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Abstract

Background and Objective. The prevention of ascending thoracic aortic
aneurysms (ATAAs), which affect thousands of persons every year world-
wide, remains a major issue. ATAAs may be caused by anything that weak-
ens the aortic wall. Altered hemodynamics, which concerns a majority of
patients with bicuspid aortic valves, has been shown to be related to such
weakening and to contribute to ATAA development and progression. How-
ever the underlying mechanisms remain unclear and computational model-
ing in this field could help significantly to elucidate how hemodynamics and
mechanobiology interact in ATAAs.
Methods. Accordingly, we propose a numerical framework combining com-
putational fluid dynamics and 4D flow magnetic resonance imaging (MRI)
coupled with finite element (FE) analyses to simulate growth and remodel-
ing (G&R) occurring in patient-specific aortas in relation with altered hemo-
dynamics. The geometries and the blood velocities obtained from 4D flow
MRI are used as boundary conditions for CFD simulations. CFD simulations
provide an estimation of the wall shear stress (WSS) and relative residence
time (RRT) distribution across the luminal surface of the wall. An initial in-
sult is then applied to the FE model of the aortic wall, assuming that the mag-
nitude of the insult correlates spatially with the normalized RRT distribution
obtained from CFD simulations. G&R simulations are then performed. The
material behavior of each Gauss point in these FE models is evolved contin-
uously to compensate for the deviation of the actual wall stress distribution
from the homeostatic state after the initial insult. The whole approach is
illustrated on two healthy and two diseased subjects. The G&R parame-
ters are calibrated against previously established statistical models of ATAA
growth rates.
Results. Among the variety of results provided by G&R simulations, the
analysis focused especially on the evolution of the wall stiffness, which
was shown to be a major risk factor for ATAAs. It was shown that the
G&R parameters, such as for instance the rate of collagen production or cell
mechanosensitivity, play a critical role in ATAA progression and remodel-
ing.
Conclusions. These preliminary findings show that patient-specific compu-
tational modeling coupling hemodynamics with mechanobiology is a promis-
ing approach to explore aneurysm progression.

keywords: Ascending Thoracic Aortic Aneurysm; Mechanobiology; Compu-
tational Fluid Dynamics; Growth and remodeling; Constrained mixture theory.
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Introduction

The human thoracic aorta has a complex morphology which is susceptible to lo-

calized ballooning, especially between the root and the arch, where it is referred to

as aneurysm. When they are not congenital, Ascending thoracic aortic aneurysms

(ATAAs) occur mostly in the aged individuals [1]. Thoracic aortic aneurysms

have an estimated incidence of at least 6-10 per 100,000 person-year [2]. Aortic

dissection is the most devastating complication of ATAAs. It is a life-threatening

condition associated with very high morbidity and mortality rates, and it remains a

challenge to anticipate and treat. ATAAs may be caused by anything that weakens

the aortic wall and understanding the weakening process is essential for prevent-

ing type A dissections. In this work, we focus on the role of altered hemodynam-

ics, which concerns a majority of patients with bicuspid aortic valves, but also

a fraction of patients with tricuspid aortic valves [3], and which has been shown

to contribute significantly to ATAA development and progression, although it is

often combined with other biomechanical factors [4].

The critical role of hemodynamics in arterial development, adaptation, and in

vascular physiopathology has been investigated for decades [5]. Hemodynamics

parameters cannot be directly related to the risk of rupture of aneurysms [6] but

their action on the endothelium, through the wall shear stress (WSS), can trigger

a number of pathways participating in weakening the aortic wall through different

adaptation processes and microstructural changes [7]. Nevertheless, the mecha-

nisms by which the WSS distribution affects the progression of ATAAs and inter-
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acts with complex intramural biochemical and biomechanical processes remain

poorly understood.

Low WSS is known to induce atherosclerosis [8] whereas high relative res-

idence time (RRT) levels, found near post-stenotic regions, are associated with

endothelial dysfunctions [9]. However, many effects are intertwined in ATAAs

due to complex flow patterns. Nowadays, these flow patterns can be well captured

using 4D flow Magnetic Resonance Imaging (MRI). Important morphological,

structural and biomechanical modifications occur concomitantly to hemodynam-

ics alterations during the progression of ATAAs. However, beyond inferring links

between hemodynamics and mechanobiology, there is a pressing need to eluci-

date how hemodynamics and mechanobiology interact in ATAA progression. For

that, establishing computational models coupling hemodynamics and mechanobi-

ology appears as a very promising approach [10]. Although many computational

models of aneurysm evolution disregarded the interactions with the blood flow, a

fraction of them attempted to couple WSS with the growth and remodeling (G&R)

equations of arteries [11–17].

No attempt has ever been achieved for ATAAs where the precise role of WSS

remains controversial. Using 4D flow MRI and post-operative histological analy-

ses, Guzzardi et al. [18] found that regions with large WSS (often located where a

jet flow coming from the left ventricle inpinges the wall of the ascending aorta) un-

dergo greater elastin degradation associated with vessel wall remodeling, whereas

adjacent regions with normal WSS have less elastin degradation. They concluded

that regions of high WSS in ATAAs correspond to regions of extracellular matrix
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(ECM) dysregulation and elastic fiber degeneration. This was specific to BAV pa-

tients though, pointing to valve-related hemodynamics as a contributing factor in

the development of aortopathy.

This indicates that supplemental efforts in terms of computational modeling

are still required to gain insight into the adaptive G&R effects occurring in ATAAs.

Consequently, the objective of the present work is to establish a computational

framework coupling patient-specific hemodynamics of ATAAs [19, 20] with a

computational G&R model which was previously adapted for human ATAAs [21].

After presenting the comprehensive framework, we illustrate the whole approach

on two healthy and two diseased subjects on whom we assume a direct relationship

between certain hemodynamics metrics, such as WSS or RRT, and the original

insult causing microstructural changes in the aortic wall, and predict the induced

G&R effects across the ascending thoracic aorta.

Materials and methods

Study population

In this work, we introduce a numerical framework combining patient-specific

computational fluid dynamics (CFD) and structural Finite Element Analyses (FEA)

to simulate G&R in ATAAs. The approach is illustrated on two healthy and two

diseased subjects. The protocol was approved by the Institutional Review Board

of the University Hospital Center of Saint-Etienne and informed consent was ob-

tained from the participants. 4D flow MRI datasets were acquired and employed

5



to reconstruct the geometry of their aorta and to assess their blood flow velocities.

The subjects’ characteristics are reported in Table 1.

Computational fluid dynamics (CFD)

4D flow MRI acquisition and pre-processing

4D flow MRI datasets were acquired using a Siemens Magnetom Prisma 3T MR

scanner. In 4D flow MRI, velocity is encoded along the three spatial dimensions

throughout the cardiac cycle, thus providing a dynamic imaging of 3D velocity

fields. The velocity encoding is based on the changes in the phase of the mag-

netic resonance (MR) signal along a magnetic field gradient and is directly re-

lated to the blood flow velocity. A 4D flow dataset consists of the 3 components

of local velocity vectors (Vx, Vy & Vz) throughout the cardiac cycle. 4D MRI

data acquisition relies on efficient synchronization between cardiac and respira-

tory movements leading to optimized scan times of about 20 minutes [22]. The

main parameters of ECG gating and 4D MRI data acquisition were: spatial reso-

lution = 2.4 × 2.4 × 2.4 mm3, field of view (FOV) = 380 × 285 mm2, velocity

encoding (VENC) = 200 cm/s, Bandwidth (BW) = 496 Hz/Pixel, Flip angle = 7o,

echo time (TE) / repetition time (TR) = 2.19 / 37.9 and phase duration = 37.9

ms. 4D flow MRI datasets were pre-processed using the velocity Mapping Tool

(Tool for preprocessing & converting of 4D flow MRI data- Freiburg University,

Germany & Northwestern University, USA) developed in MATLAB (MathWorks

Inc. R2015b). The correction strategies employed were eddy current correction,
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noise filtering, anti-aliasing. The corrected data were exported to Ensight, CEI,

Inc., a 3D blood flow visualization software. The local flow velocity maps could

then be obtained at any cross section. In order to quantify local WSS distribu-

tions in complex flows, a computational framework combining 4D flow MRI with

CFD was developed [19]. The pre-processed dicom images were used for the 3D

reconstruction of the aortic geometry needed to define the CFD domain, based

on the center-line method and using splines to fit the contours [19]. The recon-

structed geometry included the ascending thoracic aorta, the aortic arch with the

apico-aortic branches and the descending thoracic aorta. It was then exported to

Ansys-Fluent (ANSYS, Academic research, Release 17.2) where it was meshed

with tetrahedral elements before performing the CFD simulations. The number

of tetrahedra used in the present study is reported in Table 2. A mesh sensitivity

analysis was conducted, it showed that increasing the number of tetrahedra by a

factor 2 induced relative variations of the obtained pressure and velocity fields

which were less than 2%.

Boundary conditions and solver setup parameters

The velocity distribution obtained from 4D flow MRI were applied as bound-

ary conditions in the CFD models at the ascending aorta inlet and apico-aortic

branches. Pressure boundary conditions were also applied at the outlet of the de-

scending thoracic aorta wherein a three-element Windkessel model was employed

to represent the physiological blood pressure. The incompressible Navier-Stokes

equations were solved, assuming the blood flow as laminar, non-Newtonian and
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incompressible with a density of 1050 kg/m3. The non-Newtonian behavior was

represented using the Carreau-Yasuda model

µ = µ∞ + (µ0 − µ∞)[1 + (λγ̇)α]
n−1
α (1)

where γ̇ represents the scalar shear rate, µ0=0.042 Pa.s is the blood viscosity at

low shear rate, µ∞=0.00345 Pa.s is the blood viscosity at high shear rate, λ = 3.31s

is a time constant, n=0.375 is the power law index and α=2 is the Yasuda exponent

[23].

The aortic walls were assumed to be rigid, impermeable and with a no-slip

condition (i.e. velocity on the wall is zero). The resolution was achieved with

Ansys Fluent v17.2 using the Semi-Implicit Method for Pressure-Linked Equa-

tions (SIMPLE), a second-order interpolation scheme and a second-order upwind

interpolation. A transient-time solver was used, with a second order implicit inte-

gration time and a time step of 1 ms. The threshold for residual errors was set to

10−3. To reach fully developed flows and to avoid unsteady state solution due to

initial transient conditions, the simulation was performed for three cardiac cycles

and the last cycle only was used for post processing.

Hemodynamics descriptors

The RRT hemodynamics descriptor was computed according to the following for-

mula [9, 24]:

RRT =
1

(1− 2× OSI)× TAWSS
(2)
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where

TAWSS =
1

T

∫ T

0

|WSS| dt (3)

OSI = 0.5

1−

∣∣∣∫ T0 WSSdt
∣∣∣∫ T

0
|WSS| dt

 (4)

T is the period of the cardiac cycle and WSS is the instantaneous wall shear stress:

WSS= µ ∂v
∂n

, where ∂v
∂n

is the normal velocity gradient (shear rate) and µ is the

dynamic viscosity of the fluid.

Statistical model of ATAA progression

The aortic diameters of the four subjects enrolled in this study are reported in

Table 1. We used a statistical model to calibrate the G&R parameters driving the

temporal evolution of the aortic diameter during ATAA progression, taking into

account sex (S), age (A) and body surface area (BSA). These factors are known

to play a major role in the progression of aortic diameter [7, 25–28] especially in

ATAA patients. The evolution of aortic diameter follows an exponential function

with time [25], which may be written:

AD = A× exp(BSA× S× t) + ID, (5)

where AD, A, BSA, S, t, ID represent respectively: the aortic diameter, age (A

takes the value 0.008 for age≤ 55 and 0.01 for age≥ 55), body surface area index,

sex (S takes the value 0.15 for male and 0.24 for female), time after the first MRI
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examination in years and diameter of the ascending aorta at the first examination.

These parameters are fixed based on the assumption that the aneurysm growth rate

for females is 1.19 ± 1.15 mm per year and 0.59 ± 0.66 mm per year for males

[28] . The BSA was calculated based on the Dubois & Dubois [29] formula which

may be written such as:

BSA = W0.425 × H0.725 × 0.20247, (6)

where W and H represents the weight in ’kg’ and height in ’m’ of the subject

(Table 1).

Finite–Element model of G&R

The patient-specific geometry of each subject’s aorta was reconstructed using 4D

flow MRI scans at diastole, which were processed by an in-house code. A struc-

tural mesh composed of shell elements was reconstructed based on the centerline

obtained by VMTK [30]. Whereas the fluid domain was modeled with tetrahe-

dra for CFD analyses, a 3D structural mesh made of hexahedral elements was

reconstructed to simulate G&R using FEA. The mesh was obtained by applying

a patient-specific homogeneous thickness across the arterial wall on the shell ele-

ments. The mesh was structural, which means that the edge of each element was

locally aligned with the material directions of the artery: radial, circumferential

and axial. The radial direction was defined as the outward normal direction to

the luminal surface, the axial direction was defined as the direction parallel to
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the luminal centerline and the circumferential direction was perpendicular to the

two previously defined directions. The G&R model was implemented within the

commercial FE software Abaqus [31] through a coupled user material subroutine

(UMAT) [21]. More details about this material model are given in Appendix B.

As boundary conditions, a uniform pressure of 100 mmHg was applied on the

luminal surface. It was found in a previous study [32] that pressure variations are

less than 5% across the surface of the ascending aorta. Moreover, at the inlet and

outlet boundaries of the G&R model, only radial displacements were allowed, but

circumferential and axial displacements were fixed.

The deformation of the artery was computed at every time-step (1 month) for

a duration of 10 years. The nonlinear equations resulting from equilibrium satis-

faction at every time-step were solved using the Newton Raphson method. G&R

deformations tensors at each time step were derived based on stresses assessed at

the previous step. It was assumed that homeostatic conditions were satisfied at the

first step.

Sensitivity analyses

Our computational model was designed to predict the G&R response of a thick-

wall patient-specific ATAA model after an initial insult. For the latter we con-

sidered a localized elastin loss driven by the local normalized RRT defined such

as:

ζRRT = RRT/RRTmax. (7)
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As the RRT distribution was only needed to apply the initial insult of the G&R

model, it was not necessary to perform CFD analyses iteratively during ATAA

progression. Only the first CFD analysis was needed.

ATAA progression was calibrated to follow the same diameter change as the

one given by the statistical model of Eq. 5. For that, we adjusted the gain param-

eters of collagen kiσ of the material model defined in Appendix.

It was also suggested that many patients developing ATAAs may also suf-

fer from an impairment of smooth muscle cell (SMC) mechanosensitivity [33].

In order to take into account a possible combination of factors (elastin degra-

dation, mechanosensitivity impairment), we introduced a factor standing for the

mechanosensitivity impairment factor, such that the target homeostatic stress would

be erroneously targeted by SMCs as 1.05σh or 1.1σh instead of σh when there is

a mechanosensitivity impairment (Equation 13 in Appendix B).

Results

Results obtained on four subjects with our novel integrated computational frame-

work are now presented in this section, focusing at the following variables: WSS,

RRT, temporal progression of maximum aortic diameter and local tangent stiff-

ness. The streamlines of blood velocity computed at peak systole for each subject

are shown in the supplemental materials (Fig. S3).
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Wall Shear Stress (WSS)

The WSS contours for the two healthy and two diseased subjects at peak systole

are shown in Fig. 2 and Fig. 3.

For the two subjects harboring an ATAA, the WSS magnitude is lower in the

ascending thoracic aorta compared to other regions of the aorta (Fig. 3). The mean

WSS is 1.7 Pa for Aneurysmal 1 and 0.5 Pa for Aneurysmal 2 (Fig. 4).

For the two healthy subjects, WSS contours (Fig. 2) are rather uniform along

the length of the aorta. The mean WSS in the ascending thoracic aorta is 3.3 Pa

(Fig. 4), which is higher than in the diseased patient.

Relative Residence Time (RRT)

Figures 5 and 6 show RRT contours obtained for the four subjects. For the two

healthy patients, RRT in the ascending thoracic aorta is lower than in other regions

of the aorta (Fig. 5). The mean RRT is 5 (Fig. 7), which is lower than in the

ATAA patients. The RRT distribution in both diseased patients shows some blood

stagnation in the ascending thoracic aorta. The mean RRT for Aneurysmal 1 is 8

and for Aneurysmal 2 is 17 (Fig. 7).

G&R effects

Elastin degradation scaled by the local normalized RRT is responsible for non

homeostatic stresses in the ascending thoracic aorta. In response to this deviation

from homeostasis, G&R leads to an increase of the aortic diameter in the whole
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ascending thoracic aorta. The parameter of collagen deposition is adjusted in

order to obtain diameter progressions in agreement with the statistical model of

Eq. 5, as shown in Fig. 8. The obtained parameters are 0.04 for healthy subjects

and 0.7 for diseased subjects. With these parameters, both healthy and aneurysm

subjects showed aortic enlargement. Then, among the variety of results provided

by such G&R simulations, the analysis focused especially on the evolution of the

wall stiffness, which was shown to be a major risk factor for ATAAs [34–36]. The

local stiffness of the aortic wall was derived from the model according to

Eθ =
σsys
θ − σdia

θ

εsys
θ − εdia

θ

(8)

where σθ and εθ stand for stresses and strains in circumferential directions, respec-

tively, and superscripts ”dia” and ”sys” indicates diastolic and systolic instances,

respectively. Note that we focus here on the circumferential stiffness as it can be

derived from circumferential strains induced by pressure variations at every heart

beat and thus it can have a clinical interest [34, 36].

Figs. 9 and 10 show the obtained stiffness after 10 years in healthy and dis-

eased patients, respectively, when the factor for mechanosensitivity impairment

is set to 1, 1.05 or 1.1 (corresponding to homeostatic stresses of σh, 1.05σh and

1.1σh respectively). The results show that mechanosensitivity impairment induces

larger stiffness values but does not affect significantly diameter changes (Tables

4 and 5). Indeed, if there is a mechanosensitivity impairment, the new collagen

fibers are deposited with a higher tension. As collagen fibers have an exponential
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stress-strain response, a higher tension means a higher stiffness. This explains

why the mechanosensitivity impairment induces a higher stiffness. But the im-

pairment does not affect the progression rate of the aneurysm, which is mostly

governed by the gain parameters of Eq. 13 (see Appendix B).

Discussion

Altered hemodynamics in patients harboring an ATAA is known to affect endothe-

lial cells. However, it remains unclear how this can participate in ATAA progres-

sion, which is controlled by the intramural cells (SMCs, fibroblasts) and ECM.

Therefore, our new computational modeling framework, coupling hemodynam-

ics and vessel wall adaption, can be helpful to elucidate how hemodynamics and

mechanobiology interact in ATAAs and bring insight into the disease progression.

Solving the coupled fluid-solid-growth problem numerically in patient-specific

geometry implies high computational costs. In order to overcome these computa-

tional challenges and reach accurate predictions, our novel computational frame-

work combines 4D flow MRI and CFD to evaluate the hemodynamics descriptors.

Coupling our recent G&R models [21] with the predicted hemodynamics [19, 20],

we showed that factors such as RRT, by its potential relationship with ECM de-

generation [37], may trigger aortic stiffening and ATAA progression, and that

possible mechanosensitivity impairment of SMCs can accelerate the stiffening ef-

fects, which were shown to increase the risk of rupture [34–36].

The G&R model took into account various structurally substantial constituents,
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namely elastin, collagen fiber families and SMCs, allowing them to undergo turnover

within the framework of the constrained mixture theory (CMT) [21, 38, 39].

Turnover rates of collagen fibers and SMCs were stress mediated and propor-

tional to a deposition rate. We assumed that stimuli for tissue adaptation and

maintenance were always triggered by RRT levels. Other factors related to hemo-

dynamics forces could also be considered as potential triggers of a G&R response.

Peak WSS values are usually invoked [18]. Our CFD simulations showed that

WSS distribution in diseased patients varies between the location in the dilated

region and along the aortic length. But the WSS remained between 1 and 7 Pa,

and for these values, the aorta would usually be considered as healthy and devoid

of any damage [40].

Low WSS or large RRT is known to enhance the attachment of platelets and

thrombogenic proteins to the arterial walls, which may induce disease progres-

sion [41]. Our CFD simulations show that low WSS was found in the ascending

thoracic aorta and exacerbated for both diseased patients. Low WSS in the aortic

walls may induce endothelial dysfunction, causing wall thickening and possible

ATAA progression [40]. Studies show that high WSS (i.e≥7) may cause endothe-

lial damage and promote plaque rupture but this is not yet very clear [42].

In our analyses, the WSS and RRT distributions were used to create the insult

(local elastin degradation) that induces the subsequent aneurysm growth. This in-

sult occurs at the beginning of the analyses and causes adaptations of the aorta for

10 years. In future work, we could also consider successive insults over these 10

years. This would require to redo the CFD simulations with the updated geometry.
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Salient trends of arterial adaptation to altered hemodynamics were previously

captured by 2D and 3D thin walled or membrane and representative straight cylin-

drical artery based on CMT models [43, 44]. Despite the major progress these

prior studies on CMT-based models have permitted, two further improvements can

be emphasized in the current work: application of CMT-based models to patient-

specific geometries and integration of layer-specific properties (media and adven-

titia). Fluid-solid-growth simulations were developed for cerebral [45] or abdom-

inal [46–49] aneurysms. The current work initiates G&R simulations where one

important metric is derived from an initial CFD simulation (one-time and one-way

coupling).

RRT was previously found to be a useful parameter for identifying atheroprone

regions [50, 51]. Our model, by design, suggests that RRT plays an important role

in disease progression. In future studies, the model could be used in a reverse

engineering analysis to find intrinsic relationships between patient-specific RRT

distributions and long-term aneurysm progression measured in human patients.

This could contribute to investigate more thoroughly the role of RRT in ATAA

progression.

Limitations of our approach are related to the clinical validation, which should

be based on patients followed longitudinally over a sufficiently long period and

with appropriate imaging modalities (including 4D MRI at the initial time point).

In the meantime, the model can be validated against data on animal models, as

already performed several times for CMT-based models [52]. Limitations are also

related to the rigid wall assumption of the CFD model. The rigid wall assumption
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enables significant reductions of computational times compared to fluid structure

interaction (FSI) simulations achieved in the thoracic aorta [32]. The computa-

tional time was decisive to enable running all the simulations presented in the

current study. However, neglecting the motion of the aortic walls can induce er-

rors in the temporal variations of the blood flows. For that reason, we usually

focus on time-integrated quantities (RRT for instance) instead of instantaneous

quantities. In previous studies, we found that the impact of the rigid wall assump-

tion on the maximum WSS values at systole was not significant, which convinced

us to report WSS as well. This is very specific to large arteries, for which the

assumption of rigid and impermeable walls was already shown to be reasonable

for WSS predictions [53]. Another limitation is that the same pressure is main-

tained constant throughout the 10 years of the G&R simulated process. Pressure

evolutions would actually occur but these evolutions need to be measured, they

cannot be predicted with the computational model. It is also worth mentioning

that we had to resort to a statistical model to relate the ATAA progression rates to

the sex, age and body surface area of aneurysmal patients. There is currently no

mechanistic model that can easily relate the gain parameters of the G&R model

(which govern ATAA progression rates) to clinical markers of a patient.

In summary of this work, hemodynamics and mechanobiology effects in ATAAs

were coupled through a CFD model evaluating hemodynamics factors in ATAAs

and using then to simulate G&R effects with FEA. We illustrated the potential

of this novel computational approach to evaluate thoroughly the assumption that

localized elastin loss in the ascending thoracic aorta at locations of large RRT fac-
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tors in disturbed blood hemodynamics can trigger ATAA progression and aortic

stiffening. It was shown that the rate of collagen production or cell mechanosen-

sitivity may play a critical role in ATAA progression and aortic stiffening. These

preliminary findings show that patient-specific computational modeling coupling

hemodynamics with mechanobiology is a promising approach to explore ATAA

initiation and progression. Future work will focus on model predictability at a

patient-specific level by following up a cohort of ATAA patients over a significant

number of years.
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a b c d

Figure 1: Finite-element meshes of the aortas for the four subjects a) Healthy 1 b)
Healthy 2 c) Aneurysmal 1 and d) Aneurysmal 2 considered in this study, showing
the inlet, outlet, branches, diameter and inlet angle
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Front view Back view Front view Back view

a b

Figure 2: Wall shear stress patterns at peak systole obtained using CFD simula-
tions for the two healthy subjects a) Healthy 1 and b) Healthy 2 considered in the
current study. The cut-plane (1–1’) shows the limit of what was considered as the
ascending thoracic aorta in the analysis.
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Front view Back view Front view Back view

a b

Figure 3: Wall shear stress patterns at peak systole obtained using CFD simula-
tions for the two ATAA patients a) Aneurysmal 1 and b) Aneurysmal 2 considered
in the current study. The cut-plane (1–1’) shows the limit of what was considered
as the ascending thoracic aorta in the analysis.
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Figure 4: WSS distribution across the ascending thoracic aorta for the four sub-
jects considered in this study. The central red line indicates the median, and the
bottom and top edges of the boxes indicate the 25th and 75th percentiles, respec-
tively. The outliers are shown using ’+’ symbol
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Figure 5: Relative Residence Time patterns obtained using CFD simulations for
the two healthy subjects a) Healthy 1 and b) Healthy 2 considered in the current
study. The cut-plane (1–1’) shows the limit of what was considered as the ascend-
ing thoracic aorta in the analysis.
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a b

Figure 6: Relative Residence Time patterns obtained using CFD simulations for
the two patients a) Aneurysmal 1 and b) Aneurysmal 2 considered in the current
study. The cut-plane (1–1’) shows the limit of what was considered as the ascend-
ing thoracic aorta in the analysis.
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Figure 7: RRT distribution across the ascending thoracic aorta for the four subjects
considered in this study. The central red line indicates the median, and the bottom
and top edges of the box indicate the 25th and 75th percentiles, respectively. The
outliers are shown using ’+’ symbol
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Figure 8: Temporal evolutions of the aortic maximum diameter obtained from our
FEA simulations (dash lines) or predicted by the statistical model (solid lines)
for the four subjects considered in this study: 2 healthy subjects (1 and 2) and 2
ATAA (3 and 4) patients.
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Figure 9: Distribution of the tangent aortic wall stiffness (structural stiffness) pre-
dicted by our simulation framework after 10 years of G&R in the first (a, b and c)
and second (d, e and f) healthy subjects considered in this study, with 3 different
conditions of mechanosensitivity impairment: a- and d- no mechanosensitivity
impairment (σ = σh at homeostasis), b- and e- mechanosensitivity impairment
with σ = 1.05σh at homeostasis) and c- and f- mechanosensitivity impairment
with σ = 1.1σh at homeostasis).
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Figure 10: Distribution of the tangent aortic wall stiffness (structural stiffness)
predicted by our simulation framework after 10 years of G&R in the first (a, b and
c) and second (d, e and f) ATAA patients considered in this study, with 3 different
conditions of mechanosensitivity impairment: a- and d- no mechanosensitivity
impairment (σ = σh at homeostasis), b- and e- mechanosensitivity impairment
with σ = 1.05σh at homeostasis) and c- and f- mechanosensitivity impairment
with σ = 1.1σh at homeostasis).
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Table 1: Characteristics of the 2 healthy subjects and 2 ATAA patients considered
in this study (TAV - Tricuspid Aortic valve; BAV- Bicuspid Aortic Valve).

Patient Blood Pressure,
mmHg

Age,
Years Sex Weight,

kg
Height,

m
Ascending aorta

diameter, mm Valve phenotype

Healthy 1 110/80 69 Female 82 1.66 28.0 TAV

Healthy 2 110/80 51 Female 62 1.67 30.21 TAV

Aneurysmal
1 124/85 70 Female 64 1.58 42.13 TAV

Aneurysmal
2 130/100 50 Male 70 1.68 42.86 BAV
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Table 2: Number of elements and nodes for the different meshes

Fluid (CFD) Solid (G&R)
Number Number Number Number
of elements of nodes of elements of nodes

Healthy 1 860,000 208,000 5,100 7,800

Healthy 2 661,000 193,000 5,300 8,100

Aneurysmal
1 952,000 268,000 4,500 6,900

Aneurysmal
2 1532,000 365,000 5,100 7,800
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Table 3: Parameters employed for two–layer patient–specific human ATAA mod-
els adapted from [54]. αc1 , αc2 , αc3 and αc4 are axial, circumferential and two
diagonal directions of collagen fiber families, respectively.

Symbol Values
αcj , j = 1, 2, ..., 4 0, π

2
and ±π

4

µe 72 [J/kg]
κ 720 [J/kg]
k

cj
1 568 [J/kg]
k

cj
2 11.2
km
1 7.6 [J/kg]
km
2 11.4
%e
0 241.5 [kg/m3]
%c1
0 65.1 [kg/m3]
%c2
0 65.1 [kg/m3]
%c3
0 = %c4

0 260.4 [kg/m3]
%m
0 157.5 [kg/m3]
λe
z 1.25
λcj 1.062
λm 1.1
T e 101 [years]
T cj 101 [days]
Tm 101 [days]
tdam 40 [days]
Dmax 0.5
Thickness 1.8 [mm]
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Table 4: Diameter (in mm) of the ascending thoracic aorta (at mid-length) after
simulating 10 years of evolution

σ=σh σ=1.05σh σ=1.1σh

Healthy 1 40.225 41.024 41.999

Healthy 2 39.782 38.936 39.536

Aneurysmal 1 49.56 50.39 50.795

Aneurysmal 2 45.49 46.134 46.723
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Table 5: Average stiffness (in MPa) of the ascending thoracic aorta after simulat-
ing 10 years of evolution

σ=σh σ=1.05σh σ=1.1σh

Healthy 1 0.504 0.66 2.349

Healthy 2 0.504 0.715 1.1

Aneurysmal 1 0.44 0.778 1.25

Aneurysmal 2 0.95 1.09 1.48
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APPENDIX A: Computational Fluid Dynamics

Patient-specific boundary conditions

Patient-specific 4D flow MRI data were used to define the inflow velocity profile.

Pixel-based time-varying velocities (Vx, Vy & Vz) were extracted from these 4D

flow MRI data by using a in-house Matlab code (MathWorks Inc. R2015b) and

mapped onto the inlet face of the aorta (Fig. S1). Therefore, every voxel of the

inlet cross section was assigned a velocity vector varying both in space and time,

whose direction and magnitude was determined from the 4D flow MRI data. The

patient-specific pulsatile flow rate obtained from 4D flow MRI was set at the outlet

cross sections of the apico-aortic branches (BCA, LCC, LSUB) (Fig. S1) [55, 56]

as outflow boundary conditions. The measured flow rate waveforms from 4D flow

MRI which are used as boundary conditions are shown in Fig. S2. A multiscale

approach was implemented to describe the hemodynamics at the descending aorta

outlet by coupling the 3D domain with a Three element Windkessel model. The

three-element Windkessel model was tuned to represent the physiological blood

pressure (Fig. S1). The three parameters, namely the peripheral resistance (resis-

tor, R), the aortic compliance (capacitor, C) and the characteristic impedance (Z)

were adjusted in such a way to match the physiological flow rate obtained from

4D flow MRI. Their values are reported in Table 6. The aortic walls were assumed

to be rigid, impermeable and a no-slip condition was considered (i.e. Velocity on

the wall is zero (vwall=0)).
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Table 6: Windkessel parameter values for each subject.

Z [kg.m−4.s−1] C [kg−1.m4.s2] R [kg.m−4.s−1]

Healthy 1 1.36×107 1.5×10−8 2.28×108

Healthy 2 1.04×107 1.47×10−8 1.77×108

Aneurysmal 1 1.5×107 1.05×10−8 2.5×108

Aneurysmal 2 1.65×107 1.48×10−8 2.77×108

APPENDIX B: Material model used for G&R

G&R kinematics

Kinematics and equilibrium equations

Nonlinear Finite-Element models based on the homogenized CMT were estab-

lished and performed to simulate G&R in patient-specific ATAA [21]. Let χ :

Ω0 → Ωt be the general mapping in a R3 domain between a reference configu-

ration and a current configuration. Ω0 is arbitrarily defined as the in vivo initial

configuration of an artery before any insult inducing a G&R response (at home-

ostasis). We model the aortic wall as a mixture of different constituents, namely

elastin, collagen fiber families and smooth muscle cells (SMCs). The total de-

formation gradient of the mixture is denoted F(X, t) = ∂x
∂X

. Reference volumes

dV ∈ Ω0 are mapped to curent volumes dv = JdV ∈ Ωt with the Jacobian

J =| F |> 0. Based on the CMT, we assume that all constituents in the mixture
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deform together under the total deformation gradient F while each constituent has

a different ”total” deformation gradient Fi
tot = FGi

h, resulting from its own depo-

sition stretch, Gi
h, with i ∈ {e, cj,m}, where superscripts e, cj and m represent

respectively the elastin, the constituent made of each of the n collagen fiber fam-

ilies and SMCs [38, 39]. The deposition stretch tensor of elastin may be written

such as Ge
h = diag[ 1

λe
θλ

e
z
, λe

θ, λ
e
z] to ensure incompressibility, with λe

θ and λe
z being

the deposition stretches of elastin in the circumferential and longitudinal direc-

tions, respectively. The deposition stretch tensor of collagen families and SMCs

may be written such as Gk
h = λkak0 ⊗ ak0 +

1√
λk
(I− ak0 ⊗ ak0), k ∈ {cj,m}, where

λk is the deposition stretch of the kth constituent in the fiber direction with a unit

vector ak0 [38, 39].

For each differential mass increment of the ith constituent deposited at time

τ , the total deformation gradient of each constituent, Fi
tot, is decomposed multi-

plicatively into an elastic part, Fi
el, and an inelastic (named G&R) part, Fi

gr, such

as Fi
tot = Fi

elF
i
gr [21, 54].

Constitutive model of the aortic wall

The contribution to the mechanical behaviour of each component (elastin, four

different families of collagen fibers oriented in circumferential, axial, and diago-

nal directions and SMCs) is captured by different strain energy density functions

based on the CMT [21, 38, 39, 54]. Considering media and adventitia layers and

disregarding the intima layer [21, 54], based on the mass fractions of each indi-

vidual component, each specific strain energy density function may be written as
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[21]:

W = %e
tW

e(I
e
1, J

e
el) +

n∑
j=1

%
cj
t W

cj(I
cj
4 ) + %m

t W
m(Im

4 ) (9)

where %it and W i (i ∈ {e, cj,m}) refer respectively to the mass density and strain

energy density of the individual constituents based on the first invariant (I
i

1 =

tr(C
i

el)) of the modified Cauchy-Green tensor C
i

el = J iel
−2/3

Ci
el, on the fourth

invariant (I i4 = Ci
el : ai0 ⊗ ai0) of the Cauchy-Green tensor Ci

el = Fi
el
(T )

Fi
el and on

the Jacobian (J iel = det(Fi
el) > 0).

The strain energy density function of elastin is described by a Neo–Hookean

model in which incompressibility is enforced by a penalty term depending on the

Jacobian [21] as

W e(I
e
1, J

e
el) =

µe

2
(I

e
1 − 3) + κ(J e

el − 1)2 (10)

where µe and κ are material parameters (shear and bulk modulus, respectively)

with stress–like dimensions.

The strain energy density function of collagen families is assumed to write

such as [39]

W cj(I
cj
4 ) =

k
cj
1

2k
cj
2

[
ek

cj
2 (I

cj
4 −1)2 − 1

]
(11)

whereas the passive strain energy density for SMCs is written as

Wm(Im
4 ) =

km
1

2km
2

[
ek

m
2 (I

m
4 −1)2 − 1

]
(12)

k
cj
1 and km

1 are material parameters with stress–like dimensions while kcj
2 and km

2
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are dimensionless material parameters.

Although the same strain energy density function is used for the media and for

the adventitia, both layers are distinguished by different material properties and

mass densities of each individual constituent [39].

Mass turnover and G&R kinematics

Mass turnover continuously occurs by simultaneous degradation and deposition

of the different microstructural constituents. This phenomenon is assumed to be

a stress mediated process during which extant mass is continuously degraded and

new mass is deposited into the extant matrix at a stress mediated rate [21, 54].

Therefore, the rate of mass degradation or deposition for each collagen fiber fam-

ily in each layer can be expressed such as

%̇i = %itk
i
σ

σi − σih
σih

+ Ḋi
g (13a)

kiσ = kiσ0 − ξ
%e
0

%e
t

(13b)

where %it = %i(t) is the mass density of the ith constituent at time t and kiσ stands

for the corresponding growth (also named gain) parameter while σih and σi are

average homeostasis and current stresses of extant fibers, respectively. Ḋi
g, so

called the generic rate function, is used to describe additional deposition or degra-

dation due to any damage in different constituents induced by other effects than

the ones mediated by the local stress. As elastin can be only subjected to degra-

dation, if any, and its mass loss cannot be compensated by new elastin deposition,
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the following law is postulated %̇e(t) = Ḋe
g [21]. In order to couple G&R with

hemodynamics effects, it is assumed in the following that the degradation rate

Ḋe
g is locally scaled with the normalized RRT value ζRRT. It means that the aor-

tic wall would undergo larger elastin degradation in regions of large RRT. This

assumption, among many others which can be assessed with our computational

framework, is mainly justified by recent observations suggesting that ECM pro-

teolysis in the aortic wall could result from the advection of plasminogen across

the wall [37], assuming that this advection phenomenon would be increased in

regions of large RRT. Consequently, based on this assumption we considered a

localized elastin degradation as an insult for G&R and simulated the subsequent

ATAA progression. Accordingly, the local elastin degradation rate was written

such as

%̇e(t) = Ḋe
g(X, t) = −

%e(X, t)

T e − ζRRT
Dmax

tdam
%e(X, 0)e

− t
tdam (14)

where tdam is the temporal damage spread parameter and Dmax is maximum dam-

age. ζRRT is the normalized RRT defined such as: RRT/RRTmax. The first sum-

mand in Eq. 14 is a basal elastin degradation due to aging and the second summand

is the elastin degradation due to abnormal RRT of blood flow.

Even when mass degradation and mass production are balanced (%it = 0), the

stress–free state may change as new mass is deposited with a prestress defined

according to the current configuration. Therefore, some change of the microstruc-

ture of the tissue cannot be only captured by growth contribution and so-called
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remodelling was also captured by the model. Consequently, the traction–free con-

figuration of a certain constituent was amended by both remodelling– and growth–

related inelastic local changes of the microstructure and volume. For this, we

employed the homogenized CMT–based G&R [21, 54]. Therefore, assuming Fi
g

and Fi
r are inelastic deformation gradients due to G&R, respectively, the inelas-

tic G&R deformation gradient was multiplicatively decomposed by Fi
gr = Fi

rF
i
g.

The former is related to any change in the mass per unit reference volume and the

latter captures changes in the microstructure due to mass turnover. Solving the

following system of equations yields the evolution of the inelastic remodelling

deformation gradient of the ith constituent at time t [21, 54]:

[
%̇it
%it

+
1

T i

] [
Si − Sipre

]
=

[
2
∂Si

∂Ci
el
: (Ci

elL
i
r)

]
(15)

where S is the second Piola–Kirchhoff stress and subscript ”pre” denotes deposi-

tion prestress while Li
r = Ḟi

r Fi
r
−1 is the remodelling velocity gradient and T i is

the average turnover time.

Basically local change of wall volume induced by any change in the mass of

each constituent in a region of the arterial wall can be captured by the growth

deformation gradient which relates the change of shape and size of a differential

volume element to the degraded or deposited mass in that element. Based on

the homogenized CMT, it is suggested that all constituents experience the same

inelastic growth deformation gradient: Fi
g = Fg [21, 54]. Assuming aig is a unit

vector denoting the growth direction of individual constituents and %tott =
∑n

i=1 %
i
t
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is the total volumic mass at each time. The total inelastic growth deformation

gradient rate was eventually written such as:

Ḟg =
n∑
i=1

%̇it
%tott
[
Fi

g
-T : aig ⊗ aig

]aig ⊗ aig (16)
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