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Abstract: Thoracic endovascular aortic repair (TEVAR) has developed to be the most effective 

treatment for aortic diseases. This study aims to evaluate the biomechanical implications of the 

implanted endograft after TEVAR. We present a novel image-based, patient-specific, fluid-

structure computational framework. The geometries of blood, endograft, and aortic wall were 

reconstructed based on clinical images. Patient-specific measurement data was collected to 

determine the parameters of the three-element Windkessel. We designed three postoperative 

scenarios with rigid wall assumption, blood-wall interaction, blood-endograft-wall interplay, 

respectively, where a two-way fluid-structure interaction (FSI) method was applied to predict 

the deformation of the composite stent-wall. Computational results were validated with Doppler 

ultrasound data. Results show that the rigid wall assumption fails to predict the waveforms of 

blood outflow and energy loss (EL). The complete storage and release process of blood flow 

energy, which consists of four phases is captured by the FSI method. The endograft implantation 

would weaken the buffer function of the aorta and reduce mean EL by 19.1%. The closed curve 

area of wall pressure and aortic volume could indicate the EL caused by the interaction between 

blood flow and wall deformation, which accounts for 68.8% of the total EL. Both the FSI and 

endograft have a slight effect on wall shear stress-related-indices. The deformability of the 

composite stent-wall region is remarkably limited by the endograft. Our results highlight the 

importance of considering the interaction between blood flow, the implanted endograft, and the 

aortic wall to acquire physiologically accurate hemodynamics in post-TEVAR computational 

studies and the deformation of the aortic wall is responsible for the major EL of the blood flow. 

Keywords: thoracic endovascular aortic repair; aortic endograft; Windkessel model; fluid-

structure interaction; computational fluid dynamics 



 
 

1. Introduction 

Thoracic endovascular aortic repair (TEVAR) has emerged as the predominant 

method with low morbidity and mortality in the treatment of patients with aortic 

diseases [1, 2]. Most patients experience significant improvements after TEVAR. 

However, there are some potential clinical risks associated with implanted endograft, 

such as endoleak, stent-graft-induced new entries, aortic wall rupture, and endograft 

migration [3]. Therefore, there is an urgent demand for bridging the biomechanical 

implications of the implanted endograft with the complications of TEVAR. 

Recently, several researchers have primarily explored the clinical negative outcome 

of endograft. Kanaoka et al. [4] evaluated risk factors for early Type I endoleak after 

TEVAR for aneurysm, while the natural history of endoleak remains unclear. Dong et 

al. [5] reported retrograde type A aortic dissection after endovascular endograft 

placement for treatment of type B dissection and they also found that stress-induced 

injury from the endograft should be concerned during TEVAR [6]. Daye et al. [7] 

summarized the common endograft-related complications of TEVAR in the treatment 

of aneurysms and discussed re-intervention strategies. Endograft migration was also 

evaluated through retrospective analysis, where aortic elongation and thoracic aortic 

aneurysm were found to be risk factors [8]. The effect of the implanted endograft is 

getting more and more attention in the clinic. 

Image-based computational fluid dynamics has provided physical insights into the 

clinical efficacy of TEVAR. However, most previous postoperative computational 

hemodynamic studies have neglected the effect of the implanted endograft. Figueroa et 



 
 

al. [9] firstly assessed pulsatile displacement forces acting on realistic thoracic aortic 

endograft and discussed the risk of endograft migration. Later, they developed a 

computational framework for investigating the positional stability of aortic endograft 

[10]. Menichini et al. [11] found that high stent-graft tortuosity could result in high wall 

stress and may induce new aortic entries. van Bakel et al. [12] reported that stiffness 

mismatch between the stent-graft and the aorta likely leads to the rupture of the 

ascending aorta. We previously discovered that the configurations of the complex stent-

grafts have a significant impact on postoperative aortic hemodynamics [13]. 

Nevertheless, the understanding of the interplay between the blood flow, endograft, and 

aortic wall is still insufficient and the role of the endograft requires further investigation. 

The present study aims to quantitatively elucidate the complex biomechanical 

implication of the endograft by taking the interactive coupling of the blood flow, 

endograft, and aortic wall into account. In this study, we developed a novel image-based, 

patient-specific, fluid-structure computational framework to investigate the 

biomechanical effect of the endograft noninvasively. Three scenarios with rigid wall 

assumption, blood-wall interaction, blood-endograft-wall interplay are constructed 

basing on a clinical patient treated by TEVAR. The crucial hemodynamics and the 

postoperative deformation of the aortic wall are quantitatively explored to reveal the 

biomechanical implication of the implanted endograft. 

2. Methodologies 

2.1 Patient information 

The patient in this study was a 49-year-old male who had an aortic arch aneurysm 



 
 

involving the left subclavian artery (LSA). Informed consent for inclusion in the present 

study was obtained from the patient. Considering the insufficient proximal landing zone, 

the LSA was intentionally covered by the Captivia thoracic stent -graft (Medtronic 

Vascular, Santa Rosa, CA, USA) during TEVAR surgery. To reduce the risk of 

complications related to the coverage of the LSA, in situ fenestration technique [14] 

was applied to revascularize the blocked LSA with a Viabahn covered stent (WL Gore 

& Associates, Flagstaff, Ariz, USA). The cardiac output and blood flow distribution 

during a cardiac cycle was acquired by using Doppler ultrasound measurement and 

phase-contrast magnetic resonance imaging (PC-MRI). 

2.2 Geometries and meshes 

Clinical computed tomography angiography (CTA) images were used to segment 

and reconstruct the 3D postoperative aortic geometry with three supra-aortic branches 

reserved by using Mimics 19.0 (Materialise, Leuven, Belgium). The locations of stent-

graft implanted in LSA and endograft were also acquired from CTA data. The geometric 

model of the stent-graft can be directly identified by the gap around the LSA. 

Considering that CTA cannot accurately capture the complete endograft structure, the 

thickness of the endograft was assumed to be 0.6 mm according to the medical device 

supplier. The aortic wall was simplified to be a uniform thickness of 2 mm which was 

generated by extending the inner surface of the aortic wall outward. The inner surface 

of the aortic wall was the combination of the outer surfaces of the blood flow domain 

and two implanted stent-grafts. Fig. 1 shows the geometric models of the blood flow 

domain, implanted endograft, and aortic wall. Three postoperative scenarios with rigid 



 
 

wall assumption, blood-wall interaction, blood-endograft-wall interplay, respectively, 

were designed to evaluate the biomechanical implications of the endograft (Fig. 2). It 

should be emphasized that the stent-graft implanted in the LSA was also included in the 

two fluid-structure interaction (FSI) scenarios.  

 
Fig. 1. Geometric model and boundary condition. (a) CTA scan images. (b) Reconstructed 3D 

geometric models: aorta (red), LSA stent-graft (orange), endograft (green) and vessel wall (blue). 
(c) Blood flow rate from Doppler ultrasound measurement (BT: brachiocephalic trunk; LCA: left 
carotid artery; LSA: left subclavian artery). 

In the present study, all the computational meshes were generated by using 

ANSYS-ICEM 16.1 (ANSYS Inc, Canonsburg, USA). The blood flow domain had 

more than 1,500,000 unstructured elements consisted of tetrahedral meshes in the flow 

center region and eight prism layers near the wall. The LSA stent-graft and endograft 

were discretized into 2,000 and 50,000 unstructured tetrahedral elements, respectively. 

The two geometric models of the aortic wall in FSI scenarios both had approximately 

100,000 elements. Mesh independent tests were performed and the differences in wall 

shear stress (WSS) and wall displacement between the chosen meshes and finer meshes 

were less than 3%. 



 
 

 
Fig. 2. Diagram of the three scenarios of the postoperative aorta. (a) Rigid wall, Fluid-structure 

interaction, and Fluid-structure interaction with endograft. (b) Complex three-body contact 
interactions between the LSA stent-graft, endograft, and aortic wall. 

2.3 Numerical model and boundary conditions 

The blood was considered as a non-Newtonian fluid with the Carreau-Yasuda 

viscosity model and a density of 1080 kg/m3 [15]. The LSA stent-graft and aortic 

endograft were both assumed to be linear elastic material with a Young’s modulus of 

8.4 MPa and a Poisson ratio of 0.3 [16]. A similar modeling strategy was applied to the 

aortic wall, where Young’s modulus was relatively low (2 MPa) [17] and the Poisson 

ratio was set to 0.45 [18].  

A normalized physiological flow waveform from a previous study [19] was tailored 

by shift-and-scaling to the patient-specific cardiac cycle and output (Fig. 3a). In the 

present study, the maximum Reynolds numbers ( maxRe ) Womersley numbers (α ) are 

4792 and 26.2, respectively at peak systole. The maximum Reynolds number ( maxRe ) 

is lower than the threshold range of = cRe kα   when the coefficient k   takes the 



 
 

minimum value (250) [20]. Therefore, the blood flow was assumed to be laminar. 

The three-element Windkessel model was coupled to account for the flow-pressure 

relationship in the outlet boundaries. To determine the three parameters of the 

Windkessel model, Pirola et al. [21] proposed a workflow, which needs two input 

parameters. One is the blood flow rate during a cardiac cycle, which was derived from 

Doppler ultrasound measurement in this study (Fig. 1). The blood flow calculation 

process of the supra-aortic branches is as follows: 

 
N

1 1
1

= ( )( )n n n nS v v t t− −− −∑   (1) 

 0/v S T v= −   (2) 

 / 2Q v A HR= × ×   (3) 

where N is the total number of measuring points in Fig. 1. v is the mean velocity, T 

refers to a cardiac cycle, and 0v  is the reference velocity. HR indicates the heart rate. 

The other parameter is the average blood pressure, where the slight difference between 

different aortic outlets was neglected for the sake of simplicity. The systolic and 

diastolic pressures of the left brachial artery were measured by an arm cuff 

sphygmomanometer to calculate the average aortic pressure. Parameters of the three-

element Windkessel model are shown in Table 1 and the same set of model parameters 

was applied in the three computational scenarios.  

2.5 Fluid-structure interaction 

In this paper, a two-way FSI method was used to capture the deformations of the 

implanted stent-grafts and the aortic wall. The center points of boundary surfaces of the 

stent-grafts and aortic wall were fixed to achieve numerical stability, where expansion 



 
 

and contraction were still allowed for above solid structures [22, 23]. We preloaded the 

measured diastolic pressure on the outer surface of the aortic wall to simulate the 

external forces of the surrounding tissues [22]. A Rayleigh damping was applied to 

further improve the convergence of the two FSI scenarios [24, 25]. The contact 

interactions between the LSA stent-graft, endograft, and the aortic wall were accounted 

for by a basic Coulomb frictional model and the coefficient of friction was 0.3.[10]  

 =lim Pτ µ   (4) 

where limτ  is limit frictional stress. µ  and P refer to friction coefficient and contact 

normal pressure, respectively. In general, the frictional stress is lower than the limit, the 

contact cohesion between different surfaces is stable and relative sliding is restricted. 

TABLE 1. Parameters of the three-element Windkessel model. 

OUTLET R1 [107 Pa s m-3] C [10-10 m3 Pa-1] R2 [108 Pa s m-3] 

BT 5.368 16.14 10.55 

LCA 26.05 3.450 49.27 

LSA 17.81 9.384 17.29 

DA 1.286 101.7 1.631 

R1: proximal resistance; R2: distal resistance; C: vessel compliance; BT: brachiocephalic artery; 
LCA: left carotid artery; LSA: left subclavian artery; DA: descending aorta. 

All the simulations were carried out on ANSYS Workbench 16.1 (ANSYS Inc, 

Canonsburg, USA), where Transient Structural was coupled with CFX to implement 

the complex FSI. A constant time step of 5 ms was adopted considering computational 

efficiency. Five cardiac cycles were required before simulations reach a periodic 

solution and we present the results of the fifth cardiac cycle. 

2.6 Hemodynamic parameters 



 
 

Energy Loss (EL) of the blood flow and WSS-related indices were evaluated in this 

study. The energy difference between the inlet and outlets of the aorta indicates the EL 

during a cardiac cycle. The formula of EL is defined as follows [26]: 

 Inlet Outlets
EL= (TP*Q)- (TP*Q)∑ ∑   (5) 

where Q is the blood flow rate. TP indicates the total pressure. 

 
21TP= +P

2
uρ


  (6) 

where u and P refer to velocity and pressure, respectively. 

 Compared with instantaneous value, WSS-related indices averaged by a cardiac 

cycle are more reliable. We calculated the time-averaged WSS (TAWSS) and oscillatory 

shear index (OSI). The corresponding formulas are as follows: 

 ( )
T

0

1TAWSS t dt
T

τ= ∫   (7) 

 
( )

T

0
1/

OSI 0.5 1
TAWSS

T t dtτ 
 

= − 
 
 

∫
  (8) 

where ( )tτ  is the WSS. 

2.7 Model validation 

Computational results were validated with Doppler ultrasound data. Fig. 3 shows 

the percentage of blood flow at each outlet of the aorta for Doppler ultrasound 

measurement and numerical simulation prediction. The peak of the measured waveform 

is shifted to the peak systole of the inlet blood flow waveform, which is indicated by 

the vertical dashed line. Results show the rigid wall assumption fails to capture the true 

waveform and predicts non-existent backflow. For the two FSI scenarios, good 



 
 

agreements on the waveform and magnitude are observed at the three outlets of the 

aortic branches, while the biggest deviation occurs in the left common carotid artery. 

FSI method would improve the prediction results of our computational framework and 

the endograft has a slight effect on the blood flow distribution. 

 
Fig. 3. Model validation. (a) Inlet boundary condition of ascending aorta: a normalized 

physiological flow waveform. Percentage of blood flow at each outlet of the aorta for Doppler 
ultrasound measurement (DUM) and numerical simulation prediction: (b) BT: brachiocephalic 
artery; (c) LCA: left carotid artery; (d) LSA: left subclavian artery. The vertical dashed line indicates 
the peak systole. 

3. Results 

3.1 Energy loss and aortic volume 

Human aortas have a buffer function. The proximal aorta expands in volume and 

stores energy during systole, which is released through a contraction in the diastole. 

The comparison of EL variations during a cardiac cycle is shown in Fig. 4. The gray 

background area indicates the systolic phase, which includes two stages of blood 



 
 

acceleration and deceleration. In Fig. 4a, the EL continues to increase at the beginning 

and reaches the maximum before peak systole. For rigid wall assumption, the EL 

decreases to the negative minimum and then elevates to zero when the systolic phase 

ends. At the same time, the negative minimum EL of FSI scenarios is observed and the 

corresponding value is relatively lower. It should be noted that the EL keeps negative 

during the diastole in the two FSI scenarios. The three horizontal dashed lines indicate 

the mean EL during a cardiac cycle and the corresponding values are marked nearby. 

The mean EL of the FSI scenarios is significantly higher than that of the rigid wall (3.34 

times). When the effect of the endograft is considered, the magnitude of EL decreases, 

and the mean value receives a reduction of 19.1%. 

 
Fig. 4. (a) Energy loss (EL) during a cardiac cycle. The gray background area indicates the 

systole. Three horizontal dashed lines indicate mean EL and the corresponding values are marked. 
(b) Rigid wall. There is no change in aortic volume. (c) Fluid-structure interaction. The vertical 
dotted line represents a time point when the maximum volume of the aorta and zero EL is observed. 
(d) Fluid-structure interaction with endograft.  



 
 

Changes in the aortic volume are also investigated in Fig. 4. There is no change in 

the volume of the aorta using the rigid wall assumption (Fig. 4b). For FSI scenarios, the 

aorta contracts slightly at the beginning, and a phase difference between the aortic 

volume and EL is observed (Fig. 4c, d). As the aortic volume continues to expand, the 

EL first increases to the peak value and then drops to zero. At this time point, the 

maximum volume of the aorta is observed, which is depicted by a vertical dotted line. 

It is worth emphasizing that the presence of the endograft limits the deformability of 

the aorta. 

Fig. 5 further explores the relationship between the EL and aortic volume in FSI 

scenarios. Four phases are observed during a cardiac cycle. First, EL increases to a 

maximum with volume expansion. Second, EL decreases to zero with volume 

expansion. Third, EL decreases to a minimum with volume shrinkage. Fourth, EL 

increases to zero with volume shrinkage. The aorta stores blood flow energy by 

expanding during the first and second phases, while part of the energy is released 

through volume shrinkage in the third and fourth phases.  

 
Fig. 5. Relationship between energy loss (EL) and aortic volume for two FSI scenarios. Four 



 
 

phases are observed during a cardiac cycle. First, EL increases to a maximum with volume 
expansion. Second, EL decreases to zero with volume expansion. Third, EL decreases to a minimum 
with volume shrinkage. Fourth, EL increases to zero with volume shrinkage. 

3.2 Wall pressure and aortic volume 

 Wall pressure exerted by the blood flow is also associated with EL. Pulsation 

waveforms of average wall pressure and aortic volume during a cardiac cycle are 

illustrated in Fig. 6. The magnitudes of the pressure change agree well with the clinical 

measurement data. A transient dip can be observed at the end of the systole, which 

represents the closure of the aortic valve. Fig. 6c shows the relationship between 

pressure and volume. When the aorta is expanding, the area enclosed by the 

corresponding curve and the horizontal axis means the total work (Wt) done by the 

blood on the aortic wall. When the aorta shrinks, the dilated wall would conversely do 

work on the blood, which can also be calculated by the corresponding area. The 

difference between the above two areas is exactly equal to the area of the closed curve, 

which represents the EL related to the deformation of the aortic wall and accounts for 

more than 20% of the total work (Wt). The closed curve can be divided into four phases 

(Fig. 6d). First, pressure increases with volume shrinkage. Second, pressure increases 

to a maximum with volume expansion. Third, pressure decreases with volume 

expansion. Fourth, pressure decreases to a minimum with volume shrinkage. The 

distribution of blood flow EL is shown in Table 2. For the rigid wall, all EL results from 

blood flow, while both the deformation of the aortic wall and flow loss contribute to EL 

in FSI scenarios. The corresponding formula of mean EL is as follows: 

 rigid flowEL =EL   (9) 

 FSI flow P-VEL =EL +EL   (10) 



 
 

It should be emphasized that EL caused by the interaction between the blood flow and 

the aortic wall accounts for 68.8% of the total EL. 

TABLE 2. The calculation results of EL during a cardiac cycle. 

Case Mean EL ELP-V ELflow 

Rigid 12.17 \ 12.17 

FSI 55.36 40.54 (73.2%) 14.82 (26.8%) 

FSI-endograft 46.47 31.97 (68.8%) 14.50 (31.2%) 

The mean EL is the sum of EL caused by the blood-wall interaction (ELP-V) and blood flow (ELflow). 
In FSI scenarios, ELP-V is calculated through the area of the P-V diagram (Unit: mW). 

 
Fig. 6. Average wall pressure waveform during a cardiac cycle. (a) Fluid-structure interaction 

(FSI). (b) FSI with endograft. The gray background area indicates the systole. (c) The relationship 
between EL and aortic volume for two FSI scenarios. (d) Four phases. First, pressure increases with 
volume shrinkage. Second, pressure increases to a maximum with volume expansion. Third, 
pressure decreases with volume expansion. Fourth, pressure decreases to a minimum with volume 
shrinkage. The dotted lines indicate extremums of wall pressure and aortic volume. 

3.3 Wall shear stress-related indices 

The distribution of the WSS-related indices is illustrated in Fig. 7. Regions exposed 



 
 

to low TAWSS (< 0.4 Pa) and high OSI (> 0.25) are analyzed, which could identify the 

risk of atherosclerosis and in-stent thrombus formation. There is no significant change 

in the risk area when different wall simulation strategies are applied. Only a slight 

difference can be observed on the three branches of the aortic arch. In the FSI scenario 

with endograft, low TAWSS regions appear at the ascending aorta and two nearby 

branches, which coincides with high OSI areas. It should be noted that these regions 

are at high risk of atherosclerosis.  

 
Fig. 7. Wall shear stress-related indices. (a) Rigid wall. (b) Fluid-structure interaction (FSI). (c) 

FSI with endograft. Top: The comparison of low time-averaged wall shear stress (< 0.4 Pa) 
distribution. Bottom: The comparison of high oscillatory shear index (> 0.25) distribution. The blue 
dotted boxes indicate the area of difference. The red dotted boxes denote high-risk areas. The color 
axes are all set to the same range for comparison and the extreme values are shown on the right side 
of the color axes. 

3.4 Aortic wall deformation 

Fig. 8 shows the comparison of maximum aortic wall deformation (t=0.29 s). The 

time point is on the eve of the end of the systole. The largest deformed region locates 

in the ascending aorta and aortic arch, while the displacement of three arch branches 



 
 

can be neglected. When the effect of the endograft is considered, the composite stent-

wall region was not easily deformed relative to the aortic wall. Specifically, the 

deformations of the aortic arch and proximal descending aorta reduce obviously. A 

relatively high deformed region is captured at the descending aorta adjacent to the distal 

stent-wall region.  

 
Fig. 8. Comparison between maximum aortic wall deformation at t=0.29 s. The time point is 

on the eve of the end of the systole. (a) Fluid-structure interaction (FSI). (b) FSI with endograft. The 
color axes are all set to the same range for comparison and the extreme values are shown on the 
right side of the color axes. 

4. Discussion  

The interest in biomechanical implications of the endograft after TEVAR has been 

increasing and a strong relationship between the postoperative complications and 

implanted endograft was reported in recent clinical studies. van Bakel et al. [27] found 

that the stiffness mismatch between the endograft and aortic wall may be responsible 

for the increased left ventricular stroke work and mass during follow-up. Zhu et al. [28] 

demonstrated that aortic flow patterns and WSS distribution were significantly altered 



 
 

by a double-branched endograft which is consistent with our previous finding [29]. The 

present study was designed to determine the biomechanical implications of the 

endograft by the advanced FSI method.  

Rigid wall assumption only considers the EL caused by blood flow, while the part 

related to wall deformation can also be captured by the FSI method. During systole, 

negative EL in the rigid wall case is observed, which is similar to the energy release 

process from the perspective of EL. However, this phenomenon is a result of pulsating 

blood flow. Specifically, when the inlet blood flow slows down, the high-speed blood 

flow that entered previously has reached the outlets, therefore the EL at this time is 

negative. It is more appropriate to call EL apparent energy loss. 

EL does not mean that the energy is consumed, part of it is just stored temporarily 

and would be released later in FSI scenarios. The most interesting finding is that the 

complete storage and release process of blood flow energy could be captured by our 

FSI method, which consists of four phases. It should be noted that aortic volume is the 

most intuitive indicator of EL. When aortic volume is expanding, EL would keep a 

positive value. Until the aortic volume begins to contract, EL becomes negative. 

Besides, Young's modulus of the endograft is relatively higher than that of the aortic 

wall, resulting in an elevated stiffness of the composite stent-wall region. Previous 

studies have reported that the increased stiffness of the postoperative aorta is related to 

the inner mechanical behavior of the endograft and the percentage of the aorta covered 

by endograft [30, 31]. Therefore, the deformability of the aortic wall is limited by the 

implantation of the endograft, which also weakens the aortic buffer function and 



 
 

reduces the magnitude of mean EL. 

Mean EL can measure the real EL caused by the blood internal collision and 

interaction between blood flow and the aortic wall. Our results show that the latter is 

responsible for the majority of EL (68.8%) during a cardiac cycle. The diagram of wall 

pressure and aortic volume is applied to determine the mutual work between the blood 

and the aortic wall. Additionally, the area of the closed curve can be used to calculate 

the EL caused by the aortic wall deformation (ELP-V). When the endograft is implanted, 

ELP-V significantly reduces (26.8%), while the change of ELflow is negligible, indicating 

that the EL associated with blood flow is insensitive to the endograft. In summary, the 

composition of EL can be determined by our advanced FSI method with endograft. 

A previous study has revealed that regions of low-TAWSS and high-OSI of aortic 

dissection can only be identified accurately in the FSI simulation [22]. We confirmed 

that OSI distributions in the FSI model and the rigid wall model show a significant 

difference in a patient with Stanford type B dissection [32]. However, we found that 

FSI and endograft have no obvious effect on the WSS-related-indices based on the 

analysis of low-TAWSS and high-OSI distributions in this paper, where the patient 

suffered from an aortic arch aneurysm. Considering the complex geometric model of 

aortic dissection in previous FSI studies, the false lumen may be responsible for the 

remarkable difference. Therefore, we suggest the rigid wall assumption is suitable for 

the analysis of WSS-related-indices in patients with aortic aneurysms when computing 

resources are limited.  

We found that the maximum aortic wall deformation appeared at t=0.29 s, which 



 
 

is different from the peak systole (t=0.13 s). The implantation of the endograft greatly 

restricts the deformation of the aortic arch and proximal descending aorta. Moreover, 

the above areas are located in the composite stent-wall region. It should be emphasized 

that the stiffness of the stent-wall region (10.4 MPa) is more than five times that of the 

aortic wall (2 MPa). There is a clear boundary for wall displacement in the middle of 

the descending aorta, which might result from the mismatch between the endograft and 

the aortic wall.  

In this paper, a novel image-based, patient-specific, fluid-structure computational 

framework was proposed to offer new insights into the biomechanical compilations of 

the endograft, but there are still some limitations that need to be emphasized. First, only 

one patient treated by TEVAR was analyzed. It should be noted that the present study 

is a pilot report aimed at presenting our computational model and the aortic geometry 

is representative from the perspective of the clinic. More patient-specific postoperative 

cases will need to further evaluate the effect of the endograft. Second, the thickness of 

the endograft and aortic wall were simplified to be uniform. Oliveira et al. [17] 

generated the non-uniform aortic wall and the thickness is proportional to the radius of 

the lumen. This strategy would be adopted in our follow-up study. The implanted 

endograft consists of a textile membrane and a metal structure, we would reconstruct 

the real geometric model of the endograft according to CTA image and in vitro 

measurement data. Third, the linear elastic property was applied to the aortic wall in the 

present study. Compared with the linear elastic assumption, the hyperelastic model can 

more accurately describe the mechanical characteristics of the aortic wall. Torii et al. 



 
 

[33] found that there are no remarkable differences between the velocity fields predicted 

by a hyperelastic and a linear elastic model for the arterial wall in FSI simulations. 

Therefore, the linear elastic assumption is a reasonable compromise between the 

accuracy and technical difficulties. Forth, a flat flowrate profile was applied as the 

inflow boundary condition. A recent study has pointed out that fully patient-specific 

inlet velocity profiles should be used to produce meaningful results [34]. 4D PC-MRI 

measurement data would be adopted to extract the patient-specific velocity profiles in 

our future study. Finally, FSI is time-consuming relative to rigid wall, which limits the 

applicability in clinical. GPU acceleration and algorithm optimization in the future may 

solve this problem. 

5. Conclusions 

This study evaluates the biomechanical implications of the endograft after TEVAR. 

Our results demonstrate that FSI can not only acquire the deformation of the aortic wall 

but also capture the complete storage and release process of blood flow energy during 

a cardiac cycle, where the magnitude of EL would be overpredicted if the endograft is 

neglected (19.1%). The relationship between the EL and aortic volume is firstly 

constructed and the process of EL change is divided into four phases. The second major 

finding is that the closed curve area of wall pressure and aortic volume can indicate EL 

caused by the interaction between the blood flow and the aortic wall, which accounts 

for 68.8% of the total EL. Besides, there is a slight difference in the distribution of 

WSS-related-indices between the three scenarios. Finally, we found that the presence 

of the endograft has a dramatic effect on the postoperative deformation of the aortic 



 
 

wall. In conclusion, the interaction between blood flow, the implanted endograft, and 

the aortic wall should be considered in the post-TEVAR computational hemodynamic 

study, which is conducive to acquire physiologically accurate hemodynamics.  
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