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Abstract

Tetralogy of Fallot is a congenital heart disease characterized over time, after the ini-
tial repair, by the absence of a functioning pulmonary valve, which causes regurgitation,
and by progressive enlargement of the right ventricle outflow tract (RVOT). Due to this
pathological anatomy, available transcatheter valves are usually too small to be deployed
there. To avoid surgical valve replacement, an alternative consists in implanting a reducer
prior to or in combination with the valve. It has been shown in animal experiments to be
promising, but with some limitations. The effect of a percutaneous pulmonary valve re-
ducer on hemodynamics in enlarged RVOT is thus studied by computational modeling.
To this aim, blood flow in the RVOT is modeled with CFD coupled to a simplified valve
model and 0D downstream models. Simulations are performed in an image-based geom-
etry and boundary conditions tuned to reproduce the pathological flow without the device.
Different device designs are built and compared with the initial device-free state, or with
the reducer alone. Results suggest that pressure loss is higher for the reducer alone than
for the full device, and that the latter successfully restores hemodynamics to a healthy
state and induces a more symmetric flow in the pulmonary arteries. Moreover, pressure
forces on the reducer and on the valve have the same magnitudes. Migration would occur
towards the right ventricle rather than the pulmonary arteries. Results support the thesis
that the reducer does not introduce clinically significant pressure gradients, as was found
in animal experiments. Such study could help transfer to patients.

Device design, percutaneous pulmonary valve replacement, multi scale blood flow simula-
tions, right ventricle outflow tract (RVOT), repaired Tetralogy of Fallot

1 Introduction

Tetralogy of Fallot (ToF) is a severe congenital heart disease (CHD) characterized after the
initial repair, by the absence of a functioning pulmonary valve. This causes blood flow re-
gurgitation in the right ventricle during diastole, leading to progressive enlargement of the
right ventricle, and pulmonary arteries. Valve replacement is thus often warranted at some
course of the disease progression. Percutaneous pulmonary valve implantation (PPVI) has
been developed to correct pulmonary insufficiency and stenosis, based on the implantation by
catheterization of a biological valve sewn into a balloon expandable stent [6]. However valved
stents (Melody valve, Medtronic Inc) are available in diameter up to 22 mm making PPVI
impossible in native or patched enlarged right ventricle outflow tracts (RVOT) as seen in post-
operative Fallot patients [8, 22, 25]. Yet, this population actually constitutes the vast majority
of patients in need of valve replacement (75%) [1]. Note that even if biological or manufac-
tured valves would be available at these enlarged sizes (up to 50mm), percutaneous delivery
and proper functionality in such complex anatomy would be very challenging. To avoid redo-
surgery in these patients, some authors have advocated to create a landing zone by reducing
the RVOT externally similar to a pulmonary artery (PA) banding or internally by implanting
a stent that reduces the diameter of the PA [1, 8, 24]. These intravascular devices can be
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implanted together or in a two-step procedure where the reducer is first introduced alone to
check that it does not introduce a clinically significant pulmonary pressure gradient. This self-
expandable device has shown to be promising on animals, however several limitations were
experienced. One of them comes from the fact that RVOT anatomies in patients that suffer
from severe pulmonary regurgitation differ in diameter and length between the right ventric-
ular outflow and the pulmonary artery bifurcation [29], and thus the original length of 55 mm
[8] could only fit into a minority of patients. Shorter reducers (or at least in their cramped ver-
sion) were designed [1, 24], with different surface anchorages. Another issue is the complex
patient anatomy that could effectively reduce the device diameter and create additional flow
obstruction or valve malfunction. There is thus a need to better understand the relationship
between device designs and hemodynamics in these anatomies. A further motivation to study
hemodynamics is that they have been postulated being as important in provoking remodeling
in the pulmonary vasculature as endothelial injury due to the device implantation [7].

To the authors’ knowledge, very little biomechanics research has been carried out on PPIV,
with or without reducer. Related works include the power loss calculation from patientsÕ
catheterization and MRI data in RVOT after ToF repair, to propose a threshold for when to
perform pulmonary valve replacement [14]. Stent fracture in PPVI, without reducer, has been
investigated based on patient-specific solid mechanics simulations [30]. Connected computa-
tional blood flow simulations describe the fluid mechanics due to replacement of other types
of valves (typically mechanical aortic valves, e.g. [39]) or on the hemodynamic forces that can
explain the direction of stented graft migration in other arteries (e.g. the aorta [27]). Previous
hemodynamics modeling works after ToF repair studied pulmonary regurgitation with 0D [21]
or 3D simulations [12, 19], but none of these have been performed yet in the context of this
percutaneous pulmonary valve reducer (PPVR).

Since this device has not been implanted yet in patients, this work aims at providing a tool to
predict hemodynamics changes due to PPVR for the enlarged right ventricular outflow tracts.
It is in the spirit of earlier pulmonary flow investigations of surgical repair in CHD [36, 38]. The
same approach could be applied for other heart valve functional replacements assessment
[28]. In our previous work [19] hemodynamics in patient-specific repaired ToF pulmonary ar-
teries, including some with enlarged outflow tracts, were simulated but without any device. In
this study, the impact on hemodynamics of such a PPVR is for the first time investigated. De-
signs with varying diameters and lengths are considered. The impact of the reducer by itself is
also investigated. Flow and pressure information are reported in the different configurations.
The pressure gradient due to the device should indeed remain low in the clinical sense, in
order to not create additional obstruction. Although it is expected to be low in these abnor-
mally enlarged RVOTs, it could become more significant for the narrower and longer reducer
designs. In addition, the pressure forces on the valve and on the reducer are quantified, as
these represent a key factor for the device stability. The flow field is also described, as flow
detachment fosters clot formation.

The rest of the paper is organized as follows. In Section 2 the computational methods of
this study are described, including the generation of computational domains and the numer-
ical methods for solving the Navier-Stokes equations, in the different device configurations.
The next section presents simulation verifications, the hemodynamics results in the enlarged
RVOT, without device, with the reducer alone and with the PPVR and the outcome of the de-
vice design study. Finally, results and limitations are discussed in Section 4, while the last
section draws the conclusions on the device design and the proposed simulation approach.

2



2 Materials and Methods

This section describes the geometrical models, their meshing, and the computational methods
simulate hemodynamics without or with valve.

2.1 Computational geometries

2.1.1 Pulmonary artery segmentation and mesh generation

A ToF patient surface representation of the pulmonary outflow tract and first pulmonary artery
bifurcation is built from magnetic resonance images [23]. GHS3D1 [17] and TetGen [20] are
used to generate the volume tetrahedral meshes. The resulting geometry consists of a seg-
ment of main pulmonary artery (MPA) with an inlet diameter of 27.2mm, and two branches of
length 26 mm (left PA) and 34 mm (right PA), respectively, with outlet boundaries diameters of
19 mm (left PA) and 16 mm (right PA) - see Figure 1, left.

2.1.2 Reducer and artificial valve modeling

The reducer stent described in [24] (Figure 1, center) has a toroidal shape with an external
diameter, before implantation, of 35mm, and a 15mm internal diameter. A geometrical model
of the reducer is created in 3-Matic2 as a torus geometry with given inner and outer radii, in-
tersecting the original surface (Figure 1, right). For this study, the pulmonary valve is modeled
as a resistive surface (with variable resistance) conformal to the mesh (as in [4], see Section
2.2.1 for more details on the numerical method), and drawn at the middle plane of the reducer
geometry.

Figure 1: Left: the computational ToF patient surface, main pulmonary artery (MPA) and left
(LPA) and right (RPA) pulmonary arteries. Center: computational model of the reducer (blue)
as a torus intersecting the arterial wall (light pink), with given inner diameter and length, and
closed valve (red). Right: two views of the coated reducer stent (pictures from [24]). The
diameters (before implantation) are approximately 15 mm (inner) and 35 mm (outer), while
the length is between 20 and 55 mm.

1https://www-roc.inria.fr/gamma/gamma/ghs3d/ghs.php
2http://biomedical.materialise.com/3-matic-0/
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2.1.3 Variations of reducer length and diameter

The original mesh is modified in order to generate different geometrical configurations (length
and diameter) for the reducer. Length is varied, extending the reducer along its axis (in 3-Matic)
and remeshing the obtained surfaces (Figure 2, top). Four different lengths are considered,
from 22 mm to 37 mm. Meshes with reducers of different diameters (from 14 mm up to 25
mm) are obtained by smoothly deforming the configuration with device of length 27 mm and
diameter 19 mm, see Figure 2 (bottom). This is done by solving numerically a hyperelasticity
problem on the original three-dimensional geometry (imagined as filled by an elastic material)
and applying a surface normal force on the reducer surface. This approach allows to easily
obtain a computational domain with a different reducer diameter as a one-to-one deformation
of the original configuration, hence without the need of regenerating the three-dimensional
mesh (see, e.g., [19]).

Figure 2: Top: computational 3D model without PPVR (leftmost picture) and with PPVR of
length 22 mm to 37mm, diameter 19 mm. Bottom: model of reducers of different diameters (14
mm to 25 mm) obtained by deforming the geometry with reducer length 27 mm and diameter
19 mm (middle figure).

2.2 Blood flow modeling

The pulmonary arteries (PA) are described by a three-dimensional domain Ω̂, which boundary
is decomposed as

∂ Ω̂ = Σin∪Σwall∪Σout (1)

denoting the inlet, the wall and the outlet boundaries, respectively.

Blood flow is modeled as an incompressible, Newtonian fluid, which is described by the in-
compressible Navier–Stokes equations in terms of velocity û : Ω̂×R+ → Rd and pressure
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Figure 3: PA sketch including the inlet surface Σin, the wall Σwall, the reducer and its valve
(represented in closed configuration) in dashed line, and the Windkessel boundary conditions
(see Section 2.2.2) applied at the two outlets Σout. The y-axis is directed towards the right
ventricle.

p̂ : Ω̂×R+→ R, leading with the boundary conditions to the system:

ρ∂t û+ρû ·∇û+∇p̂−2µ divε(û) = 0 in Ω̂,

div û = 0 in Ω̂,

σ(û, p̂)n =−pinn on Σin

û = 0 on Σwall,

σ(û, p̂)n =−poutn on Σout.

(2)

In (2), ρ stands for the density of the blood and σ(û, p̂) denotes the fluid Cauchy-stress tensor
defined by

σ(u, p) =−pI+2µε(u), ε(u) def
=

1
2
(
∇u+∇uT) ,

µ being the blood dynamic viscosity. In the numerical simulation, blood density and viscosity
have been set to ρ = 1 g/cm3 and µ = 0.04 Poise, respectively, yielding, for the considered flow

regime, a Reynolds number Re = ρUmeanDPA
µ

≈ 2400 and Womersley number Wo =
ωD2

PA
µ
≈ 185.

The boundary conditions are defined by inlet and outlet pressures (pin and pout on Σin and Σout,
respectively), while no slip boundary conditions are imposed for the velocity on Σwall. Note that
since the different reducers have a covered stent [1, 8, 24], the reducer, when present, has
been considered as part of the wall Σwall.

2.2.1 Valve modeling

The pulmonary valve is modeled as a resistive immersed surface (RIS) [4], i.e. considering
the valve as a thin porous interface which resistance to flow depends on the current flow and
pressure conditions across the valve surface, varying between zero (when the valve is open)
to a very high value (when the valve is closed).
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At the continuous level, the immersed surface results in an additional singular term in the
Navier-Stokes equation, replacing equation (2)1 with

ρ∂t û+ρû ·∇û+∇p̂−2µ divε(û)+ rRIS(û, p)ûδΣvalve = 0 in Ω̂, (3)

denoting δΣvalve the Dirac-delta function of the valve surface and with rRIS(û, p) the surface
resistance as a function of current flow conditions, varying between rRIS(û, p) = 0 (valve is
open) and rRIS(û, p)� 1 (valve closed).

The major advantage of this reduced approach compared to a fully-resolved valve model is
that it drastically reduces the computational effort, as it requires neither a spatial resolution of
the three dimensional valve geometry, nor a coupled fluid-structure solver that handles con-
tact, while being very robust. In fact, in the finite element framework the valve is represented
by a static two-dimensional surface conformal to the three dimensional finite element mesh.

Notice that, if rRIS(û, p) > 0, the pressure across the valve interface is discontinuous, and
equation (3) can be equivalently seen as two Navier-Stokes problems coupled by a proper
pressure jump condition [10, 13].

Denoting with ∆pvalve this pressure jump, i.e. the pressure difference between the two faces
of the simplified valve, and with Qvalve the flow rate across the valve surface, the resistance
function has been defined as follows:

rRIS(û, p) =

{
108 if valve is open and Qvalve < 0
0 if valve is close and ∆pvalve > 0 .

(4)

i.e., the valve closes as soon as the flow becomes negative (directed towards the right ventri-
cle) and reopens when the ventricular pressure is higher than the pressure in the PA.

As it was shown in [4], the model is able to reproduce a physiological pressure drop across
the valve and to create very realistic jet and flow structures downstream of the valve. It was
furthermore successfully tested in normal and disease conditions.

2.2.2 Inlet and outlet boundary conditions

At the inlet boundary, a time-varying right ventricular pressure is prescribed uniformly on the
inlet section. Although some measured inlet flow rates were available for the device-free con-
dition, imposing the inlet pressure allows to maintain the same boundary condition for the
device-free model and the other configurations, with the reducer alone and with the PPVI.
In particular, this would not be possible with an inlet flow rate boundary condition, as this
quantity drastically changes once the pulmonary valve is implanted. However, available flow
measurements have been used for preliminary validation (see Section 3.1 and Discussion).
At the outlets, a relationship between pressure and flow is prescribed, in order to take into
account the effect of the pulmonary vasculature downstream of the 3D computational model.
Notice that this boundary condition fixes neither the flow rate nor the pressure, which are both
part of the desired solution and may thus change with the different designs.

Considering the outlet boundary composed of two disjointed surfaces, i.e. Σout = Γ1∪Γ2, the
outlet pressure pi

out at each outlet boundary Γi is defined by a lumped parameter model, in
which pi

out(t) is related to the outgoing flux at Γi by a 3-element Windkessel model originally
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proposed in [15] (see, e.g., [35] for more recent applications in CHD pulmonary artery model-
ing):

pout,i +RdC
dpout,i

dt
= (Rp +Rd)Qout,i +RpRdC

dQout,i

dt
, (5)

(on each outlet boundary Γi, i = 1,2), where

Qout,i(t) =
∫

Γi

u(t) ·nds, (6)

Rp and Rd model the resistance of the proximal and distal vasculature, respectively, and the
capacitance C takes into account the ability of the downstream vessels to store blood during
peak flow and recoil when pressure decreases. These parameters need then to be calibrated
depending on available measurements [2, 26, 34] (see Section 3.1).

2.2.3 Numerical approximation

Problem (2) is solved numerically with a time–discretization based on a Chorin-Temam projec-
tion scheme (see, e.g., [11, 18, 33]) in which velocity and pressure are computed separately
in two substeps. Namely, denoting with τ the time-step size and setting tn

def
= nτ for 1≤ n≤ N,

for a given initial condition u0 = u0, the time iteration consists of solving the two problems:

1 Velocity step:

ρ
ûn+1− ûn

τ
+ρûn ·∇ûn+1−2µ∇ · ε(ûn+1)

+rRIS(ûn, pn)δΣvalve û
n+1 +∇p̂n = 0, in Ω̂,

2µε(ûn+1)n = 0 on Σin∪Σout,

ûn = 0 on Σwall.

(7)

2 Pressure-Poisson projection step:

− τ

ρ
∆p̂n+1 =−∇ · ûn+1 in Ω̂,

p̂n+1 = pn+1
in on Σin

τ

ρ

∂ p̂n+1

∂n
= 0 on Σwall,

p̂n+1 = pn+1
out on Σout

rRISτ

ρ
∂n pn+1 +

q
pn+1y = rRISûn ·n, on Σvalve .

(8)

In order to allow for discontinuous pressures across the valve during closure, the pressure
degrees of freedom on the valve surface are doubled, i.e. doubling the vertices of the mesh
belonging to Σvalve. The last condition in (8) is for consistent handling of the pressure jump
across the valve interface (see [10] for details). The outlet pressure pn+1

out is computed at each
iteration discretizing (5) with an implicit Euler scheme and treating the 3D-0D coupling on the
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outlet boundary i as follows:(
1+

RdC
τ

)
pn+1

out,i−
RdC

τ
pn

out,i =

(Rp +Rd)Qout,i +RpRdC
Qn+1

out,i−Qn
out,i

τ
,

(9)

where the outlet flux Qn+1
out,i := Qout,i(tn+1) is computed from the latest solution of (7). The dis-

cretization in space of (7)-(8) is performed via continuous piecewise affine finite elements
spaces (P1 on tetrahedra) for both velocity and pressure, denoted by V h and Qh, respec-
tively. In the resulting finite element formulation, the resistive term is treated numerically with
the stabilized finite element method proposed and analyzed in [10]. Moreover, a tangential
regularization [5] was used at the Neumann boundaries in equation (7) to prevent backflow
instabilities.

2.3 Simulations outputs

The simulation results compare the different physiological states and device designs. Flow
and pressure (averaged over boundaries) are plotted according to their variation in time, or
given as average-in-time values. To ease comparison with literature, mean-over-time flows
(Qmean) are reported in L/min, while extrema are given in mL/s. Pressure drops ∆Pl and ∆Pr are
computed as the maximum difference between the inlet average pressure and the left or right
average outlet pressure when the valve is open, while peak differences ∆maxPl,r = maxPinlet−
maxPl,r are computed as the difference in peak pressures between inlet and outlets. More
detailed quantities such as velocity magnitude and vectors, or vorticity magnitude are plotted
on representative 3D-cuts. Pressure forces are computed on the wall, the reducer or the valve,
as

F(t) =
∫

Γ

p(x, t)n(x)dΓ

where Γ denotes the considered surface and n stands for the outgoing normal. Either its
components or its magnitude are reported. For the magnitude, the maximum value in time
and the mean over the cardiac cycle will be noted Fmax and Fmean respectively.

3 Results

3.1 Preliminary verification and validation

3.1.1 Results consistency without the device

As flow and pressure measurements were not available for a specific patient, the simulation
was set up to be representative of this long-term repaired ToF physiology. The Navier-Stokes
equations were thus solved imposing as inlet boundary condition the right ventricular pres-
sure obtained by catheterization from our medical expert for a typical patient (Figure 4, left).
Three 2D Phase-Contrast Magnetic Resonance Imaging (MRI) main pulmonary arterial flows
were available for such ToF patients. The parameters for the Windkessel models at the outlet
boundaries were thus tuned in order to approximate these measurements at the inlet (Figure

8



4, center). As no branch flows were available, the left and right PA downstream trees were hy-
pothesized to be symmetric. The following values were thus obtained for the two Windkessel
models:

Rp = 40dyn · s · cm−5; Rd = 420dyn · s · cm−5; C = 0.004cm5 ·dyn−1.

The Navier-Stokes equations in the projection scheme formulation (7)–(8) were solved on a
158K tetrahedra mesh (Figure 3, left), with a time step τ = 0.001 s.
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Figure 4: Left: prescribed inlet pressure. Center: computed inlet flow rate (red, continuous
line) vs. three different available patient data (×, + and *, in blue). Right: computed outlet flow
rates.

Flow at the inlet exhibits the typical high forward flow followed by negative flow due to pul-
monary inefficiency. Regurgitation fractions for the inlet, left and right PA are 67%, 60% and
57%, respectively. The results are coherent with the available measurements. For further val-
idation by comparison with the MRI literature, see the discussion section.

3.1.2 Mesh independence study

As a verification step, in order to quantify the influence of the discretization on the results,
numerical simulations with three different levels of mesh refinement were run, comparing the
outputs in terms of flow rates and mean pressures at the boundaries. Namely, three meshes
were considered, with 158K, 458K and 670K tetrahedras of characteristic size 1.5mm, 0.9mm
and 0.7mm respectively. The maximum difference during the cardiac cycle between the coars-
est and the finest results is 3% for the inlet and outlet flow rates, and similarly for the outlet
pressure profiles. In view of these results, only the coarsest mesh has been used next.

3.2 Effect of the device

3.2.1 Flow and pressure waveforms

Next, we present the detailed numerical results for the hemodynamics without the device
and with the PPVR which reducer is 22 mm in length and 19 mm in diameter (Figure 2, top
row, first and second geometries from the left, respectively). In order to better understand
the influences of the different device components (the reducer stent and the valve), we also
performed numerical simulations considering the presence of a reducer, but without valve. In
all cases the same right ventricular pressure was imposed as inlet boundary condition (Figure
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4, left), choosing the Windkessel parameters at the outlet boundaries as detailed in Section
3.1.
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Figure 5: Comparisons of flow rates without device, with the reducer of length 22 mm and
diameter 19 mm, and with the PPVR at inlet (left), left PA (center), right PA (right).
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Figure 6: Comparisons of outlet pressures without device, with the reducer of length 22 mm
and diameter 19 mm, and with the PPVR at left PA (left), right PA (center) and on the valve
(right). In the latter, the pressure for the reducer only case is computed in its middle plane, i.e.
the location of the valve in the PPVR.

The computed inlet and outlet flow rates are shown for the three cases in Figure 5, while
the outlet pressures are depicted in Figure 6. Without the device, the average inlet flow rate
is 3.5 L/min, with a regurgitation of 67%, while outlet flow rates are 1.9 L/min (LPA) and 1.6
L/min (RPA). The inlet flow rate peaks towards the PA at 500 mL/s and flows back into the
right ventricle (RV) with a maximum value of 370 mL/s. With the reducer alone, the average
inlet flow remains 3.5 L/min, with a regurgitation of 65%. However, the distribution among
the two outlets becomes more symmetric (1.8 L/min for the LPA and 1.7 L/min for the RPA),
corresponding also to more similar flow patterns in the two branches (Figure 7, center). With
the full device, the average inlet flow rate increases to 5.0 L/min, equally distributed through
each outlet boundary (2.55 L/min through the LPA and 2.45 L/min through the RPA). There is
no longer reverse flow at the inlet, while the left PA only has 6% of reverse flow. Maximum inlet
flow is reduced to 330 mL/s. The different regurgitation amounts are summarized in Table 1.

Without any device, pressure in the PAs is lower than the inlet pressure during systole. Fol-
lowing first the decrease of the latter in diastole, it becomes higher than it, coherently with the
significant amount of flow regurgitation. Pressure in the RPA is lower than in the LPA almost
throughout the cardiac cycle, with a peak systolic difference close to 5 mmHg, denoting an
asymmetric flow split between the two PAs. The differences between inlet and RPA and LPA
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maximum pressures are 12.5 mmHg and 7.7 mm Hg, respectively.

With the reducer alone, diastolic pressures are almost the same as without the device, while
systolic pressures are scaled down due to the additional resistance introduced by the reducer.
Differences between inlet and RPA and LPA maximum pressures increase to 14.9 mmHg and
12.4 mmHg, respectively.

With the PPVR, these pressure waveforms are similar as before in systole, but then change
shape: when the valve is closed, pressure is slowly relaxing down to 12 mmHg. They also
become more similar between the two sides (peak difference below 3 mmHg), coherently
with the more even symmetrical flow observed between the two PAs (Figure 7, right). The
differences in maximum pressures between inlet and RPA and LPA are of 12.7 and 10.4,
respectively. Inlet pressure leads inlet flow for all cases (Figures 4 and 5), whereas pressure
is delayed in the PAs by 0.05 s (Figures 4 and 6). On the valve, pressure dynamics follows the
inlet pressure on its upstream surface. On its part facing the PAs, it is the same when opened,
but then almost exactly follows the two PA pressure waveforms during the rest of the cardiac
cycle (Figure 6, right).

Without device With reducer With reducer + valve
Inlet 67% 65% 0%

Left PA 60% 66% 6%
Right PA 57% 63% 0%

Table 1: Regurgitation for the cases without device, with reducer only (length 22mm and di-
ameter 19mm) and with PPVR.

3.2.2 Velocity, vorticity and pressure forces

Figure 7 shows a few snapshots of the velocity magnitude in the three configurations, at dif-
ferent time instants (systole, diastole and intermediate time steps), while Figure 8 displays
the magnitude of the vorticity, in different cuts selected to see the structures in the pulmonary
artery trunk a.k.a main pulmonary artery (MPA), near the bifurcation and in the branches.

For all cases, the velocity field is streamlined forward into the PA trunk during most systole
(Figures 7–8, first two rows), with low velocity regions around the PA bifurcation lower part
(Figure 7, first two rows). With the device, velocity remains high in the PA upper parts. Vor-
ticity is highest around the bifurcation and in the PAs. When flow reverses, the velocity field
significantly changes: flow is parabolic in the PAs, but detaches in the posterior part of the
MPA, and there is significant vorticity throughout the domain (Figure 7–8, left third rows). As
the flow retracts from going down the RV, velocity is swirling in the bifurcation and in the MPA,
with complex vorticity (Figure 7–8, left fourth rows). By contrast, with the PPVR, during for-
ward flow, flow is accelerated as it goes through the device but it goes quite smoothly into the
PAs (more homogeneous velocity field and lower vorticity in Figures7–8, right, first two rows).
When the valve closes, the velocity field has little inertia (Figures 7–8, right last two rows).
With the reducer only (Figure 7, center), the patterns during forward flow are similar to the
full device case but with higher velocity magnitudes. During reverse flow, patterns are closer
to the no device case, although they are more symmetric between left and right PAs, and the
posterior flow detachment in the MPA is more pronounced.

Furthermore, the pressure forces on the device have been computed (see Figure 9), obtaining
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Figure 7: Velocity field snapshots on longitudinal cuts at selected instants (from top to bottom:
t = 0.1, 0.3, 0.47, 0.65 s) during the cardiac cycle. Left: without device. Center: with reducer
alone of length 22mm and diameter 19mm. Right: with a PPVR of the same size.
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Figure 8: Vorticity magnitude snapshots on longitudinal and axial cuts at selected instants
(from top to bottom: t = 0.1, 0.3, 0.47, 0.65 s) during the cardiac cycle. Left: without device.
Right: with a PPVR of length 22mm and diameter 19mm.
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a maximum force (in magnitude) of 144 N, and a mean force of 57 N, with the maximum force
corresponding to the minimum imposed RV pressure. The two lateral forces (in directions x
and z) are symmetric, indicating an axisymmetric radial force, pushing on the device during
systole and unloading the device when the valve is closed, with the same order of magnitude.
The axial force (y-component) is dominating the other components, following mostly the dy-
namics of the imposed inlet pressure dynamics, but with different peak magnitudes, as the
peak diastolic force is around 2.5 times the opposite peak systolic one. In fact, during systole,
the force pushes on the reducer away from the RV, whereas when the valve is closed, this
force pushes the device down towards the RV, equally on the reducer and on the valve.
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Figure 9: Resulting directional pressure forces over one cardiac cycle on the PPVR (re-
ducer+valve) (left), on the valve alone (middle) and on the reducer (right). Note that the y-axis
is directed from the PA towards the RV.

3.3 Design study

3.3.1 Variation of flow direction

Before studying the effect of geometrical parameter changes, a robustness test is performed. It
assesses how sensitive the results are to the choice of inflow direction, as here the real velocity
or pressure spatial inhomogeneity coming from the upstream right ventricle is not known. The
effect on the hemodynamics of a change of flow direction at the inlet is thus studied, simulated
by prescribing the inlet pressure on a tilted surface (at 45 degrees). Although the detailed
velocity field changes, the pressure gradient remains almost unchanged and the radial force
does not change significantly either (see Figure 10): the maximum force on the device is 147
N, i.e. an increase of only 2%. Differences in maximum pressures between the inlet and the
PAs are respectively 12.3 mmHg (RPA) and 10 mmHg (LPA). A slight increase in inlet flow rate
is also observed (5.14 L/min, + 2.8 %), probably due to complex three-dimensional effects.

3.3.2 Variation of reducer length

In order to study the influence on hemodynamics of varying the device design, reducers of
different lengths from 22 mm to 37 mm (see Figure 2, top row) were simulated. In all cases, the
same time-varying inlet pressure and the same outlet Windkessel parameters were imposed
as boundary conditions.

Figure 11 shows the forces on the device and the corresponding inlet and outlet flows, over
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Figure 10: Left: Pressure forces for the configuration with the tilted inlet flow (dashed line) and
for the reference device case (continuous line). Right: Flow rates for the configuration with the
tilted inlet flow (dashed line) and for the reference device case (continuous line).
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Figure 11: Resulting directional pressure forces acting on the device (left) and flow rates (right)
over one cardiac cycle for different reducer lengths. Legend: black line: 22 mm; continuous
line: 27 mm; circles: 32 mm; stars: 37 mm.
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one cardiac cycle. Table 2 summarizes the maximum and mean values of forces and mean
flow rates for the different cases.

Length 22 mm 27 mm 32 mm 37 mm
Fmax (N) 143.9 133.7 (-7%) 126.5 (-12%) 130.8 (-9%)
Fmean (N) 57.2 50.5 (-12%) 52.0 (-9%) 52.8 (-8%)

Qmean (L/min) 5.00 5.09 (+2%) 5.10 (+2%) 5.17 (+3%)
∆Pr (mmHg) 13.9 13.8 (-0%) 13.8 (-0%) 13.9 (+0%)

∆maxPr (mmHg) 12.7 12.4 (-2%) 12.5 (-2%) 12.4 (-2%)
∆Pl (mmHg) 12.0 12.1 (+1%) 12.1 (+1%) 12.2 ( +2%)

∆maxPl (mmHg) 10.4 10.1 (-3%) 10.2 (-2%) 10.2 ( -2%)

Table 2: Maximum (Fmax) and mean (Fmean) forces on the device, mean inlet flow (Qmean),
pressure drops across the two branches (∆Pl and ∆Pr) and difference in maximum pressures
(∆maxPl and ∆maxPr) for different reducer lengths. Values are reported as variation with respect
to the geometry with reducer length of 22 mm. Diameter is 19 mm.

For all the different designs, the dynamics of forces and flow rates over the cardiac cycle are
very similar. Lengthening the reducer decreases the maximum and mean forces. However,
this correlation does not seem to be monotonically decreasing, as in the longest configuration
forces are slightly larger. The mean inflow only experiences minor variations with respect to
the original reducer length (increase between 2% and 3%). Finally, the reducer length does
not affect the difference in maximum pressures across the PAs, which remain around 10–
13mmHg (or 12–14mmHg for the pressure drops).

3.3.3 Variation of reducer diameter

Next, the effect of the device diameter variations from 14 mm up to 25 mm (see Figure 2,
bottom), was investigated, considering a reducer length of 27 mm. In all cases, the same
boundary conditions were applied as before.

0 0.2 0.4 0.6 0.8

−50

0

50

100

150

Time (s)

P
re

ss
ur

e 
F

or
ce

s−
y 

(N
)

 

 

14 mm
16 mm
19 mm
22 mm
25 mm

0 0.2 0.4 0.6 0.8
0

50

100

150

200

250

300

350

400

Time (s)

In
le

t f
lo

w
 r

at
e 

(c
m

3 /s
)

 

 

14 mm
16 mm
19 mm
22 mm
25 mm

Figure 12: y-component of the pressure forces (along the PA axis) on the reducer (left) and
flow rates (right), over one cardiac cycle for different stent diameters. Length is 27mm.

Detailed results for the axial forces on the device (y-component) and flow rates, for the different
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� 14 mm � 16 mm � 17 mm � 19 mm � 22 mm � 25 mm
Fmax (N) 128.6 (-4%) 132.3 (-1%) 134.1 (+0%) 133.7 130.8 (-2%) 125.3 (-6%)
Fmean (N) 53.2 (+5%) 52.4 (+4%) 51.5 (+2%) 50.5 49.3 (-2%) 48.4 (- 4%)

Qmean (L/min) 3.93 (-23%) 4.41 ( -13%) 4.80 (-6%) 5.09 5.31 (+4%) 5.46 (+ 7%)
∆Pr (mmHg) 15.9 (+15%) 15.0 (+9%) 14.3 (+4%) 13.8 13.4 (-3%) 13.1(-5%)

∆maxPr (mmHg) 15.3 (+23%) 14.2 (+14%) 13.2 (+6%) 12.4 11.8 (-5%) 11.4(-8%)
∆Pl (mmHg) 14.5 (+21%) 13.4 ( +11%) 12.6 (+5%) 12.1 11.6 (-3%) 11.3 (-6%)

∆maxPl (mmHg) 13.9 (+37%) 12.5 ( +23%) 11.2 (+10%) 10.1 9.3 (-8%) 8.7 (-14%)

Table 3: Maximum (Fmax) and mean (Fmean) forces on the device, mean inlet flow (Qmean),
pressure drops across the two branches (∆Pl and ∆Pr) and difference in maximum pressures
(∆maxPl and ∆maxPr) for different reducer diameters. Variations with respect to the 19 mm
diameter case are computed. Length is 27 mm.

designs, are reported in Figure 12, while Table 3 summarizes the maximum and mean values,
the mean flows and the pressure drops.

As the inlet imposed pressure does not change, reducing the diameter results in higher force
magnitudes during systole, with a peak systole axial force varying from 5 N, for the reducer
diameter equal to 25 mm, to 70 N, for a diameter of 14 mm (see Figure 12). However, when
the valve is closed, the forces in the different configurations remain very similar, with a slight
decrease for the smaller diameters, due to the fact that the pressure on the side of the device
facing the PAs is lower.

Due to the higher hydrodynamic resistance of the reducers with smaller diameter, the mean
flows strongly decrease (up to 23% for a diameter of 14 mm). Similarly, difference in maximum
pressures for smaller diameters increase up to 14–15 mmHg (15–16mmHg for the pressure
drops), i.e. +23–37% (15–21%) for the device with diameter 14 mm. On the contrary, increas-
ing the diameter has a weaker effect on the hemodynamics (Table 3): the increase of flow
rate for the largest diameter is only 7% while the highest maximum pressure difference is
decreased by 8% only.

4 Discussion

4.1 Effect of devices

The device has not been implanted yet in patients. Such study thus provides insights on this
novel device. The computational results show that with and without the PPVR hemodynamics
in the PAs are very different. In particular, without the device the flow rate exhibits a regurgi-
tation dynamics, typical of valve-free or valve-deficient cases [21, 32, 16, 37]. The modeled
regurgitation fraction is coherent with the three available patient data, but on the higher end of
reported cases [16, 37]. The valve successfully restores the pulmonary output, lowers systolic
flow from 500mL/s to 330mL/s, and prevents regurgitation during diastole. The fact that the
resulting inflow has these features of normal pulmonary flow validates to some extend the
model. Interestingly, the device also yields a velocity field which is more regular in the MPA
and across the device, reducing vorticity. Besides, the dynamics with device is more symmet-
ric between the two PAs, with a difference in peak systolic pressure of 2–3 mmHg only (with
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respect to the 5 mmHg difference without the device). Since the outlet Windkessel parame-
ters are the same for both PAs, this symmetrization is probably due to the difference in the
three-dimensional flow structure induced by the device in the entire geometry. With the PPVR,
the low velocity region at the bifurcation is more prominent due to the reducer, but vorticity is
rather reduced. However, the valve eliminates the flow detachment in the posterior part of the
MPA. These differences between without and with the device are in line with the 4D-MRI flow
measurements of ToF patients vs. healthy controls in [16]. ToF pulmonary trunk peak velocity
was twice the normal value. ToF flows were characterized by the presence of regurgitation and
significant vortices. ToF flow splits denoted high asymmetry, with high variability, whereas con-
trols had a very even flow split. It is interesting that the modeled renormalization is coherent
with this patients comparison, despite not taking into account longer term adaptation that is
included in the patient comparison. Modeling is thus in this regard a tool to better understand
causes of these patients differences.

The valve is necessary to restore normal hemodynamics in the PA. Hence, one of the main
biomedical questions motivating this study is the potential pressure gradient introduced by
the device for the different designs since it reduces the conduit size. Indeed a high pressure
gradient would increase right ventricular load or lower pulmonary flow, and thus mitigate the
positive effect of the device. In the clinics as in the animal experiments, the pressure gradient
between the RV and the PA is actually measured as systolic (maximum) pressure in the RV
minus systolic (maximum) pressure in the PA (close to the bifurcation). These maxima may
not occur at the same time, and thus this is with this measure that the computed results
are now compared to the experimental values. The results confirm that the device does not
introduce clinically significant pressure gradients, even for the tightest design. In particular,
without device, the maximum pressure differences along the PA are of the order of 8-12mmHg,
increasing to 10-13 mmHg for a full device of length 22 mm and diameter 19 mm. These
results agree with pressure differences experimentally observed in animals of 9 mmHg (±3
mmHg) [1], 10 mmHg (acutely 4-16 mmHg, after remodeling 6-24 mmHg) [24], 11 mmHg (8-16
mmHg) [8], considered clinically acceptable. Future study could investigate to which extend
this is still the case in other patient-specific cases, for example on selected cases where a
significant pressure gradient without any device is clinically seen. It could also include other
physiological states, such as exercise conditions [19, 31, 38].

A point of biomedical interest is that introduction of the reducer alone increases pressure loss
more than with the full device (PPVR). This is due to the fact that overall the reducer adds a
resistance in the system, whereas the full device significantly lowers forward flows while in-
creasing mean flow. A matter of debate in clinical research is to either introduce the full device
at once, or to perform a two-step procedure first implanting the reducer, check for the pressure
gradient and wait for endothelialization, and then at a later time introducing the valved-stent
reducing the risk of device embolization. These results indicate that the two-step procedure
may over predict the final pressure loss and introduce between the two steps a period of even
worse hemodynamics conditions where pressure loss is increased and regurgitation is still
present.

The reducer stability is important as it is where the valved-stent is anchored. In the latest
version [24], the reducer is inserted in its final configuration into the delivery system. Through
the jugular vein, and over a stiff guide wire, the delivery system is introduced and advanced
into the main pulmonary artery. The device is then deployed in the target zone by unsheathing
the device. Migration can then be an issue but less probable over time by fibrous tissue fixing
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the device on the wall. In order to investigate the short term stability of the device, the forces
acting on the reducer were computed in the different configurations. For this assessment only
pressure forces have been considered, which are expected to be the largest contribution to
hemodynamics forces: a pressure of 10mmHg corresponds to almost 700 times more than
the average wall-shear stress value in normal PAs (2 Pa in [31]). The maximum force, for
a device of length 22 mm and diameter 19 mm is 144 N, and occurs for all designs when
the valve is closed and RV pressure is minimum, pushing the device towards the RV. In fact,
during diastole the net forces on the closed valve and on the reducer are of the same order of
magnitude (see Figure 9). During systole (valve open), the net force tends to shift the device
up to the PA. Contrarily to first intuition, the device is pushed overall towards the RV.

4.2 Design study

A design study was performed, investigating the effect of geometrical parameters. Length re-
ducer variation within the range of the experimentally tested cases [1] was considered. The
results show that reducer length significantly affects neither the pressure drops nor the forces
of the fluid on the device. However, a longer device would increase the friction and thus in-
crease its stability. Finally, for the considered case, there seems to be an optimum length to
achieve a minimum force on the device.

Regarding the reducer diameter, devices of diameters between 14 mm and 25 mm were con-
sidered, which corresponds to the range of devices investigated in experiments (reduction of
diameter to 20 mm in [1], reducer of 12 mm [24], increased to 21.5 mm after valve implantation,
reduction to 18 mm in [8]). A smaller diameter yields an increase in pressure drops as well as
a decrease in mean flows. This is likely due to the increase in viscous losses as the geometry
becomes more and more restrictive. At the same time, pressure forces increase in magni-
tude during systole (when the valve is open), while remain mainly of the same order when
the valve closed. In fact there is a balance between several biomechanics components: for a
given pressure, the force on the smaller diameter device is higher because of its increased
area on which pressure is acting (recall that the external diameter is the same, dictated by
the native geometry). But a smaller diameter also induces lower flow and lower pressure in
the Windkessel, decreasing the pressure force. This balance explains how smaller diameters
have increased maximum force during systole and on average, but decreased maximum force
when the valve is closed.

4.3 Modeling choices

It would be interesting to compare these forces with the wall friction forces for the different
surface anchorages of devices [1, 8]. This however is beyond the scope of this paper, as this
would require the detailed solid mechanics parameters of the pulmonary wall [9], stent, and
complex solid-solid-fluid numerical simulations between the arterial wall, the device and blood
flow (see, e.g., [3]). Thus, the reducer was considered as an impermeable fixed wall and the
interaction with blood flow and arterial wall - also considered fixed- neglected, to estimate as
a first approximation the order of magnitude of the hemodynamic forces.

In all the simulations, the same ventricular pressure has been imposed at the inlet. This choice
is motivated by the fact that, in order to compare the hemodynamics with and without PPRV,
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the flow cannot be imposed as a boundary condition, as it is strongly conditioned by the
presence of the valve. To avoid imposing flow or pressure, future work could involve coupling
the 3D model at the inlet to a right heart lumped (0D) model. However this model should
be tailored to ToF patients. Similarly, the outlet Windkessel model parameters have been kept
unchanged in all configuration. The assumption is thus that there is no adaptation of the down-
stream vasculature due to the device implantation. Acutely this is probably reasonable, but if
data would be available on such adaptation, they could be readily included in 0D modeling.
However since computed inlet flow rates with and without the device are coherent with valve-
deficient patients versus healthy controls (mean flow rate restored to 5L/min), it is expected
that adding a ventricular model would not significantly change the inlet pressure. In the same
line of argument, adding adaptation into the downstream model would then mainly change the
magnitude of the pressure but not the pressure gradient.

As a conclusion of this study, for design purposes it does not seem necessary to have access
to a full 3-dimensional velocity profile at the inlet of the 3D model, in order to assess the radial
forces acting on the device or the time-variation of the forces. However, if a precise study is
needed for the force, especially on a particular reducer geometry for a given patient, then a
coupling with a right ventricle 3D CFD or fluid-solid interaction model might be necessary [32].
Note that from a modeling point of view, this coupling could provide another way to impose
patient-specific boundary conditions at the inlet without directly imposing the velocity profile
over time, which changes with the device and is therefore part of the sought solution.

5 Conclusion

A computational study of a novel percutaneous pulmonary valve reducer for enlarged RVOT
was carried out, comparing the hemodynamics without the device, with the reducer alone
or with the full device. In particular, in a typical patient setting, devices of different lengths
and diameters were investigated, quantifying their effects on hemodynamics and the forces
exerted on them.

The first result of this study is that the PPVR does not create a significant pressure drop ac-
cording to clinical expertise, even for the narrowest considered diameters, which is in line with
the measured values in animal experiments. A two-step procedure (introducing the reducer
first to check the pressure gradient, and then after some time the valved-stent) rather than in-
troducing the full device at once, may over predict the final pressure loss and create a period
during the two steps of even worse hemodynamics conditions. Moreover, the presence of the
valve efficiently palliates pulmonary regurgitation, increases pulmonary flow and regularizes
the flow stream. Forces on the valve and on the reducer are of the same magnitude when
the valve is closed. On average the device is pushed upstream. Hence, sliding would thus be
expected to be towards the right ventricle. Varying the reducer geometrical parameters, only a
slight influence of the design is observed on the mean and maximum forces within the length
and diameter ranges of the existing devices, thus facilitating future device design considera-
tions. As a general outcome, increasing the device length decreases the mean force, without
changing significantly the flow rate, while the optimum case is found for an intermediate length.
Decreasing the device diameter increases the mean force, and changes the maximum force in
a non-monotonic way (all within 6% only from the reference configuration, which corresponded
to the intermediate diameter). However the flow rate might decrease much more significantly
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(up to 23% for a reducer diameter of 14 mm). This could potentially have a clinical impact,
especially considering reducer deformation and PA remodeling after implantation.

Such study is a tool to assess functional changes to better design this new device, but in the
same way minimally invasive heart valve functional replacement for pulmonary, as well as
aortic or mitral valves [28]. Future work to assess in which conditions such a device would
slide could include fluid-solid interaction between blood and the complex surrounding solid,
and solid-solid (mechanical but also potentially biological) interaction between the reducer
and the arterial wall.
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