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Instituto Superior Técnico, Lisboa, Portugal

June 2014

Abstract

This thesis is concerned with the numerical study of three-dimensional fluid-structure interaction
in curved pipe that resembles an idealized aorta artery. The finite volume code STAR-CCM+ is used
to solve the fluid-structure interaction problem governed by the Navier Stokes equations with the large
displacement model in a strongly coupled interaction. Two cases are considered for the validation
purposes: straight collapsible tube with different thicknesses, for validation of the fluid-structure model
and pressure wave propagation for the wall deformation. The main study resides upon the comparison
between rigid and elastic walls on the pulsatile flow in a curved pipe and an aorta artery. In the first
case simulations are performed for several Young modulus and Womersley numbers. For the blood
flow in an idealized aorta artery, hemodynamical values are used whilst varying the young modulus
in order to observe the elasticity influence on the flow. The results show a detailed validation of
the STAR-CCM+ code for the fluid-structure interaction model problem and a physical sound result
considering the influence of the wall elasticity on the Dean vortices of the secondary flow. The evolution
of the flow when varying the elasticity is established.
Keywords: Aorta artery (idealized), Elastic curved and straight tubes, Fluid-structure interaction
(FSI), Finite Volume Method, Pulsatile flow, Secondary flow, Wall shear stress

1. Introduction

The subject of fluid-structure interaction is im-
mensely vast and can cover almost any field of mod-
ern engineering. Some examples of these applica-
tions vary from the flutter of a wing, the oscillation
of the blades of a compressor or a bridge or even the
pulse wave propagation in an artery. This explains
why this field has been continuously very active in
almost more than a hundred years, and will con-
tinue for many more years.

The main factors, which characterize fluid-
structure interaction, are: the geometry of the tube,
the incompressibility of the fluid and the rigidity of
the tube. As such it comes with no surprise that
one of the most typical practical examples is based
upon arterial flow, due to the great value it has for
mankind. It is also ideal for an academic study of
FSI since all the factors and parameters of interest
are found in a single place, which is truly conve-
nient. Since this flow is purely driven by pressure
waves, which result from the action of cardiac mus-
cles upon the artery, the pulse propagation phenom-
ena can be studied with ease, in terms of geometry,
with computational modelling. Many blood mod-
els are available in the literature, from the simplified
Newtonian model up to the Carreau-Yasuda model.
Differences have been seen in simulations recurring

to two and three dimensional models when com-
pared to the in-vivo results. It is believed that the
main reason for such differences to occur is due to
the fact that those models did not take into account
wall motion which would somehow make the differ-
ence.

However most of the research done until now
as been mostly based on 1-dimensional (1-D) and
2-dimensional (2-D) models and although the 3-
dimensional (3-D) has started to make an appear-
ance, it is still done with for a very specific case
with many assumptions and hypothesis. The rea-
son for such occurrence was that, for many years it
was believed that the 3-D aspect of both solid and
fluid would not have appreciative influence upon the
results. Another reason for the lack of 3-D numer-
ical experiments is due to how heavy these com-
putational simulations can be even with the sim-
plest tube. While 1-D simulations would run in a
matter of hours, the 3-D model can easily take a
couple of days, for example. With the passing of
time and the increasingly more resourceful comput-
ers available to researchers, some experiments have
been made and the issuing results have begun to
raise questions upon the previous 2-D assumptions.
Also observations on experimental rigs have shown
for quite some time that some inconsistencies such
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as the asymmetric deformations of the solid could
not be predicted with the models in use.

One-dimensional (1-D) and three-dimensional (3-
D) formulations have been used extensively to sim-
ulate arterial hemodynamics. Landmark contri-
butions in 1-D modeling include the works of [7],
[16, 13], [10], [5], [14], [2], [9], [1], and [8]. Key con-
tributions to 3-D blood flow modeling in deformable
vessels include the works of [11], [17], [12], [15], [3],
[6], and [4].

The main objective of the work is to investigate
the wall artery flexibility (Young modulus) on the
developed secondary flow of Dean type. The next
section presents governing equations and fundamen-
tal theory related to FSI.

2. Numerical Model
The CFD commercial software STAR-CCM+ is
used to solve the unsteady Navier-Stokes equations
and the solid mechanics.

2.1. Equations: Solid Mechanics
The process by which the wall deformation is cal-
culated is done according to the following steps.
Taking the differential form of the solid momentum
equation:

ρü = 5 • σ + b (1)

where b is the body force, and a general consti-
tutive law between the stress tensor and the strain
tensor:

σ = σ(ε, T, k) (2)

where T is the temperature and k represents other
internal variables. Also since small strain is as-
sumed we can use ε = 1

2 (5U+5UT ) to characterize
strain. The finite volume form is now determined
by the integration of parts to obtain:∫

V

ρüdV =

∫
A

σdA+

∫
V

bdV (3)

The acceleration terms can be modelled either us-
ing a 1st order (Backward Euler) or a 2nd order
(Newmark). In STAR-CCM+ the large displace-
ment model is also included since the displacement
can be as large as the cell size.

During a numerical simulation where the struc-
tural behaviour is analysed, there can be a lack of
either physically real or unwanted numerical damp-
ing. To try and solve this problem the Rayleigh
Damping methodology is used. The damping is
written as:

C =
M

τM
+ τKK (4)

where C is the viscous damping matrix, M is the
mass matrix, K is the stiffness matrix, 1

τM
is the

mass damping coefficient, and τK is the stiffness

damping coefficient. In the finite volume stress
analysis the stiffness matrix is not computed, in-
stead an equivalent law for viscous stress is used:

σd = 2Gε̇+ λtr(ε̇)δ (5)

where ε̇ is the rate of change of the deformation
rate gradient. The total stress is given as the sum
of the elastic and viscous damping parts and with
an elastic model with pseudo strain of the form:

ε̃ = ε+ τK ε̇ (6)

the elastic model returns the total stress due to both
the elastic and viscous damping.

2.2. Equations: Fluid Model
The fluids used during the simulation can be as-
sumed as incompressible, under such hypothesis the
Navier-Stokes equations are given as:

∂ρ

∂t
+
∂ρU

∂x
= 0 (7)

∂U

∂t
+ u • 5U = −5P

ρ
+ ν 52 u (8)

where ν is the kinematic viscosity, U is the velocity
of the fluid, P is the pressure and ρ is the fluid
density. The Eq.(13) is known as the continuity
equation and Eq.(14) as the momentum equation.

Since the fluid is viscous and incompressible, the
following constitutive equation is used:

τij = 2µsij (9)

which relates the stress tensor τij and the strain
rate tensor sij , µ is the dynamic viscosity of the
fluid. The strain rate tensor is defined as:

sij =
1

2
(
∂Ui
∂xj

+
∂Uj
∂xi

) (10)

The solving methodology is done with a segre-
gated solver which can be described as using a col-
located variable arrangement and a Rhie-andChow-
type pressure-velocity coupling combined with a
SIMPLE-type algorithm. For boundary conditions
the no slip condition is applied at the wall.

A pulsated flow of velocity pulsation ω is then
characterized by the following parameters:

- the Womersley number α = r0(ω/ν)1/2,
also known as the frequency parameter,

- the Reynolds number Re = (U ∗ Dh)/ν,
which for the oscillating flow we take the maximum
velocity, Umax,osc, and for the steady flow we take
the mean velocity Um,st,

- the Dean number Dn = 4UmDh

ν

√
Dh

Rc
where Um

is the mean velocity, ν is the kinematic viscosity,
Dh is the hydraulic diameter and Rc is the mean
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radius of curvature.

- the ratio β = Umax,osc/Um,st, which char-
acterizes the balance between the steady and
oscillating components of the pulsated flow,

- the oscillating velocity amplitude, defined in a
flow cross-section as: Uosc = Umax,osc ∗ sin(ωt) =

[ 1
πr2

∫ R
0

2πrU(r)dr] sin(ωt).

3. Results
In the following table we present the characteristics
of our model:

3.1. Geometry

Table 1: Summary of aorta simulation

Case
Solid Properties
Radius inlet (R) 1 [cm]

Length (L) 0.351 [m]
Thickness 0.2 [cm]
Density 1000 [Kg/m3]

Young Modulus 1-3 1.5; 1; 0.7 [MPa]
Poisson Coefficient 0.45
Fluid Properties

density 1050 [Kg/m3]
dynamic viscosity 0.0035 [Pa-s]

At the inlet we prescribe a mass flow rate and at
the outlet an extended uniform straight tube which
acts as a porous media so that an effect similar to
the Windkessel model is acting on the simulation.
At the end of that section a pressure condition of
6000 Pa is imposed.

Figure 1: Mass flow rate at inlet of the Aorta.

As we can see these values are all within biolog-
ical ranges. Since the disparities that was found
when dealing with young modulus we choose to run
4 simulations. One which will be rigid and the three
others will have decreasing rigidity in order to anal-
yse the effect of elasticity. We can see in Figure 2

the geometry of our simplified aorta.

Figure 2: Geometry of the aorta.

In this simulation the parameters which will be
studied are the velocity profiles, the secondary flow,
the displacement of the wall, the wall shear stress
and the secondary flow structures.

The mesh used in this study has around 180000
cells and can be seen in Figure 3.

Figure 3: Mesh of the aorta.

3.1.1 Velocity Profiles

Just as we did for the third case, we will start by
presenting the velocity profiles along the horizontal
(z plane) and the vertical axis (y plane) of the aorta.

From the results presented in Figures 4,5,6
and 7 we can see that the velocity profiles, taken
respectively at 90◦ and 180◦, have been affected by
the elasticity of the wall considerably. At t=9.7s
and t=9.88s we see that with a higher elasticity
value they present a similar velocity profiles there
is an increase in difference when increasing the
rigidity. The peak value also changes considerably
with the elasticity. For the diastole phase we have
a more pronounced reversed flow with the increase
in rigidity. Some of these aspects were already seen
in the case of the 90◦ bend pipe. Looking at the
extremes of Young modulus of 0.7 MPa and the
rigid configuration we can thus conclude that:

- The velocity for each time will have a
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Figure 4: Velocity profiles along horizontal axis
for section at 90 degrees E=[0.7;1;rig] MPa (blue
- t=9.7s; red - t=9.78s; green - t=9.88s; purple -
t=9,98s).

lower maximum value, in magnitude, for a more
elastic configuration than for a rigid one.

- When in the diastole period (minimum flow
phase), with an increase of rigidity we have a more
pronounced reversed flow.

These results are physically sound since with a
more elastic solid the pressure applied by the fluid
on the solid walls will expand the geometry. Since
the fluid has to obey the law of conservation of
mass, the fluid has to lower its’ speed for the same
mass flow rate in a period, therefore we obtain
the changes that are seen in the aforementioned
profiles. It is important to keep in mind the region
of the tube which as a zero velocity value observed
in the case of Figures 5 and 7 for when we will talk
of the wall shear stress.

3.1.2 Secondary Flow

Since we have curvature we already know that a
secondary flow will begin to form and develop along

Figure 5: Velocity profiles along vertical axis for
section at 90 degrees E=[0.7;1;rig] MPa (blue -
t=9.7s; red - t=9.78s; green - t=9.88s; purple -
t=9,98s).

the ascending aorta (0◦) until the beginning of the
descending aorta (180◦). The only thing we are not
sure is how the secondary flow will behave since we
are also introducing taper.

As we can see in Figure 8 the secondary flow
presents somewhat some similarities to the 90 de-
gree bend. typical Dean vortices appear up to the
90◦, however when we go from an elastic configu-
ration to a more rigid one we can observe that the
secondary flow is capable to propagate much further
into the straight tapered region. Now to be able to
answer how this would happen we have to think
about the physics that are behind the formation of
secondary flow structures. The pair of counter ro-
tating vortices known as the Dean vortices only ap-
pear when the pressure gradient force is centripetal
and smaller than the centrifugal force in the core
flow, and circumferential and greater than centrifu-
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Figure 6: Velocity profiles along horizontal axis for
section at 180 degrees E=[0.7;1;1.5;rig] MPa (blue
- t=9.7s; red - t=9.78s; green - t=9.88s; purple -
t=9,98s).

gal force near the wall. This will result in a con-
vective acceleration that is centrifugal in the core
flow and develops a spiral pattern. With the wall
exercising an increase in the centrifugal force, the
difference between the extremes of the wall pressure
will also increase. When the pressure gradient, that
acts in-plane, becomes larger than the centrifugal
force in the outer core both regions of the spiral will
grow into the Dean vortices. In the core, the fluid
elements are swept by the action of the centrifugal
force to the outer wall. From there the flow heads
towards the inner wall through a path along the lat-
eral walls due to the action of the pressure gradient,
the viscous forces and the centrifugal wall traction.
The balance between the pressure gradient and the
other two forces is what contributes for the intensity
of the secondary flow. If there is an increase in the
Reynolds number, then the in-plane pressure gradi-
ent, by the equilibrium law, has to also increase in
order to counterbalance the centrifugal force. This

Figure 7: Velocity profiles along vertical axis for
section at 180 degrees E=[0.7;1;rig] MPa (blue -
t=9.7s; red - t=9.78s; green - t=9.88s; purple -
t=9,98s).

will start to generate even more vorticity, which will
be convected by the flow to the core where there is
less viscous dissipation. This mechanism will be re-
sponsible for the beginning of the formation of other
pairs of counter rotating vortices. Therefore as we
can see in the pressure section, the addition of elas-
ticity to the wall has indeed lowered even further
the pressure gradient, increasing thus the pressure
difference in-plane sections which will allow not only
for the propagation of secondary flow in the straight
section of the tube, but also to originate other pairs
of counter vortices.

3.1.3 Wall Shear Stress

As we know the wall shear stress is closely con-
nected to the wall shear stress since by its’ defini-
tion it is directly proportional to the derivative of
the tangential velocity. Also the wall shear stress
is a very important indicator of the development
of some arterial diseases. When there is a region
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Figure 8: Secondary flow isolines in the midsection
and exit of the curved part of the idealized aorta
for E=0.7 MPa and E=1.5 MPa (columns t=9.7s;
t=9.78s; t=9.88s; t=9,98s ; rows 1 and 2 section at
90 degree in the curved part and rows 3 and 4 at
180 degrees.).

with low wall shear stress there is the possibility of
accumulation of plaques which will start to adder
to the arterial wall. With time this small deposit
may grow and cause a blockage, known in medi-
cal terms as a stenoses, which can very well prove
fatal if critical values are reached. This is why a
three dimensional analysis is extremely important
since there is no way of being absolutely sure where
those areas of interest might be located.

Figure 9: Wall shear stress along the outer wall of
the tube for t=9.78s and t=9,98 (blue - rigid; red -
E=0.7 MPa).

As we can see ploting only 2D wall shear stresses,
Figure 9 can give us only very little information
when compared to the 3D scenes obtained in Fig-

Figure 10: Wall shear stress and Pressure on
the surface of the tube and in the xy plane for
E=[rigid,0.7] MPa at: t=9.7s (1-2,5-6 images);
t=9.78s (3-4,7-8 images).

ure 10. In the two dimensional case we can extract
some very interesting conclusions of what happens
in the near wall region. When looking at the first
and the second graph in the outer and inner wall
shear stress, we can observe a similar behaviour
along the entire tube with only slight variations in
magnitude. The main reason being that they their
respective velocity profiles (previously presented in
Figures 4,5,6 and 7 do not diverge much with the
variation in the Young modulus. Now when looking
at the second and the third graph we have some im-
portant differences that are of crucial importance.
In the peak value we see the same tendency for the
wall shear stress, but there is a significant drop on
the magnitude. This is another result that prove
not only that our model is working accordingly,
since we have a decay up to 30$ in the peak veloc-
ity value, but also proves what is seen in the liter-
ature. For a long time many doctors and engineers
remained puzzled by the fact that the two and three
dimensional analysis with rigid walls tended to over-
shoot the magnitude of the wall shear stress. We
can thus see that the key for this problem came all
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along from the non inclusion of the fluid structure
interaction of the walls into the simulation. This
result thus proves that fluid structure interaction is
an essential part for the study of not only hemody-
namics but also any other application where a sim-
ilar situation might arise. For the last graph which
corresponds to the diastole phase the behaviour of
the wall shear stress is more complex than the oth-
ers. We must remind ourselves of what we saw in
the velocity profiles, which showed the decrease of
reversed flow with the increase of elasticity. That is
the key in understanding the observed curves. In-
deed for the curved section we can see that, in mag-
nitude, the flow velocity is higher when in the tube
is more elastic. This results in a higher derivative
of velocity near the wall which will increase propor-
tionally the wall shear stress. Now for the remaining
section the boundary layer present in the straight
tube is considerably lower, as we can extrapolate
from the bulkier velocity profile, thus reducing the
derivative which lowers the wall shear stress value.

Now when looking at Figure 10 we can see that
the wall shear stress presents a very colourful vari-
ation along the idealized aorta. Thus we may not
affirm that with a simple two dimensional plot to
be able to locate with certainty the lower values of
wall shear stress. Tree dimensional plots play an
important factor when trying to locate problematic
areas. The most interesting feature that can be ob-
served is the relative symmetry that appears when
looking at the tube in the xy plane. This behaviour
of wall shear stress is expected since we must take
into account the existence of secondary flow in the
tube. Also we can locate with this figures where the
secondary flow starts to dissipate due to the action
of viscous forces.

3.1.4 Pressure

As we well know it is the pressure gradient along
the tube that allows the fluid to flow. But since we
have a curvature we must take into account that
the fluid will be not only driven by the pressure
gradient, but also by the effect of the centrifugal
force.

Most of what needs to be said in this section
has already been related in the previous parame-
ters. The most interesting part which has been left
out and could not really be obvious when looking at
velocity profiles and wall shear stress is the distri-
bution of the pressure along the idealized aorta. In
Figure 10 we see that there is a significant decrease
in pressure magnitude, which once again comes
from the fact that elasticity effects are taken into
account. What was not predictable is the central
distribution which for the rigid case shows a irregu-
lar form while when introducing elasticity we have a

more �rectangular �separation of the regions. This
allows us to see how the equilibrium between the
centrifugal forces, viscous forces and pressure gradi-
ent interact and change with the material elasticity.

3.1.5 Solid Displacement

Last but not the least we present in this section the
displacement of the aorta with increasing rigidity.

Figure 11: Solid displacement on the surface of the
tube and in the xy plane for E=[1.5,1,0.7] at: t=9.7s
(first 2 images); t=9.78s (last 2 images).

We can see in Figure 11 that the tube does not
simply inflate as we could have guess. However
when looking closely we can see that there is a
symmetry in the xy plane. The same pattern hap-
pens when increasing the rigidity of the tube with a
lower magnitude intensity, naturally. Now here the
analysis is not as straightforward as we would hope
for. There is a combination of several factors which
have different weights in the geometry deformation.
What we see is the consequence of our choices when
modelling the solid. Indeed the assumption of a sin-
gle layer for the arterial wall in conjunction with the
isotropic material behaviour will have no doubt im-
portant consequences in the deformation obtained.
Plus we have added taper, which basically acts as
a strengthening of the wall. All of this as a signifi-
cant impact on the entire simulation and we cannot
affirm what would happen if anisotropic wall be-
haviour had been an option. We believe that some
differences would arise but the main tendencies here
observed would have remained similar.

7



4. Conclusions

Much was done in this simulation. Indeed not only
it was possible to model the blood flow in an ideal-
ized aorta with some degree of truth but also we saw
some interesting effects from the inclusion of taper
which the author has not seen an extensive work
done in the literature upon the matter. Of course
many simplifications where made and we cannot
even remotely associate this to a true aortic regime.
We would like to say that even so many conclusions
remain useful for medical applications but also for
engineering purposes.

To summarize what we saw we can say that:

- The elasticity is an important factor and that
it must be taken into account in hemodynamics
studies.

- Flow speed profiles will have a lower magnitude
value, with the exception of the diastole regime
which presents not only a slight increase in its’
magnitude value but also a variation in flow
direction with varying elasticity.

- The secondary flow can easily propagate
into the straight section when higher elasticity
values are present. Also the evolution of instability
structures is different.

- the wall shear stress will present lower
values with a more elastic regime, which concurs
with the literature available on the subject.

- Pressure variation can be quite significant,
around 3000 Pa, and its’ distribution is directly
influenced with the elasticity.

- Wall deformation is not uniform cross-
sectionnally and presents some circular �spots �.

- Numerically speaking, there is a higher
difficulty when trying to reduce the time step
interval for some not well known reason. No
commentaries have been found on the matter in
the literature that was consulted.
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