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Abstract. Computational hemodynamic studies of abdominal aortic aneu-
rysm (AAA) can help elucidate the mechanisms responsible for growth 
and development. The aim of this work is to determine if AAAs expand 
and develop intraluminal thrombus (ILT) in regions of low wall shear 
stress (WSS) predicted with computational fluid dynamics (CFD). Com-
puted tomography (CT) data of an AAA was acquired at four time-points 
over 2.5 years, from the time of detection to immediately prior to rupture. 
We used 3D unsteady, laminar, CFD models to investigate the hemody-
namics at each time-point. Our three dimensional reconstructions showed 
that the primary region of expansion was in the proximal lobe, which not 
only coincided with the main region of low TAWSS in our CFD simula-
tions, but also with the development of ILT in vivo. Interestingly, this re-
gion was also the rupture location. This is the first serial computational 
study of an AAA and the work has shown the potential of CFD to model 
the changing hemodynamics and the relation with ILT development and 
AAA growth.  

31



2  

1 Introduction 

Abdominal aortic aneurysm (AAA) is typically an asymptomatic disease that is a 
significant cause of death in the developed world. These aneurysms are focal re-
gions of dilation that form in the distal region of the aorta and can progress to the 
point of rupture. Maximum diameter is the traditional criterion for rupture-threat, 
with cases > 55 mm deemed at high risk. When the risk of rupture outweighs the 
risks associated with surgery, repair is often performed. However, several alterna-
tive risk factors have been proposed that can improve the current selection criteria 
for AAA repair [1-4]. 

AAAs have complex three dimensional (3D) geometries with many regions of in-
flection [5] and curvature [6] that influence the biomechanics of the disease [7, 8]. 
Developments in non-invasive imaging, software technologies and numerical 
techniques have enabled patient-specific modeling to better inform clinicians and 
allow for more accurate surgical planning [9]. Computational fluid dynamics 
(CFD) has been used to investigate AAA hemodynamics under rest and exercise 
[10], in different types of AAA [11], the design and evaluation of new AAA de-
vices [12] and also to simulate aneurysm growth and development [13].  

Abnormal hemodynamics within the abdominal aorta, such as high, low or oscilla-
tory wall shear stress (WSS), have been correlated with atherosclerosis through 
experimental studies [14], numerical investigations [15] and also autopsy records 
[16]. It is believed that low WSS promotes vessel expansion and this has been 
successfully associated in cerebral aneurysms using CFD and medical imaging 
[17]; albeit, using only two clinical time-points. It remains to be demonstrated that 
AAAs expand in regions of low WSS. 

Another important element of AAAs is the intraluminal thrombus (ILT). ILT is 
found in over 70% of clinically-relevant AAAs, yet the role of thrombus is still 
uncertain. Whether it provides a shielding effect by reducing the tensile stress act-
ing on the wall [18], or if the ILT-induced hypoxia [19] outweighs the potential 
shielding benefits thus rendering the wall behind thick ILT vulnerable to rupture, 
is still under debate. Nevertheless, the hemodynamics associated with ILT for-
mation and progression needs to be fully elucidated. Recently, Biasetti et al. [20] 
described ILT formation using abnormal hemodynamics as the key parameter re-
sponsible for platelet activation and thrombus development. Basciano et al. [21] 
also used CFD to model ILT development, where particle residence time (PRT) 
was used to depict platelet adhesion and aggregation, thus leading to ILT onset 
and advancement. Hardman et al. [22] also reported the PRT in AAAs, this time 
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using a novel WSS-limiter to model the attachment of monocytes to the luminal 
wall. It has been shown that ILT is likely to develop in areas of stagnated flow and 
low WSS, but not confirmed using follow-up medical imaging. 

Therefore, the aim of this work was to examine if regions of low WSS spatially 
correlate with areas of expansion and thrombus development using serial medical 
imaging and CFD modeling. 

2 Methods 

We selected one male AAA patient from our database. This retrospective study 
was approved by the local ethics committee and was performed with the written, 
informed consent of the participant, complying with the Declaration of Helsinki. 
The case was an emergency open-repair for known AAA rupture, with the loca-
tion of rupture recorded during the surgery.  

The patient was imaged using contrast-enhanced computed tomography (CT) on a 
Siemens Sensation 64 (Siemens, Germany). Image parameters were: 3 mm slice 
thickness; 3 mm slice increment; and a pixel size of 0.74 mm. CT was performed 
at four time-points over the course of routine AAA management, with the final CT 
scan taken immediately prior to emergency surgical repair.  

Each CT dataset was reconstructed into 3D using our previously described tech-
niques [23, 24] in Mimics v15 (Materialise, Belgium). We reconstructed the lu-
men from immediately below the renal arteries to a point distal to the iliac bifurca-
tion. 3D models were then exported to 3-matic v6.0 (Materialise, Belgium) for 
further pre-processing. We also reconstructed the ILT into 3D for analysis. All di-
ameter measurements are the best-fit diameters determined from the 3D models 
and centerlines.  

We then smoothed the 3D lumen surface geometry using 3-matic v6.0 in order to 
remove surface artifacts that remain after reconstruction, while maintaining the 
key features of the geometry. The resulting lumen geometries are shown in Fig. 1. 
Each model was modified to include entrance lengths and outlets, ensuring that 
faces remained normal to the centerline flow (see Fig. 2). The inlet face was ex-
tended by 59 mm, as calculated from the work of Wood [25] for unsteady flow, 
whereas the outlets were extended by 11 times the outlet diameter [22, 26, 27]. 
This outlet length was previously shown to have negligible influence on the up-
stream hemodynamics of experimental AAA models [26]. All relevant patient and 
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geometric details are shown in Table 1. We measured the volume using Mimics 
v15 and the ILT thickness using 3-matic v6.0.   

 

Fig. 1. 3D reconstructions of the lumen geometries at each time-point. Maximum best-fit lumen 
diameter is also shown below each model. All reconstructions begin at the renal arteries and end 
distal to the bifurcation, with proximal and distal faces cut orthogonal to the centerline.  Models 
are shown from the posterior view 

Each model was discretized into unstructured tetrahedral elements together with a 
boundary layer of prism elements using ICEM CFD 13.0 (ANSYS Inc.), whereby 
the total boundary layer thickness was equal to 30% of the outlet radii [28]. We 
used Fluent 13.0 (ANSYS Inc.) to solve the Navier-Stokes equations. To ensure 
our simulations were adequately resolved, 'Time1' was modeled using three mesh 
densities, where each mesh size approximately doubled in number. We investigat-
ed mesh independence using a laminar, steady flow with an inlet Reynolds num-
ber of 1400 [21] and as the downstream pressure is unknown, we assigned an 
equally divided outflow boundary condition to the outlet face of the iliac artery 
extension lengths [27, 29]. We used the Grid Convergence Index (GCI) [30] to de-
termine the necessary level of model refinement and the impact of mesh density, 
time step and cycle number on the results. The GCI is considered a very robust 
method of reporting error associated with discretization and its use is encouraged 
within the fluids engineering community [31]. For this purpose we averaged the 
WSS around four circumferential sections in the key regions of the model and 
then used these sections as a comparison tool to determine GCI. The optimum 
maximum tetrahedral and prism element edge length was found to be 1.5 mm and 
the boundary layer mesh consisted of six layers of prism elements. The boundary 
mesh element thickness also became progressively smaller as it approached the 
lumen wall. Element thickness adjacent to the lumen wall was in the range of 6 - 
100 µm, thus, the boundary layer was sufficient to resolve the velocity gradient at 
the wall and accurately estimate WSS [32]. This specific mesh size returned a per-
centage error of < 2% and a GCI of 2.5%. As a result our final meshes had on av-
erage ± standard deviation (range), 1.29 ± 0.42 (0.94 - 1.98) million elements, de-
pending on the geometry of the model. A representative numerical model is shown 
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in Fig. 2. For all simulations we assumed blood to be an incompressible, homoge-
nous, Newtonian fluid, with a density of 1050 Kgm-3 and viscosity of 0.0035 Pa s. 
The models were assumed to have rigid walls employing the no-slip condition and 
the blood flow was assumed to be laminar. These are common model assumptions 
when simulating the hemodynamics in large arteries [12, 21, 22, 27, 29, 32-34].  

To simulate the pulsatile blood flow, we developed a custom-written user-defined 
function inlet boundary condition in MATLAB (The Mathworks Inc.). This mass 
flow inlet represented an average waveform of 21 AAA patients previously exam-
ined using Doppler ultrasound by Fraser et al. [35]. We applied a flat plug inlet 
profile to the face of the entrance length as the effects of more realistic inlet pro-
files are secondary to the influences of the geometry [33]. As with our steady sim-
ulations, the outlet pressure was unknown and so an equally-divided outflow con-
dition was prescribed to the outlet faces. We used the Pressure Implicit with 
Splitting Operators (PISO) pressure-velocity coupling algorithm within Fluent 
13.0, together with 250 time-steps per cardiac cycle. In a sub-study, we found that 
by doubling and quadrupling the number of time-steps resulted in a GCI of 0.8% 
and that our results were periodic from the third cycle onwards. As such, each 
simulation was run for three full cardiac cycles, with data only interpreted from 
the third cycle. Convergence criteria were set to 1 x 10-4 for mass and 1 x 10-3 for 
momentum for all simulations.  

We determined time-averaged WSS (TAWSS) by collecting WSS data at regular 
intervals of the cardiac cycle and averaging over the total time (t = 0.92 s). This 
post-processing was performed using a custom-written MATLAB script which 
generated 3D contour plots of TAWSS. TAWSS data and maximum best-fit diam-
eter was then plotted against the normalized longitudinal distance for each clinical 
time-point. We also spatially compared TAWSS with ILT development. We tested 
for possible relationships between TAWSS and diameter using Spearman's non-
parametric correlation tests with a p-value < 0.05 deemed significant.  

3 Results 

The quantitative changes in geometry, volume and maximum ILT thickness are 
presented in Table 2. The ILT increased in volume at a rate of 9 cm3/year (range = 
7 - 29 cm3) over 29 months. The physical evolution of the ILT is shown in Fig. 3. 
Local maximum ILT thickness peaked at 19 months with the thrombus then be-
coming thinner yet larger in volume. There was no appreciable change in the lu-
men centerline tortuosity of each model over time.  

35



6  

With the exception of Time2, the proximal lobe of each model experienced low 
TAWSS throughout the growth period (Fig. 3). ILT developed in a region of low 
TAWSS in the proximal lobe. TAWSS was inversely related to the maximum 
best-fit diameter of the lumen. This relationship was significant at certain time-
points during the growth period and approaching significance at others (Time1, p 
= 0.073; Time2, p = 0.007; Time3, p = 0.056; Time4, p = 0.016).  

Table 1: Patient details and best-fit diameters at each imaging time-point. 

Study 

 ID Time (months) 

Age 

(years) 

Maximum 

Lumen Diameter 
(mm) 

Inlet Diameter 

(mm) 

Right Iliac  

Diameter 

(mm) 

Left Iliac  

Diameter 

(mm) 

Time1 Baseline 75 50.1 22.2 10.9 10.9 

Time2 8 76 51.9 21.0 9.3 10.3 

Time3 19 77 58.9 22.1 9.8 10.4 

Time4 29 78 71.7 24.0 11.7 11.4 

 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
Fig. 2. (A) Example 3D model (Time1) with inlet and outlet extensions shown and (B) meshed 
model with cross-section illustrating typical mesh density and the progressive six-layer boundary 
mesh. (C) Inlet flow waveform determined from 21 AAA patients [35]. The relevant time-points 
within the cardiac cycle are also indicated (a-e). The total length of this cardiac cycle is 0.92 s. 
 
The clinical location of rupture was noted as "inferior to the left renal artery" at 
the time of emergency open-repair and was illustrated using a simple intra-
operative sketch. Fig. 4 shows the TAWSS contours compared to the location of 
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rupture. Fig. 5 shows the pathlines of particles seeded from the inlet at the time of 
peak systolic flow at each of the four time-points.    

Table 2: ILT and lumen volumes, maximum ILT thickness, tortuosity and best-fit diameter for 
each model examined. Percentage changes are from that of the previous time-point. 

Study ID 
Time 

(months) 
ILT Vol-
ume (cm3) 

% Change in 
ILT Volume 

ILT Thickness 
(mm) 

% Change in 
ILT Thick-

ness 

Lumen 
Volume 
(cm3) 

% Change in 
Lumen Vol-

ume 

Time1 Baseline 7.4 - 7 - 140.6 - 

Time2 8 9.8 32 10 43 167.9 19 

Time3 19 19.7 101 15 50 227.7 36 

Time4 29 28.6 45 14 -7 344.6 51 

4 Discussion 

We have computationally investigated a rapidly-expanding, patient-specific rup-
tured AAA from the time of detection to rupture, over 2.5 years. Our results show 
that, in this particular case, lumen expansion and ILT development spatially coin-
cide with areas of low TAWSS. 

The proximal lobe of the lumen experienced low TAWSS throughout the rapid-
expansion (9 mm/year) period prior to rupture. This proximal lobe also later be-
came the rupture site. According to the literature, the majority of AAAs rupture 
into the retroperitoneum [37] and posterior-inferior regions [38]. The rupture loca-
tion in this instance is not typical and is within the 18% of those that rupture supe-
rior to the maximum dilation region [38] and within the 10% that rupture inferior 
to the left renal artery [37]. Additionally, according to da Silva et al. [38], ILT is 
found at the site of rupture in 80% of cases, with the remaining 20% experiencing 
rupture at areas without thrombus or at the transition of an area with thrombus and 
without it. Indeed, by comparing the intra-operative sketch to the 3D reconstruc-
tion at 29 months (see Fig. 4) it would appear that rupture occurred in or around 
the region of ILT here.  

It is known that low WSS facilitates arterial remodeling through apoptosis [39] 
and proliferation, in particular when the WSS < 0.4 Pa [36]. Below this level, ath-
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erogenic phenotypes are stimulated, thus enabling the breakdown of the endothe-
lium. Monocytes adhere to the endothelium in regions where WSS < 0.36 Pa [40-
42] and as the WSS tends to zero, the adhesion efficiency increases exponentially 
[42], further contributing to the expansion process. From our simulations it would 
appear that this particular AAA ruptured at a region experiencing TAWSS below 
this critical threshold of 0.4 Pa (Fig. 4). Interestingly, the pathlines shown in Fig. 5 
at peak systolic flow for each clinical time-point reveal how the hemodynamics 
may have contributed to rupture through recirculation in the proximal region over 
time. Thus, the development of low velocity near-wall flow and reduced TAWSS 
may each have contributed to expansion and ILT development. However, this 
work needs to be extended to other AAA cases to confirm if this finding is unique 
to this particular case. 

It has been previously described how ILT may develop in the distal region of an 
AAA as particles tend to attach to the wall downstream in the sac [11, 20, 21, 43]. 
However, in this AAA, ILT only developed in the proximal region where it is like-
ly that platelets were trapped in the recirculating low TAWSS region and deposit-
ed to the wall. We can attempt to explain the lack of distal ILT observed in this 
case by the following hypothesis. It is known that the endothelial layer is a key 
factor in thrombosis and contributes to the development of ILT in AAA. A healthy 
aorta exhibits an intact endothelial layer that controls hemostasis and thrombosis, 
whereas, in AAA disease this layer is often deteriorated and the luminal surface 
becomes thrombogenic. It is plausible that this aneurysm evolved quicker than the 
degeneration rate of the endothelial layer and therefore, the WSS along the length 
of the lumen still activated endothelial cells and provided anti-thrombogenic prop-
erties. It was only in the proximal region of recirculation and low WSS that the 
endothelial layer was degraded and ILT subsequently developed. However, further 
testing in conjunction with histology is required to prove this theory.   

Particle residence time (PRT) is a useful parameter to indicate monocyte deposi-
tion and attachment [21, 22, 43, 44] and may be particularly beneficial in conjunc-
tion with longitudinal medical imaging. In recent work by Biasetti et al. [20], a λ2-
method [45] and vortical structure (VS) approach was described as a potential 
mechanism for modeling ILT formation. In order to fully elucidate the hemody-
namics involved in AAA and ILT evolution, it may be necessary in to combine 
PRT and VS models, together with advanced approaches to determine patient-
specific inlet and downstream boundary conditions, and verify results using medi-
cal imaging and histology.  

In addition, there are other limitations to our study to should be addressed in fu-
ture investigations. The use of a deformable wall and the incorporation of fluid-
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structure interaction (FSI) may further enhance our results [46]. Multi-scale ap-
proaches have been used to model outlet boundary conditions [47] and also repre-
sent a likely improvement over the outlet boundary condition employed here. Fi-
nally, our results should be interpreted with caution as longitudinal imaging was 
only available for one AAA case. This type of study needs to be expanded to a 
large cohort of patients with stable, symptomatic and ruptured AAAs, from all di-
ameter and growth rate ranges, to determine if the findings presented here are sta-
tistically significant and have clinical relevance. 

 

Fig. 3. ILT thickness (far left), TAWSS contours and TAWSS-diameter plots at each time-point. 
The ILT thickness scale refers to all models in the far left column. The TAWSS scale refers to all 
TAWSS contour plots. TAWSS was scaled to a maximum of 1.5 Pa [36]. The normalized dis-
tance begins (0) at the proximal neck and ends (1) distal to the iliac bifurcation, as shown in the 
top row of TAWSS plots.  

5 Conclusions 

In this single, longitudinal case study, regions of low TAWSS correlated with are-
as of lumen expansion and ILT development. Rupture occurred in the proximal, 
low TAWSS region of the AAA where the flow was recirculating. This is the first 
report in the literature where CFD was performed using serial medical imaging 
and could help future research to fully elucidate the role of low WSS in AAA ex-
pansion and thrombus development.    
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Fig. 4. Comparison of the clinical rupture location observed during emergency open-repair (in-
tra-operative sketch) indicated on the 3D reconstruction (black box) and TAWSS contours at 
time of rupture. TAWSS is shown scaled to 1.5 Pa [36] and 0.4 Pa [39]. 
 
 
  

 
 
 
 
 
 
 
Fig. 5. Particle pathlines color-coded with velocity magnitude shown at peak systolic flow at 
each clinical time-point. Models are shown from the posterior view. Inset shows pathlines in the 
rupture region. 
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