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Abstract: The Abdominal Aortic Aneurysm (AAA) is a local dilation of the abdominal aorta and it is a
cause for serious concern because of the high mortality associated with its rupture. Consequently, the
understanding of the phenomena related to the creation and the progression of an AAA is of crucial
importance. In this work, the complicated interaction between the blood flow and the AAA wall is
numerically examined using a fully coupled Fluid-Structure Interaction (FSI) method. The study
investigates the possible link between the dynamic behavior of an AAA and the blood viscosity
variations attributed to the haematocrit value, while it also incorporates the pulsatile blood flow,
the non-Newtonian behavior of blood and the hyperelasticity of the arterial wall. It was found that
blood viscosity has no significant effect on von Mises stress magnitude and distribution, whereas
there is a close relation between the haematocrit value and the Wall Shear Stress (WSS) magnitude
in AAAs. This WSS variation can possibly alter the mechanical properties of the arterial wall and
increase its growth rate or even its rupture possibility. The relationship between haematocrit and
dynamic behavior of an AAA can be helpful in designing a patient specific treatment.

Keywords: Abdominal Aortic Aneurysm; Fluid-Structure Interaction (FSI); Computational Fluid
Dynamics (CFD); haematocrit; pulsatile flow; non-Newtonian

1. Introduction

Abdominal Aortic Aneurysm (AAA) is a cardiovascular disorder that is a cause for serious
concern worldwide. AAA is a local dilation of the abdominal aorta, mostly found in the infrarenal
segment, usually over 3 cm in diameter and are most of the time reported in men aged 65 or older that
are smokers [1]. This problem, like many of the problems health professionals are confronted with,
calls for an interdisciplinary approach. Engineers can tackle medical problems by employing methods
that are fundamental to engineering practice to comprehend and modify biological systems to assist in
the diagnosis and therapy of human diseases.

Little is understood about the complete mechanism of AAA creation. Understanding the
phenomena related to the creation of an AAA, progression and behavior are of crucial importance since
AAA patients’ mortality appears significantly high, especially for developed countries [2]. Namely,
an AAA’s rupture is lethal in up to 90% of cases [3] but rarely presents any symptoms until its
occurrence [1,4] making its detection challenging. Determining AAA’s risk factors, or any factors that
lead to the generation, growth and evolution of AAAs can lead to its more effective prevention or cure.
The maximum aneurysm size is often picked as a rupture risk index, although many small AAAs do
also rupture [5]. Stresses on the aneurismal wall are believed to be a better rupture risk index and
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offers better data for surgical evaluation [6,7]. Aneurysm rupture may occur when this wall stress
surpasses the aneurismal wall failure strength.

Risk factors for the development or even rupture of AAAs include multiple biochemical processes
occurring in parts of the aortic wall, erosion of the endothelium of the arterial wall [8], along with
physiological haemodynamic abnormalities that alter the interaction of the blood flow with the arterial
wall. It is accepted that cardiovascular diseases in general—and more specifically, AAAs—are affiliated
with blood viscosity [9]. The current study investigates the possible link between dynamic behavior of
an AAA and changes in blood viscosity due to variations of the haematocrit (Ht), which in turn is
defined as the volumetric percentage of red blood cells in blood [10]. This association between blood
viscosity and AAA haemodynamics rarely appears in literature [11]. Inserting a clinical parameter in
the study enables us to correlate the AAA’s behavior with a common medical index. Previous research
by Kanaris et al. [12] revealed that variations of blood haematocrit can turn out to be noteworthy in
haemodynamics (e.g., WSS).

In this work the complicated interaction between the blood flow and the AAA wall is numerically
examined by using a fully coupled Fluid-Structure Interaction (FSI) method. It is common place
that coupling the fluid dynamics component of the simulation with the solid domain simulation
is essential to reach more representative results of the overall AAA behavior [13–16]. In the past,
the application of CFD (without FSI) in blood flow simulation in patient-specific geometries has led to
significant advances in the understanding of how the haemodynamic quantities of interest affect or
are affected by the vessel wall geometry and boundary conditions [17]. Over the last decade CFD
was successfully used in the simulation of blood flow, examination of potential surgical treatment
options, simulation of medical devices, etc. However, CFD-only blood flow always incorporates the
assumption that the blood vessel walls are rigid, which is not always a realistic approach. As vascular
walls are flexible, they tend to deform due to haemodynamic forces; wall deformation would then
alter the blood flow patterns, which in turn alter the fluid dynamic itself. This behavior makes the
study of an AAA a purely FSI problem.

Wall Shear Stress (WSS) should also be considered when studying AAAs. WSS is a significant
parameter of haemodynamics as it can alter the arterial wall properties [6]. These alterations may
have great impact on the AAA wall as they can reduce its resistance and consequently accelerate
its rupture [18,19]. When simulating blood flows, the importance of imposing a pulsatile boundary
condition for the mass flow is proved [20] to play key part in subsequent results, especially in dynamic
phenomena like AAA wall behavior.

Previous research has revealed that the non-Newtonian nature of blood shall not be ignored
as it plays a great role in determining various characteristics of the flow, predominantly [12,21,22].
The present study incorporates a non-Newtonian model for blood using the Casson model [10],
integrating simultaneously with the viscosity modelling the haematocrit dependency on the AAA
behavior [10]. Summarizing the above, we conclude that while existing literature does consider some of
the aforementioned issues, such as the following,

• the pulsatile blood flow [20],
• the non-Newtonian behavior of blood [21],
• the hyperelasticity of the arterial wall [23,24],

in most of the AAA studies, not all of them are included simultaneously.
This study incorporates all the above issues to investigate the possible link between the dynamic

behavior of an abdominal aortic aneurysm (AAA) and the blood viscosity variations due to different
haematocrit values. This is accomplished by using simulation tools that implement a Fluid-Structure
Interaction (FSI) method. Specifically, for a typical range of haematocrit values we will numerically
estimate the values of blood pressure, the equivalent stress (von Mises stress or equivalent tensile
stress) of the AAA wall and the WSS.
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2. Methodology

2.1. About FSI

Multiphysics simulation is a crucial tool, which attempts to accurately predict complex
phenomena that will occur where multiple types of coupled physics (structure, fluid, thermal etc.)
interact. It is a well-established method in product engineering, as it drives development processes
and can influence engineering simulation efforts, as its strategic value is being recognized.

Those multiphysics problems are usually solved with a multi-field approach, where physics are
treated each as an independent field with its own variables. Different fields “interact” by exchanging
information via “interfaces”, which are special types of boundary conditions. One very well-known
type of multiphysics problems is the Fluid-Structure Interaction (FSI) which occurs when a fluid
interacts with a solid structure causing deformation in the structure and, as a result, altering the flow of
the fluid itself. A solution based on FSI is required for biomedical flows involving compliant blood
vessels and valves.

A coupled system is defined as one where physically or computationally heterogeneous
mechanical components interact dynamically [17]. This system is a group of functionally related
components which are forming a “collective entity”. FSI is focused on understanding the system
response due to an excitation or change in boundary conditions. Different physical phenomena
associated with the system components usually are nonlinear and act on different time scales and
spatial domains. Consequently, each component needs to be described by appropriate theoretical
models along with the inherent coupling mechanisms between different fields.

To effectively approach these types of complex systems, it is required that they are “broken-down”
or partitioned. Partitioning is the process of spatial separation, “decomposition” of a discrete model
into interacting components referred to as “partitions”. Decomposition is usually driven by physical
or functional considerations: a physical subsystem can be the fluid—the blood—which can be
approached by field equations in computational fluid dynamics (CFD) and another physical subsystem
can be the blood vessel, which will be approached as a structural model. In a coupled multiphysics
problem, multiple physics models or phenomena are handled simultaneously. In this case, different
discretization techniques are applied on individual subdomains on different spatial domains, or
individual field variables (e.g., pressure applied by blood on a vessel wall) represent different but
mutually interacting physical phenomena.

2.2. Geometry

The AAA studied is positioned just below the renal bifurcation. Normal aortic diameters vary
widely and are strongly influenced by several factors (e.g., gender, age etc.) [25,26]. A simplified
geometry was selected as a benchmark to emulate a real-life AAA for this current parametric and
methodological study. The non-affected part of the model was assumed to have a diameter of
20 mm [25–27]. The aortic sac was modelled asymmetrically to match representative abnormalities.
The maximum aneurismal diameter was set to 55 mm, which falls in the lower threshold zone for high
rupture risk and subsequently is a strong candidate for surgical treatment [28,29]. The total length of
the geometry designed is L = 90 mm. ANSYS DesignModeler (ANSYS, Inc., Canonsburg, PA, USA)
was used to create the simplified representation of an AAA. The AAA model geometry used in the
simulations is presented in Figures 1 and 2, while the geometric dimensions of the simplified AAA
model are shown in Table 1.
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Table 1. Geometrical parameters of the Abdominal Aortic Aneurysm (AAA) model.

Parameter Value

Total length of the AAA, L 90 mm
Internal inlet diameter of the AAA, Di 20 mm
Maximum aneurismal diameter, Dmax 55 mm

Arterial thickness, k 2 mm
Fluids 2019, 4, x 4 of 16 
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2.3. Governing Equations and Boundary Conditions

The governing equations for the fluid flow are the Navier-Stokes equations for incompressible
non-Newtonian flow. The momentum equations (Equation (1)) are expressed in the Arbitrary
Lagrangian-Eulerian form (ALE) for the fluid domain [23,30]:

ρb
∂u
∂t

+ ρb

(
(u−

.
db)· ∇

)
u− ∇·τb = fb (1)

where
.

db is the velocity vector of the moving mesh boundary interface, ρb is the blood density,
1050 kg/m3, and fb the body forces per unit volume. The fluid stress tensor (τb) is defined as Equation
(2):

τb = −PI + 2µD(u) (2)

where D(u) is the strain rate tensor and µ the dynamic viscosity. The strain rate tensor is expressed via
Equation (3):

D(u) =
1
2

(
∇u +∇uT

)
(3)

and
.
γ is the shear rate defined as Equation (4):

.
γ =

√
1
2

D(u) : D(u) (4)

So, Equation (2) can be rewritten as follows:

τb = −PI + 2µ
( .
γ
)
D(u) (5)

Among the various proposed models for relating blood viscosity and shear rate [10], the Casson
model was preferred since its constants can be expressed as a function of haematocrit, Ht [31].
The viscosity of blood, µ

( .
γ
)
, is modelled via Equation (6) [32]:

µ =

(√
τy

γ
+
√

µ∞

)2

(6)

where τy is the yield stress and µ∞ is the asymptotic viscosity value, characteristic for high shear rate
values. The yield stress is a measure of the relative resistance of blood to the flow at very low shear
rate values, caused by red blood cell aggregates [10]. It is known [10] that there is a strong correlation
between blood viscosity and haematocrit (Ht). A proposed model, which relates the aforementioned
terms of Equation (6) with the value of Ht [10], is used in this case:

µ∞ = µp

[
1 + 0.025Ht + 7.35·10−4·H2

t

]
(7)

where µp is the viscosity of blood plasma, and

τy = A(Ht − Htc)
3 (8)

Htc is the critical haematocrit value, below which the yield stress (τy) influence becomes insignificant.
Usually, Htc ranges between 4 and 8, whereas A is a constant that ranges between 0.6 × 10−7 and
1.2 × 10−7 Pa. In this study, the values selected for A and Htc were 0.9 × 10−7 Pa and 6, respectively
(Figure 3).
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As for the solid domain, i.e., the arterial wall, the governing equation follows the movement of the
solid material on a moving coordinate system. The solid elastodynamics are described by Equation (9):

∇ ·τW + fW = ρW
..

dW (9)

where τW is the stress tensor on the arterial wall, fW , the arterial wall force per unit volume, ρW ,
the arterial wall density, 2000 kg/m3 and

..
dW , the arterial wall local acceleration. The model used to

describe the arterial wall properties was the Mooney-Rivlin model [33,34] that perceives the arterial
wall as a nonlinear, isotropic and hyperelastic material using a simplified model of the strain density
function (Equation (10)):

Ψ = C1(1 − 3) + C2(I1 − 3)2 (10)

where Ψ is the strain energy, I1 the first invariant of the left Cauchy-Green tensor and the values
C1 = 17.4 N/cm2, C2 = 188.1 N/cm2 were obtained from Raghavan & Vorp [35].Fluids 2019, 4, x 6 of 16 
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.
γ) on blood viscosity (µ) for various Ht values.

For boundary conditions, a pulsatile inlet was reproduced from [36] (Figure 4). Additionally,
a corresponding pulsatile pressure profile was implemented at the outlet as a normal traction boundary
condition (Figure 5) [36]. The heart rate period was T = 1 s and the Womersley number, calculated
for the inlet, was Wo = 14.9, a normal value for a human aorta in normal conditions [37]. The solid
domain was fixed at the inlet and the outlet and it was assumed that this immobility does not influence
the AAA wall displacement significantly. On the outer surface of the arterial wall the absolute pressure
was set to atmospheric.

As for the FSI boundary conditions, it was assumed that the displacement of the interface is the
same for the fluid and solid domains. For the fluid part, the interface was designated as a no-slip wall.
The interaction on the surface is described by Equations (11)–(13) [38]:

dW = db (11)

n·σW = n ·σb (12)
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.
dW =

.
db (13)

where d is the displacement for each domain and n is the normal vector of the corresponding boundary
surface, along with the corresponding subscripts w, for the arterial wall and b for the blood flow.
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3. CFD Modelling

The coupled FSI simulations were performed using a commercial CFD code, the ANSYS
Workbench® software (v. 19, ANSYS Inc., Canonsburg, PA, USA). More precisely, the fluid domain
was solved using ANSYS CFX® and the solid domain was solved in ANSYS Mechanical. The coupling
was performed by the ANSYS Workbench® coupling component. At the beginning of each time step,
ANSYS CFX calculates the field variables for the fluid domain and passes the resulting pressure loads
on the interface to the ANSYS Mechanical, which in turn solves the finite element model (FEM) for the
solid domain. These stagger loops in the same timestep are reinitialized with the new deformed mesh
that occurs from the solid deformation (Figure 6).
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Hexahedral elements were used for the discretization of the fluid domain shown in Figure 7.
Adequate inflation was applied near the wall. The solid domain was discretized using 20-node
elements suitable for hyperelastic modelling in a one-layer layout, (Figure 8) as this is common practice
in similar solid mechanical models. Optimum grid density for the fluid domain was selected by
performing a grid dependency study. The fluid domain was discretized in 402,800 cells.

For the fluid domain, the finite volume method and a fully coupled solver for the pressure
and velocity, provided by ANSYS CFX®, are used. The number of iterations ensure that mass and
momentum residual values are less than 10−12, while the data transfer between the two FSI components
continues until the relevant residuals reached an acceptable value (i.e., 10−4). The DNS method for
laminar flow was employed for the solution, as the flow in the AAA demonstrated no turbulent
characteristics (Remax = 1900) [39]. For the space and time integration, the second-order upwind and
backward Euler methods were used, respectively, whereas for the solid domain a three-dimensional
Finite Element Method (FEM) was employed. The physical time step (∆t) was set to a constant value,
which in our case was ∆t = 0.0005 s to comply with the selected convergence criteria. All simulations
were performed in a custom-made cluster for parallel computing (HPC) consisting of 32 AMD Opteron
(AMD Inc., Santa Clara, CA, USA) cores and 128 GB RAM. The simulation time required for one full
cardiac pulse was about 50 h.
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Several Ht values were tested. In this study, results of two extreme haematocrit values (30%, 50%)
are presented and discussed.

4. Results

4.1. Blood flow in the AAA

The FSI simulations provide both qualitative and quantitative results that predict blood flow
patterns in the AAA (Figure 9). Blood flow in the AAA sac gets significantly decelerated due to the
enlarged diameter of the vessel. The temporal variation of blood velocity in the aneurysm follows the
inlet boundary velocity profile. The maximum velocity value on the plane cutting the AAA in half at
the level of the largest diameter is one order of magnitude lower than the maximum velocity at the
inlet. Reverse flow and recirculation zones are present during a full pulse. The pressure distribution
in the AAA is highly uniform and oscillates between the two extreme boundary values (Figure 6).
The pressure drop between the two endings of the AAA is minimal (~30 Pa) for both cases.
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Results revealed that total displacement of the aneurismal wall is strongly depended on location.
Namely, as shown in Figure 10, displacement is bigger near the areas where diameter variations are
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more pronounced. Maximum displacement during one pulse occurs when t/T = 0.373. No differences
appear for the total wall displacement when the results between the two Ht cases are compared.
The maximum displacement is 3.90 mm for both cases.
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4.3. von Mises Stress (σvM) Distribution on AAA Wall

As expected, there is a strong correlation between the arterial wall displacement and the
distribution of von Mises stress. Von Mises stress is a value used to predict yielding of materials under
complex loading and it can be represented in an expression that uses the different components of a stress
tensor. As stated in the literature [40], the von Mises stress, σvM, can be calculated by Equation (14):

σvM =

√
1
2
[(σ1 − σ2)

2 + (σ2 − σ3)
2 + (σ3 − σ1)

2] (14)

where σ1, σ2 and σ3 are the principal stresses in three-dimensional problems.
It is revealed (Figure 11) that peak σvM values appear at the area of maximum deformation of the

arterial. Maximum values for both cases occur at t/T = 0.373. Peak σvM appears in the same regions
as maximum displacement appears. It was again revealed that, for the two Ht values tested, the σvM
magnitude was not affected. For both Ht = 30% and Ht = 50% the peak σvM value was 219.4 kPa.
Moreover, for the areas that experience the highest stresses, σvM nearly doubles in the course of one
pulse cycle.
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By taking the average value of σvM on the arterial wall during one full pulse cycle, it is possible to
visually compare the differences on wall dynamics caused by the change in blood viscosity due to Ht

variations (Figure 12). As deduced from Figure 12, the average σvM is practically the same for the two
Ht cases tested.
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4.4. WSS in the AAA

WSS values vary significantly between the two cases tested and are highly influenced by both
the location in the AAA and the elapsed time. It is also found that WSS depends strongly on blood
viscosity, as an increase in Ht causes an increase in calculated peak WSS value. The results show
that Ht greatly affects WSS magnitude (Figure 13). It is notable that near the AAA endings, where
the aortic diameter has normal values, WSS attains values over 0.7 Pa, which may, according to [12],
be in the normal range of WSS for healthy individuals. It is evident that low WSS values are caused by
the relatively slow flow of the blood in the AAA. This low flow velocity appears in areas where the
diameter gets larger than normal.
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When comparing the area averaged WSS values for the two Ht cases (Figure 14) it is notable that
there is a major difference in WSS magnitude. For the lower Ht value the average WSS does not climb
over 0.3 Pa during the whole pulse cycle, whereas for Ht = 50%, WSS always appears remarkably
higher. It is obvious that a nearly 40% decrease in haematocrit can probably cause as much as 70%
decrease in WSS values. This is also evident by another risk index, the mean time-averaged WSS
(TAWSS); for the AAA in this model and for Ht = 50%, TAWSS = 0.16 Pa, while for Ht = 30%, TAWSS
drops to 0.06 Pa.Fluids 2019, 4, x 12 of 16 
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5. Discussion

This study proposes a possible link between haematocrit variations in blood and WSS values
in AAAs.

It is reported [12,18] that WSS values less than 0.4 Pa (Figure 15) can result in plaque build-up
in the arterial wall. This, in turn, can cause serious abnormalities in the arterial wall’s physical
and mechanical properties, resulting in an increase of AAA’s growth rate, rise in its rupture risk,
or change of its post-surgery behavior. The negative outcome of low WSS values on the arterial wall is
a result of complex mechanical and biochemical phenomena, possibly linked to atherosclerosis [41–44].
More precisely, O’Leary et al. [45] imply causal relation between plaque affected areas and high
rupture risk in AAAs. This interaction might be responsible for the adverse clinical situation of
patients suffering from AAAs and, at the same time, have lower than normal Ht [9].
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This hypothesis is widely accepted in literature; namely, the mechanism of generation and
progression of AAAs, and even its rupture risk can be linked to low-WSS induced alterations of the
arterial wall [46–50].

Blood viscosity has a clear effect on WSS as depicted in the results section. Wang & Li [11] have
examined the influence of blood viscosity in AAAs and their conclusions agree qualitatively with the
present study.
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Overall, this study presents results that are in agreement with previous work on AAAs. Namely,
von Mises stress values, along with WSS in the aneurismal sac, coincide qualitatively with previous
computational research [14,51]. Furthermore, a qualitative agreement exists with clinical research on
AAAs regarding the total displacement of the aneurismal wall during one pulse [52].

The present study, like any computational study, includes simplifications and is bound by their
limitations. Firstly, an idealized AAA shape with a single and uniform wall thickness was chosen
for the sake of simplicity instead of an actual, highly asymmetric patient-specific AAA geometry.
The reasoning behind this decision was to avoid introducing highly non-linear effects caused by the
imperfections of a real artery, which would in turn introduce noise in the results and make drawing
conclusions harder. Having said that, further research is needed to reveal the effect of patient-specific
geometric irregularities (combined with the haematocrit changes) on the results of this study (i.e., WSS
distribution and magnitude, von Mises stresses). As for the arterial wall modelling, a uniform,
isotropic, single-layer material was used; this assumption inserts an extra limitation to the model.
While this is not realistic, the introduction of more complex materials would not change the effect of
Ht, only its magnitude. The effect of this limitation can get minimized by including an even more
realistic arterial wall model (e.g., multi-layered approach for the arterial wall) and possibly run a
Design of Experiments (DOE) set of simulations to better understand the interaction, which however
is out of the scope of this work. For similar reasons, this study considers that, regardless of the
values of haematocrit in blood, the pulsatile flow of remains identical, in magnitude and frequency.
Moreover, the AAA was positioned at a significant distance downstream from the aortic arch so
that any secondary swirling flow is considered negligible. Lastly, fixed artery inlet and outlet were
considered in this model for computational simplicity; alternatively, a different boundary condition on
the solid domain could be used.

6. Conclusions

This work provides a qualitative insight on the way haematocrit could affect AAA’s mechanics
and haemodynamics. It takes into account the pulsatile blood flow, the non-Newtonian behavior of the
blood and the hyperelasticity of the arterial wall. Coupled CFD & FEM simulations revealed that the
variation in blood viscosity does not have a significant effect on AAA’s wall solid dynamics as well as
on σvM magnitude and distribution. However, our results show that there is a strong relation between
Ht value and the shear stress acting on the arterial wall. As illustrated in Figure 16, lower Ht values
result in lower viscosity values and consequently in lower WSS values, which in turn promote plaque
formation on the aneurismal wall. This could be one of the causal paths describing the effect of low
haematocrit values on AAA morbidity.
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Further research is needed in the investigation of the link between Ht and the behaviour of
AAAs. This FSI approach could be applied in patient specific treatment in order to offer a more robust
assessment on the phenomena that may relate low Ht with adverse AAA morbidity.
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Nomenclature

A Yield stress constant, Pa
C1 Mooney-Rivlin constant 1, N/cm2

C2 Mooney-Rivlin constant 2, N/cm2

Dmax Maximum aneurismal diameter, mm
Di Internal inlet AAA diameter, mm
d FSI interface displacement, m
.
d FSI interface velocity, m/s
..
d FSI interface acceleration, m/s2

f Arterial wall force per volume, N/m3

Ht Haematocrit, %
k Arterial wall thickness, mm
L Total length of the AAA, mm
P Pressure, Pa
Re Reynolds number, dimensionless
t Time, s
T Heart rate period, s
u Velocity, m/s
Wo Womersley number, dimensionless
WSS Wall shear stress, Pa
Greek letters
.
γ Shear rate, s−1

∆t Timestep, s
µ Viscosity, Pa·s
ρ Density, kg/m3

σvM von Mises stress, Pa
τ Shear stress, Pa
τy Yield stress, Pa
Ψ Strain energy density, J/m3
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