulations is derived from
MRI (see Figure 2(a)). To construct such geometry, several free computational tools are available,
such as ITK-SNAP, SimVascular or 3DSlicer. Also commercial options such as Simpleware Scan IP,
may be used. This geometry consists of the lumen, that is the interior of the artery. Moreover, the
branches were extended to avoid the entrance and exit effects (see Figure 2(b)). Finally, the last
realistic geometry was obtained in MeshLab in order to repair and smooth the model surface. Then,
in order to design the FSI model, an open-source tool obtained from the finite element library LifeV
developed in Politecnico di Milano [18] was used to generate the wall from the vessel lumen surface
model previously obtained (see Figure 2(c)).
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COMSOL 5.0.0.243

Fig. 2. (a) Medical image of the lumen of a carotid bifurcation with a stenotic region [17].
(b) The extended lumen. (c¢) Computational domain after fibrous cap, lipid pool
and vascular wall construction.

2.2. Fluid-structure interaction modeling

Fluid modeling. As we are dealing with arteries with sufficiently large diameters, here we consider
blood as an incompressible fluid, described by the quasi-Newtonian equations for the conservation of
mass and linear momentum, as follows:

0
Py + pr(u- V)u— V- (2u(s(w)Du) + Vp =0,

(1)
V-u=0.
This system of time dependent partial differential equations involves the blood velocity u =
[u;, uz, uz]” and the pressure p as the unknown variables. The dynamic viscosity g is a func-
tion of the strain rate tensor Du = %(Vu—i— (Vu)T). More precisely, 4 is a function of s(u), the second
invariant of the strain rate tensor, defined by
(s(u))? =2Du: Du=2) (Du);(Du)j;.
We consider p defined by the Carreau—Yasuda law, "
p(s(w) = proo + (10 = p10) (1 + (As(w))?) =172,
with pg = 0.0456 Pa-s (the viscosity at the lowest shear rate), and p, = 0.0032 Pa-s (the viscosity at
the highest shear rate), A = 10.03 s, py = 1060 Kg:m™ (the fluid density) and n = 0.344 (correspond-
ing to a shear-thinning viscosity fluid). The values of these parameters are taken from [19]. Although
for large and almost cylindrical vessels a constant viscosity may be considered, it has been shown that,
for stenotic cases, the shear-thinning nature of blood should not be neglected, if one is interested in
hemodynamic factors such as recirculation size and WSS magnitudes. See, for instance [20].
Artery wall and plaque structures modeling. Consider the 3D nonlinear model of hyper-

elasticity [21], governed by the equation

0’n

where 7 represents the displacement vector, F is the deformation gradient tensor, given by F = I3+Vn

(Is is the identity matrix), and S represents the second Piola—Kirchhoff stress tensor. S can be
computed as S = g—‘;’ where the strain tensor € is defined by

e =5 (Vn+ (V) + (Vn)Vn),

and w is the elastic strain energy density, which is material dependent.
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In this work we assume the vessel wall to be modeled as St Venant—Kirchhoff material. Under this

assumption, S becomes defined by the stress-strain relationship
S—SQZC:(E—EQ—Emel),

where Sy and g( represent the initial second Piola—Kirchhoff stress and strain tensors, respectively,
€inel the inelastic strain tensor and C the fourth-order stiffness tensor. The symbol “:” stands for the
inner product of two second-order tensors. Here, we neglect the effects of Sy, €9 and €;,,¢;.

The vessel wall is considered isotropic in such a way that the stiffness tensor has no preferred
direction and the corresponding tensor components are computed internally according to:

CiH — X ,gligM 1 uy(g* g + g'lg/™),

E E

where A\; = (1_2';% and ps = ity are the Lamé coefficients, E is the Young modulus (E =
2-10°% Pa), v is the Poisson ratio (v = 0.45) and g the metric tensor. As a result, we could also express
the stress in terms of the strain as S = Agtr(e)Is + 2use.

Concerning the structural domain representing the atheromatous plaque, we assume that it behaves
differently from the wall, specifically, to verify the so-called Mooney—Rivlin Hyperelastic assumption.

According to this, the second Piola—Kirchhoff stress tensor is given by S = g—‘; with
_ _ 1 -
w = Cio(l1 —3) + Co1(I3 — 3) + 54 1)% (3)

In (3), J represents the ratio between the current and original volumes and Iy, I5 are the first two
modified strain invariants, to be independent of the volume change (I} = I;/J?/3 and I, = I/ J*/3,
where I; and I are the first two strain invariants). The use of these modified invariants and the last
term in equation (3) allows the description of nearly incompressible materials.

Coupling and boundary conditions. To couple fluid and structures equations (1) and (2)
we used an ALE formulation. We rewrite the equations of the fluid, the generalized Navier—Stokes
equations, in the ALE formulation as

0128 4 py((a =) - V)~ V- (2p(s())Du) + Vop = 0 Q
where X is the Lagrangian coordinate and x is the Fulerian coordinate. w is the domain velocity.
If w is zero, the method is simply an Eulerian approach, otherwise, if w is equal to the velocity of
the fluid then the approach is Lagrangian. w can vary arbitrarily and continuously from one value to
another in the fluid field. Two coupling conditions were also considered at the blood-wall interface:

9000 . e the continuity of the velocity in time
on
8500 u=—,
ot
8000 e and the equilibrium of the stresses
& 1500 —(2u(s(u))Du — pI3)n = J~'FSFn,
% 7000 where J = det(F) and n is the outward unit vec-
£ 6500 tor to the solid domain. This condition should be
6000 rewritten on the interface at ¢ = 0 to be prescribed
) on the structure model. Using the Piola transform
5500 we have
5000 —J(2u(s(u))Du — pI3)FTng = FSny,
0 0.1 0.2 0.3 0.4 0.5 0.6 0.7 0.8 0.9 1 . .
Time (s) where ng the outward unit vector to the interface
Fig. 3. Inlet pressure waveform. at t = 0 (see [22]). The pressure waveform at the

inlet is shown in Figure 3. In the following section, the simulations were performed over one cardiac
cycle: 0.875 s (systolic and diastolic period).
At the outlets we consider typical natural BCs where we fix the stress

i 2u(s(u))Du-n — pn = —pn, (5)

p= WQ’ where () is the flow rate and Ay the cross-section reference area at rest. The coefficient (3
0
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is related to the mechanical properties of the vessel wall through the expression g = %, where F is

the Young modulus, hg is the wall thickness and v is the Poisson ratio. This linear absorbing condition
(LAC) has a form of pressure, used in [23] and [24] to reduce significantly the spurious oscillations due
to backflow from the outlets in a truncated geometrical domain.

3. Computational approach

The resulting coupled system of motion and fluid equations was solved using a finite element space
discretization based on P1-P1 stabilized elements for the fluid, and P2 elements for the structure. The
time discretization was based on the BDF of order 2, with a maximum time step of 5 x 1073 s. The
nonlinearities were tackled using Newton’s method and each linear iteration solved with the direct
PARDISO solver. The simulations were made using Comsol Multiphysics 5.0 in a workstation with a
processor Dual CPU Xeon CPU E5-2630 v3 @ 2.4GHz and 128 GB RAM memory was used.

In order to improve the accuracy while minimizing the computational cost, we set different element
sizes for the mesh approximating the 3D geometry. Therefore, we used smaller element sizes for the
lipid pool and the fibrous cap, which are regions characterized by strong gradients and high stresses
(see Figure 4).

COMSOL 5.0.0.243

Fig. 4. Left: The 3D mesh for the idealized geometry. Right: The 3D mesh for the constructed athersclerotic
carotid bifurcation.

All the computations and results presented in the next section were performed with the mesh that
corresponds to a total number of degrees of freedom (DOF) of 3 826 996 for the realistic geometry and
449 048 DOF for the idealized one. Additional simulations using a coarse and an intermediate size
mesh have been performed to analyze the convergence of the numerical solutions.

4. Numerical results

We performed a 3D FSI numerical simulations for blood flow in an idealized atherosclerotic artery
then in a partly patient-specific atherosclerotic carotid bifurcation. We distinguish between the lipid
pool and the fibrous cap by choosing the energy function parameter Cg, Cyp; and x in agreement with
experimental measurements taken from [25,26] (Table 1).

Table 1. Parameters used for the plaque components.

Plaque components Cjp (N'm~2) Cp; (N'm™2) & (MPa) Density (kg:m~3)
Fibrous cap 9200 0 3000 1000
Lipid pool 500 0 200 1000

We plot the results obtained in two geometries comparing three hemodynamic indicators: fluid
velocity, total volume displacement and the WSS. This allows a simultaneous perception of the behavior
of the atherosclerotic artery under these hemodynamic alterations.
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_ — Realistic geometry = Idealized geometry Figure 5 gives a comparison displaying the
£ 20808 total volume displacement of the plaque. One
£ 15803 can notice that the way the plaque is moving in
g the real geometry is totally different from that
%;LLOE'OS in the idealized one. The stenosis is symmet-
S 5.0E-04 ric in the idealized artery, on the other hand,
2 in the real geometry, the total displacement
SOOEH0 S 0.2 0.4 0.6 0.8 is influenced by the volume flow rate in the

Time (s) common carotid artery which divides into the

Fig. 5. Total displacement values of the plaque. internal and external carotid branches.

The velocity magnitude plot shows approximately the same variations for both geometries after the
inlet pressure’s peak (see Figure 3) as shown in Figure 6, where those values are overestimated in the
idealized case.

For the WSS (see Figure 7), as the observations made for the velocity magnitude, the variations
are the same for both geometries after the inlet pressure’s peak, since this hemodynamic indicator is
the tangential stress that the fluid exerts on the wall, consisting on the tangential component of the
stress tensor, which is given by o = pI — 7, on the wall:

WSS =o,— (op-n)n=m,— (7, -n)n,
where n is the outward unit normal to the wall surface, and o, and 7, are the normal components of
the stress and extra-stress tensors, respectively [24]. These overestimations observed for the velocity
magnitude and the WSS values in the idealized case should be related to the geometries construction,
and therefore to the position of the plaque, the flow rate, the displacement of the artery, etc.

wn = Realistic geometry == Idealized geometry == Realistic geometry == Idealized geometry
> 06 ~ 1.6E+02
E &
p &
g @ 1.2E+02
£ 04 g —
5 %
o 2 8.0E+01
z fv) 40E+01
3 G
T 0 Z 0.0E+00
> 0 02 04 0.6 0.8 0 0.2 04 0.6 0.8
Time (s) Time (s)
Fig. 6. Fluid velocity magnitude. Fig. 7. WSS Maximal values distribution on the fibrous
cap.

5. Conclusion

In summary, the FSI analysis performed in the models reveals that there is, qualitatively, good agree-
ment among some hemodynamic indicators between idealized atherosclerotic artery and patient-specific
atherosclerotic carotid artery geometries, indicating that the velocity magnitude and the WSS have
the same variations after the pressure’s peak but overestimating those values in the idealized case.
These overestimations can be eliminated by implementing the same FSI numerical model in 3D ide-
alized carotid bifurcation. We conclude that the idealized geometry used in this study can be used
for accurate simulations of a patient-specific atherosclerotic carotid artery when the patient-specific
geometry is not always available from the medical images.
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YucenbHa TpuBMmipHa mMmopgenb Bsaemop,ll pl,u,lem Ta CTPyKTypu
KPOBOTOKY B aTEpPOCKJ/IEPOTUYHIA COHHIl apTepil

Kadi O.

CEMAT-Ilenmp obuucatosarvhoi ma cmoxacmusnol mamemamuru, Ynisepcumem Jlicabona,
Asenro Posicko Ilaic 1049-001 Jlicabon, Ilopmyeanis

IlepexonnuBi JOKa3M MOKA3YIOTh 3B'A30K 3alaJleHHs 3 aT€POCKJIEPO30M, OJIHIEIO 3 TOJIOB-
HAX IPUYAH CMEPTHOCTI Ta 3aXBOPIOBAHOCTI B ychboMy cBiTi. Hemomasui nocrimkenns mo-
Ka3aJIH, 110 3alaJIbHUHI IIPOIEC ATEPOCKIEPOTHIHNX yPaXKeHb Oepe yIacTh y MporpecyBaH-
Hi aTE€POCKIEPOTUIHUX OJIATIOK y MEBHUX 00JIACTAX, TAKUX K OipypKallis COHHOI apTepil,
SKi CTAHOBJIATH PU3UK IMIEMiYHOTO iHCY/IBTY B PE3YJIbTATI B3AEMOJIil MizK KPOB’I0 Ta OJIsIII-
Koto. MojtesrioBaHHsI OYNHAETHC 3 BUKOpucTanuaMm 3D-imeanizoBanol reomerpii, 1mob 3a-
dikcyBaru HaiiBaxkuBinI 0cobuBOCTI Takux B3aeMmoiit. [loTiM mepexommmo 10 9acTKOBO
crrerudivHO]T JJTs TAIIEHTa 00UUCTIOBAIBLHOI 00/IACTI, IO IPEICTABIISE ATEPOCKIEPOTUIHY
aprepito. PosyMmiHHa Takmx B3aeMOJiil € HAI3BUYAHO BaXK/JIMBUM JJIs 3am00IiraHHS PU-
3UKy po3puBy Osdmiku. [lopiBHAHHS YnuCETbHUX PE3YJIHTATIB MOKA3aJ0, IO SIKICHO iCHY€E
Y3TO/I2KEHICTh MiXK i/1ea/1i30BaHOI0 ATEPOCKJIEPOTUIHOIO apTepi€io Ta crenudivHo JIIs
MaIie€HTa aTePOCKIEPOTUIHOIO COHHOIO apTepieio. [neaizoBana reomerpist COHHOI apTepil
Oy/Zle KOPUCHOIO B MaiOyTHIX ITOC/IMKEHHSX TeMoInHaMigHnX moka3Hukis FSI Ha ocHOBI
MeIUIHIX 300parkeHb.

Knto4voBi cnoBa: amepockaepos; rposomix; Gidyprauia connol apmepii; e63aemodis
piduna—cmpyxmypa (FSI).
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