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Abstract
We provide a computational comparison of the performance of stentless and
stented aortic prostheses, in terms of aortic root displacements and internal stresses. To this aim, we consider three real patients; for each of them
we draw the two prostheses configurations, which are characterized by different mechanical properties. Moreover, for each patient, we consider also
the healthy configuration. For each scenario, we solve the fluid-structure
interaction problem arising between blood and aortic root, through Finite Elements. The results show a better agreement between stentless and
healthy displacements and stresses, with respect to the stented case.
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1

Introduction

Aortic valve pathologies represent an important cause of morbidity and mortality in industrialized countries [43]. The aortic valve is located at the annulus
of the aortic root, i.e. the early portion of the ascending aorta. The aortic
root includes: (a) three little elliptical depressions, called sinuses of Valsalva,
that are classified in left-coronary, right-coronary and non-coronary sinuses; (b)
a collagenous annulus surrounding the valvular orifice; and (c) the sinotubular
junction (STJ), representing the region where the normal tubular configuration
of the aorta is attained. The aortic valve comprises three thin and flexible structures, the leaflets, which are shaped like triangles and attached to the fibrous
annulus with a parabolic-like profile (see Figure 1).

Figure 1: Gross anatomy of the aortic valve composed by the left (L), right (R),
and non coronaric (NC) leaflet.
The efficient opening and closure of the aortic valve during the cardiac cycle
guarantees the appropriate blood flow from the left ventricle to the ascending
aorta, thus preventing regurgitation phenomena. The two main pathologies affecting the performance of the aortic valve are the stenosis and the insufficiency.
The aortic stenosis occurs when the aortic valve narrows and fails to open totally.
The narrowing obstructs the normal blood flow from the left ventricle into the
aortic root, thus promoting an increase of the transvalvular pressure gradient
(TPG) across the valve. High-pressure gradient stimulates a concentric hypertrophy of the left ventricle, i.e. the progressive thickening and stiffening of the
ventricle walls, that may cause a reduction in the compliance of the ventricular
cavity and, consequently, in the total volume of blood pumped by the heart to
the systemic arteries [15]. In the aortic insufficiency the valve is incompetent and
allows blood to flow passively back to the heart in the wrong direction during
2

Figure 2: Simplified representation of the stentless (left) and stented (right)
biological prostheses.
the diastolic phase. This incompetence can be due to a lesion of the semilunar
leaflets or a damage of the aortic root which dilates, thus preventing the perfect
closure of the aortic valve [53].
A native valve affected by a valvular pathology requires a surgical treatment
in order to restore its physiological performance. The most common surgical
treatment consists in the valve replacement through mechanical or biological
tissue valves. In principle, the new implanted aortic valve should provide a
hemodynamic pattern similar to the native one and a low thrombogenic risk in
order to preempt the need for anticoagulants.
The classical biological prosthesis used to replace the aortic valve is the
stented one, consisting of porcine aortic valve or pericardium bovine leaflets
mounted on a polymeric frame (the stent) surrounded by a synthetic sewing
ring. The stented prosthesis is implanted by suturing the synthetic ring to the
aortic annulus (see Figure 2, right). More recently, starting from the late ’80 of
the previous century, a new type of bio-prosthesis has been considered, namely
the stentless one. This is obtained from the stented prosthesis by eliminating
the valvular sewing ring and the stent rigid support. In particular, the Freedom
Sorin SOLO stentless prosthesis is constructed from two glutaraldehyde-treated
bovine pericardial sheets without fabric reinforcement and without any other
support. The design is created following the natural shape of the native aortic
valve. This prosthesis requires a minimal invasive implantation procedure with a
single suture line running around the three sinuses of Valsalva [10], see Figure 2,
left. Clinical investigations comparing stented and stentless prostheses showed
that the latter improves hemodynamic parameters in terms of pressure gradient,
valve orifice area, and ventricle mass regression [10, 23].
In this contest, computational analyses based on the Finite Element Method
may greatly contribute to investigate the performance of the biological prostheses, in terms of a quantification of stresses induced within the aortic root or
hemodynamic patterns. In the literature several mechanical studies of stentless and stented aortic valve bio-prostheses were carried out both in idealized
[14, 56, 2, 54] and in patient-specific [5, 4, 47] geometries. These works focused on
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the analysis of the stress distribution in the valve leaflets and in the aortic root,
thus ignoring the blood flow. Concerning the inclusion of the blood flow in the
model, in [17] and [18] the authors studied the performance of the stented aortic prosthesis considering the three-dimensional fluid-structure interaction (FSI)
arising between the leaflets and the blood (leaflet-blood interaction) while the
aortic root was modeled as rigid. The same authors studied the stentless aortic
prosthesis with a model that includes a complete FSI, thus also accounting for
the interaction between the aortic wall and the blood (wall-blood interaction)
[16] (see also [33, 35]). Due to the mathematical complexity of such models,
these studies restricted their attention to an ideal axial symmetric geometry,
assuming non physiological Reynolds number.
The aim of this work is to compare the performance of stentless and stented
prostheses in terms of mechanical stresses induced within the aortic root wall by
the blood. To do this, we performed a computational study based on wall-blood
FSI simulations in real geometries. For each geometry, we drew the stented,
the stentless, and the native configurations. The characterization of the three
scenarios was based on a different choice of the structural properties of the aortic root, to account for the frame in the stented case and for the suture in the
stentless one. To the best of our knowledge, this is the first attempt to compare
the mechanical performance of stentless and stented biological prostheses using
wall-blood FSI simulations in patient-specific geometries, with a detailed characterization of the mechanical behavior of the different region of the aortic root
(native wall, rigid frame, sewing ring).

2
2.1

Material and methods
Patient dataset

Our dataset comprised three patients routinely referred to the Cardiac-Surgery
Department of Ospedale Sacco, Milan, Italy, referred in what follows to as Patients 1, 2 and 3. Patients 1 and 2 featured a tricuspid aortic valve, whereas
Patient 3 a bicuspid one. All the patients suffered from a calcific aortic valve
stenosis confirmed by the elevated values of the transvalvular pressure gradient,
see Table 1. Accordingly, they were subjected to a surgical treatment consisting
in aortic valve replacement with the Freedom Sorin SOLO stentless biological
prosthesis. Details about the demographic information of the three patients can
be found in Table 1.
A Philips Brilliance CT 64-slice system was employed to perform a postsurgery three dimensional Contrast Enhanced Computed Tomography (3D-CECT) study with a slice thickness of 0.67 mm, a slice spacing of 0.33mm, a reconstruction matrix of 512 ×512 pixels, and a final resolution of 0.45mm×0.45mm×
0.33mm. 3D-CE-CT images were acquired at different instants of the cardiac
cycle. A CE-CT slice 3.74mm thick was then acquired in the valvular plane and
a valvular in-plane image was reconstructed.
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Patient 1
Patient 2
Patient 3

Age
33
65
84

Sex
M
M
M

pre-operative TPG (mmHg)
68
52
44

Table 1: Demographic information for the three patients considered in the
present study. TPG=tranvalvular pressure gradient.

Figure 3: Lumen boundary surfaces reconstructed from CT images.
International Review Broad approval was obtained for the conduct of this
study, and the board waived the need for patient consent.

2.2

Geometry reconstruction and mesh generation

To perform the reconstructions of the aortic geometries we started from the
3D-CE-CT scans corresponding to the diastolic phase. A surface model of the
aortic root and ascending aorta was obtained for each patient using a level setsegmentation technique implemented in the Vascular Modeling Toolkit (vmtk,
www.vmtk.org) [1]. This technique produces as output a surface representing
the interface between the vessel lumen and the arterial wall. The surface was
then cut at the aortic root inlet with a plane corresponding to the valvular one
and at the outlets by planes perpendicular to the lumen longitudinal axis (see
Figure 3). The internal volume of this surface, occupied by the fluid, was then
discretized using tetrahedral mesh as in [24]. Moreover, a solid grid was obtained
with the same tool. In particular, four layers of tetrahedra were generated via
extrusion from the interface surface with a total wall thickness equal to 20% of
the local vessel radius. Finally, we performed a mesh refinement of the fluid
and wall meshes in the region of the aortic root in order to better capture the
stress and the displacements distribution in this region (see Figure 4). For each
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Figure 4: Fluid mesh (left) and structure mesh (right). Patient 1.
of the three patients, the final number of tetrahedra was about 3 × 105 for the
fluid domain and about 1.9 × 105 for the solid domain. This mesh size was
determined once the peak of the Von Mises stresses did not change by more
than 4% between successive refinements (see Section 2.6 for the definition of the
Von Mises stresses).

2.3

Characterization of the different scenarios

As discussed, our aim in this work was to compare the performance of the stentless and stented biological prostheses. To do this, for each patient we virtually
designed the regions of the prostheses in contact with the aortic root (the frame
for the stented case and the suture for the stentless case), and we selected different mechanical behavior in these regions with respect to the native wall. For
any case, we assigned two of the four wall layers to the biological prosthesis and
the remaining two to the aortic wall (see Figure 5).
Stented prosthesis
The stented prosthesis is composed of three elements (see Figure 2, right):
1. a flexible frame used as a skeleton and covered with a biocompatible material;
2. a base ring used to suture the prosthesis to the aortic annulus during the
implantation;
3. the leaflets, made of pericardium bovine or obtained by using porcine aortic
valve.
6

Figure 5: Aortic root in the stentless (up) and stented (bottom) configurations.
In blue we depicted the regions characterized by different mechanical properties
with respect to the native configuration. Patient 1.
We decided to model the flexible frame and the base ring as a homogeneous and
isotropic structure inside the aortic root while we neglected the presence of the
leaflets. As shown in Figure 5, bottom, the stented prosthesis has been modeled
by reproducing the shape of the frame and of the sewing ring within the aortic
root.
Stentless prosthesis
We considered the Freedom Sorin SOLO stentless prosthesis. In this case the
valve is sutured directly to the aortic root without any frame, see Figure 2, left.
Thus, we modeled the suture line running around the three sinuses of Valsalva as
a homogeneous and isotropic structure inside the aortic root, and again we neglected the presence of the leaflets, see Figure 5, up. To obtain a patient-specific
configuration of the suture, we drew the pattern of the suture in agreement with
the patient-specific images.
Native aortic valve
In view of a complete comparison, we also considered for each patient the scenario representing the native case (also referred in what follows to as healthy
case), obtained by considering constant-in-space parameters in all the aortic
root. Again we neglected the presence of the leaflets.
The values of the mechanical parameters used in the simulations are reported
in Section 3.1. We point out that in our analysis the presence of the surgical wire
used to suture the two prostheses to the aortic root was omitted. The choice of
representing the three scenarios (stentless, stented, native) in the same geometry (although in fact all the patients have a stentless prosthesis) was aimed at
7

isolating the effect of the different biological prostheses, leaving unchanged all
the other sources of perturbation (geometry, boundary conditions, etc).
Finally, we observe that in this work we decided to neglect the presence
of the aortic leaflets and their opening-closure mechanism. This is of course a
limitation and will be discussed in Sect. 4.1.

2.4

Including the diastolic pressure

In order to obtain meaningful numerical results, we needed to account for the diastolic pressure characterizing the reconstructed geometry. Indeed, in this work
we considered a non-linear elastic material (see Section 2.5), so that we could
not ignore the non-null diastolic blood pressure characterizing the radiological
images used for the geometry reconstructions. To appropriately account for the
blood pressure inside the diastolic geometry, one could introduce a pre-stress in
the first Piola stress tensor [32], consider a modified updated Lagrangian formulation [26], or solve a backward elasto-dynamic problem [20, 44]. Here, we
used the strategy introduced in [38] and [12]. In particular, the idea is to recover through the introduction of an inverse problem, the zero-stress geometry
(that is the one one would have without the blood inside the lumen) by suitably
deflating the diastolic one. Once this zero-stress geometry has been obtained,
we were able to run our simulations using it as the reference configuration.
In particular, let S be the operator which, given a domain Ωs and P > 0,
returns the deformed configuration ΩFs IN AL at the steady state of an unsteady
structure problem, where Ωs is the reference configuration and an uniform pressure P is exerted at the internal boundary. Homogeneous Dirichlet and Neumann
conditions are prescribed at the artificial sections, introduced by the truncation
of the domain, in the longitudinal and transversal directions, respectively. Thus,
we have
ΩFs IN AL = S(Ωs , P ).
Now, call ΩDIAST
the diastolic structure domain obtained by extrusion of the
s
diastolic fluid one. This configuration could be thought as the zero-stress one,
ΩZERO
, inflated by the diastolic pressure. In other terms, by setting P DIAST =
s
80 mmHg, we want to solve the following inverse problem:
¢
¡
, P DIAST .
= S ΩZERO
such that ΩDIAST
Find ΩZERO
s
s
s
To solve this problem, we considered the following iterations
¢
¡ ¡ ZERO DIAST ¢
,
ΩZERO
= ΩZERO
− ΩDIAST
s,k
s,k−1 + α S Ωs,k−1 , P
s,k−1

for a suitable relaxation parameter α > 0.
, we built
Once we obtained the zero-stress structure configuration ΩZERO
s
accordingly the zero-stress fluid domain which was then re-meshed with the
same criteria used for the diastolic geometry.
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2.5

Governing equations and numerical solution

Referring to Figure 6, left, let Ωf be the current fluid domain. We considered
the Navier-Stokes equations for an incompressible, homogeneous, Newtonian
fluid, which is a good approximation to model the blood in the aorta, see e.g.
[25]. Since the displacements are not negligible, we wrote these equations in
the Arbitrary Lagrangian-Eulerian (ALE) configuration [34, 22], consisting in
an arbitrary movement of the internal points of the fluid domain provided that
they follow the interface displacement. In this work, we considered a harmonic
extension to recover at each time step the points of the fluid domain.

Figure 6: Computational domains. Fluid domain on the left, structure domain
on the right.
Let Ωs be the current structural domain, see Figure 6, right. For any function
g defined in the current solid configuration, we denoted by gb := g ◦ L its counterpart in the reference domain Ω0s , where L is the Lagrangian map. We considered
an elastic material and we wrote the unsteady elasto-dynamic problem written
in the Lagrangian configuration.
The common current fluid-structure interface has been denoted by Σ.
Then, the differential formulation of the FSI problem reads as follows:
Find, at each time t ∈ (0, T ], fluid velocity uf , pressure pf , structure displace-

9

ment η s and fluid domain displacement η m , such that

−△b
ηm = 0




b
bs
η
=
η

m


A

D uf



ρf
+ ρf ((uf − um ) · ∇)uf − ∇ · T f (uf , pf ) = 0


Dt



∇ · uf = 0




 uf = Rg

R
 1
out
out (T f n) · n dσ − Re Γout uf · n dσ = P
Γ
|Γout
|
f
f
f

∂η s



uf =


∂t



T s (η s ) n − T f (uf , pf ) n = 0




bs
∂2η

b s (b

−∇·T
ηs) = 0
ρ

s
2

∂t



b =0
η


 s
b s (b
bs + T
b = 0,
ηs) n
αe η

in Ω0f ,
at Σ0 ,
in Ωf ,
in Ωf ,
at Γin
f ,
out
at Γf ,
at Σ,
at Σ,
in Ω0s ,

out
at Γin
s ∪ Γs ,
at Γ0,ext ,
(1)
bm
∂η
b m := ∂t , and the new
and then find accordingly the fluid domain velocity u
points xf of the fluid domain by moving the points x0f of the reference domain
Ω0f :
bm.
xf = x0f + η

In the previous coupled problem, (1)1 represents the harmonic extension
for the computation of the fluid domain, (1)3−6 the fluid problem, and (1)9−11
the structure problem. Moreover, µ is the constant blood viscosity, ρf and ρs
the fluid and structure densities, n the unit normal¡ exiting from the
¢ structure
A
T − p I the
domain, D
the
ALE
derivative,
T
(u
,
p
)
=
µ
∇u
+
(∇u
)
f
f f
f
f
Dt
b s (b
fluid Cauchy stress tensor, whereas T
η s ) is the first Piola-Kirchhoff tensor for
a nearly incompressible exponential material, that is
µ
¶
¶
µ
−2
1
1
γ(Js 3 tr(F T
T
−T
−2/3
F s )−3) κ
b
s
Js − 1 +
e
ln(Js ) Js F −T
F s − tr(F s F s )F s
T s (F s ) = GJs
+
s .
3
2
Js
(2)
Here F s := ∇x0s xs , where x0s are the coordinates in the reference configuration
and xs those in the current configuration, Js := det(F s ), κ is the bulk modulus
and G the shear modulus. For small deformations this material behaves as a
linear structure where the Poisson’s ratio ν and the Young modulus E are related
to κ and G as follows
κ=

E
,
3(1 − 2ν)

G=

E
.
2(1 + ν)

(3)

The parameter γ characterizes the stiffness of the material for large displacements. Moreover, T s (η s ) is the Cauchy stress tensors of the solid. The exponential law to describe the aortic wall allows to account for the elastic behavior
at very small displacements and for the strong stiffening due to collagen fibers for
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higher deformations [30]. As for the artificial fluid sections, in (1)5 , g is a suitable velocity profile prescribed at the inlet, whereas in (1)6 , P out is the external
pressure and Re is the resistance used to enforce absorbing boundary
conditions
q
ρf τ
1
√
at the fluid outlets, whose expression is given by [49] Re =
3/4 , with
2 π
A0

√
EHs π
,
2
(1−ν )R2

τ :=
R being a representative radius of the outlet section, A0 = πR2 ,
Hs a representative structure thickness at the outlet, and E and ν given by (3).
out we prescribed the homogeneous
At the structure artificial sections Γin
s and Γs
Dirichlet condition (1)10 : we kept the movement of inlets and outlets fixed. At
the lateral structure surface Γext , we prescribed the Robin condition (1)11 to
account for the elastic behavior of the surrounding tissue, characterized by the
elastic parameter αe [46].
At the FS interface, we wrote the matching conditions, which state the continuity of velocities (1)7 and the continuity of tractions (1)8 (physical interface
conditions), whereas condition (1)2 enforces the continuity of displacements (geometrical interface condition).
Finally, we observe that problem (1) has to be endowed with suitable initial
conditions.
For the numerical solution of problem (1), after the time discretization, we
considered at each time step the partitioned algorithm proposed in [50]. This
is based on the application of the approximate-Newton method to the whole
discretized-in-time FSI system, where the Jacobian is obtained by neglecting
the shape derivatives and the geometrical coupling. This leads to a double-loop
algorithm, where the geometrical coupling and the constitutive non-linearities
are managed in the external iterations, whereas the physical coupling in the
internal ones. To speed-up the computations, we considered an inexact variant
of this scheme, obtained by performing at each time step only one external
iteration. Thus, the geometrical coupling and the constitutive non-linearities
are treated inexactly. On the contrary, the physical interface conditions (1)7−8
were enforced exactly by using the Robin-Robin (RR) scheme proposed in [6],
with the optimal coefficients αf and αs computed as proposed in [27]. The
RR scheme has nice properties from the point of view of the convergnece, see
[6, 7, 3, 48, 28]. This inexact scheme is accurate and stable for hemodynamic
applications, see [50].

2.6

Computation of quantities of interest

To compare the performance of stentless and stented prostheses from the mechanical point of view, we focused on the tensional state of the aortic root. In
particular, although we ran our simulations for all the heartbeat, we performed
our analysis only at the systolic peak, when the valve is completely open.
We were interested in quantifying and comparing the different effects induced by the bio-prostheses on the aortic root wall, both in terms of displacements and internal stresses. To this aim, we evaluated for each case the dis11

placement η s (t, x) obtained by our numerical simulations and in particular,
given a volume of interest V, we computed Rthe average systolic displacement
EAN k , where η M EAN = 1
ηsM EAN = kη M
R3
s
s,i
|V| V ηs,i (ts , x)dx, and the maximum
M
AX
= maxx∈V kη s (ts , x)kR3 , where ts is the
in space systolic displacement ηs
systolic instant.
We characterized the mechanical response of the aortic root also by computing the Von Mises stresses [40]. This is a quantity widely used in literature
to predict yielding failure of ductile materials subject to any loading condition.
Indeed, a yielding failure starts when the Von Mises stresses in a material reach
the yield strength, which is the maximum permissible value deduced by uniaxial
tensile tests. The Von Mises stresses V M (t, x) are represented by a suitable
scalar function given by a combination of the components of the Cauchy stress
tensor. In particular, we have
r ³
³
´´
1
2 + T2 + T2
VM =
(Ts,11 − Ts,22 )2 + (Ts,33 − Ts,22 )2 + (Ts,11 − Ts,33 )2 + 6 Ts,12
,
s,23
s,13
2
(4)
where Ts,ij , i, j = 1, 2, 3, are the components of T s . Also in this case Rwe intro1
duced the average in space systolic Von Mises stresses, V M M EAN = |V|
V V M (ts , x)dx,
M
AX
and the maximum in space systolic Von Mises stresses, V M
= maxx∈V V M (ts , x),
as synthetic indicators in order to highlight the differences between stress distributions obtained for the stentless and stented prostheses.

3

Results

This section is divided into three parts. In the first one, we give some details
about the numerical simulations. In the second part, we report a comparison
among the three scenarios (healthy, stentless and stented) in terms of blood flow
patterns in the aortic root, obtained by the FSI simulations. Finally, in the third
part we discuss the results related to the vessel displacements and stresses, in
particular to the quantities of interest introduced in Section 2.6.

3.1

Generalities of the numerical simulations

In all the numerical experiments of this work, we considered the nearly incompressible and isotropic exponential material described in Section 2.5. The values
of the parameters involved in (2) are collected for the different materials in Table
2. For the choice of parameters E and ν we referred to the values reported in [36]
for the healthy aortic wall, in [2] for the bovine pericardium prosthesis, and in
[11, 45, 29, 55] for the rigid frame in the stented prosthesis. The corresponding
values of the shear modulus G and of the bulk modulus κ were then computed
by using equation (3). In addition, the value of γ was set in agreement with [31].

12

healthy vessel
bovine pericardial sheet
rigid frame

G [M P a]
0.34
1.34
3.70

κ [M P a]
16.67
66.67
11.11

γ
1
1
1

E [M P a]
1
4
10

ν
0.49
0.49
0.35

Table 2: Values of material parameters adopted for the the numerical simulations.
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Figure 7: Flow rate used to prescribe the velocity profile at the inlet of the fluid
domain.
The material density ρs was assumed to be constant in each solid subdomain and equal to 1.1 g cm−3 , as well as the fluid density ρf = 1.0 g cm−3
and the dynamic viscosity µ = 0.035 poise. We also set in condition (1)11
αe = 500000 dyne cm−3 [46] and P out = 80 mmHg in condition (1)6 . These
choices allowed to recover a pressure in the physiological range (80−120 mmHg).
At the inlet Γfin of the fluid domain we prescribed a flat velocity profile for
each of the three scenarios obtained by dividing the pulsatile flow rate shown in
Figure 7 [51, 52] by the inlet section area. The unsteady numerical simulations
were performed along the entire heart beat by using the parallel Finite Element
Library LIFEV (www.lifeV.org). We used P1-P1 finite elements stabilized with
the Interior Penalty technique [13] for the fluid problem and P1 finite elements
for the structure problem.
We adopted the BDF1 scheme for the time integration of both the fluid and
structure subproblems with a time step equal to 0.001 s.
In all the simulations of this work, the RR scheme converged without any relaxation, confirming its suitability for haemodynamic applications. The average
number of RR iteration per time step was approximatively equal to 26 for all the
three scenarios. At each RR iteration, we solved the linearized fluid and structure subproblems with the GMRes method and the harmonic extension with
the Conjugate Gradient method, all preconditioned with an Additive-Two-Level
Schwarz preconditioner, see [21] for further details.
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Figure 8: Peak systolic streamlines of the velocity field in the healthy (left),
stentless (middle), and stented (right) scenarios for Patient 2.

3.2

Blood flow dynamics in the aortic root

In this work we performed unsteady numerical FSI simulations of a complete
cardiac cycle. However, our analysis has been focused only at the systolic peak
when the jet achieved its maximum strength and its influence on the arterial
vessel is higher in terms of deformations and stresses. The systolic blood flow
patterns obtained in the three scenarios are shown in Figure 8, which reported a
representation of the systolic streamlines for the healthy (left), stentless (middle),
and stented (right) scenarios of Patient 2. In this figure, one may clearly observe a fully developed jet with a maximum velocity of about 180 cm s−1 formed
downstream the aortic orifice, which remained confined to the core region of the
aortic root for all the three scenarios. In this regard, we point out that a similar
trend was reported in several experimental studies aimed at assessing the pattern of the velocity field in healthy control patients [8], and in both stentless and
stented bio-prostheses [37, 42]. No substantial differences were noticed among
the three scenarios. Similar patterns were also found in Patient 1 and Patient 3
(not shown).

3.3

Mechanical analysis of the aortic root

The mechanical analysis focused on the study of the spatial distribution of both
displacements and stresses within the aortic root for the three scenarios (healthy,
stentless and stented) and for each of the three patients. The aim was to compare
the mechanical performance of the stentless and stented bio-prostheses with the
one featured by the healthy case. The analysis was performed at systole when the
blood pressure determined the highest mechanical displacements and stresses.
In Figure 9 we reported the volumes of interest V used for the computation
of the synthetic quantities introduced in Section 2.6.
14

Figure 9: Representation of the volumes of interest V (in red) for Patient 1 (left),
Patient 2 (middle), Patient 3 (right). Here L and R refer to the left-coronary
and the right-coronary sinuses, respectively. The third sinus (the non-coronary
sinus) is not visible.
3.3.1

Analysis of the aortic root displacements

Figure 10 shows the spatial distribution of the magnitude of the systolic displacement field η(x) = kη s (ts , x)kR3 for all the patients in the three scenarios
(healthy, stentless, and stented). The results obtained in all the three healthy
configurations suggest an expansion of the aortic root conformed to experimental
data (see the Discussion).
One may note that the stentless prosthesis allowed the aortic root to recover
the healthy displacements, whereas the presence of the rigid frame in the stented
one prevented the physiological dilation of the aortic root. To be more precise,
in Table 3 we reported the values of the two quantities of interest ηsM EAN and
ηsM AX , for all the performed simulations. These results confirmed the qualitative analysis suggested by Figure 10. Indeed, negligible differences were found
between the values assumed in the stentless and healthy scenarios, whereas significant variations were found in the stented configuration. In particular, in this
case the values of ηsM EAN and ηsM AX were about 20% lower than those computed
in the physiological condition.
3.3.2

Analysis of Von Mises stresses in the aortic root

The spatial distributions of the systolic Von Mises stresses V M (ts , x) in the
anterior and posterior internal wall of all the aortic roots are shown in Figure
11 and Figure 12, respectively. From these plots, we observe that in the three
healthy cases the Von Mises stresses values were relatively low and uniformly
distributed, in agreement with the results obtained in the existing literature.
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Figure 10: Spatial distribution at peak systole of the magnitude of the displacement field, η, in the aortic root of Patient 1, Patient 2 and Patient 3, respectively.
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healthy
stentless
stented

Patient 1
ηsM AX ηsM EAN
1.83
0.89
1.70
0.84
1.49
0.71

Patient 2
ηsM AX ηsM EAN
1.55
0.71
1.51
0.69
1.30
0.59

Patient 3
ηsM AX ηsM EAN
1.75
0.79
1.65
0.74
1.38
0.61

Table 3: Values of ηsM AX and ηsM EAN at peak systole for all the cases. All the
values are given in mm.
For example, the computational study in [9] suggested systolic VM stresses in
the range (140 − 200) kP a, which fits very well with ours (see subfigures on the
left in Figures 11 and 12). We also notice that in the stentless configurations
these values are closer to the physiological level than in the stented models. In
particular, we observe a complex and heterogeneous spatial stress distribution
in the portion of the aortic root where the polymeric frame was placed. Additionally, in all the three stented configurations, the FSI simulations predicted
multiple sites of stress concentrations, mainly localized in regions where change
of curvature occurred.
A more quantitative analysis was performed by computing the values of
V M M EAN and V M M AX for all the cases (see Table 4). We start analyzing
Patients 1 and 2, since they featured similar results. First of all, we notice
that both quantities assumed low values in the healthy scenarios. The stentless
configurations revealed a slight increase in the values of V M M AX , whereas the
values of V M M EAN were not significantly different from those obtained in the
normal root. On the contrary, the stented scenario showed higher values of
V M M AX with respect to the healthy configuration. In particular, as shown in
Figure 11 and Figure 12, the highest values of the Von Mises stresses occured in
the region of the suture of the stentless prostheses. In the stented configuration,
instead, the value of V M M AX was found in the lower part of the non-coronary
sinus in Patient 1 (see Figure 12) and between the right-coronary and the leftcoronary sinuses in Patient 2 (see Figure 11).
Patient 1
V M M EAN
67
66
83

M M AX

healthy
stentless
stented

V
165
202
367

Patient 2
V M M EAN
59
56
64

M M AX

V
169
192
349

Patient 3
V M M EAN
56
55
69

M M AX

V
152
230
491

Table 4: Values of V M M AX and V M M EAN at peak systole for all the cases. All
the values are given in kP a.
The stress distribution in Patient 3 showed notable differences with respect
to the healthy case in both the stentless and stented configurations. In the suture
region of the stentless prosthesis V M M AX reaches a value 50% higher than the
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Figure 11: Spatial distribution of the peak systolic Von Mises stresses V M (ts , x)
in the anterior internal wall of the aortic root of Patient 1, Patient 2 and Patient
3, respectively.
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Figure 12: Spatial distribution of the peak systolic Von Mises stresses V M (ts , x)
in the posterior internal wall of the aortic root of Patient 1, Patient 2 and Patient
3, respectively.
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physiological level, see Figure 12. However, the FSI simulations predicted a more
dramatic situation in the stented scenario. Indeed, in this case we observed a
maximum stress concentration in the lower part of both the left and the rightcoronary sinuses which assumed values 220% higher than in the physiological
scenario (see Figure 11 and Figure 12).

4
4.1

Discussion
The choice of the computational model

In the last decades considerable attention has been paid to simulate the effect
of the fluid-dynamics entering the ascending aorta on the aortic valve leaflets
and/or the aortic root. One of the reasons for such an interest is the need
of quantitative structural stress data to support the design of the prostheses
commonly adopted in surgical practice.
In the literature different models have been considered so far in the context
of both stentless and stented prostheses, depending on the focus of the study.
Purely mechanical studies were carried out by using both idealized [14, 41, 2, 56]
and patient specific geometries [5, 4, 47]. These works focused on the structural
stresses in the valve leaflets and in the aortic root, but ignored the fluid-dynamics
inside the root, and prescribed a physiological constant pressure at the internal
structural boundary.
In [17, 18] the authors modeled the interaction between the blood fluiddynamics and the leaflets under the assumption of rigid aortic root walls, to simulate the stented case, by using the Fictitious Domain method. They assumed
an axi-symmetric hypothesis of the domain and a Reynolds number Re = 900
smaller than the physiological one.
In [16, 33, 35] the interaction with the compliant root to simulate the stentless
case was accounted for in order to ensure an accurate modeling of the flow inside
the aorta. Again, these works focused on simplified geometries and/or simplified
flow assumptions.
Concerning the modeling of the prostheses, the frame of the stented one was
either ignored [2] or included in the case of rigid aortic root [14, 17, 18]. The
suture line in the stentless case was either ignored [5, 4, 16], or modeled with
the same properties of the leaflets [56], or treated as a rigid material [33, 35].
In this context, the present work considered an FSI model between the blood
and the aortic root, in order to compare the different wall stresses experienced by
the aortic wall in the three different scenarios, namely the native, stentless, and
stented ones. To perform this comparison, we assumed a different mechanical
behavior for the different regions characterizing the prostheses. In particular, for
the stented case we stiffened only the area in which the stent frame is actually
sewn and not the entire aortic root as commonly done, whereas for the stentless
case we considered a stiffening in the sewing ring (see Figure 5). This is an
original contribution of the present work, indeed in the previous studies the
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wall of the aortic root was assumed uniform to model both the stented and the
stentless cases.
Another important feature of our model is the use of physiological geometrical and dynamic data to reproduce the three scenarios. Indeed, we used a
non-linear model of finite elasticity to describe the aortic root dynamics and
physiological fluid-dynamic boundary conditions which allowed to obtain physiological Reynolds numbers. Besides, we carried out our comparisons in real
geometries reconstructed from CT images which have been suitably deflated
to recover the zero-stress configuration. This is necessary to obtain significant
results in presence of the finite elasticity. Although other works treated the
problem of the geometry deflation (see, e.g., [32, 26, 20, 44, 12]), at the best
of our knowledge, this is the first time that its application in a truely clinical
context is addressed.

4.2

Mechanical performances of stentless and stented bio-prostheses
and clinical implications

The primary goal of this work is to carry out a comparison of the mechanical performance of stentless and stented bio-prostheses. In view of a significant
analysis, we considered, for each of the three patients, three configurations representing the stentless, the stented, and the healthy scenarios, respectively, which
have been drawn in the same anatomical geometry, to make the comparison
meaningful.
Although we performed unsteady numerical simulations along an entire heart
beat, the analysis was carried out at the systole when the valve is completely
open and the aortic root is subject to the highest mechanical solicitations due
to the high values of the blood pressure. The mechanical response of each
configuration was characterized by computing the spatial distribution of the
magnitude of the displacement field and Von Mises stresses. In addition, in
view of a synthetic quantitative comparison between the three scenarios, some
indices were introduced by computing the average and the maximum values of
the magnitude of the displacement field (ηsM EAN and ηsM AX ) and of the Von
Mises stresses (V M M EAN and V M M AX ).
The discussion of the results of our study focuses on the following issues.
First, the results obtained in the healthy configuration showed a good agreement with the literature. In particular, in [19] the root dimensions at the level
of the Valsalva sinuses and STJ were quantified by echocardiographic measurements, which revealed displacements of about 0.75 mm (corresponding to a diameter variation of 1.5 mm), thus in agreement with our numerical results (see
subfigures on the left in Figure 10). No measurements were obtained in that work
at the commissures. Moreover, measurements on sheeps revealed a qualitative
agreement of the systolic displacements with our results also at the commissures,
in the sense that a greater displacement at these locations was observed in [39].
Finally, we point out that the Von Mises Stress values were in accordance with
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the numerical results presented in [9].
The second and most relevant issue regards the significant differences observed by comparing the mechanical performances of the stentless and stented
bio-prostheses, in terms of both displacements and stresses spatial distribution.
In particular, the presence of the rigid frame in the stented scenarios caused a
reduction of about 20% in the values of ηsM EAN and ηsM AX with respect to that
of the healthy situation. On the contrary, negligible differences were observed
between the stentless and the healthy configurations. Such a trend was also confirmed by computing the Von Mises Stress spatial distribution and the values of
both the V M M EAN and V M M AX indices. In this case, very high stress values
were found in all the stented configurations and especially in Patient 3 where
V M M AX increased by 220% with respect to the corresponding healthy scenario.
Again, negligible differences (especially for Patients 1 and 2) were observed between the stentless and the healthy scenarios. Consequently, as a first immediate
clinical implication of the results here presented, we point out that the stentless
bio-prostheses seems to recover a more physiological dynamics, thus in principle
improving the mechanical performance with respect to the stented ones.
The third important issue of our study regards the clinical implication related
to the placement of the suture of the stentless prosthesis on the aortic root.
Indeed, we found elevated Von Mises stresses for Patient 3 in correspondence
of the change of curvature at the Valsalva sinuses, where the suture has been
placed (remember that the stentless configurations are the real ones and that
the sewing ring have been drawn following the radiological images). Instead,
for Patients 1 and 2 where the sewing ring has been placed below the region
of curvature changes, we found low stress values, comparable with the healthy
ones. This suggests that the placement of the sewing ring may provide a better
recovery of the physiological mechanical behavior.

4.3

Limitations

This work suffers of some limitations. Above all, we have neglected the presence
of the leaflets and their mechanism of opening/closure. We believe, however,
that in view of the preliminary comparison reported in this work, the inclusion of the leaflets, although providing more accurate results, could be neglected
because of its low impact when comparing mechanical quantities in the aortic
root wall, rather than in the leaflets. Moreover, we were interested in analyzing some quantities at the systole, when the leaflets are completely open. We
observed from our results a fully developed jet downstream the aortic orifice,
which remained confined to the core region of the aortic root, in agreement with
experimental findings for stentless and stented bio-prostheses [37, 42]. Such an
agreement demonstrated that our numerical models were able to capture the
main features of the blood flow dynamics in the aortic root and for this reason we believe that the mechanism of opening/closing could be ignored for our
purposes.
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In any case, all of the three scenarios were characterized by the same limitation, so that in view of a comparison this simplifying choice should lead to small
perturbations.
Another limitation consisted in the use of non-patient-specific (although
physiological) flow boundary condition at the inlet of the computational domain.
However, we believe that this simplification would not significantly change the
conclusions of the present work.
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