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ABSTRACT 

Our knowledge of how geometry influences abdominal aortic aneurysm (AAA) 

biomechanics is still developing. Both iliac bifurcation angle and proximal neck angle could 

impact the haemodynamics and stresses within AAA. Recent comparisons of the morphology 

of ruptured and intact AAA show that AAAs with large iliac bifurcation angles are less likely 

to rupture than those with smaller angles. We aimed to perform fluid-structure interaction (FSI) 

simulations on a range of idealised AAA geometries to conclusively determine the influence 

of proximal neck and iliac bifurcation angle on AAA wall stress and wall shear stress (WSS).  

Peak WSS and TAWSS in the AAA sac region only increased when the proximal neck 

angle exceeded 30o. Both peak WSS (p < 0.0001) and peak von Mises wall stress (p = 0.027) 

increased with increasing iliac bifurcation angle, whereas endothelial cell activation potential 

(ECAP) decreased with increasing iliac bifurcation angle (p = 0.0002) and increased with 

increasing neck angle. 

These observations may be important as AAAs have been shown to expand, develop 

thrombus and rupture in areas of low WSS and here we show that AAAs with larger iliac 

bifurcation angles have higher WSS, potentially reducing the likelihood of rupture 

Furthermore, ECAP was lower in AAA geometries with larger iliac bifurcation angles, 

implying less likelihood of thrombus development and wall degeneration. Therefore our 

findings could help explain the clinical observation of lower rupture rates associated with 

AAAs with large iliac bifurcation angles. 
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INTRODUCTION 

An abdominal aortic aneurysm (AAA) is a dilation of the infrarenal aorta, with a 

diameter at least 3cm or 1.5 times that of the normal aortic diameter. Wall stresses in the AAA 

have been extensively studied with regard to AAA rupture risk. These studies have indicated 

that peak wall stresses are significantly higher in ruptured AAAs than in both electively 

repaired and intact AAAs, and can be used to assess rupture risk more accurately than the 

maximum AAA diameter criteria (Fillinger et al., 2002; Fillinger et al., 2003; 

Venkatasubramaniam et al., 2004).  

Aside from AAA diameter, there are several other geometric risk factors that may be 

important and influence the clinical management of AAA. The degree of asymmetry within the 

AAA has been linked with increases in wall stress, both in idealised geometries (Scotti et al., 

2005; Vorp et al., 1998) and patient-specific cases (Doyle et al., 2009). Tortuosity 

(Georgakarakos et al., 2010) and surface curvature (Sacks et al., 1999) of the AAA are also 

associated with wall stress and could be useful non-invasive parameters. However, aortic 

proximal neck and iliac bifurcation angles are two parameters often measured in clinical 

practice that may influence the type of surgery (i.e. open or endovascular repair) and stent-graft 

device (i.e. size and type), yet have received little attention in relation to the biomechanics. 

Xenos et al. (Xenos et al., 2010) used patient-specific measurements from 26 AAA cases to 

create a range of idealised AAA geometries and then performed fluid-structure interaction 

(FSI) simulations to compute AAA wall stress and wall shear stress (WSS). They found non-

linear relationships between von Mises wall stress and WSS with iliac bifurcation angle and 

aortic neck angle. In particular, their data might suggest that AAAs with larger iliac bifurcation 

angles are at higher risk of rupture due to the increase in von Mises wall stress, yet  recent 

comparison of the morphology of intact and ruptured AAA indicates that AAAs with larger 

bifurcation angles might be less likely to rupture (Powell, 2016). Therefore, here we aim to 
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build upon this previous work (Xenos et al., 2010) and perform FSI simulations on similar 

idealised geometries in order to conclusively determine the extent that iliac bifurcation and 

proximal neck angle influences AAA wall stress and WSS.  

 

METHODS 

For a detailed description of the methods used, please refer to the Appendix online.  

Creation of idealised geometries 

We used the same geometric parameters as previously reported (Xenos et al., 2010) to 

create a range of idealised AAA geometries using the commercial software packages 

SolidWorks (Dassault Systémes, France) and STAR-CCM+ (v11, CD-adapco, NY, USA). 

These geometric parameters were originally measured from a cohort of 26 AAA patients and 

thus represent a range of likely sizes. The neck and iliac angles were investigated in two 

separate parametric studies. For the iliac bifurcation angle study, the bifurcation angles were 

varied in 10° increments from 30° to 150°, with a constant neck angle of 0°. For the proximal 

neck angle study, the neck angle was varied in 10° increments from 0° to 40°, with a constant 

iliac angle of 60°. Figure 1a illustrates an example idealised AAA geometry with these 

geometric parameters.  

 

Computational mesh, material models and boundary conditions 

We used tetrahedral elements throughout the solid AAA wall (see Fig. 1b) and 

polyhedral elements in the fluid region (see Fig. 1c). We also used layers of prism elements at 

the fluid boundary and we extruded the inlet and outlets ten times the diameter. We then tested 

the discretisation error (study shown in Appendix). Here we opted to use a linearly elastic 

material model for the aortic wall (Young’s modulus of 2.7 MPa and Poisson’s ratio of 0.45) 

with a density of 2000 kg/m3 as these parameters have been used in previous FSI studies (Di 



 

5 

 

Martino et al., 2001; Leung et al., 2006; Scotti et al., 2005). Although the AAA wall is a non-

linear material, the choice of material model for the wall should not significantly affect the 

distribution of von Mises wall stress (but will influence the magnitude) and so should not affect 

the relationships and overall findings of our study. Velocity and pressure waveforms were 

applied at the inlet and outlets of the fluid region (see Fig. 2) (Xenos et al., 2010; Olufsen et 

al., 2000) and a zero velocity (non-slip) boundary condition was assumed at the fluid wall, with 

rigid constraints at the neck and iliac boundary faces of the solid domain. As this study 

considers blood flow in the largest artery, we modelled blood as a Newtonian fluid with a 

density of 1050 kg/m3 and a viscosity of 0.0035 Pa s. The choice of Newtonian behaviour is 

well justified in the large arteries as the non-Newtonian effects are only evident in smaller 

vessels. A mapped contact boundary interface was created between the outer surface of the 

fluid domain and the inner wall of the solid domain.  

 

Data analysis 

WSS, time-averaged WSS (TAWSS), oscillatory shear index (OSI) and von Mises wall 

stress in the AAA region were analysed for the entire range of iliac and neck angles tested. We 

also investigated the peak endothelial cell activation potential (ECAP = OSI/TAWSS) in the 

AAA region.  We tested for correlations using the Spearman rho correlation test and deemed 

relationships significant when p<0.05. 
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Figure 1: (a) Idealised AAA geometry showing the aneurysmal length, a, maximum diameter, 

d, iliac diameter, i, neck diameter, n, iliac angle, φ, and neck angle, θ. (b) Tetrahedral mesh for 

the solid aortic wall region showing mesh refinement at the bifurcation (insert) for the idealised 

AAA geometry with 0° neck and 60° iliac angle. (c) Polyhedral mesh for the fluid blood region 

with extrusions at the inlet and outlets (shortened for illustration purposes) for the idealised 

AAA geometry with 0° neck and 60° iliac angle. 
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Figure 2: (a) Geometry of the solid and fluid domains combined for the 0° neck and 60° iliac 

angle idealised geometry. The highlighted area represents the AAA region of interest where 

WSS and von Mises wall stress data was extracted. (b) Realistic velocity waveform for the one 

second cardiac cycle applied at the inlet of the fluid domain. (c) Realistic pressure waveform 

for the one second cardiac cycle applied at the outlets of the fluid domain. These waveforms 

are from Olufsen et al. (Olufsen et al., 2000) and were also used in Xenos et al. (Xenos et al., 

2010) 
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RESULTS 

Proximal neck angle and wall shear stress 

As shown in Fig. 3a, we found that peak WSS in the AAA (i.e. the peak WSS observed 

in the AAA sac region highlighted in Fig. 2) only increased beyond a 30° neck angle (23% 

increase in WSS). The mean peak AAA WSS was 4.19 Pa, with maximum and minimum 

values of 4.99 and 3.70 Pa in the 40° and 0° neck angles, respectively. The mean TAWSS was 

0.697 Pa, with maximum and minimum values of 0.793 and 0.624 Pa in the 40° and 0° neck 

angles, respectively (Fig.3b).  

 

Inlet neck angle and von Mises wall stress 

No obvious relationship between peak AAA wall stress and neck angle was identified 

(Fig. 3c) however there was a 16% increase in wall stress when the neck angle increased from 

30° to 40°. The mean peak AAA wall stress was 0.203 MPa, with maximum and minimum 

values of 0.225 and 0.194 MPa in the 40° and 30° neck angles, respectively. Contours of wall 

stress at peak flow during the cardiac cycle are shown in Fig. 4a and further illustrate the 

relatively small changes in wall stress with varying neck angulation. 

 

Inlet neck angle and endothelial cell activation potential 

We found ECAP to increase by approximately 15% from 0° to 10° and by a further 

15% when increased from 10° to 40° (see Fig. 3d). The mean peak AAA ECAP was 10.13, 

with maximum and minimum values of 11.67 and 8.76 in the 40° and 0° neck angles, 

respectively. Large regions of high ECAP were present in all of the idealised AAA geometries 

(see Fig. 4b), however, the size and location of these regions changed with varying neck 

angulation.  
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Figure 3: Influence of proximal neck angle on AAA sac region (a) peak WSS, (b) TAWSS, (c) 

peak von Mises wall stress and (d) peak ECAP. Peak WSS and peak von Mises wall stress 

increased when the neck angle exceeded 30° and there was an increase in ECAP at 10° and 

40°.  

 

Inlet neck angle and velocity field 

As expected, varying the neck angle resulted in substantial changes in the velocity field 

(see Fig. 4c) as increasing the neck angle causes the symmetrical flow structure to breakdown. 

Once the neck is non-planar, flow tends towards the side of the AAA wall that it impacts upon 

entering the AAA, resulting in a large region characterised by low flow velocities on the 

opposite side of the AAA. However, the flow begins to depart from this side of the wall for the 

30° neck angle, and then for the 40° neck angle geometry the flow moves towards the side of 

the wall opposite from where it initially impacts. Consequently, low flow velocities are 
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observed on the side of the wall initially impacted by the blood flow with these regions 

coinciding with locations of high ECAP.  

 

Figure 4: AAA geometries with 0°, 10°, 20°, 30° and 40° proximal neck angle, from left to 

right. (a) Contours of von Mises wall stress at peak flow in the cardiac cycle. (b) Contours of 

ECAP averaged over the final cardiac cycle. (c) Velocity fields at peak flow. 

Iliac bifurcation angle and wall shear stress 
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We found a strong positive relationship (Spearman rho = 0.98, p < 0.0001) between 

AAA peak WSS (i.e. the peak WSS observed in the AAA sac region highlighted in Fig. 2) and 

iliac bifurcation angle (see Fig. 5a). Mean peak WSS across all geometries was 4.52 Pa with 

maximum and minimum values of 2.91 and 6.19 Pa, respectively. Therefore, peak WSS 

increased more than two-fold when the iliac bifurcation angle increased from 30° and 150°. 

There was also a strong correlation between TAWSS and iliac bifurcation angle (Spearman rho 

= 0.93, p < 0.0001, see Fig. 5b). The mean TAWSS was 0.755 Pa, with maximum and minimum 

TAWSS of 1.0 and 0.545 Pa, respectively. 

 

Iliac bifurcation angle and von Mises wall stress 

We found iliac bifurcation angle to influence von Mises AAA wall stress (Spearman 

rho = 0.61, p = 0.027, see Fig. 5c) however the relationship was not as strong as that found 

with WSS.  The mean peak AAA wall stress for the iliac angulations was 0.207 MPa, with 

maximum and minimum peak AAA wall stress values of 0.243 and 0.186 MPa in the 150° and 

30° iliac bifurcation angle geometries, respectively, which represents a 30% increase in peak 

wall stress. The distributions of von Mises wall stress at peak flow are shown in Fig. 6a.  

 

Iliac bifurcation angle and endothelial cell activation potential 

We found a strong negative relationship (Spearman rho = -0.86, p = 0.0002) between 

peak ECAP and iliac bifurcation angle (see Fig. 5d). The mean peak AAA ECAP was 8.63, 

with maximum and minimum values of 11.41 and 7.25 in the 30° and 150° iliac bifurcation 

angle geometries, respectively. As shown in Fig. 6b, large regions of high ECAP (i.e. ECAP > 

8) were present in AAAs with more acute iliac bifurcation angles, with these high ECAP 

regions found around the centre of the AAA where the TAWSS was lowest. As iliac angle 
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increased, the size of these high ECAP regions decreased rapidly and were not present in the 

larger iliac angulations.  

 

Iliac bifurcation angle and velocity field 

Varying the iliac bifurcation angle did not produce any distinct differences in the 

velocity field within the AAA. Symmetric flow was observed for all iliac angles investigated, 

with low velocity near the aneurysmal wall in the central region of the AAA. Figure 6c presents 

velocity fields at peak flow for a range of iliac bifurcation angles. 

 

Figure 5: Influence of iliac bifurcation angle on AAA (a) peak WSS, (b) TAWSS, (c) peak von 

Mises wall stress and (d) peak ECAP (TAWSS/WSS). We found a positive relationship 

between peak WSS, mean TAWSS and peak von Mises wall stress and iliac bifurcation angle, 

and a negative relationship between ECAP and iliac bifurcation angle. 
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Figure 6: AAA geometries with 40°, 60°, 80°, 100°, 120° and 140° iliac angles, from left to 

right. (a) Contours of von Mises wall stress at peak flow in the cardiac cycle. The maximum 

difference in average wall stress was 6.5%. (b) Contours of ECAP over the final cardiac cycle. 

(c) Velocity fields in the AAA region at peak flow. 
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DISCUSSION 

In this study we created a series of idealised AAA geometries and investigated the effect 

of proximal neck angle and iliac bifurcation angle on haemodynamics and wall stresses. We 

found that peak WSS in the AAA only increased when the proximal neck angle was greater 

than 30o, whereas peak von Mises wall stress did not increase with neck angle. Peak WSS, 

TAWSS and peak von Mises wall stress all significantly increased with iliac bifurcation angle, 

whereas ECAP decreased with increasing iliac bifurcation angle. AAAs have been shown to 

expand and rupture in regions of low WSS (Boyd et al., 2016; Doyle et al., 2014) and despite 

the increase in von Mises wall stress at larger iliac bifurcation angles, our findings could help 

explain why recent clinical observations report AAAs with large iliac bifurcation angles may 

be less likely to rupture than diameter-matched cases with smaller iliac bifurcation angles 

(Powell, 2016). Here we find AAAs with larger iliac angles have higher peak WSS, higher 

TAWSS and lower ECAP values. Although the von Mises stress increased by 30% when the 

iliac bifurcation angle increased from 30 to 150°, the increase in peak WSS (by 113%) and 

decrease in ECAP (by 57%) within the AAA region is more significant. Therefore, it is 

plausible that wider iliac bifurcations are protective against rupture due to the increase in WSS 

and decrease in ECAP in the proximal AAA sac region, which in turn decreases the likelihood 

of thrombus formation, wall degradation and subsequent expansion. This indicates iliac 

bifurcation angle could be a useful geometric variable for further investigation. 

 

Inlet neck angle 

Peak WSS occurred in the largest angle tested (i.e. 40°) and was approximately 35% 

higher than observed for the 0° neck angle. In previous work (Xenos et al., 2010) peak WSS in 

the AAA region also appears to increase with neck angle however it is difficult to determine 

quantitative relationships. We determined that peak von Mises wall stress in the AAA was not 
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strongly influenced by variations in the proximal neck angle compared to previous research 

suggesting that von Mises wall stress is at a maximum at 20° before decreasing slightly at 30 

and 40° (Xenos et al., 2010). Although we used a different material model for the aortic wall, 

the stress distributions should be similar (Joldes et al., 2016) and should not affect relationships 

with geometry (see Appendix).  

The introduction of an angled inlet neck resulted in substantial alterations in the velocity 

field, namely the breakdown of the symmetrical flow structure. For smaller neck angles, this 

asymmetric flow is characterised by high flow velocity on the side of the AAA initially 

impacted by the inlet flow, and low flow velocities on the opposite side. However, for larger 

neck angles, regions of high and low flow velocity shift and eventually move to the opposing 

sides of the AAA. Areas of low flow near the aneurysmal wall coincide with the regions of 

high ECAP. As such, the velocity fields assist in explaining why regions of high ECAP shift 

with increasing neck angulation. 

Peak ECAP increased with neck angle and regions of high ECAP were found to occur 

in all of the neck angle AAA geometries tested (Fig. 4b), yet varied in location. With a straight 

proximal neck, a region of high ECAP is found across the whole midsection of the aneurysm 

where the diameter is greatest. As neck angle increases, the region of high ECAP decreases in 

size and shifts towards the opposite side of the aneurysm, away from the inlet. With further 

increases in neck angle, this region grows in size again and moves towards the opposite side of 

the AAA. At a 30° neck angle, the high ECAP region again circumferentially encompasses the 

AAA, this time towards the distal part of the sac, before finally shifting to the side of the AAA 

that the flow impinges on when the neck is increased to 40°. At this neck angle, high ECAP 

covers a large portion of the sac extending proximally and distally from the maximum diameter 

area. This shift in elevated ECAP is due to the asymmetry of flow within the aneurysm as the 

neck angle increases (Fig. 4c) and suggests that increasing neck angle, unlike increasing iliac 
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bifurcation angle, does not reduce the likelihood of overall growth or thrombus in the AAA, 

but may determine regions of local AAA expansion and thrombus development. 

 

Iliac bifurcation angle 

As the iliac bifurcation angle increased, the peak WSS in the aneurysm increased. We 

found significant relationships between both TAWSS (Spearman rho = 0.93, p < 0.0001) and 

peak WSS (Spearman rho = 0.98, p < 0.0001) with iliac bifurcation angle. However, the relative 

increase in TAWSS (27%) across the range of iliac bifurcation angles is about a quarter of the 

relative increase in peak WSS (113%). This suggests that the increase in WSS with iliac 

angulation may be amplified in localised areas of high WSS during peak flow. 

Peak von Mises wall stress in the AAA significantly increased (Spearman rho = 0.61, 

p = 0.027) by about 30% from the minimum to maximum iliac bifurcation angle. This is in 

contrast to Xenos et al. (Xenos et al., 2010) as they found more than a two-fold increase in 

peak AAA wall stress from 60° to 150° iliac angle.  

We found a significant negative relationship between peak AAA ECAP and iliac 

angulation (Spearman rho = -0.86, p = 0.0002). Regions of high ECAP were found to occur in 

AAA geometries with smaller iliac angles, suggesting that AAAs with smaller iliac angles may 

have a greater tendency towards ILT formation and wall degeneration, which could then 

promote expansion and rupture. 

We observed little variation in velocity fields with varying iliac angle. Blood flow 

remained practically symmetric and was characterised by low velocities near the aneurysmal 

wall in the middle section of the AAA, where the diameter is largest. These sections exhibit 

the highest ECAP in each of the geometries due to the low TAWSS produced by these low 

flow velocities near the dilated AAA wall. Thus, velocity fields help to illustrate why the 
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regions of highest ECAP for each of the iliac bifurcation angle geometries are all located 

around the centre of the AAA. 

Throughout this study we have attempted to compare our data to previous work (Xenos 

et al., 2010) and despite the different material model used, there are additional explanations for 

the different findings. Firstly, it is unclear if extension lengths were included into the domain 

of Xenos et al. Without inlet and outlet extensions in this modelling regime (similar to those 

shown in Fig. 2), the flow through the AAA region can be affected by the open boundaries, 

potentially influencing the results in the region of interest. It is also unclear if the simulation 

result data were independent of cardiac cycle before extracting information. In earlier work 

from the same group (Rissland et al., 2009) they do ensure that data was periodic after the 

second cardiac cycle. However it is not clear if the same approach was used in Xenos et al. As 

shown in Figure A1 (see Appendix), data typically becomes periodic after the third cardiac 

cycle and can vary significantly from the initial cycles. Furthermore the previous mesh 

independence study reported 6% variance in von Mises wall stress at peak systole between the 

final mesh and that of the prior mesh. There is also no information on the meshing approach in 

the near-wall boundary layer of the fluid domain which is critical for accurate WSS to be 

calculated. Chen et al. studied a case of aortic dissection with and without a resolved boundary 

layer mesh and found a 24% discrepancy in WSS (Chen et al., 2013).  

 

Limitations 

 Firstly, using a FSI approach is extremely computationally intensive. In order to 

perform a large number of simulations and analyse the effect of the key geometric parameters 

(17 different geometries tested here), we made some assumptions similar to previous work 

(Xenos et al., 2010). We only investigated lateral iliac bifurcation angles as this angulation is 

more common during AAA progression. However, by assuming no anterior-posterior 
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angulation, the resulting stresses may be underestimated. We also limited our maximum neck 

angle to 40°, although in many clinical cases the neck angle could be much greater. There is 

also the opportunity to investigate different types of AAA to see if our findings remain valid 

in saccular aneurysms. We assumed the aortic wall has a constant thickness, yet in reality this 

wall thickness is variable. However, most importantly, we used a linearly elastic material 

model for the wall and so the magnitude of our wall stresses may underestimate those present 

in real AAAs. Nevertheless, as we note already, the findings and conclusions of this study 

should not be impacted by the choice of material model. Additionally, it would be useful to 

include idealised representations of thrombus into the geometries. This would require careful 

determination of where to include the thrombus and to what extent, and would create another 

series of idealised geometries to investigate. However, this would be useful modelling to 

further understand the role of biomechanics in AAA disease. Lastly, large clinical databases 

should be interrogated to determine the true relationship of iliac bifurcation angle and proximal 

neck angle with rupture rates, and to further inform clinically-relevant computational studies.   

 

CONCLUSION 

Peak WSS, TAWSS and von Mises wall stress in AAA significantly increase with iliac 

bifurcation angle, whereas ECAP significantly decreases. The proximal neck angle has less of 

an impact on AAA biomechanics. AAAs have been shown to expand and rupture in regions of 

low WSS (Boyd et al., 2016; Doyle et al., 2014) and clinical findings show that AAAs with 

large iliac bifurcation angles may be less likely to rupture than those with smaller iliac 

bifurcation angles (Powell, 2016). Here we show that large iliac bifurcation angles may be 

protective of AAA expansion and rupture by creating high WSS and low ECAP conditions.   

 

 



 

19 

 

ACKNOWLEDGEMENTS 

We would like to acknowledge funding from the National Health and Medical Research 

Council (APP1063986 and APP1083572). 

 

CONFLICT OF INTEREST 

None. 

 

REFERENCES 

Boyd, A.J., Kuhn, D.C., Lozowy, R.J., Kulbisky, G.P., 2016. Low wall shear stress 

predominates at sites of abdominal aortic aneurysm rupture. J Vasc Surg 63, 1613-1619. 

 

Celik, I.B., Ghia, U., Roache, P.J., Freitas, C.J., Coleman, H., Raad, P.E., 2008. Procedure for 

Estimation and Reporting of Uncertainty Due to Discretization in CFD Applications. Journal 

of Fluids Engineering 130, 1-4. 

 

Chen, D., Muller-Eschner, M., von Tengg-Kobligk, H., Barber, D., Bockler, D., Hose, R., 

Ventikos, Y., 2013. A patient-specific study of type-B aortic dissection: evaluation of true-

false lumen blood exchange. Biomed Eng Online 12, 65. 

 

Cornejo, S., Guzmán, A., Valencia, A., Rodríguez, J., Finol, E., 2014. Flow-induced wall 

mechanics of patient-specific aneurysmal cerebral arteries: Nonlinear isotropic versus 

anisotropic wall stress. Proceedings of the Institution of Mechanical Engineers, Part H: Journal 

of Engineering in Medicine 228, 37-48. 

 



 

20 

 

Cronenwett, J., Murphy, T., Zelenock, G., Whitehouse, W., Lindenauer, S., Graham, L., 1985. 

Actuarial analysis of variables associated with rupture of small abdominal aortic aneurysms. 

Surgery 98, 472 - 483. 

 

Darling, R., Messina, C., Brewster, D., Ottinger, L., 1977. Autopsy study of unoperated 

abdominal aortic aneurysms. The case for early resection. Circulation 56, II161 - II164. 

 

Di Achille, P., Tellides, G., Figueroa, C.A., Humphrey, J.D., 2014. A haemodynamic predictor 

of intraluminal thrombus formation in abdominal aortic aneurysms. Proceedings of the Royal 

Society of London A: Mathematical, Physical and Engineering Sciences 470. 

 

Di Martino, E., Guadagni, G., Fumero, A., Ballerini, G., Spirito, R., Biglioli, P., Redaelli, A., 

2001. Fluid-structure interaction within realistic three-dimensional models of the aneurysmatic 

aorta as a guidance to assess the risk of rupture of the aneurysm. Med Eng Phys 23, 647 - 655. 

 

Doyle, B., McGloughlin, T., Kavanagh, E., Hoskins, P., 2014. From Detection to Rupture: A 

Serial Computational Fluid Dynamics Case Study of a Rapidly Expanding, Patient-Specific, 

Ruptured Abdominal Aortic Aneurysm, in: Doyle, B., Miller, K., Wittek, A., Nielsen, P.M.F. 

(Eds.), Computational Biomechanics for Medicine. Springer New York, pp. 53-68. 

 

Doyle, B.J., Callanan, A., Burke, P.E., Grace, P.A., Walsh, M.T., Vorp, D.A., McGloughlin, 

T.M., 2009. Vessel asymmetry as an additional diagnostic tool in the assessment of abdominal 

aortic aneurysms. Journal of Vascular Surgery 49, 443-454. 

 



 

21 

 

Fillinger, M., Raghavan, M., Marra, S., Cronenwett, J., Kennedy, F., 2002. In vivo analysis of 

mechanical wall stress and abdominal aortic aneurysm rupture risk. J Vasc Surg 36, 589 - 597. 

 

Fillinger, M.F., Marra, S.P., Raghavan, M., Kennedy, F.E., 2003. Prediction of rupture risk in 

abdominal aortic aneurysm during observation: wall stress versus diameter. Journal of Vascular 

Surgery 37, 724-732. 

 

Georgakarakos, E., Ioannou, C.V., Kamarianakis, Y., Papaharilaou, Y., Kostas, T., Manousaki, 

E., Katsamouris, A.N., 2010. The role of geometric parameters in the prediction of abdominal 

aortic aneurysm wall stress. Eur J Vasc Endovasc Surg 39, 42-48. 

 

Joldes, G.R., Miller, K., Wittek, A., Doyle, B., 2016. A simple, effective and clinically 

applicable method to compute abdominal aortic aneurysm wall stress. J Mech Behav Biomed 

Mater 58, 139-148. 

 

Leung, J., Wright, A., Cheshire, N., Crane, J., Thom, S., Hughes, A., Xu, Y., 2006. Fluid 

structure interaction of patient specific abdominial aortic aneurysms: a comparison with solid 

stress models. Biomed Eng Online 5, 33. 

 

Lin, S., Han, X., Bi, Y., Ju, S., Gu, L., 2017. Fluid-Structure Interaction in Abdominal Aortic 

Aneurysm: Effect of Modeling Techniques. BioMed Research International 2017, 10. 

 

Olufsen, M.S., Peskin, C.S., Kim, W.Y., Pedersen, E.M., Nadim, A., Larsen, J., 2000. 

Numerical simulation and experimental validation of blood flow in arteries with structured-

tree outflow conditions. Ann Biomed Eng 28, 1281-1299. 



 

22 

 

 

Polzer, S., Gasser, T.C., Bursa, J., Staffa, R., Vlachovsky, R., Man, V., Skacel, P., 2013. 

Importance of material model in wall stress prediction in abdominal aortic aneurysms. Med 

Eng Phys 35, 1282-1289. 

 

Powell, J.T., 2016. Morphology of ruptured vs unruptured AAA. In 5th international Meeting 

on Aortic Diseases. Liege, Belgium. 

 

Raghavan, M., Vorp, D., 2000a. Toward a biomechanical tool to evaluate rupture potential of 

abdominal aortic aneurysm: identification of a finite strain constitutive model and evaluation 

of its applicability. J Biomech 33, 475 - 482. 

 

Rissland, P., Alemu, Y., Einav, S., Ricotta, J., Bluestein, D., 2009. Abdominal aortic aneurysm 

risk of rupture: patient-specific FSI simulations using anisotropic model. J Biomech Eng 131, 

031001. 

 

Roache, P.J., 1994. Perspective: A Method for Uniform Reporting of Grid Refinement Studies. 

Journal of Fluids Engineering 116, 405-413. 

 

Rodriguez, J.F., Martufi, G., Doblare, M., Finol, E.A., 2009. The effect of material model 

formulation in the stress analysis of abdominal aortic aneurysms. Ann Biomed Eng 37, 2218-

2221. 

 



 

23 

 

Rodriguez, J.F., Ruiz, C., Doblare, M., Holzapfel, G.A., 2008. Mechanical stresses in 

abdominal aortic aneurysms: influence of diameter, asymmetry, and material anisotropy. J 

Biomech Eng 130, 021023. 

 

Scotti, C., Shkolnik, A., Muluk, S., Finol, E., 2005. Fluid-structure interaction in abdominal 

aortic aneurysms: effects of asymmetry and wall thickness. BioMedical Engineering OnLine 

4, 64. 

 

Spiegel, M., Redel, T., Zhang, Y.J., Struffert, T., Hornegger, J., Grossman, R.G., Doerfler, A., 

Karmonik, C., 2011. Tetrahedral vs. polyhedral mesh size evaluation on flow velocity and wall 

shear stress for cerebral hemodynamic simulation. Comput Methods Biomech Biomed Engin 

14, 9-22. 

 

Vande Geest, J.P., Sacks, M.S., Vorp, D.A., 2006. The effects of aneurysm on the biaxial 

mechanical behavior of human abdominal aorta. J Biomech 39, 1324-1334. 

 

Venkatasubramaniam, A., Fagan, M., Mehta, T., Mylankal, K., Ray, B., Kuhan, G., Chetter, I., 

McCollum, P., 2004. A comparative study of aortic wall stress using finite element analysis for 

ruptured and non-ruptured abdominal aortic aneurysms. Eur J Vasc Endovasc Surg 28, 168 - 

176. 

 

Vorp, D., Raghavan, M., Webster, M., 1998. Mechanical wall stress in abdominal aortic 

aneurysm: influence of diameter and asymmetry. J Vasc Surg 27, 632 - 639. 

 



 

24 

 

Vorp, D.A., Raghavan, M., Muluk, S.C., Makaroun, M.S., Steed, D.L., Shapiro, R., Webster, 

M.W., 1996. Wall strength and stiffness of aneurysmal and nonaneurysmal abdominal aorta. 

Annals of the New York Academy of Sciences 800, 274-276. 

 

Xenos, M., Alemu, Y., Zamfir, D., Einav, S., Ricotta, J.J., Labropoulos, N., Tassiopoulos, A., 

Bluestein, D., 2010. The effect of angulation in abdominal aortic aneurysms: fluid-structure 

interaction simulations of idealized geometries. Medical & Biological Engineering & 

Computing 48, 1175-1190. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 



 

25 

 

Supplementary Material 

Creation of idealised geometries 

All geometries have a constant aneurysmal length of 125 mm measured from the 

proximal neck to the base of the iliac bifurcation and have a maximum diameter of 50 mm. The 

diameters of the iliac arteries and proximal aorta (neck) were 10 mm and 20 mm, respectively, 

for all cases. As is common in AAA computational studies, we assumed a uniform wall 

thickness. Here we used 2 mm thickness, as implemented previously (Xenos et al., 2010). We 

only considered angulation in the lateral plane as this angulation is more common in human 

anatomy and also so we could compare our data with prior work (Xenos et al., 2010). 

 

Governing equations 

The fluid domain is governed by the Navier-Stokes and continuity equations, shown in 

Eqs. 1 and 2, respectively. 

ρ (
𝜕�⃗�

𝜕𝑡
+ (�⃗� − �⃗�𝑔). ∇⃗⃗⃗�⃗�) = −∇⃗⃗⃗𝑝 + 𝜇∇⃗⃗⃗2�⃗� 

(1) 

∇⃗⃗⃗. �⃗� = 0 (2) 

Where �⃗� is the fluid velocity vector, �⃗�𝑔 is the local coordinate velocity vector, 𝑝 is the static 

pressure, ρ is the blood density, and 𝜇 is the dynamic viscosity. The solid domain is governed 

by the linear dynamics response of the system, shown in Eq. 3. 

𝑀�̈⃗⃗⃗� + 𝐶�̇⃗⃗⃗� + 𝐾�⃗⃗⃗� = �⃗⃗� (3) 

Where 𝑀 is the mass matrix, 𝐶 is the damping matrix, 𝐾 is the stiffness matrix, �̈⃗⃗⃗� is the 

acceleration vector, �̇⃗⃗⃗� is the velocity vector, �⃗⃗⃗� is the displacement vector, and �⃗⃗� is the vector 

of external loads. 

The FSI simulations carried out in STAR-CCM+ utilise a two-way implicit coupling 

between the two domains. In two-way interactions, the fluid motion and pressure affects the 
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structure displacement and deformation. In turn, the response of the structure affects the fluid 

flow. A strong implicit coupling is necessary as the simulation involves dynamic loads and 

velocities between a compliant structure and a relatively heavy, incompressible fluid. As a 

result of this coupling, data is passed between the structure solver and the fluid solver over the 

interface multiple times every iteration, contributing to the computational intensity of the FSI 

method. 

 

Material models 

Here we opted to use a linearly elastic material model for the aortic wall (Young’s 

modulus of 2.7 MPa and Poisson’s ratio of 0.45) with a density of 2000 kg/m3 as these 

parameters have been used in previous FSI studies (Di Martino et al., 2001; Leung et al., 2006).  

Although the AAA wall is a non-linear material, at these strains the choice of material 

model for the wall should not significantly affect the distribution of von Mises wall stress (but 

will influence the magnitude) and so should not affect the relationships and overall findings of 

our study. We recently demonstrated that the material model does not impact wall stress for 

static structural simulations of AAA and that a linearly elastic model yields identical stress 

values as those found with a sophisticated anisotropic model and inverse solution method 

(Joldes et al., 2016). Additionally, several studies have shown von Mises wall stress to be 

practically identical whether computed using FSI or a static solid mechanics approach (Leung 

et al., 2006; Lin et al., 2017). Furthermore, a linearly elastic model significantly reduces the 

already large computational expense of FSI. Therefore, for a parametric study such as this, we 

believe a linearly elastic wall model is optimum. Xenos et al. (Xenos et al., 2010) employed an 

isotropic, hyperelastic material model (Raghavan and Vorp, 2000) and also an anisotropic 

material formulation (Rodriguez et al., 2008; Vande Geest et al., 2006). This anisotropic 

material model is significantly stiffer than the typically employed isotropic AAA material 
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model (Raghavan and Vorp, 2000) and yields much higher wall stresses in both AAA 

(Rodriguez et al., 2009) and cerebral aneurysms (Cornejo et al., 2014). However, the 

distribution of wall stress should be similar regardless of material model and this is shown in 

several studies (Joldes et al., 2016; Li et al., 2017; Polzer et al., 2013). Importantly, there is 

less uncertainty when using the isotropic material model as fibre orientation is not required 

(Lin et al., 2017; Rodriguez et al., 2009). Additionally, removing the impact of material 

properties is a viable pathway to clinical translation (Joldes et al., 2017). 

 To further demonstrate this point, we performed a series of static finite element analysis 

(FEA) simulations on a range of our geometries (30°, 50°, 70°, 90°, 110°, 130° and 150° iliac 

bifurcation angle); bearing in mind that the stress distributions between FSI and static FEA are 

practically identical when using the same material model (Leung et al., 2006; Lin et al., 2017) 

and the computational time of FSI simulations is highly expensive. We used non-linear 

isotropic material properties for the AAA wall (Raghavan and Vorp, 2000) and also included 

a simulation where the stiffness of the Raghavan and Vorp AAA material model was increased 

100-fold. For these FEA simulations we used a uniform pressure boundary condition of 120 

mmHg applied to the inner AAA wall and rigidly constrained the geometry at the proximal and 

distal regions.  

We found peak AAA wall stress in these non-linear FEA simulations to be similar to 

von Mises stress found using our linear elastic FSI simulations in all geometries (mean 

difference of 5%, range 0.5 to 16%). The 30° iliac angle geometry returned the greatest 

difference in peak wall stress (16%) and therefore we used this geometry to compare the peak 

wall stress from the linear elastic (Young’s modulus = 2.7 MPa) FEA simulation, using the 

same boundary conditions, to the wall stress obtained when using the extremely stiff (100-fold) 

non-linear isotropic material model. We found negligible difference (0.190 vs. 0.187 MPa). 

Then when we compared the data from the extremely stiff model to the peak wall stress found 
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using the Raghavan and Vorp material model (0.216 vs. 0.187 MPa), the difference was also 

16%. This is in contrast to Xenos et al. who found peak wall stress to be 0.927 MPa in the same 

geometry when implementing the same material model, compared to 0.216 MPa found here. 

Therefore, we believe the use of a linearly elastic material model is justified in our simulations 

and the relationships we have observed between wall stress and geometry are practically 

independent of material model. 

 

FSI simulations 

We performed our simulations on two 12 core Intel Xeon CPUs with a shared memory 

of 64 GB RAM and used a time step of 0.001 s with a minimum of three inner iterations per 

time step. To minimise the simulation time, analyses were run with only the fluid mesh enabled 

until a steady flow pattern was established. Therefore, simulations were run as rigid wall CFD 

simulations until a steady cardiac cycle was observed. This process took five cardiac cycles 

and approximately four hours to complete. Once a steady cardiac cycle was achieved, the solid 

mesh and FSI solver were enabled. The CPU time for each cardiac cycle with the FSI solver 

enabled was around 20 hours. Therefore, the total simulation of each geometry was for six 

cardiac cycles and took approximately 24 hours. This solution scheme is shown in Fig. S1. 
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Figure S1: Sum of velocities for a line probe through the AAA region of the 0° neck and 60° 

iliac angle geometry over six cardiac cycles. The box on the left illustrates that a single cardiac 

cycle does allow sufficient time for the flow to reach a steady cyclic pattern. This is a 

computationally efficient method of performing FSI simulations. 

 

Data analysis 

 We calculated WSS, time-averaged WSS (TAWSS), oscillatory shear index (OSI) and 

von Mises wall stress in the AAA region. We also investigated the peak endothelial cell 

activation potential (ECAP = OSI/TAWSS) in the AAA region with contours of ECAP 

produced to identify any regions that may be prone to thrombus formation and wall 

degeneration (Di Achille et al., 2014).  

 

Mesh independence study 

We ensured our simulations were independent of mesh size through the grid-

convergence index (GCI) (Celik et al., 2008; Roache, 1994). The GCI offers a simple method 

for measuring the percentage difference between the value of a variable obtained between 
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differing mesh sizes and its asymptotic solution, where the asymptotic solution is considered 

to be the value obtained from an ideal mesh. We used three increasingly dense meshes 

generated on the 0° neck and 60° iliac angle geometry, and termed these meshes coarse, fine 

and finer, with the final element numbers shown in Table S1. The GCI is then calculated using 

Eqs. 4, 5 and 6, where 𝜀 is the relative error, 𝑓1 is the physical parameter observed for the finer 

mesh, 𝑓2 is the physical parameter observed for the fine mesh, 𝑓3 is the physical parameter 

observed for the coarse mesh, 𝑝 is the order of convergence, and 𝑟 is the grid refinement ratio. 

 

Table S1: Mesh details. Table shows the number of elements in each domain, number of prism 

layers in the fluid boundary, and the total volume mesh for the coarse, fine and finer meshes 

used to calculate the steady-state GCI conducted on the 0° neck and 60° iliac bifurcation angle 

idealised AAA geometry. 

 Coarse mesh Fine mesh Finer mesh 

Fluid domain 85549 147714 272979 

Prism layers 3 6 12 

Solid domain 332741 456971 733511 

Total 418290 604685 1006490 

 

 

 
𝜀 =

𝑓2 − 𝑓1
𝑓1

 
(4) 

 

𝑝 =
ln (

𝑓3 − 𝑓2
𝑓2 − 𝑓1

)

ln(𝑟)
 

(5) 

 
𝐺𝐶𝐼 =

|𝜀|

(𝑟𝑝 − 1)
 

(6) 
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The steady-state GCI was conducted with an inlet flow velocity of 0.3 m/s, which is 

equivalent to the peak flow during the cardiac cycle (Olufsen et al., 2000; Xenos et al., 2010). 

We then calculated the velocity of a line probe though the AAA and the mean WSS in the AAA 

region, and deemed the solution to be independent of mesh size when both these GCI values 

were less than 1%. The GCI values for the sum velocity of a line probe through the aneurysm 

and the mean WSS in the AAA were calculated to be 0.13% and 0.45%, respectively, for the 

fine and finer mesh. Therefore all simulations were performed using the fine mesh parameters 

(six layers of prism elements) with total element numbers of about 600k, depending on the 

geometry. The two normalised GCI parameters are shown plotted against the element count for 

the three volume meshes in Fig. S2 to illustrate this convergence.  

 

Figure S2: Normalised sum velocity of a line probe through the aneurysm and the mean AAA 

WSS against the total number of elements in the coarse, fine and finer meshes for the steady-

state GCI conducted on the 0° neck and 60° iliac angle idealised AAA geometry. 
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