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Instituto Superior Técnico, Universidade de Lisboa, Portugal

June 2017

Abstract

CFD blood flow simulations are increasingly used in combination with patient-specific models, con-
stituting a non-invasive method, with lower costs than the experimental procedures used. One major
advantage is the possibility of obtaining distributions of parameters such as wall shear stress (WSS),
which otherwise are very difficult to obtain. In this work, the fluid-structure interaction problem of
blood flow is analyzed in a 3D model of real left coronary arteries geometry, obtained with medical
image segmentation. Firstly, blood flow in arteries in normal conditions is analyzed in detail, with
emphasis on pressure, velocity, wall shear stress, and displacement. Changes in the flow caused by a
stenosis are verified, and the influence of the typical solution for this medical condition, the placement
of a stent, on blood flow is also analyzed. The elasticity of the arteries is a parameter that must be
taken into account, with significant displacement being verified during the cardiac cycle. It is observed
that the stenosis significantly alters the flow locally, with the appearance of low-velocity recirculation
zones downstream, which contribute to the spreading of atherosclerosis plaque. It is also concluded that
the presence of the stent changes the flow locally, namely near the wall.
Keywords: Blood flow, CFD, Fluid-structure interaction, Patient-specific model, Stent

1. Introduction

The leading cause of death nowadays is cardiovas-
cular disease, being coronary artery disease (CAD)
the one that causes more deaths. It is estimated
that in 2015 17.9 million people (32.12% of the to-
tal deaths) died due to cardiovascular diseases, of
which 8.9 million (15.98% of the total deaths) died
due to coronary heart disease [1]. With so many
deaths occurring due to cardiovascular diseases it is
important to study the cardiovascular system and
its most common disorders and this is where com-
putational blood flow simulations become relevant.
The importance of the computational simulation
of the cardiovascular system is evidenced by being
considered one of the most important challenges in
the interface between engineering and medicine [2].

The use of computational fluid dynamics (CFD)
is becoming more frequent in the biomedical field,
with emphasis on the cardiovascular system. This
is due to the increased reliability and accessibility of
the commercial codes, together with the reduction
of hardware costs and increase of the computational
power available. However, the advances in the use
of CFD to simulate blood flow would not be possible

if they had not been accompanied by a development
of medical imaging techniques that allow obtaining
realistic geometries [3, 4, 5].

One advantage of using CFD to simulate the
cardiovascular system and its diseases is its non-
invasive nature. Another advantage is the reduction
of costs and time, compared to traditional methods.
It allows obtaining results, such as wall shear stress
(WSS) distribution, which is a very important fac-
tor in the development of atherosclerosis for exam-
ple. Otherwise, these parameters are obtained with
great difficulty, using invasive methods. Another
field where the use of CFD is advantageous is the
design and optimisation of medical devices such as
valves, stents and prostheses, with rapid prototype
development and risk reduction for humans [4].

The tissues of the heart, as with any other organ,
also need to be supplied with oxygen-rich blood.
This is the function of the coronary circulation, the
perfusion of the heart, with a large part of the coro-
nary blood vessels embedded in the myocardium [6].
Coronary flow represents about 4% of the total car-
diac output [7]. The root of the coronary arterial
tree is just above the aortic valve, with the left and
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right main coronary arteries originating from the
top of a structure called sinus of Valsalva. The left
main coronary artery (LCA) gives rise to two major
branches, the left descending artery (LAD) and left
circumflex artery (LCX) and they and their respec-
tive branches distribute blood to the left side of the
heart, atrium and ventricle, and the interventricular
septum, which separates both ventricles. The right
coronary artery (RCA) and its branches distribute
blood to the right side of the heart, atrium and ven-
tricle, and usually to a portion of the left ventricle
too [8, 9]. There has been some research on coro-
nary flow, most with simpler geometries, such as
Torii et al. [10], where blood flow is simulated in a
realistic geometry of a section of a stenosed RCA.
As boundary conditions, a velocity waveform in the
proximal RCA and a pressure waveform in the dis-
tal RCA were imposed and a comparison between
fluid-structure interaction (FSI) and rigid wall was
performed. A more comprehensive study was per-
formed in Kim et al. [7], with a more complete and
realistic coronary geometry, including branches of
LAD, LCX and RCA. In this study coronary flow
was predicted instead of imposed, with coupling be-
tween 3D simulation of the flow in the coronaries,
in the aorta and in the beginning of the aortic arch
branches and reduced order models as boundary
conditions simulating the systemic and pulmonary
circulation, including a model of the heart. Regard-
ing wall behaviour, FSI methodology was used.

Coronary heart disease is actually a set of
diseases, the major cause of which is coronary
atherosclerosis. Atherosclerosis is an inflammatory
process that results from chronic injury to the blood
vessel wall and leads to the formation of atheroma-
tous plaques. These plaques tend to accumulate in
regions with low velocities and shear stresses, typi-
cally lying near bifurcations. In the coronary arter-
ies, this plaque accumulation occurs mainly in the
proximal LAD and the proximal and distal RCA.
The main consequence of atherosclerosis is the ob-
struction of blood flow, since there is a reduction in
the cross-sectional area of the artery due to plaque
formation, as well as the thickening, hardening and
loss of elasticity of the arterial wall. Atheroscle-
rosis can be potentiated by smoking, hypertension
and diabetes, among other factors. When a change
in lifestyle and statin medications to lower blood
cholesterol levels are not sufficient, it is necessary
to use a procedure called percutaneous coronary in-
tervention (PCI), commonly known as angioplasty.
In this procedure, a tube with a balloon attached
is threaded to the obstructed artery, with the bal-
loon being inflated so that the plaque is compressed
against the artery wall, eliminating the obstruction.
This procedure is often done in conjunction with
stenting, in which the stent, a wire mesh tube, is

attached to the outside of the balloon. When the
balloon is inflated, the deformed stent remains at-
tached to the artery wall, to help keep the artery
unobstructed [11, 12].

The cardiovascular system can be simulated with
different levels of detail, from 0D or 1D models to
3D models. The appropriate model varies from case
to case, depending on the type of results wanted, for
example simple pressure values in the various sec-
tions or spatial distributions of velocity, pressure or
shear stress. When analyzing blood flow it is usual
to use 3D simulations despite needing a larger com-
putational effort because the results obtained are
much more detailed, allowing a more complete and
complex analysis. On the other hand, less complex
models, such as 0D and 1D, are used alone mainly
when analyzing blood flow from a macroscopic per-
spective [13, 14]. Regarding the choice of bound-
ary conditions, the most common and simplest pro-
cedure is the use of time-varying, cyclic pressure
and velocity/mass flow rate profiles in the inlets
and outlets of the computational domain. These
profiles are most often obtained using experimental
procedures such as doppler ultrasound and pressure
wires. A more complex and advanced procedure
is to couple the boundaries of the computational
domain with 0D and 1D models, which simulate
the downstream circulation. This procedure is com-
monly called the multi-scale modelling of blood flow
and its advantage is that it predicts the flow instead
of prescribing it [13, 15].

It is known that the walls of the arteries have an
elastic behaviour, however, studies have been car-
ried out on blood flow using both rigid and elas-
tic walls. The main reason to model the artery
wall as rigid is the resulting simplification, since
it is not necessary to solve solids mechanics equa-
tions, however, it is accepted that modelling the
walls of the arteries as elastic is more appropriate,
despite the need for compatibilization between the
fluid and solid domains, since this method repro-
duces more realistically the blood flow behaviour
and the wave propagation [16]. Regarding the elas-
ticity of the artery wall, some authors use the linear
elastic model, while others use hyperelastic mod-
els. The linear elastic model, described by Hooke’s
Law, assumes a linear relationship between stress
and strain and is more appropriate for small or in-
finitesimal strains, with the deformation dimension
significantly lower than the characteristic dimen-
sions of the body. The hyperelastic models describe
the relationship between stress and strain as non-
linear through a strain energy density function. Ex-
perimental results showed that hyperelastic models
describe the behaviour of the artery better, but in
some cases, the linear elastic model constitutes a
reasonable approximation [7, 10, 17, 18, 19].
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In general, the numerical methods used to solve
fluid-structure interaction problems are divided into
two categories, the monolithic approach and the
partitioned approach. The monolithic approach is
characterized by considering a single domain con-
taining the fluid and the solid, with a single sys-
tem of equations, therefore the problem is solved
simultaneously. The advantages of these methods
are that they can ensure better accuracy and can
adapt better to a specific problem, while the disad-
vantages are that it can be much more complex to
develop them and they may require a larger com-
putational effort. The partitioned approach, on the
other hand, considers two separate computational
domains, one for the fluid and one for the solid,
each with its own set of equations, numerical meth-
ods and mesh. At the interface occurs communica-
tion between both domains, with the solid receiv-
ing the pressure from the fluid and the fluid re-
ceiving displacement from the solid. The Arbitrary
Lagrangian-Eulerian (ALE) technique is one of the
most used for the interface problem. The main ad-
vantage of the partitioned approach is that existing
specialized and optimized codes may be used for
each domain, having been previously validated and
being able to solve complex problems. The inherent
difficulty of this approach is the compatibilization
of the two domains and their respective solution
methodologies, in order to solve the problem effi-
ciently and accurately [20, 21, 22].

2. Background
2.1. Governing Equations
2.1.1 Fluid Flow
To describe the behaviour of blood flow in the ar-
teries it is necessary to guarantee the conservation
of mass and momentum. The conservation of mass
results in the continuity equation, while the conser-
vation of momentum is represented by the Navier-
Stokes equations for viscous flows. The equation
that expresses the conservation of energy is not nec-
essary in the present work, since the flow is isother-
mal. If blood is modelled as incompressible and the
flow is modelled as three-dimensional and unsteady,
the continuity, Navier-Stokes and state equations
can be written as follows, respectively

∇.v = 0 (1)

∂u

∂t
+ (v. ∇) v = −1

ρ
∇P + ν ∇2v (2)

ρ = constant (3)

where v is the velocity vector, t is time, ρ is the
density, P is the pressure and ν is the kinematic
viscosity. At the interface, a no-slip condition is
considered at all times, guaranteeing that fluid and
solid velocities are equal at the interface.

2.1.2 Solid Mechanics
The balance of forces acting on a body is expressed
by Cauchy’s law,

∂σij
∂xj

+ Fi = m ai (4)

where σij are the components of the stress tensor,
Fi are the body (volume) forces, m is mass and a
is the acceleration.

The different stress components for a given point
are typically represented by the stress tensor, which
is written in the form of a matrix. Since this matrix
is symmetrical, the tensor can be written in the
following vector form,

σ =
[
σxx σyy σzz σxy σxz σyz

]T
(5)

where σxx, σyy and σzz are the diagonal terms of the
tensor and are called normal stresses, the remaining
terms are the shear stresses.

The parameter that allows quantifying the defor-
mation of a body is strain which is related to the
displacement field, u, and its variation. As is the
case with stress, strain at a given point is also rep-
resented by a tensor (typically represented in the
matrix form), with the following general definition

εij =
1

2

(
∂ui
∂xj

+
∂uj
∂xi
− ∂uk
∂xi

∂uk
∂xj

)
(6)

with this tensor being used in the cases where there
are large deformations. When deformations are
very small when compared to the dimensions of the
body, the infinitesimal strain simplification may be
applied, and thus second order terms are neglected,
resulting in

εij =
1

2

(
∂ui
∂xj

+
∂uj
∂xi

)
(7)

In order to solve a solid mechanics problem with
deformation of the material, additional equations
are required, the equations that relate strain and
stress. The relation between stress and strain used
in most applications is linear, with the Linear Elas-
ticity model being used. If the material is consid-
ered isotropic, the stress-strain relation is expressed
as follows

σij =
E

1 + ν

[
εij +

ν

1− 2ν
εkk δij

]
(8)

where E is Young’s modulus, ν is poisson’s ratio
and δ is the Kronecker delta. This relation can also
be expressed in the matrix form as

σ = K ε (9)

where K is the stiffness matrix that contains the pa-
rameters E and ν. In some materials, the relation-
ship between stress and strain is non-linear, requir-
ing the use of a non-linear elasticity model, such as
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the Hyperelastic model. In this model, this relation-
ship derives from a strain energy density function,
W . This function is typically expressed in terms of
the invariants of the deformation tensor.

W = W (I1, I2, I3) (10)

From the existing Hyperelastic models, the
most well-known are the Neo-Hookean model, the
Mooney-Rivlin model, the Ogden model and the
Arruda-Boyce model.

In order to simulate damping in a dynamic solids
mechanics problem, the Rayleigh damping method-
ology is widely used. It models the structural re-
sponse to dynamic efforts using two coefficients, the
mass damping coefficient, 1/τM and the stiffness
damping coefficient, τK . The first one damps low
frequency oscillations, while the latter damps high
frequency oscillations. Both coefficients are used to
compute the global damping coefficient, which can
be expressed by the following equation

ζ =
1

2τM ω
+
τK ω

2
(11)

where ω is the angular frequency. The resulting
viscous damping matrix, C, can be expressed as

C =
M

2τM
+ τK K (12)

where M is the mass matrix and K is the stiffness
matrix.

This methodology is often used to simulate vis-
coelastic or viscoplastic solid behaviour.

2.2. Numerical Methods
2.2.1 Fluid

Analytical solutions for the fluid governing equa-
tions are only possible for a few restricted cases,
in the majority of the situations these equations
need to be solved numerically. This is the task of
computational fluid dynamics (CFD), to obtain an
accurate aproximation of the studied flows. The
fluid flow simulation in this thesis was performed
with Star-CCM+, which is one of the available CFD
commercial softwares. Star-CCM+ uses the Finite
Volume Method (FVM) for the fluid problem, with
the original set of partial differential equations be-
ing transformed into a system of algebraic equa-
tions. To accomplish this, the governing equations
are solved over a control volume, or cell, as such
they must be expressed in the integral form. As-
suming the fluid as incompressible, the continuity
equation and the Navier-Stokes equations, respec-
tively, are presented in the integral form as follows∫

V

(∇.v) = 0 (13)

∫
V

ρ
∂v

∂t
dV +

∫
V

ρ ∇.(v⊗v) dV =

∫
V

−∇P dV

+

∫
V

µ ∇.
(
∇v + (∇v)T

)
dV (14)

Applying Gauss’s divergence theorem to the
equations, the divergence terms denoted by ∇. are
converted in fluxes over the surfaces of the control
volume. The theorem is exemplified with the diver-
gence of the velocity.∫

V

∇.v dV =

∫
S

(v.n) dS (15)

The flux that enters a control volume through a
surface is equal to the flux leaving a neighbour con-
trol volume through that surface, with the Finite
Volume Method being not only globally but also
locally conservative. Star-CCM+ uses first or sec-
ond order upwind convection schemes. To discretize
the temporal term, Star-CCM+ uses finite differ-
ences, more specifically implicit second order finite
differences are used. Of the existing algorithms for
solving the mass and momentum conservation equa-
tions, Star-CCM+ uses the SIMPLE (Semi-Implicit
Method for Pressure Linked Equations).

2.2.2 Solid
The solid mechanics problem is solved using the
commercial software Abaqus, with the Finite Ele-
ment Method (FEM) being used. This method uses
the weak formulation of the governing solid equa-
tions, which consists in multiplying the differential
equations by a test function, ϕ, and then integrat-
ing them over the considered domain.

In this work, the solid mechanics problem is a
structural mechanics problem, and as such the co-
efficient matrix (node connectivity) is called stiff-
ness matrix, containing the elastic properties of the
elements and the desired unknowns are the node
displacements.

Abaqus uses Hilber-Hughes-Taylor time integra-
tion, which is second order implicit and uncondi-
tionally stable for linear systems. This software
solves the system of equations using a direct solver.
Since the displacements in this work are significant
when compared with the dimensions of the geom-
etry, the resulting equations are non-linear and, as
such, the solution requires the update of the stiff-
ness matrix between iterations with Newton meth-
ods. If a Full Newton method is used, the stiff-
ness matrix is updated every iteration, but in some
cases a Modified Newton method (or quasi-Newton
method) is sufficient, where the stiffness matrix is
only updated after a given number of iterations or
only in the first n iterations of each time step. In
Abaqus, from one time step, time is incremented in
smaller steps, until the next time step is reached,
with the equations being iterated until convergence
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for each of these intermediate temporal steps. This
time incrementation can be automatic or imposed
by the user.

2.2.3 Fluid/Solid Coupling, FSI

Given the nature of the studied problem, with pul-
satile flow, together with the fact that the artery is
a compliant solid that experiences large displace-
ments and with blood and artery having similar
densities, the structure is significantly affected by
the fluid flow and the opposite is also true, with
the fluid flow being affected by the response of the
structure. Thus, the coupling between the fluid and
the structure is considered a strong coupling, it is
necessary to consider a two-way interaction and an
implicit coupling scheme must be used. The cou-
pling method used belongs to the partitioned ap-
proach to solve FSI problems, with the FVM being
used for the fluid problem in StarCCM+ and the
FEM being used for the solid problem in Abaqus.
In the present work, StarCCM+ and Abaqus were
run sequentially with the first one leading the cou-
pling.

2.3. Boundary Conditions

Regarding boundary conditions, time-varying mass
flow rate at the inlet and time-varying pressure at
the outlets was used. In order for the results to
be meaningful and realistic, it is necessary to find
realistic boundary conditions. These time-varying
waveforms were obtained from Kim et al. [7], hav-
ing a cardiac cycle period of 1 s, and are presented
in figure 1. The pressure waveform was obtained for
the left circumflex artery and then translated into
the other outlets using the relationship between flow
and diameter from Zamir et al. [23].

Figure 1: Mass flow rate waveform imposed at the
inlet of the model (left) and pressure waveform im-
posed at the left circumflex artery outlet (right).

Regarding the solid artery wall, it was either
modelled as a hyperelastic solid, as a linear elastic
solid or as rigid. The outer surface of the wall was
subjected to zero relative pressure (ambient pres-
sure) in all cases except one. The geometries of the
wall and the fluid were fixed at the extremities at
all times.

3. Verification and Validation
3.1. Verification

A verification study was made for the steady-state
case, where the numerical results obtained were
compared with the analytical solution of the Hagen-
Poiseuille equation. Different types of meshes were
tested, as well as increasing number os cells.

Another verification study was performed for the
unsteady case, where the numerical results obtained
were compared with the analytical solution for pul-
satile (Womersley) flow, which is the type of flow
that occurs in the arteries. Increasing number of
cells, as well as increasing number of time steps per
period, were tested.

3.2. Validation

A validation study was performed, for the fluid-
structure interaction problem of pulsed wave prop-
agation. In order to accomplish this, the results
obtained in Janela et al. [24] were reproduced.

4. Results
4.1. Blood Flow in Left Coronary Arteries in Nor-

mal Conditions
4.1.1 Methods

The 3D model obtained from image segmentation
was meshed in Star-CCM+ using polyhedral cells.
The resulting mesh contained about 1 million cells.
In order to have straight, aligned flow and avoid
wave reflections at the inlet and outlets, the mesh
was extruded at these regions, with stretching de-
fined so that the last layer has a thickness five times
larger than the first layer. The model is represented
in figure 2, where the branches are also identified.
The inlet corresponds to the LCA and the outlets
correspond to the beginning of the LCX, three LAD
branches, LAD1, LAD2 and LAD3 and two small
LAD branches, SB1 and SB2.

Figure 2: Geometry of the arteries and identifica-
tion of the branches

The artery wall geometry was generated by ex-
truding the wall of the fluid model, resulting in a 1
mm thick artery wall model. In this simulation, the
finite element mesh for the solid artery wall was con-
structed in Abaqus with around 300,000 quadratic
tetrahedral elements.

Blood was modelled as a Newtonian, incompress-
ible fluid with ρ = 1060 kg/m3 and µ = 0.004 Pa.s
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and blood flow was modelled as three dimensional,
laminar and unsteady in all simulations in the
present section. The fluid boundary conditions
used are the mass flow inlet waveform and the
pressure outlet waveforms specified in the previ-
ous section. The artery wall was modelled with the
nine parameter Mooney-Rivlin isotropic hyperelas-
tic model, with parameters c10 = 0.070, c20 = 3.2,
c21 = 0.0716 MPa, remaining cij = 0 MPa and
d = 1× 10−5 Pa−1, obtained from Torii et al. [10].
The nine parameter Mooney-Rivlin strain energy
density function is

W = c10
(
Ī1 − 3

)
+ c01

(
Ī2 − 3

)
+ c20

(
Ī1 − 3

)2
+c11

(
Ī1 − 3

) (
Ī2 − 3

)
+c02

(
Ī2 − 3

)2
+c30

(
Ī1 − 3

)2
+ c21

(
Ī1 − 3

)2 (
Ī2 − 3

)
+ c12

(
Ī1 − 3

) (
Ī2 − 3

)2
+ c03

(
Ī2 − 3

)3
+

1

d
(J − 1)

2
(16)

where Ī1 and Ī2 are the first and second deviatoric
strain invariants and J is the determinant of the
elastic deformation gradient tensor. The artery wall
density was considered to be ρ = 1000 kg/m3 and
the Rayleigh damping methodology was used with
a stiffness damping coefficient τK = 0.5 s.

The pressure, WSS, velocity and displacement
distributions are analyzed in three specific times of
the cardiac cycle, corresponding to the maximum
pressure value, t1 = 0.165 s, maximum mass flow
rate value, t2 = 0.515 s, and the end of the cycle,
t3 = 1 s.

4.1.2 Results
The distribution of pressure in the fluid domain is
analyzed for the three specific times of the cycle,
mentioned above. Figure 3 shows that in t1 pres-
sure is much higher than in t2, where mass flow rate
is maximum and in the end of the cycle, t3. In all
the considered times, the maximum pressure value
is located in the region where the LCX and SB1
branch begins. This is explained by the fact that
blood flows from the inlet with high velocity and the
flow streamlines experience large deflections when
leaving the main artery and entering the branches,
which causes forces and consequently higher pres-
sure on the wall in that particular region. Pressure
is locally higher in other branching regions, as is
the case of the branching of the LAD artery into
LAD1, LAD2 and LAD3 and of the branching of
LAD2 into SB2.

Velocity contours were analyzed in different cross
section of the arteries, with emphasis on the be-
ginning of the branches. The shape of the velocity
contours is not exactly parabolic due to the curva-
ture in the artery and to the fact that the artery
does not have an exactly circular section. Figure 4
shows the velocity contour in the beginning of the

Figure 3: Pressure distribution in normal arteries
at times t1 (left), t2 (middle) and t3 (right).

LCX branch, the most affected by the deflection
caused by branching, in times t1, t2 and t3. It is
possible to observe that the velocity magnitude is
much higher in t2 than in the remaining times, due
to the fact that the mass flow rate being imposed at
the inlet in that time corresponds to the maximum
value in the cycle. The velocity contours for a given
section are similar in all the considered times.

Figure 4: Velocity contour in the beginning of the
LCX branch at times t1 (left), t2 (middle) and t3
(right).

In figure 5, it is possible to observe that the wave-
form representing the evolution of the average WSS
on the wall follows the shape of the mass flow rate
waveform imposed at the inlet. This is expected,
since mass flow rate is proportional to the velocity
and WSS is computed from the velocity field, more
precisely from the velocity derivative in the direc-
tion perpendicular to the wall. The maximum WSS
waveform follows the basic shape of the mass flow
rate waveform. The obtained results are close to
those obtained in the literature [7]. The WSS dis-
tribution in the three specified times, t1, t2 and t3,
is presented in figure 6. The maximum WSS values
are located in the same regions as the maximum
pressure values, near branching. The same phe-
nomenon that leads to the existence of high pres-
sures also causes high WSS values. Regions with
lower WSS values, identified by dark blue colour,
are in theory regions where it is more likely that
the deposition of atherosclerotic plaques occurs.

The temporal evolution of the average and max-
imum artery displacement within one cardiac cy-
cle is displayed in figure 7. It is important to no-
tice that, since a new cyclic equilibrium was ob-
tained, the displacement lowest value is different
than zero. The average and maximum displace-
ment waveforms are similar, having different am-
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Figure 5: Temporal evolution of average and maxi-
mum WSS in arteries in normal conditions.

Figure 6: WSS distribution in the arteries at times
t1 (left), t2 (middle) and t3 (right).

plitudes. The displacement waveform follows the
pressure waveforms (figure 1) with delay, which is
in part caused by the considered damping. In figure
8, the displacement distribution is presented on the
left for t1. The spatial relative displacement distri-
bution between different times of the cardiac cycle
has minimal variation, which means that displace-
ment varies approximately the same amount in ev-
ery point of the domain between different times. In
figure 8 (right), a comparison between the deformed
(green, with scale factor of 7.5) and undeformed
(red) configurations of the artery (t1) is made in
the LAD branches, where it can be seen that, us-
ing a hyperelastic model for the artery, there is not
only variation of diameter, but also an oscillatory
movement of the artery due to the blood flow. Dur-
ing the cycle, the oscillatory displacement is larger
than the displacement due to the variation of the
diameter.

Figure 7: Temporal evolution of the average and
maximum artery displacement over the cardiac cy-
cle in in arteries in normal conditions.

Figure 8: Displacement distribution in normal ar-
teries in t = t1 (left) and comparison between de-
formed and undeformed configurations (right).

4.2. Blood Flow in Stenosed Left Coronary Arteries
4.2.1 Methods
In order to simulate stenosed arteries, the diameter
was progressively reduced in a certain region of the
artery, with a maximum reduction of 50%, which
corresponds to about 75% reduction of the cross-
sectional area. This value is considered the limit for
critical obstruction that can lead to serious compli-
cations, according to the literature [25, 26]. The
stenosed region of the coronary model is shown in
figure 9

Figure 9: Stenosed region

The fluid and the solid were modelled exactly the
same way as was done in the section above.

4.2.2 Results
In this work, mass flow rate is imposed at the in-
let and pressure is imposed at the outlets. In the
case of stenosed arteries, due to the local reduction
of cross-sectional area in the stenosed region, in or-
der to be able to meet the mass flow rate that is
imposed at the inlet, a higher pressure must be ver-
ified at the inlet. This is showed in table 1, with
the pressure differences between the inlet and LAD2
(the outlets have the same pressure value imposed
in normal and stenosed cases) for times t1, t2 and
t3 being presented for normal arteries and stenosed
arteries. Stenosed arteries present higher pressure
differences in all considered times, with the differ-
ence in t2 being significantly higher. In a computa-
tional simulation, with the mass flow rate imposed
at the inlet, the higher pressure verified at the inlet
is a natural consequence. However, in real arter-
ies, the human body may be able to adapt until a
certain degree of stenosis, imposing higher pressure
at the inlet or reducing the resistance in the cap-
illaries, but when a critical stenosis is reached, it
may not be possible to further increase the pressure
difference between the inlet and the outlets, which
inevitably leads to a reduction of the flow entering
the arteries.
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Condition t1 t2 t3

Normal 23.14 Pa 84.27 Pa 29.46 Pa

Stenosed 25.78 Pa 93.83 Pa 32.11 Pa

Table 1: Pressure difference between Inlet and
LAD2 for t1, t2 and t3

The velocity contours were analyzed in the
stenosed region, with the velocity contours at times
t1, t2 and t3 at the end of the stenosis (downstream)
presented in figure 10. In this figure, it is possible
to observe low velocity recirculation zones at the
bottom right and top right of the section for all
considered times and also at the left side of the sec-
tion for t2. These recirculation zones can be seen
downstream of the maximal stenosis section, in fig-
ure 11, where the streamlines in the stenosed region
are presented for t2. A possible consequence of the
existence of low velocity recirculation zones in this
region is the downstream spreading of the steno-
sis, since these zones are where plaque deposition is
most likely to occur. In figure 11 it is also possible
to observe the 3D nature of the flow in that region.

Figure 10: Velocity contours at the end of the steno-
sis at times t1, t2 and t3

Figure 11: Streamlines in the stenosed region for
t = t2

4.3. Blood Flow in Stented Left Coronary Arteries
4.3.1 Methods
The presence of the stent was simulated with a re-
alistic stent geometry contacting the arterial wall.
The stent geometry used is presented in figure 12.

Figure 12: Stent geometry

The modelling of the fluid and solid artery do-

mains was performed with the same specifications
that were described in the previous sections.

The stent geometry was meshed in Abaqus, re-
sulting in about 40,000 FEM quadratic tetrahedral
elements. The surface of the stent was tied to the
contacting artery surface. The stent was modelled
as stainless steel, specifically the 316L alloy, with
a Young’s modulus of 193 GPa, a Poisson’s ratio
of 0.27 and a density of 8000 kg/m3, assumed as a
linear isotropic material.

4.3.2 Results
The global pressure distribution in stented left coro-
nary arteries is similar to the pressure distribution
in normal arteries, with the maximum pressure val-
ues being also located in branching regions for the
reasons explained in the analysis of pressure dis-
tribution in normal arteries. However, in the re-
gion where the stent is placed, the local pressure
distribution in the stented arteries is significantly
different from that in normal arteries. Figure 13
shows the local pressure distribution in a longitu-
dinal section across the region where the stent is
placed, in t2. It can be seen that, due to the ob-
struction caused by the stent geometry in the flow,
pressure has a local maximum value right before
the stent wire and a local minimum value right af-
ter the stent. This is due to the deflection of the
streamlines in order to avoid the obstruction.

Figure 13: Local pressure distribution (t=t2) in
the stented region (left) and a zoom near the wall
(right).

In figure 14, it is possible to see the streamlines
in the region where the stent is placed (which cor-
responds to the stenosed region from the previous
section) in t2. Once again, the three-dimensional
nature of the flow is visible. The flow near the cen-
tre of the artery section in the stented region is sim-
ilar to the one verified in normal arteries. However,
the flow near the wall is altered in stented arteries,
due to the deflection imposed on the streamlines
by the geometry of the stent. These deflections are
visible in the image on the right, which shows a
zoomed plane near the wall.

Global WSS distribution in stented arteries is
similar to the one obtained in normal arteries. How-
ever, in the artery section where the stent is placed,
the local WSS distribution shows differences when
compared to the case of normal arteries. The lo-
cal WSS distribution in the region where the stent
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Figure 14: Streamlines in the stented region (left)
and a zoom near the wall (right).

is placed is shown in figure 15. It is possible to
observe that WSS values are higher in the lower
surface of the stent, which is caused by the deflec-
tion imposed on the current lines, in order to avoid
the geometry of the stent. Due to this deflection,
the velocity derivative near the wall presents high
values, which leads to high WSS values.

Figure 15: Local WSS distribution in the stented
region.

The average and maximum displacement evolu-
tion with time in stented left coronary arteries is
presented in figure 16. It can be seen for both av-
erage and maximum WSS curves that the displace-
ment base value is lower for stented arteries and
that the displacement variation (difference between
maximum and minimum value in each curve) is also
lower, when compared to normal arteries. This is
expected, since the permanent contact between the
stent and the artery in a specific region leads to
an increase in the effective stiffness of the artery
locally.

Figure 16: Temporal evolution of average (left) and
maximum (right) displacement in stented arteries.

5. Conclusions
In the present work, an analysis of blood flow in
the left coronary arteries was made. The basic ge-
ometry used to model the arteries was obtained us-
ing medical imaging segmentation. Three different
artery conditions were simulated, normal, stenosed
and stented.

In the analysis of blood flow in normal left coro-
nary arteries, it was found that the branching re-
gions, associated with geometry curvature, lead to
significant changes in local velocity profiles. The de-
flection imposed on the streamlines in these regions
leads to the occurrence of the maximum values of
pressure and wall shear stress in the domain. It was
verified that the variation of displacement during a
cardiac cycle is one order of magnitude below the
dimension of the diameter, having significant impli-
cations in the blood flow. In this sense, a rigid wall
approach may not be appropriate.

Regarding stenosed arteries, it was found that
blood flow is altered significantly in the stenosis re-
gion, due to the cross-sectional area variation, to-
gether with curvature of the geometry. The max-
imum WSS value verified in this case was signifi-
cantly higher than the one verified in normal ar-
teries. One of the main consequences of the ob-
struction caused by the stenosis is the existence of
low velocity recirculation zones immediately down-
stream, increasing the risk of stenosis spreading. It
was also verified that there is an increase in the
pressure gradient between the inlet and the outlets,
which may not be achievable in reality, leading to a
consequent decrease in the flow rate in the coronary
arteries.

Lastly, with regard to stented arteries it was con-
cluded that the stent presence influences blood flow
locally, due to the physical obstruction that it con-
stitutes near the wall. This influence is more sig-
nificant near the wall, where the pressure and WSS
distributions are affected. It was found that, while
the streamlines undergo deflections near the wall,
there are no significant changes in the flow in the
central section of the artery.
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