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Abstract

Background: The interaction between the blood and the vessel wall is of great
clinical interest in studying cardiovascular diseases, the major causes of death in
developed countries.

Objective: To understand the effects of incorporating fluid-structure interaction
into the simulation of blood flow through an anatomically realistic model of abdomi-
nal aorta and renal arteries reconstructed from CT images.

Methods : The fluid is assumed to be incompressible and non-Newtonian and the
vessel wall is set to have isotropic elastic properties. The blood flow is assumed to
be periodic; therefore, a real pulsatile flow velocity in the entrance of the abdomi-
nal aorta of a healthy adult is measured via laser Doppler anemometry and used in
this study. The effects of wall flexibility, both rigid and compliant models were also
simulated.

Results: Comparison of the rigid model with compliant model reveals that veloc-
ity and pressure drop in flexible arteries is less than those in rigid arteries. As wall
shear stress plays an important role in the function of the cardiovascular system as it
has immediate effect on the endothelial histology, the wall shear stress was analyzed;
the rigid model wall shear stress magnitude was higher than that in the compliant
model. It was also observed that the peak values of wall shear stress in this study
were not high enough to be able to damage and strip the endothelial cells. Displace-
ments of vessel walls were also studied; it was found that the wall displacement dur-
ing the systole was higher than the diastole.

Conclusion: Incorporating fluid-structure interaction and considering vessel wall
deformations in studying blood flow through arteries have notable effects on blood
flow characteristics.
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Introduction
he interaction between the blood and the vessel wall is of great
clinical interest in studying cardiovascular diseases, the major
causes of death in developed countries [1]. In recent years, com-
putational mechanics has made notable progress in simulation of ac-
curate blood flow in realistic anatomical models constructed from 3D
medical imaging data. Simulations of blood flow through aorta have
been mostly limited to a single branch [2-4]. Actually, most of the arter-
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ies are multi-branched; therefore, it is believed
that the flow fields among branches are com-
plicated. Later, the steady blood flow in two
vertical branches [5] and their four branches,
i.e., renal and iliac arteries [6], were studied.
Accurate blood flows in more complete mod-
els were studied experimentally [7-12]. Nu-
merically, Taylor, et al. [13, 14], employed a
finite element method and simulated the 3D
blood flow in the abdominal aorta. Kim, et
al. [15], considered the interactions between
heart and the arterial system and obtained
physiologically realistic aortic flow and pres-
sure waveforms for both the rest and exercise
conditions. Blood flow in the systemic arter-
ies such as renal, carotid, subclavian, brachial,
iliac, and the femoral arteries was studied by
Olufsen, ef al. [16], assuming different condi-
tions for large and small arteries.

Researchers have shown that the time-vary-
ing nature of blood flow within the arteries
cannot be neglected in realistic conditions.
Other studies have thus, included transient
conditions into their simulations to take into
account this flow behavior [13, 14, 17, 18].

Assuming a Newtonian behavior for blood
is only acceptable when it has shear rates
more than 100 s, which commonly occurs in
large arteries [19, 20]. In most cases, though,
non-Newtonian models provide a more real-
istic representation of blood flow behavior
[21, 22]. Several non-Newtonian models have
been proposed to explain the stress-strain rela-
tionship for blood [23, 24]. However, none of
these models reflects the true behavior of the
blood rheology. The Carreau non-Newtonian
model, as used by Cho and Kensey [24] and
Johnston, et al. [21], has been found to fit the
blood flow experimental data quite well and
not over-predict the non-Newtonian effects.

Computer-based simulation tools are getting
integrated to solve interactions between differ-
ent disciplines such as fluid-structure interac-
tion (FSI). One of the FSI applications is in
blood flow through flexible arteries. Lee and
Xu simulated transient blood flow within a

compliant vessel [25]. They continued the ear-
lier experiment by Ohja, ef al. [26] and used
an isotropic elastic solid, close to artery condi-
tions, to represent the vessel walls. They con-
cluded that expansion of the arteries due to in-
ternal blood pressure causes slower fluid flow.
They also observed the time-dependent fluid
velocity and structural displacements. Chan,
et al., [27] continued Lee and Xu’s study [25],
but investigated power law and Carreau non-
Newtonian models to represent the blood flow.

The objective of the present study was to
simulate a pulsatile blood flow through an an-
atomically realistic model of abdominal aorta
and renal arteries which was reconstructed
from CT images, considering vessel wall flex-
ibility. To investigate the reciprocal effects of
internal blood flow and vessel walls, the finite
element and finite volume-based commercial
codes ANSYS Workbench and CFX were
used, respectively. Incorporating FSI, the ef-
fects of vessel wall deformation on parameters
such as flow velocity, pressure and wall shear
stress were also investigated. To validate the
numerical methods employed in this study, we
also compared our findings with the study of
Chan et al. [27].

Materials and Methods

FSI occurs whenever the problem involves
the flow of a fluid causing deformation of a
solid structure. This deformation, in turn,
changes the boundary conditions of the fluid
field. In the present study, an iterative two-
way coupling method was used to link the flu-
id and solid portions. To achieve this, ANSYS
software package consisting of programs AN-
SYS Workbench and CFX was used; they are
capable of modeling the structural and fluid
domains, respectively.

Governing equations

The blood flow in vessels is commonly lam-
inar. This is the normal condition for blood
flow throughout most parts of the circulatory
system [28]. For unsteady laminar flow of
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Simulation of pulsatile blood flow

Figure 1: CT images of abdominal aorta and a) arterial branches b) renal arteries

an incompressible, non-Newtonian fluid, the
mass and momentum equations (ignoring the
body forces) can be written as [29]:

o, _
ox,

= | | y| —t+ (2)
ot Ox, pr|l Ox, Ox ox, Ox

where U, denotes velocity components; and p
and u are fluid density and viscosity, respec-
tively; p is the pressure.

For the vessel wall, which is defined as an
elastic solid, the relationship between stress
and displacement (ignoring body forces) can
be expressed as [29]:

0°d, _ 0oy

Poor o, 3)

J

0 (1)

where d, and 0, are the components of the dis-
placements and stress tensor in solid, respec-
tively, and Py is the wall density.

G, can be obtained from the constitutive
equation of the material. For a Hookean elastic
solid, it is [29]:

o, =40, +2ue, 4

where 4 and p, are the Lame’s constants, 9, is
the Kronecker delta and e, are the components
of the strain tensor which can be expressed as
[29]:

1 od,

(—+ adj) Q)
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Lame’s constants are related to physical
properties of material, Young’s modulus, E,
and Poisson’s ratio, v, by the following equa-
tions [29]:

LVE

A= i oNi—20) (6)
uL—z(HU) (7)
Geometry

An anatomically realistic model of ab-
dominal aorta constructed from CT images is
shown in Figure la. As discussed above, the
main objective of this study was to simulate
blood flow through abdominal aorta and renal
arteries. Therefore, Figure 1b, which shows
only abdominal aorta and renal arteries, was
reconstructed out of Figure 1a.

J Biomed Phys Eng 2012; 2(3)
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Figure 2: Basic model geometry, reconstruct-
ed from CT images

The simplified model (Fig. 2) is aorta and re-
nal arteries reconstructed from Figure 1, using
a computer aided design (CAD) software. The
inlet and outlet diameters of the main aorta
were 18 and 13 mm, respectively. Also, outlet

Figure 3: Structured mesh for computational
domain

diameters of left and right renal arteries were 5
and 4 mm, respectively. The wall thicknesses
of the aorta and renal arteries were 2 and 1
mm, respectively [28].

It is necessary to have a proper mesh tech-
nique to provide accurate answers while not
exceeding computational power. Due to the
geometry complexity, multi-block meshing
technique was used to create structured mesh
in computational domains and to prevent high
grid concentration in the center of the circular
cross sections (Fig. 3). The generated struc-
tured grid consists of 415,440 hexahedral el-
ements, by performing grid study. Since the
wall shear stress is sensible to mesh density,
it was verified that the mesh used in the simu-
lation provided a converged solution for the
wall shear stress.

Material properties

In the present study, blood was assumed to
have a density of 1050 kg/m®. Carreau non-
Newtonian model, which has been shown to
fit the blood flow experimental data quite well
and not over-predict the non-Newtonian ef-
fects [22, 24], was used to define the viscosity.
In this model, the relation between viscosity

and shear strain rate, y, can be written as [21]:

Where 4, = 3.313 s; zero strain viscosity,
u, = 0.056 Pa.s; infinite strain viscosity, u =
0.00345 Pa.s; and the empirical exponent, n
=0.3568.

The vessel wall was considered to be linear-
ly elastic, isotropic and nearly incompressible
with a Young’s modulus of 4.66 MPa, a Pois-
son’s ratio of 0.45 and a density of 1062 kg/
m® [30].

Boundary conditions

The blood flow was assumed to be periodic;
therefore, a real pulsatile flow velocity at the
entrance of abdominal aorta of a healthy adult
was measured via laser Doppler anemometry
(LDA) and used in this study. Figure 4 shows
the waveform inlet velocity, u(t), with a time
period (tp) of 0.82 s.

0\

J Biomed Phys Eng 2012; 2(3)



www.jbpe.org

Simulation of pulsatile blood flow

0.35 qfF-mreeee e Fremeeeee e P Fe T

o
a

L T T e . e

e
it
]

Inlet velocity (m/s)
o
n

(175 0 | R, 'S [EECERREN BRPPP SRR SEEPEEE T B i

t(s)
Figure 4: Time variation of the inlet velocity,
u(t)

The mean arterial pressure (MAP) takes ac-
count of pulsatile blood flow in the arteries,
and is the best measure of perfusion pressure
to an organ [28]. For the main outlet bound-
ary, a constant pressure of 11,500 Pa (the MAP
through aorta) was assumed. A mean pressure
of 11,000 and 11,200 Pa was assumed for the
right and left renal arteries outlet pressure,
respectively. An appropriate boundary condi-
tion was applied on walls to indicate the inter-
faces on which FSI occurred. This allowed the
transfer of fluid forces and solid displacements
across the specified boundaries. The solid
model corresponding to the vessel wall was
assumed to be fixed at the outlet of renal arter-
ies, because of their connection to the kidneys.
The inlet and outlet of aorta were exposed to a
boundary condition, such that only movement
in the radial-tangential plane was allowed.

Results and Discussion

Validation of FSI models
To validate the methods employed in this
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Figure 5: Stenosed artery uesd by Chan, et
al. [27], L= 1.5 mm, D=5 mm, and Z'=Z/D is
the normalized distance from the center of
stenosis.

study, we compared our findings with the nu-
merical study by Chan, et al. [27].. They stud-
ied pulsatile blood flow in a flexible stenosed
artery (Fig. 5) and used a sinusoidal volumet-
ric flow waveform of 4.3+2.6 mL/s at the inlet
with a period of 7 of 0.345 s. A constant pres-
sure of 4140 Pa was specified at the outlet.

The results for axial velocity profile and wall
shear stress for Carreau non-Newtonian model
are presented in Figures 6 and 7. The param-
eter /1, was used to describe a particular time
in a cycle. The term ¢ represents the time in
seconds and ¢ is the period of the flow cycle.

According to these figures, there is accept-
able agreement between the results obtained
by the two compared studies.

Basic model results
To study the effects of wall flexibility, both
rigid and compliant models were simulated.
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Figure 6: Axialvelocity profile at Z'=4.3
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Figure 7: Wall shear stress along the axial
distance at t/tp= 0.25
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Table 1: Selected time frames

t/tp Inlet velocity state
0.04 Midway-systolic

0.10 Maximum flow

0.37 Midway-diastolic

1.00 Minimum flow

Simulations were carried out over at least three
complete cycles to achieve a periodic solution;
the results were saved for the final cycle.

The selected times corresponding to the pe-
riodic inlet velocity presented in Figure 4, are
shown in Table 1.

Velocity
Plots of velocity distribution in the region of
interest, at selected time frames are shown in

;
a 1
Velocity Velocity
fComouwr 1) {Contew 1)
1. 38Kps000 1. 3034000
1.381esD00 i} 1.2210000
1, 136es000 F 1_140e+000
1, 110e<008 R T
1.0I5es000 2. 971-0Mm
9. 393e-001 8.9574.001
8 530F-001 B_143e-001
7.685e-001 7.379e.001
F 6 82e-001 ' &.514%-001
= 4*hg-001 5 7008001
£, 124001 4.336e.001 |
4. 370--001 40718001 . !
3. 416=-001 3.257e-001 ; i
1.562e-001 ﬁ . 2.a430.001 /j! :
| T0Re-001 - » | = 1.52% 001 - ) - 3
8. 5¥0e-002 | B_Nd3e 002 b ':\)
0. (00e+000 00006305
Im w2211 Im 31 8|
b f
Veloclty f Veloaty
(Contour 1) (Contour 1)
1. 322e+000 1.24Re4000
12394000 117624000
1. 15780000 1.092e+000
1,074e 000 1.01484000
9,818 601 9.357¢-001
o, 0Bl 001 §.577¢-001
8,262 001 7.7982-001
T.4%6e: 001 7.0178¢-001
} G A0 00) 6.298e-001
|5 Thde. 001 5.458¢-001
|4 8ETe 001 4.675e-001
& 10k 001 ! 3.899¢-001 ¢
1345w 001 /_+ 3. 1158001 //l !
247000 4 2.3390-001
1.652¢- 001 : f/ N 1 5602.001 - )/ ] &
§.262¢- 002 - N 3 7080-002 S ;“ -
0, 00084000 0. 06004009 | >
lm w* 11 [m sna1) 1

Figure 8 where both rigid and compliant mod-
els are presented for comparison. The figures
indicate that the flow velocity in rigid wall
model is higher than the compliant model.
This can be explained by the mass conserva-
tion theory: the fluid internal pressure exerted
on the vessel wall, which remains above zero
even during deceleration phase, pushes the
vessel wall outward consistently and slows the
fluid flow due to the flow area expansion.

Wall shear stress

Wall shear stress plays an important role in
the vessel wall behavior in the cases where
structural response can be responsible for wall
rupture. To investigate shear stress on renal ar-
teries walls, four paths were defined on the up-
per and bottom wall of the renal arteries medi-
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Figure 8: Plots of velocity distribution at selected time frames: (a) Rigid model (b) Compliant

model
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Figure 9: Defined paths and their corre-

sponding directions on renal arteries walls,
to study wall shear stress

al plane. These paths and their corresponding
directions are shown in Figures 9. Figure 10
shows the wall shear stress variations in rigid
and compliant models at peak flow time of #/
t,0f 0.10 over the selected length of the walls.

It is obvious that wall shear stress is directly
related to the rate of velocity change near the
wall, which is caused by the change in geom-
etry. In other words, any change of the geom-
etry in artery produces significant effects on
blood flow. The flow experiences high shear
stresses as it is forced through the narrow pas-
sageway. It is also apparent in this figure that
the magnitude in rigid model wall shear stress
is higher than that in the FSI model—approxi-
mately 0.28 times the value at the highest peak
in Figure 10 (along path A-B). This is mainly
due to the fact that the velocity gradient near
the wall decreases by considering FSI.

Fry [31] concluded that wall shear stress has
immediate effect on the endothelial histology
and a shear stress of 40 Pa is able to damage
the endothelial cells. Another research con-
ducted by Ramstack, et al. [32], showed that
higher wall shear stress can strip the endothe-
lial cells and prevent the endothelium from
inhibiting thrombogenesis. This study showed

Wall shear stress (Pa)

0 04 0.2 03 04 0.5 0.6 0.7 0.8 0.9 1
Path A-B

- - -Rigid

Wall shear stress (Pa)

0 [X] 0.2 0.3 0.4 0.5 0.6 0.7 0.8 0.9 1
Path C-D

Wall shear stress (Pa)
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\\
= 16 \\ —FsSI
& \
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4
g N
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G 8 \
£ o>
» © T
= ~
© 4 \\
S N
" -

Path C'-D’
Figure 10: Wall shear stress distributions for
the rigid and FSI models at peak flow time, t/
t =0.10, along the defined paths

that the peak wall shear stress did not reach 40
Pa in the arteries and therefore the endothelial
cells would neither damaged nor stripped.

Displacement
The total displacement of the vessel wall

J Biomed Phys Eng 2012; 2(3)
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Figure 11: Contours of wall displacements at two selected times

is depicted in Figure 11 at two selected time
points of the wave, i.e., t/tp = 0.10, and t/tp
= 1.00 corresponding to the maximum and
minimum flow, respectively. It is seen that re-
nal arteries and their corresponding end sup-
ports, kidneys, cause the aorta not to deform
uniformly in X-Z plane. Therefore, aorta wall
deformation in Z-direction is more than other
directions. The time-dependent deformation is
a result of the fluid pulsatile pressure loading
via the FSI coupling. It was found that wall
displacement during the systole, in which the
flow is accelerating, was higher than the dias-
tole.

Conclusion

The objective of this study was to provide
an understanding of the effects of incorporat-
ing FSI into the simulation of a pulsatile non-
Newtonian blood flow through an anatomi-
cally realistic model of abdominal aorta and
renal arteries reconstructed from CT images.
We found that the fluid pressure exerted on the
inner wall of the vessels, even during the de-

celeration phase of diastole, consistently push-
es the wall outward expanding the flow area.
This wall expansion causes the flow velocity
in the rigid wall model to be higher than the
compliant model.

Comparison between the rigid and compli-
ant models revealed that by incorporating FSI
analysis, the flow pressure drops and the wall
shear stress decreases. This is mainly due to
the fact that the wall shear stress is directly re-
lated to the rate of velocity change near the
wall, which decreases by considering FSI.

Furthermore, it was concluded that the wall
deformability has almost no significant effect
on pressure and velocity values through arter-
ies; although it has notable effect on the wall
shear stress, which is of great clinical interest.
Rigid wall simulation of blood flow through
arteries over-predicts the wall shear stress. It
was also observed that the peak values of the
wall shear stress in this study were not high
enough to be able to damage or strip the endo-
thelial cells.

The time-dependent deformation of the ves-

100 \
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sel walls is a result of fluid pulsatile pressure
loading via the FSI coupling. It was found that
the wall displacement during the systole was
higher than the diastole.

These findings showed that incorporating
FSI and considering vessel wall deformations
in studying blood flow through arteries have
significant effects on blood flow characteris-
tics.
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