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1.1 Background

Abdominal aortic aneurysm (AAA) is a dilation of the aorta beyond 50% of the
normal vessel diameter [1] that is frequently observed in the aging population
[2] and it affects 6-9% of the people in the industrialized world. It is a major health
problem that typically affects men after the age of 50 [3] and it is the thirteenth
leading cause of death in Western societies [4]. AAAs cause about 15000 deaths
per year in the United States only [5], and 1.3% of all deaths among men aged
65-85 years in developed countries [6-8]. In the United States alone, 1.5 million
have undiagnosed AAAs [3]. They can remain asymptomatic for most of their
development and, if left untreated, they can enlarge and eventually rupture with
catastrophic mortality rate of 80% [9] to 90% [2]. On the other hand, the mortality
following elective AAA repair has significantly improved to 3-6% [10] which
clearly demonstrates the need of diagnosing and monitoring AAAs on time in
order to make progress in both medical and economic domain.

A myriad of different factors are established in the literature to account for AAA
formation, expansion, and, eventually, rupture. Namely, a substantial amount of
research on AAA expansion and rupture focuses on different biological and bio-
mechanical factors and, lately, special attention is put to genes and chemical influ-
ences. Among biological factors and risk factors, authors usually discuss the
influence of diameter, sex, blood pressure, chronic obstructive pulmonary disease,
and smoking [11]. From a biomechanical point of view, major factors contributing
to AAA expansion and rupture are the wall stress [12, 13] and strength [14], wall
stiffness [15], vessel asymmetry [16-19], intraluminal thrombus (ILT) [20, 21],
entire geometry [22, 23], etc. Namely, according to the biomechanical perspective,
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AAA rupture is usually defined as a material failure of the degenerated AAA wall
to withstand the stress exerted on it [24]. However, the relationship between rup-
ture and biomechanics of aorta proved to be more complex [10] and the evaluation
based only on one of these parameters is not sufficient.

For many years, diameter was taken to be the primary parameter associated with
rupture risk estimation. Namely, the threshold of >5.5 cm® was applied as indic-
ative for AAA repair [10]. However, continuous studies in the past showed that
while 10-24% of small aneurysms (<5.5cm) may rupture [1], aneurisms which
diameter exceeds the threshold remain stable. These findings cast doubt over
the suitability of surgical repair based solely on the maximum diameter criterion
[16-18]. In order to refute “diameter criterion” rule, many other criteria and para-
meters ensued. In contrast, the survey conducted in 2006 [25] confirmed that 92%
of surgeons still use maximum diameter criterion and growth rate in making deci-
sions about the surgical intervention while 19% of them stated that they were not
even aware that biomechanics may influence the rupture risk. The results of the
survey suggest that cooperation of surgeons and engineers is necessary in order not
just to make technical advances but to implement them in practice.

Mutual collaboration of clinicians and engineers resulted in different efforts and
methodologies proposed in the last few decades, all striving to make progress in the
domain of AAA expansion and rupture prediction. This paper reviews some of the
most significant studies in the area of AAA modeling in the past decades which
further understanding of utmost importance for making additional progress
toward validation and application in the clinical setting. We firstly described com-
putational methods applied for AAA in chronological order. Then, different exper-
imental testing as well as our own testing is described in order to determine the
mechanical properties of AAA. Mechanical-chemical including ILT modeling is
separately analyzed. Finite element procedure including fluid-structure interac-
tion (FSI) from our group is described. In the end, some of data mining (DM)
approach and vision for future clinical decision support system (DSS) is given.

1.2 Clinical Trials for AAA

The known risk factors for AAA include male sex, smoking, hypertension, and a
family history of AAA in a first-degree relative [26]. Many clinical studies con-
firmed that smoking is the most important modifiable risk factor for AAA
[27-33]. Some authors discovered that the duration of smoking and daily cigarette
number are also associated with a higher risk of AAA [28, 34]. One large system-
atic review of studies evaluating smoking and aortic aneurysm placed the relative
risk of aortic aneurysm-related events in current smokers between 3 and 6 [34].
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Smoking contributes significantly to the prevalence of AAA and may account for
75% of all AAA, 4 cm in diameter or larger [33].

A history of hypertension and myocardial infarction or coronary artery bypass
surgery was negatively associated, whereas a body mass index >25 kg/m? was pro-
tective [35].

1.3 Computational Methods Applied for AAA

The study of Darling et al. [36] was one of the first studies to conclude that AAA
rupture predominately occurs on posterior walls. Namely, in the autopsy study
conducted almost 40 years ago on AAA patients, among whom 473 died with sur-
gically intact arteriosclerotic AAAs, it was reported that 82% of ruptures occurred
along the posterior and posteriolateral wall of AAA. Consequently, it was impor-
tant to examine the wall stress acting on these regions in AAA, so that many stud-
ies were influenced to direct their research toward examining posterior wall stress
for clinical relevance. One of the first studies to apply the finite element analysis
(FEA) to determine the AAA wall stress was the study of [37] who concluded that
FEA has a potential of becoming a crucial tool in the study of vascular mechanics.
Their study was followed by extensive research in the area of numerically pre-
dicted AAA wall stress that continues even at present. However, limitations of this
study include the use of idealized models with regular structures and evenly dis-
tributed wall stress.

In 1998, Vorp et al. [38] published a study on the influence of maximum diam-
eter and aortic aneurysm asymmetry on mechanical wall stress. They investigated
the effects of asymmetry on 3D stress distribution in the wall of AAA and refuted
the critical diameter criterion suggesting that all AAAs with the same diameter
have the same risk of rupture. They generated 10 virtual computer models with
commercial software (Pro-Engineer v. 16.0; Parametric Technology Waltham,
Mass) according to two protocols. In the first protocol, five models were generated
with constant maximum diameter parameter (6 cm) while asymmetry g varied
from 0.3 to 1.0. In the second protocol, asymmetry was kept constant § = 0.4 while
maximum diameter parameter varied from 4 to 8 cm. The results confirmed that
both parameters had the influence on the increase and decrease in the wall stress
in the different sections of the aneurisms and that aneurysm rupture was caused by
a gross mechanical failure of the aortic wall which occurs when wall stress exceeds
the strength of the tissue. It was also concluded that maximum stress occurs on the
posterior wall for small AAAs (<5), while for larger AAAs peak stress is on
the anterior surface. Although it pioneered in proving the effects of asymmetry,
the study was performed on virtual models, so potential limitations assuming that
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AAA wall is homogenous, isotropic, and linearly elastic with small strains and uni-
form thickness have to be taken into account when analyzing real AAA models.

Venkatasubramaniam et al. [10] refuted traditional views that relate aneurysm
size to the risk of rupture. They conducted a comparative study of aortic wall stress
in ruptured and non-ruptured aneurysms with an aim to prove the importance of
wall stress when predicting the risk of rupture in individual patients. Namely, the
study included computed tomography (CT) scans of 27 patients (12 ruptured and
15 non-ruptured AAA), predominantly males. Using the finite element method,
they calculated wall stress using the geometry of AAA, the material properties
of the aortic wall, and the forces and constraints acting on the wall. The material
properties were used from a previously validated mathematical model by [39-41].
ANSYS 6.1 program (ASN Systems Ltd, Cannonsburg, USA) was utilized for the
analysis and post-processing while the von Mises stress was used to evaluate the
state of the aneurysms. There were no important differences in the mean diameter
between two groups (6.8 cm for non-ruptured and 7.6 cm for ruptured, P > 0.1) and
there were two aneurysms that ruptured at small diameters of 5.0 and 5.7 cm. The
authors concluded that AAA that ruptured or went on to rupture had significantly
higher peak stress (mean 1.02 MPa) compared with non-ruptured (mean 0.62
MPa). Moreover, systolic blood pressure was also significantly higher in ruptured
AAA. Noting that 45 and 65 mm diameter AAAs can have the same stress, they
emphasized the role of the shape and asymmetry of the aneurism including the
anterior and superior limits. They also demonstrated that wall stress can be calcu-
lated from a routine CT scan and that it may be a better predicator of AAA risk of
rupture than diameter alone on the individual basis. On the other hand, the study
assumed a uniform AAA wall thickness of 2 mm and did not take into account the
effect of thrombus on wall stress.

In 2006, Vande Geest et al. [42] developed a biomechanics-based rupture poten-
tial index (RPI) that became a useful rupture prediction tool. Namely, the RPI pre-
determined the wall strength on a patient-specific basis by utilizing experimental
tensile testing and statistical modeling. The tissue strength was calculated by tak-
ing parameters such as age, sex, smoking status, family history of AAA, normal-
ized diameter, and the maximum thickness of the ILT into account. Then, the wall
stress was predicted with FEA. Although the authors reported that the RPI has a
potential to identify high rupture risk of AAA better than diameter or peak wall
stress (PWS) alone, their approach still requires validation before it can be intro-
duced into clinical setting.

In the study conducted by Scotti et al. [43], 10 idealized models of AAA were
used, generated with the CAD software ProEngineer Wildfire (Parametric
Technology Corporation, Needham, MA) [44] together with an additional non-
aneurismal model as control in order to assess the significance of an arbitrary esti-
mated peak fluid pressure (117 mmHg) compared with nonuniform pressure
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resulting from a coupled FSI. The models differed in the degree of asymmetry and
wall heterogeneity and the FEA was used to estimate the effects of asymmetry and
wall thickness on the wall stress and fluid dynamics. Each model contained fluid
and solid domain and was analyzed with static pressure-deformation analysis
together with FSI. The Navier-Stokes equations were used as governing equations
for homogeneous blood flow, while for computational solid stress (CSS) analysis,
only the solid domain was considered. The results exhibited that a realistic fluid
pressure distribution to the inner AAA wall (instead of an arbitrary peak systolic
pressure) resulted in at least 20% higher wall stress, despite wall thickness heter-
ogeneity. Additionally, maximum AAA wall stress increased with asymmetry
although the computational model included blood flow.

Finol and Ender [45, 46] used a Spectral Element Method with three-step time
splitting scheme for the semidiscrete formulation of the time-dependent terms in
the momentum equations for axisymmetric two-aneurysm abdominal model. This
methodology has been widely used for the Direct Numerical Simulation of tran-
sitional flows with fast-evolving temporal phenomenon and complex geometries.

Multi-scale models for AAA are considered constitutive models for vascular tis-
sue, where collagen fibers are assembled by proteoglycan cross-linked collagen
fibrils (CFPG-complex) and reinforce an otherwise isotropic matrix (elastin).
There is multiplicative kinematics for the straightening and stretching of collagen
fibrils. Mechanical and structural assumptions at the collagen fibril level define a
piece-wise analytical stress-stretch response of collagen fibers.

The concept of multi-scale constitutive model performs integration at the mate-
rial point for macroscopic stress which takes into account micro plane concept
incorporated in the finite element modeling (FEM) [47, 48].

Zhang et al. [49] used multi-scale and multi-physical models for understanding
disease development and progression, and for designing clinical interventions.
They investigated multi-scale models of cardiac electrophysiology and mechanics
for diagnosis, clinical decision support, and personalized and precision medicine
in cardiology with examples in arrhythmia and heart failure.

FSI describes the wave propagation in arteries driven by the pulsatile blood flow.
These problems are complex and challenging due to the high nonlinearity of the
problem. The nonlinearity exists in the fluid equation but also in the structure dis-
placement which modifies the fluid domain and generates geometrical nonlinea-
rities as well [50].

Some authors used the generalized string model as the structure of blood flow in
compliant vessels and arteries [50-56]. Causin et al. [57] described this string
model as a structural model derived from the theory of linear elasticity for a cylin-
drical tube with small thickness. Nobile and Vergara [56] emphasized that the gen-
eralized string model neglects bending as well. Cani¢ et al. [58-61] claimed that
there are no analytical results which are able to prove the well posedness of FSI
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problems without assuming the structure model that includes the higher-order
derivative terms, capturing the viscoelastic behavior. For blood flow, there is a
strong added mass effect issue in which the fluid and structure have comparable
densities.

All the above studies demonstrate the importance of biomechanical modeling of
AAA by using FEM approach with and without FSI and nonlinear wall deforma-
tion. This mechanical approach provides an additional understanding of potential
indicators of rupture risk.

1.4 Experimental Testing to Determine Material
Properties

Experimental tests are used to determine the mechanical properties of AAA. In-
vivo measurements are based on the imaging modality. For in-vivo measurements,
the main difficulty is to accurately determine the true force and the displacement
distribution for the aorta wall. For isolating samples often unknown changes of
their behavior affecting the results of such tests. MacSweeney et al. [62] found that
elastic modulus was higher in aneurysmal abdominal aorta compared with con-
trols. More recently, van’t Veer et al. [63] estimated the compliance and distensi-
bility of AAA by means of simultaneous instantaneous pressure and volume
measurements obtained with the magnetic resonance imaging (MRI). Ganten
et al. [64] by using time resolved electrocardiography (ECG)-gated CT imaging
data from 67 patients, found that the compliance of AAA did not differ between
small and large lesions. Molacek et al. [65] did not find any correlation between
aneurysm diameter and distensibility of AAA wall and of normal aorta. Uniaxial
extension testing is the simplest and most common of ex-vivo testing methods. The
recorded force-extension data are converted to stress/strain. Di Puccio et al. [66]
provided a recent review of the incompressibility assumption on soft biological tis-
sue. Biaxial test was used as an initial square thin sheet of material which is stress
normally to both edges. Even this test is not sufficient to fully characterize aniso-
tropic materials [67, 68], although it can capture additional information regarding
the mechanical behavior of the specimens with respect to uniaxial one.

One of the most complete data for biaxial mechanical behavior of aorta and
AAAs is described in Vande Geest et al. [69, 70]. They reported on biaxial mechan-
ical data for AAA (26 samples) and normal human AA as a function of age: less
than 30, between 30 and 60, and over 60 years of age. They found that the aortic
tissue becomes less compliant with age and that AAA tissue is significantly stiffer
than normal abdominal aortic tissue.
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At Clinical Center in Belgrade, Serbia, we developed an experimental procedure
for bubble inflation test. Intraoperatively, specimens of anterior wall of AAA are
harvested, stored in saline at 4° C immediately, and placed in the laboratory setup
that simulates natural forces by exposing aortic tissue specimen to inflation with
pressurized solution [71] (Figure 1.1). The model consists of the mechanical pump
with Crebs—-Ringer solution, heater and heat exchanger, tissue container, pressure
sensor, and transducer with camera. Camera and pressure transducer system were
connected by USB connection with the laptop serving as a control unit and data
collector. After heating the Crebs-Ringer solution in the system to 37 °C, the pump
was turned on and the pressure was gradually increased exposing aortic tissue to
the maximum pressure until the moment of tissue rupture that was recorded by a
webcam placed above the tissue. Pressure value in the moment of rupture was
known due to the dedicated software defining tissue (failure) strength.

Ex-vivo testing is mostly based on uniaxial or biaxial stretching of the intraopera-
tively harvested tissue specimens. These tests have the ability to characterize
intrinsic properties of the tissue itself with independent physical meanings, stiff-
ness, failure stress, and strain. Tissue sample is exposed to extension along its
length at a constant displacement rate, while the force is recorded during exten-
sion and until failure of the tissue. Uniaxial extension testing is the simplest and
most common. Van de Geest et al. [72] reported uniaxial extension testing of
69 AAA specimens, from 21 patients. A novel mathematical model to estimate
physically meaningful measures such as stiffness varied from 21.2 to 19.3
N/cm?, mean 80.5 N/cm?.

Improvement of uniaxial testing was achieved by performing biaxial testing,
when specimen is exposed to determined forces between the two orthogonal
directions. Using biaxial testing, the same authors compared the tissue of
AAA and normal aorta and compared their behavior in longitudinal and circum-
ferential direction. They found that aneurysmal degeneration of the abdominal
aorta is associated with an increase in mechanical anisotropy, with preferential
stiffening in the circumferential direction. Information related to stiffness and
strain of aortic tissue was gained. Thubrikar et al. [73] were testing different
regions of aneurysm in terms of yield stress, yield strains, and other mechanical
properties, and found that the anterior wall of AAA is the weakest. In the circum-
ferential direction, the yield stress of the lateral region was greater than that of
the anterior or posterior region (73 + 22 N/cm” versus 52 + 20 N/cm? or 45 + 14
N/cm?, respectively).

Our results showed rupture of the tissue at the inflation pressure of 9.8 N/cm?.
The analytical calculated wall strength for wall thickness 0.2 cm and aorta radius
1 cm was 24.5 N/cm®. FEA showed PWS of 57 N/cm? and wall stress of 21.2 N/cm?
at the anterolateral wall of AAA in the area of harvested tissue [71].
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Figure 1.1 (a) Cartoon schema. (b) Real laboratory model. Laboratory model consists of
the mechanical pump (3) with Crebs-Ringer solution (4), heater (1) and heat exchanger
(2), tissue container (6), pressure sensor (5), and transducer with camera (9). Camera and
pressure transducer system were connected by USB connection with the laptop serving as
a control unit and data collector. After heating the Crebs-Ringer solution in the system to
37 °C (7 - temperature sensor), the pump was turned on and the pressure was gradually
increased exposing aortic tissue (6) to the maximum pressure until the moment of tissue
rupture that was recorded by a webcam placed above the tissue. Pressure value in the
moment of rupture was known due to the dedicated software defining tissue (failure)
strength.

1.5 Material Properties of the Aorta Wall

It is very important to use arterial wall with proper material model because the
wall stiffness increases when lumen diameter increases and calcification and
medial sclerosis occur with aging and disease. The aneurysmal wall has been
found to be mechanically anisotropic [74]. Isotropic properties assumption is a rea-
sonable assumption in most cases. A more accurate constitutive model is needed to
describe the properties of the wall.

The flat arterial tissue layer is assumed to be a fiber-reinforced material with rel-
atively stiff collagenous fibers embedded in a homogeneous isotropic (soft) ground
matrix [75]. The assumption of strain energy functions holds good only for single
continuous medium tissues which is not the case with arterial tissue [76]. The
mechanical properties of soft biological tissues depend greatly on their microstruc-
ture integration attained in the constitutive model [49]. Taghizadeh et al. [77] pro-
posed a new biaxial constitutive model based on microstructural properties as
opposed to the simple uniaxial tests carried out by Sokolis et al. [78] and Karimi
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et al. [79]. Wall thickness is also very important. Since aneurysmal rupture occurs
at a specific site of the aortic lumen, the properties of the wall affect the computed
solution. The aortic wall thickness in computational methods is assumed to be in
the range of 1.5-2 mm. While this may be largely accurate for most simulations, it
has been acknowledged as a major limitation in the completeness of the prediction
solution [80]. Raut et al. [81] suggested that the wall thickness as a constant value
isnot accurate and described a novel method that incorporated the regionally vary-
ing wall thickness, especially in the area of rupture.

1.6 ILT Modeling

Most aneurysms have ILT within their lumen. Stenbaek et al. [82] described that
the development of ILT may be a better predictor than the maximum diameter of
the AAA as a rupture risk parameter. Li et al. [83] calculated that the non-ILT
models had higher stress development than the ILT models. Di Martino and Vorp
[84] found that ILT might protect the AAA wall from the pressure applied by blood
flow. O’Leary et al. [85] performed mechanical tests on 356 samples and classified
them into 3 morphologies, type 1 which was a multilayered ILT which strength
and stiffness decreased gradually, type 2 which strength decreased abruptly,
and a single-layered ILT with lower strength and stiffness compared with the other
two types. Tong et al. [86] carried out biomechanical behavioral studies on 90 AAA
samples (78 men and 12 women). They found that the female ILT luminal layer
showed a lower stiffness in the longitudinal direction than male and, conse-
quently, the thrombi may have different wall weakening effects in males and
females. Speelman et al. [87-89] also showed that AAA wall stress is closely related
to the AAA diameter. Namely, they investigated whether wall stress can be used to
predict stable and progressive AAAs as well as the effect of ILT on wall stress. The
study was conducted on the finite element models of 30 patients with wall stresses
computed with and without ILT for stable and progressive AAAs. The results
showed that ILT reduced AAA wall stress, progressive AAA growth was not
related to the diameter but AAA volume and relative ILT volume, and that higher
wall stress was related to AAA growth only when ILT was not included in the
simulations.

Kontopodis et al. [90] analyzed a single uncommon case of a 75-year-old Cau-
casian male diagnosed with fast-growing AAA without family history but with
other medical conditions such as smoking, hypertension, diabetes, and COPD.
The aneurism which was initially small (45 mm in diameter) presented a growth
of 1 cm in only six months. The focus of research was on thrombus and lumen
volumes, thrombus maximum thickness, maximum centerline curvature together
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with biomechanical aspects such as PWS and areas with high stress and stress
redistribution. Two 3D AAA models (initial and follow up) were reconstructed
from 2D CT angiography images with manual and automatic segmentation proc-
ess performed with open source software ITK-SNAP [91]. The results indicated
that the total volume increased from 85 to 120 ml for six months while lumen vol-
ume remained constant (72 ml for initial and 71 for follow up examination). More-
over, ILT increased from 14 to 50 ml and maximum thickness increased from 0.3 to
1.6 cm in the anterior part with maximum curvature of the centerline increased
from 0.4 to 0.5 cm™" suggesting an anterior bulging. Additionally, area under high
wall stress remained almost constant while there was a marked redistribution of
wall stress from anterior site and AAA neck to posterior wall. Total posterior wall
area exposed to stress was 0 cm” at the initial stage and 9.7 cm” at the follow up. It
was interesting to note that PWS did not increase as was the case with previous
studies (e.g. [89]). Authors suggested that although large-scale studies are needed,
information gathered by the analysis could be of use in determining AAA natural
history and patient-specific rupture risk estimation. Anton et al. [92] provided an
insight into a comparative study, numerical and experimental, to analyze the pres-
sure field in AAA models and validate numerical model’s ability to predict exper-
imental pressure field. They used patient-specific AAA geometry with and without
ILT with iliac arteries included. Iliac arteries were taken into account because
numerical observations suggest that their inclusion is critical for accurate predic-
tion of pressure, flow pattern, and wall stress [93]. Four CFD mathematical models
were employed for ILT models and three CFD models were used for model without
ILT because Reynolds Stress Model did not converge satisfactorily. CFD models
predicted pressure fields substantially well with average difference of 1.1% for
the model without ILT and 15.4% for ILT model. Moreover, they aimed to compare
the spatial pressure drop before and after the formation of ILT although only few
studies before performed spatial pressure drop measurements in AAA (e.g.
[94, 95]). The special pressure drop in the ILT model was 5000 Pa while in the
model without ILT, it was around 1500 Pa which is explained by the fact that with
smaller lumen, flow velocities are higher. The study of Polzer et al. [96] broadened
finite element single-phase AAA models (e.g. [69, 97-100]) with poroelastic
description of ILT. The model was loaded by a pressure step and a cyclic pressure
wave. The numerical results of the studied idealized axisymmetric two-phase AAA
models proved that the entire blood pressure was transmitted to the AAA wall in
spite of the existence of the ILT, which was also previously confirmed by [101]. The
study found that the stress in the AAA wall, at steady state, did not depend on the
permeability of ILT and did not differ from single-phase conventional models.
Consequently, the results of the study suggested that single-phase description
could be used reliably to predict the stress in AAA wall instead of biphasic one
which is less computationally efficient. The study also showed that ILT reduced
wall tensile stress by a value between 46 and 62%. Additionally, the analysis helped
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the explanation of differences between in-vivo and in-vitro measurements by
demonstrating that pressure under ILT depends on the local geometry of the
AAA. On the other hand, poroelastic description cannot be replaced when investi-
gating transport phenomena through AAA tissue. Baek et al. [102] used a set of
39 patients’ CT images data from 9 different patients. The images were divided into
two groups - low and high ILT group, so that the effect of ILT on the AAA expansion
could be established. The results indicate that the relationship between AAA expan-
sion rate and maximum diameter can be changed by inhomogeneous distribution of
ILT thickness. Although generally ILT presence is associated with aneurysm expan-
sion rate, a slowdown of expansion was established in areas of thick ILT.

By using an inverse optimization method, Zeinali and Baek [103] created a com-
putational framework toward patient-specific AAA modeling. Namely, using a 3D
geometry from medical images, they identified initial material parameters for
healthy aorta to satisfy homeostatic condition and then created different compu-
tational shapes and considered multiple spatiotemporal forms of elastin degrada-
tion and stress-mediated collagen turnover. The results exhibited the importance
of the role of elastin damage extent, geometric complexity of an enlarged AAA, and
sensitivity of stress-mediated collagen turnover on the wall stress distribution and
the rate of expansion. Also, the study showed that the distributions of stress and
local expansion initially correspond to the extent of elastin damage, but change
because of stress-mediated tissue growth and remodeling dependent on the aneu-
rysm shape. The specificity of their study lies in the fact that the authors did not use
AAA patient-specific model, but medical images of a healthy subject. On the other
hand, they suggest that in spite of the model used for the present study, their com-
putational framework could be used in a patient-specific modeling to predict AAA
shape and mechanical properties if improved in the domain of boundary condi-
tions, description of aortic tissue, growth and remodeling, and the development
of inverse scheme using AAA patients’ longitudinal images.

The studies continuously prove that ILT has the potential to influence AAA both
biochemically and biomechanically. Namely, ILT induces localized hypoxia, pos-
sibly leading to increased neovascularization, inflammation, and local wall weak-
ening [104]. On the other hand, ILT development is strongly influenced by
agonists and antagonists of platelets activation, aggregation, adhesion, and the
proteins involved in the coagulation cascade which are not thoroughly discussed
in the present literature. The study of Biasetti et al. [105] analyzed the evolution of
chemical species involved in the coagulation cascade, their relation to coherent
vertical structures, and the possible effect on ILT development. The authors devel-
oped a fluid—chemical model that simulates the coagulation cascade through a
series of convection-diffusion-reaction equations. They followed the coagulation
cascade model ([106]) which consisted of 18 species and involved plasma-phase
and surface-bound enzymes and zymogens, with both plasma-phase and mem-
brane-phase reactions. Blood was modeled as a non-Newtonian incompressible
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fluid. The coupling was achieved by a set of convection—-diffusion-reaction equa-
tions that were added to the computed blood flow field in order to predict the dis-
tribution of chemicals. Since the model was able to couple the fluid and chemical
domains, it represents an integrated mechanochemical potential for further
understanding of ILT formation and development mechanisms.

Meaningful limitation of the study is mirrored in the fact that authors assumed a
rigid wall which may alter the results since ILT tissue can deform during a cardiac
cycle and consequently influence the fluid dynamics and the distribution of
chemicals.

1.7 Finite Element Procedure and Fluid-Structure
Interaction

Blood flow in aorta has a time-dependent 3D flow, so the time-dependent and full
three-dimensional Navier-Stokes equations were solved. The laminar flow condi-
tion appropriate for this type of analysis [107] was used. The finite element code
was validated using the analytical solution for shear stress and velocities through
the curved tube [108]. A penalty formulation will be used [109]. The incremental—-

@9

iterative form of the equations for time step and equilibrium iteration “i” is:

1 . .
BMv+t+AtKSzlv_l)+t+mK;(fv_l> +t+AtJ(

(-1 Kyp | [ AVD)
KT, 0 { Ap? }
t+ATR(-1)
- {t+Ath—1> }
(1.1)

The left upper index “t + At” denotes that the quantities are evaluated at the end
of time step. The matrix M, is mass matrix, Ky, and J,, are convective matrices,
K, is the viscous matrix, Ky}, is the pressure matrix, and F, and F,, are forcing
vectors. The pressure is eliminated at the element level through the static conden-
sation. For the penalty formulation, the incompressibility constraint is defined in
the following manner:

P_y (1.2)

di
v + 7

where 1 is a relatively large positive scalar so that p/J is a small number (practi-
cally zero).
1.7.1 Displacement Force Calculations

Displacement force was calculated from direct integration of the pressure and wall
shear stress distributions on the surfaces of the aortic wall:
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> F= deA+ erA+Fg (1.3)

where the integrals are surface finite elements along the surface of the aortic wall.
Weight of blood in standing or supine position was also considered. It was assumed
that all of the weight of the blood is supported by the endograft.

1.7.2 Shear Stress Calculation

At the regions of stasis and flow reversals, there is an important role of motion and
deformation in the shear stress calculation [110, 111], concept of the rigid wall con-
dition was assumed due to the negligible effect of shear stress on total DF [112].
The distribution of stresses within the blood was estimated. The stresses ‘o;; at time
“t” is equal

‘o = —'p&y + 'oj; (1.4)
where
IGZ- = t/,lt(vi‘]’ + vj,i) (1.5)

is the viscous stress, ‘u is viscosity corresponding to the velocity vector ‘v at a spatial
point within the blood domain. The viscous stresses are represented by (1.5).
The wall shear stress is calculated as:

8tv
t t t
7= — 7t

on

where ‘v, denotes the tangential velocity, and n is the normal direction at the vessel
wall. At the integration points near the wall surface, the tangential velocity was
estimated first, and then the velocity gradient d'v,/dn was calculated. Finally,
the viscosity coefficient ‘u using the average velocity was evaluated. Blood was
taken as an incompressible Newtonian fluid, appropriate for larger arteries
[110]. The kinematic viscosity was v = 3.5e—6 m?/s and the blood density was
p = 1050 kg/m’.

(1.6)

1.7.3 Modeling the Deformation of Blood Vessels

In modeling blood flow in large blood vessels, we have recognized two distinct
cases: (i) rigid walls and (ii) deformable walls. The assumption (i) is mostly
adopted in practical applications. It is very important to determine the stress-
strain state in tissue, when blood and blood vessel system is analyzed, as well
as the effects of the wall deformation on the blood flow characteristics.

There are complex mechanical characteristics of blood vessel tissue. The tissue
can be modeled from linear elastic to nonlinear viscoelastic model. The governing
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finite element equations used in modeling wall tissue deformation with emphasis
on implementation of nonlinear constitutive models are summarized.

If the principle of virtual work is applied, the differential equations of motion of
a finite element are

MU + B"U + KU = F* (1.7)

where the element matrices are: M is mass matrix; B" is the damping matrix, in
case when the material has a viscous resistance; K is the stiffness matrix; and F** is
the external nodal force vector which includes body and surface forces acting on
the element. The dynamic differential equations of motion by the standard assem-
bling procedure are obtained. These differential equations are integrated with a
selected time step size At. The displacements " * U at end of time step are finally
obtained according to equation:

IA<tissuen+1lj = n+1f: (1.8)
where the tissue stiffness matrix Kyssue and vector " IF are expressed in terms of
the matrices and vector in (1.7). Above equation is obtained under the assumption
that the problem is linear: the viscous resistance is constant, displacements are
small, and the material is linear elastic.

In many real examples as in case of aneurism or heart ventricle motion, the wall
displacements can be large, hence the problem becomes geometrically nonlinear.
Also, the tissue of blood vessels has nonlinear constitutive law which has to be
expressed with materially nonlinear finite element formulation. Therefore, the lin-
ear formulation of the equation may not be appropriate. For a nonlinear problem,
there is incremental-iterative equation

n+1K( )Au(i) — ”+1f;<i_1) _ n+1pint(i-1) (1'9)

tissue

Here, AU® are the nodal displacement increments for the iteration “i,” and the

14(3-1 )
Elssuﬁ , the force vector " " B >, and the vector of internal

forces correspond to the previous iteration.
We described the material nonlinearity of blood vessels which is used in further
(i-1)

tissue *

system matrix " * 'K
n+ lFmt(l -1)

applications. The geometrically linear part of the stiffness matrix, (" *1Kp)
and nodal force vector, "+ 'F" D are defined:

(1K) = [ e By, (e < B et vay
v v

(1.10)

Elssule of tissue and the

=1 depend on the material model used.

Here, the consistent tangent constitutive matrix " +1C
stresses at the end of time step " * 6"



1.7 Finite Element Procedure and Fluid-Structure Interaction

1.7.4 FSI Interaction

In many models of cardiovascular examples where deformation of blood vessel
walls was taken into account, we can implement the loose coupling approach
for the FSI [113-116]. The overall algorithm consists of the following steps:

1) For the current geometry of the blood vessel, determine blood flow (with Arbi-
trary Lagrangian-Eulerian (ALE) formulation). The boundary conditions for
the fluid are wall velocities at the common blood-blood vessel surface.

2) Calculate the loads, which act on the walls from fluid domain (blood).

3) Determine deformation of the walls taking the current loads from the fluid
domain (blood).

4) Check for the overall convergence which includes fluid and solid domain. If
convergence is reached, go to the next time step. Otherwise go to step (1).

5) Update blood domain geometry and velocities at the common solid-fluid
boundary for the new calculation of the fluid domain. In case of large wall dis-
placements, update the finite element mesh for the fluid domain. Go to step (1).

The shear stress and drag force distribution have been presented in Figures 1.2 and
1.3 for two different patients for proximal and distal AAA.

(b)

Shear stress [Pa]

2.45e+01 Drag force [N]
8.30e+00
2.30e+01
7.78e+00
2.14e+01
7.26e+00
1.99e+01
6.74e+00
1.84e+01
6.23e+00
1.68e+01
5.71e+00
1.53e+01
5.19e+00
1.38e+01
4.67e+00
1.23e+01
4.15e+00
1.07e+01
3.63e+00
9.19e+00
3.11e+00
7.66e+00
2.59e+00
6.13e+00
2.08e+00
4.59e+00 1566+00
3.06e+00 1.046+00
1.53e+00 5.196-01
. ‘.1 0.00e+00 0.00e+00

Figure 1.2 (a) Shear stress distribution. (b) Drag force distribution.
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(a) (b)
Shear stress [Pa]
2.60e+01
Drag force [N]
2.44e+01 7.30e+00
2.28e+01 6.84e+00
2.11e+01 6.39e+00
1.95e+01 5.93e+00
1796401 5.47e+00
1.63e+01 5.02¢+00
1.466+01 4.56e+00
4.11e+00
1.30e+01
3.65e+00
1.14e+01
3.19e+00
9.75e+00
2.74e+00
8.13e+00
2.28e+00
6.50e+00
1.83e+00
4.88e+00
1.37e+00
3.25e+00
9.12e-01
1.
63e+00 4.56e-01
0.00e+00 0.00e+00

Figure 1.3 (a) Shear stress distribution. (b) Drag force distribution.

1.8 Data Mining and Future Clinical Decision Support
System

Together with CFD simulation, there are numerous statistics-based machine
learning methods that can be used to give more accurate and faster conclusions
for clinicians [117].

Kolachalama et al. [118] proposed a DM technique that accounted for the geo-
metric variability in patients for predicting cardiovascular flows. A Bayesian net-
work-based algorithm was used to understand the influence of key parameters
through a sensitivity analysis. Martufi et al. [119] investigated a geometrical char-
acterization of the wall thickness distribution in AAA. They were able to train a
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model to differentiate the wall thicknesses in ruptured and un-ruptured AAA.
Shum et al. [120] developed a model from 66 ruptured data sets and 10 non-
ruptured data sets and their geometric indices and wall thickness variations.
The results of this study showed that, in addition to maximum diameter, sac
length, sac height, volume, surface area, bulge height, and ILT volume were all
highly correlated with rupture status. In this study, the overall classification accu-
racy was 86.6%. It used a decision tree algorithm that is one of the possible machine
learning methods that can be used for large data sets requiring a decision output.

Filipovic et al. [121] combined DM techniques and CFD for the estimation of the
wall shear stresses in AAA under prescribed geometry changes. They performed
large-scale CFD runs for creating machine learning data on the Grid infrastructure
and their results showed that DM models provide good prediction of the shear
stress at the AAA in comparison with full CFD model results on real patient data.

The abovementioned studies have been limited by the use of geometric para-
meters and, in particular, the maximum diameter of lumen alone as factors con-
tributing to the rupture of an AAA. But other parameters such as patient history
and comorbidities and presence of stents or other geometric parameters such as
the aneurysm neck angles, tortuosity, and genetics factors [122-126] should be
included. Despite the fact that state-of-the-art FEM approaches represent powerful
tool for estimation of AAA, their application in clinical practice remains limited
due to several reasons. Firstly, every patient has specific and complex anatomy
and it is not possible to create a general or parametric human model. Moreover,
accuracy of simulations depends on the considered level of details, meaning that
increasing required computation time and power will be necessary for obtaining
precise results. As a consequence, performing patient-specific simulation may take
a few hours (if patient scans are available in the first place). This makes current
FEM approaches inadequate for urgent situations such as alerting patient in case
of AAA rupture.

In order to avoid described limitations, the patient-specific DSS could be pro-
posed. The main idea is to perform patient-specific forward simulations in
advance. AAA of different types (sizes and positions) will be simulated and calcu-
lated stress analysis will be used for training of intelligent model. But, in order to
perform forward FEM simulations patient geometry is required. For this reason,
during the registration into our system, in local workstation (user hospital), patient
or his/her medical institution will be asked to provide us patients’ medical scans
(CT or MRI for example), if there are any. However, it is assumed that some
patients will not have medical scans.

For future clinical DSS, we suggest the following scenario: new user has already
performed medical scanning (CT or MRI) and these data are uploaded to the cen-
tral server (or they are available over institution existing connection). In that case,
we will generate 3D patient-specific FEM model by using image-based modeling
software developed on the server. It is important to mention that, for the project
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purposes, accurate reconstructions will be necessary only for torso and aorta. We
will reconstruct only aorta (by using statistical shape models) and torso interface
(by using level set and marching cubes algorithms) because they are needed for
setting FEM boundary conditions and because, on the other hand, accurate recon-
struction of all organs represents time-consuming and computationally expensive
problem with current medical imaging methods. In this way, highly accurate
geometry, materials, and boundary conditions could be obtained for every patient
(Figure 1.4).

DNA testing

t

/ DSS
Image processing

Data mining
Rule-based clustering

3D FEM simulation

{ \

- Diagnosis prediction Monitoring
Patient database B

0

N . . . e
" Validation in clinics

Figure 1.4 Description of clinical decision support system for AAA disease.
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1.9 Conclusions

In the first part of this paper, literature survey on AAA biomechanics is reported
including several aspects from experimental test, constitutive model, and ILT. Fur-
ther, we presented our FE models, aimed at simulating and enhancing the com-
putational study of the aneurismatic pathology. The combination of fluid and
nonlinear structure modeling can give better understanding of the flow, pressure
distribution, wall shear stress quantification, and effect of material properties and
geometrical parameters. Computational methods have made patient-specific ana-
lyses possible, a feature essential for understanding the progression of AAA in a
particular patient. Finally, future clinical DSS is suggested by using DM approach.
The main aim is to run predictive FSI model in order to estimate the risk of rupture
and to use patient-specific wall properties with calcium, tissue disease, and throm-
bus to overcome multiple level of uncertainties.

During the last two decades, significant efforts have been made in order to define
a computational model which includes biomechanical and biological approach,
but still a lot of clinical studies are necessary in order to make these computational
studies real in everyday clinical practice.

Exercise 1.1 Modeling of Blood Flow Within the AAA

The shape of AAA is very important. The severity of AAA is commonly estimated
in clinical practice by considering the AAA maximal diameter. However, from
the mechanical point of view, the hemodynamic effects and the mechanical
stresses within the AAA tissue certainly are important in the process of the
AAA rupture. Bulge diameter alone may not be a sufficient criterion for deter-
mination of rupture risk; therefore, an insight into the hemodynamic effects
and the stress—strain quantification and distribution within the vessel wall
are of great significance even in medical practice.

Generation of the Finite Element Model

A simplified geometry of an aneurism is shown in Figure 1.5. With the on-web
software, the 3D finite element model for the blood flow domain can be para-
metrically generated. A transition smoothness between the surfaces is
achieved by using Bezier’s curves. Also, the results can be displayed with a
user-friendly menu in a way suitable for an insight into medical aspects of
the blood flow conditions. A detailed description of the software use is given
on the web (within Tutorial of each example), while the description of geomet-
ric parameters is given in the caption of Figure 1.5.

(Continued)
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Exercise 1.1 (Continued)

. Aneurysm length .

Y

v -
’
\\!-"/

s
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Figure 1.5 Geometrical parameters of AAA: “Length” is the parameter which defines the
total horizontal projection of the generated aneurysm model; “A” is the height of the arc
of central line; “Aorta diameter” is the abdominal aorta diameter; “B” is the radius from
the central line to the inner wall of the aneurysm; “C” is the radius from the central line to
the outer wall of the aneurysm; “Aneurysm length” is an average length of the AAA.

Boundary Conditions

At the inflow aorta cross-section, a fully developed parabolic flow is assumed,
determined by a selected volume flux. The normal stress and tangential stress
are set to be equal to zero (stress-free condition) or they are prescribed at the
outlet cross-section.

It is assumed that the entering flow is pulsatile, with a typical waveform
shown in Figure 1.6 [127]. As described in the software menu, the waveform
can be changed.

Results

Results for two examples of the symmetric AAA are given here: (i) case with
rigid walls and (ii) AAA with deformable walls. Results not shown here and
solutions for other model parameters can be obtained using Software on
the web.

(Continued)
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Exercise 1.1 (Continued)

300 A
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Figure 1.6 Atypical in-flow waveform at the aorta entry. Q is the volumetric in-flux and
t/T is the relative time with respect to the cycle period T.

Modeling of AAA Assuming Rigid Walls

We analyze an aneurism at the straight aorta domain, where aorta proximal and
distal to the AAA bulge is idealized as straight rigid tube and branching arteries
are excluded. The model has ratio D/d = 2.75 and geometry generated accord-
ing to Figure 1.5 (D and d are diameters of the bulge and aorta, respectively).
The data are: blood density is p = 1.05 g/cm?; kinematic viscosity (Newtonian
fluid) v = 0.035 cm?/s, d = 12.7 mm. The inflow velocity is defined by the flux
function given in Figure 1.6. The FE mesh consisted of approximately 8000 3D
8-node brick elements.

The results for the velocity and pressure at peak systole t/T=0.16 are shown
in Figure 1.7. The velocity disturbance in the region of the aneurism is notable.
Also, the region of maximum pressure is located inside AAA.

Modeling AAA with Deformable Walls

Here, an aneurysm of the straight aorta with deformable walls is modeled
according to the FSI algorithm. Blood flow is calculated using 2112 eight-node
3D elements, and 264 four-node shell elements used to model the aorta wall,
with the wall thickness 6 = 0.2 cm. The material constants for blood as in the
previous example, while data for the vessel wall are: Young’s modulus £ =2.7
MPa, Poisson’s ratio v=0.45, wall thickness 6 = 0.2 cm, and tissue density p =
1.1 g/cm>. Boundary conditions for the model are prescribed velocity profile
(see Figure 1.8a) and output pressure profile as given in Figure 1.8b.

(Continued)
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Exercise 1.1 (Continued)
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Figure 1.7 Velocity field (left panel) and pressure distribution (right panel) for peak
systole t/T =0.16 of AAA for the model with D/d =2/75, d =12.7 mm.
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Figure 1.8 Input velocity and output pressure profiles for the AAA on a straight vessel.
Inlet peak systolic flow is at t =0.305 s and outlet peak systolic pressure is at t =0.4s.
(a) Velocity waveform; (b) pressure waveform. Source: Modified from Scotti et al. [44].

The results for velocity magnitude distribution at t =0.305 s are shown in
Figure 1.9a. The von Mises wall stress distributions at t =0.4 s is given in
Figure 1.9b. It can be seen that the velocities are low in the domain of the
aneurism, while the larger values of the wall stress are at the proximal and dis-
tal aneurism zones.

(Continued)
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Exercise 1.1 (Continued)
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Figure 1.9 Velocity magnitude field and von Mises wall stress distribution for
symmetric AAA on the straight vessel. (a) Velocity field distribution for peak at t=0.305 s;
(b) von Mises wall stress distributions for blood pressure peak at t = 0.4 s.
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