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SUMMARY

Numerical simulation of fluid-structure interaction (FSI) in the arterial system is a challenging and time
consuming procedure because of the intrinsic heterogeneous nature of the problem. Moreover, in patient-
specific simulations, modeling of the vascular structure requires parameter identification still difficult to
accomplish. On the other hand, new imaging devices provide time sequences of the moving vessel of interest.
When one is interested only in the blood dynamics in the compliant vessel, a possible alternative to the full
fluid-structure interaction simulation is to track the vessel displacement from the images and then to solve
the fluid problem in the moving domain reconstructed accordingly. In this paper, we present an example
of this image-based technique. We describe the steps necessary for this approach (image acquisition and
3D geometric reconstruction, motion tracking, computational fluid dynamics (CFD) simulation) and present
some results referring to an aortic arch and a validation of the proposed technique vs. a traditional FSI
simulation in a carotid bifurcation. This approach significantly reduces the CPU time since the dynamics of
the structure is retrieved from the images instead of being numerically computed.
This work places itself in the framework of a strong integration between data (images/measures) and
simulations that is likely to introduce a significant improvement in the reliability of cardiovascular numerical
mathematics.
Copyright c© 2010 John Wiley & Sons, Ltd.
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1. INTRODUCTION

During the last years, numerical simulations have been extensively adopted for investigating the
physiology and pathology of the cardiovascular system. Accurate mathematical and numerical
modeling of blood flow problems allows the computation of physical quantities relevant for both
their comprehension and for virtual prediction, resulting in a potentially remarkable tool for
supporting clinical decisions (see e.g. [29, 20, 21, 52]).

One of the most challenging aspects in the mathematical and numerical modeling of the
cardiovascular system is the fluid-structure interaction (FSI) between blood and vascular wall.
There are two main reasons still making this a difficult problem. (a) Modeling: there is a common
agreement in considering the model proposed in [26] a reliable description of the vascular wall
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2 M. PICCINELLI ET AL

for healthy subjects. The nonlinearities of the model result however in computational difficulties.
For this reason, sometimes linearized models are used, which can be in turn oversimplified. In
patient-specific simulations we have the additional problems of (i) the identification of model
parameters (challenging especially in presence of pathologies); (ii) the inclusion of the effects of
surrounding tissues (which are clearly not included in the structure model) or more in general the
motion induced by external reasons (such as respiratory motion and movement of the patient). (b)
Numerical solution: the strongly heterogeneous nature of the problem, where different dynamics
with different physical features are coupled together, raises issues concerning numerical stability
and effectiveness. Iterative methods are typically required for obtaining accurate results by splitting
the fluid and the structure computation. Another option is resorting to monolithic solvers for the
coupled fluid-structure problem, which however need effective preconditioning techniques. A recent
review of advanced methods for solving fluid-structure interaction problems can be found in [22].

An emerging research line in Cardiovascular Mathematics is the integration of simulation and
data retrieved by new imaging and measurement devices, that is supposed to improve both the
knowledge extracted from data and the reliability of numerical results (see e.g. [15, 33, 34, 53]).
The integration of observed data into a numerical model, also referred to as data assimilation, is
common in fields such as weather prediction and ground water flow [9]. It is natural to use similar
techniques in medical imaging. In particular, recent imaging devices allow the fast acquisition of
4D (space + time) images of vessels of interest; this consents to track the wall motion from images
by means of a proper registration procedure rather than retrieving it from a numerical simulation.
Registration is a methodology for aligning images acquired from different sources or different
viewpoints (see e.g. [18, 32, 23]). Following the same approach it is possible to register images
taken at different time instants to estimate the motion of the structure under analysis. Once the
vessel motion has been determined, fluid dynamics can be computed in the moving domain. In this
way, the computational cost is reduced and the identification of parameters and surrounding forces
is waived by the registration procedure (see [51, 30]).

In the following we will refer to this approach alternative to fluid-structure simulation as to 4D
Image-Based (4DIB) approach. We address in detail the three steps involved.

1. Segmentation of a 4D image and reconstruction for each time frame of the 3D surface that
identifies the vessel of interest. The boundary of the region of interest (ROI) is located on the
images by means of a level set approach [50]. This means that the boundary in 3D is regarded
as the zero-level isosurface of a function solving a proper advection-diffusion nonlinear
problem. At the end of this step, for each time frame a mathematical representation of the
inner surface of the lumen is given as a triangulated mesh. In this work the segmentation has
been performed with the Vascular Modeling ToolKit (available at http://www.vmtk.org), an
open source framework for image segmentation, geometric characterization, mesh generation
and surface data analysis specifically developed for the analysis of vascular structures [4, 43]
(see Sect. 2).

2. Tracking in time of the position of vessel wall surfaces by means of a 3D surface registration
algorithm. Operatively, given M + 1 time frames, the tracking process consists of performing
M registration steps between two consecutive frames; within each registration stage, points of
one mesh are mapped to points of the surface extracted from the subsequent time frame and
the displacement field is computed; the new positions of the points are used as initial condition
for the registration to the subsequent time frame. At the end of the whole tracking procedure
M surface displacement fields are available describing the motion of the vessel wall at the
instants of the image acquisition.
There are many different strategies for performing image and surface registration, namely B-
spline [1], viscous flow/Demons registration methods [12, 54], iterative closest points (ICP)
techniques [8] or mass-preserving mapping based on the solution of a Monge-Kantorovich
problem [25]. One of the difficulties in solving this kind of problem is its ill-posedness,
more precisely the non-uniqueness of the solution. Here, we refer basically to a minimization
approach based on a modification of the ICP functional. A regularization term is added, based
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4D IMAGE-BASED CFD SIMULATIONS 3

on a physical model-based approach for the surface registration algorithm, relying on a mass-
spring representation of the vessel surfaces (see Section 3).

3. Moving domain simulation. From the sequence of maps describing the motion of the surface
points from one time frame to the subsequent one, the velocity of the boundary of the
moving domain is computed at the image acquisition times. Since the set of all the time
instants where the fluid equations will be solved is typically larger than the set of time
instants where the images are acquired, an interpolation procedure is required to define the
velocity of the boundary at each time instant within the CFD simulation while guaranteeing
regularity of the computed velocity and acceleration. Once the wall motion is available,
incompressible Navier-Stokes equations can be written in the Arbitrary Lagrangian Eulerian
(ALE) formulation to be numerically solved. This step requires the computation of the lifting
of the boundary velocity in the vessel lumen, typically attained by the solution of a Laplace
problem (for which fast solvers are usually available). Ideally inflow/outflow boundary data
are obtained from measures in order to insure the well-posedness of the Navier-Stokes
problem. Should these data not be available from the acquisition procedure, consistency
requirements to the prescribed conditions need to be carefully addressed. We discuss these
topics in Section 4.2. Numerical results are obtained with a software based on the C++ object
oriented finite element library LifeV (available at http://www.lifev.org).

We present in Sect. 5 the application of the 4DIB approach to a human aorta (from the aortic
arch to the thoracic aorta) and a carotid bifurcation (see also [30]). Numerical results show that the
proposed approach takes effectively into account the movement of the vascular structure and proves
that this has a remarkable effect on the computed solution of the fluid problem. Moreover, it yields
a significant reduction of the computational costs with respect to more standard approaches to the
modeling of FSI. In particular we compare the results with two different data sets.

4DIB vs Rigid simulations: this comparison pinpoints the necessity of moving boundary
simulations in aorta, since in this district the flow features are significantly affected by the
motion of the vascular structure.

4DIB vs FSI complete analysis: after performing the complete FSI simulation, we use its
displacement field as if generated by the tracking procedure. We then apply the corresponding
boundary velocity to solve the fluid problem in the moving domain as in step 3 of the previous
list. We show that the results obtained with the two approaches match, with the 4DIB approach
resulting in a significant reduction of computational costs.

The latter comparison is limited to a few preliminary results which however suggest that the 4DIB
approach is viable. Motivated by the present results, a more extensive quantitative validation of this
approach is currently in progress by some of the authors. Future work will address in particular the
problem of its sensitivity to the acquisition/segmentation/registration errors. These errors would in
fact reflect in erroneous boundary data for the fluid problem on the vascular wall and affect the final
numerical simulation. We refer to [31] for this discussion.

A summary of the features of the present approach and open problems is drawn in Sect. 6.

2. SEGMENTATION AND RECONSTRUCTION OF THE ROI

Segmentation is the operation of partitioning a digital image into different specific objects, in
our case into a surface identifying the interface between blood and vessel wall. Many different
techniques exist for image volume segmentation. The approach adopted here is based on implicit
deformable models, which have the desired property of being flexible with respect to the topology
of the object to be segmented; their deformation under image-driven forces is carried out using
the level set technique. According to this method the deformable surface S(t) : R2 × R+ → R3 is
embedded into a time-dependent function Φ (x, t) : R3 × R+ → R, S (t) being its zero-level set,
i.e. S (t) = {x | Φ (x, t) = 0}. We remark that the time variable does not have a physical meaning
in this context and it is not related to the acquisition time of the images.

Copyright c© 2010 John Wiley & Sons, Ltd. Int. J. Numer. Meth. Biomed. Engng. (2010)
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4 M. PICCINELLI ET AL

Figure 1. Left: Visualization of the surface model embedded in the volumetric image. The isosurface
identifying the vessel at a given instant is displayed. Right: Example of a triangulated surface after

reconstruction. A detailed view of the triangulated surface is given in the zoomed zone.

The evolution of Φ (x, t) can be described by the following PDE

∂Φ (x, t)

∂t
= w1∇ ·

(
∇Φ

| ∇Φ |

)
| ∇Φ | −w2∇ (| ∇I (x) |) · ∇Φ (1)

where w1, w2 are user-defined parameters and I (x) is the image intensity (or grey level); the first
term of the right hand side in (1) has the role of forcing a regularization based on the surface
curvature, while the second is the advection term that drives the zero-level set of Φ to the ridges of
the magnitude of the gradient of I . The rationale behind this choice of the advection term relies on
the assumption that the surface S, which is usually the interface between two types of tissues (in
our case the blood and the vessel wall), corresponds to the location of the local maximum change in
image intensity. This is a reasonable assumption for imaging modalities like the CTA in which the
intensity of the blood is enhanced by the presence of a contrast agent. Equation (1) is a simplification
of the usual level-set equation (see e.g. [49, 2]), allowed by the selection of a proper initial condition,
as described in [3]. As a matter of fact, equation (1) needs to be completed with boundary and initial
conditions; in particular a specific initialization method was used to directly generate an initial
surface close enough to the gradient magnitude ridges to avoid the introduction of other terms,
as usually required in deformable model-based approaches. This method gives robustness to the
identification of the lumen boundary, while allowing us to exclude side branches in which we are
not interested. Specifically, for this test case, the sovraortic branches were particularly blurred in
the images and not essential to assess the validity of the proposed strategy, so they have not been
included in the 3D model. Figure 1, left, depicts the 3D surface of the vessel embedded in the
radiological image.

The zero level set S represents the surface of the vessel lumen perfused by the blood.
Reconstruction is performed at each available time frame k, so that at the end of the process a
sequence of surfaces Sk for k = 0, 1, 2, . . . , M is available identifying the position of the vessel
at different times throughout the cardiac cycle. In practice, the surface is assumed to be piecewise
planar, represented by a triangulated mesh (e.g. in STL format). For each time frame k, we store a
sequence of points and a list of triangles,

Pk ≡
{
xj

k ∈ IR3, j = 1, . . . , NP

}
, Tk ≡

{
(i, j, l)k,n ∈ {1, . . . , NP }3, n = 1, . . . , NT

}
,

(2)
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4D IMAGE-BASED CFD SIMULATIONS 5

where (i, j, l) are the indexes of the three nodes forming a triangle of Tk, NP is the number of points,
NT the number of triangles. In other terms the surface Sk is approximated by

Sh
k ≡

⋃
(i,j,l)∈Tk,xi

k,xj
k,xl

k∈Pk

tri(xi
k,xj

k,xl
k) (3)

where tri(x,y, z) := {x + ξ (y − x) + η (z− x) : ξ, η ∈ [0, 1] and ξ + η ≤ 1} denotes the sim-
plex with corners x,y, z and the superscript h indicates that Sh

k is piecewise linear.
Figure 1, right, depicts one of such surfaces and a zoomed area of the tessellation.

3. TRACKING THE MOVEMENT OF VESSEL WALLS

3.1. From images to displacements

For the reconstruction of the vessel movement, we need a map that tracks the movement of surface
S0 through all the time frames. Surface registration or surface tracking can be viewed as a subset
of the richer and more developed field of medical image registration. A wide number of different
approaches have been detailed in literature (see e.g. [28, 63, 10, 5]). Here we follow a segmentation-
based registration algorithm relying upon an optimization procedure [18]. Since the result of the
segmentation step is a triangulation, we do not consider a continuous surface but directly the discrete
surface (3), following the “discretize-then-optimize” approach.

Denoting by ST a template surface and by SR a reference surface, both assumed to be smooth
manifolds in IR3, we look for a map ϕ : IR3 → IR3, such that the distance D(ϕ(ST ),SR) is small.
In particular, since we move from the triangulation Sh

T , we have

ϕ(Sh
T ) :=

⋃
(i,j,k)∈TT

tri
(
ϕ(xi

T ), ϕ(xj
T ), ϕ(xk

T )
)

. (4)

In the following we will use the subscripts T and R to refer to quantities in the template and
reference surface respectively.

The function ϕ can be defined in different ways, corresponding to different types of registration.
In affine and rigid registrations the map is given by a function in the form

ϕ(x) ≡ Ax + b, x ∈ Sh
T , (5)

where A is a matrix and b an offset vector (translation). For rigid registration A is also orthogonal.
Rigid registration is an example of parametric registration where the motion is controlled by a small
number of parameters. Generally speaking, if the motion is strongly space-dependent, it is difficult
to use such registration successfully. We therefore resort to a non-parametric map implicitly defined
with a collocation approach by the position of the nodes on the reference image. This means that the
coordinates of the vertexes, computed by the minimization process, implicitly define the map point-
wise. The map is then extended to the entire template surface by a piecewise linear interpolation of
the values of the vertexes.

Non parametric surface registration is typically an ill-posed problem since there can be many
mappings that give very similar distance measures. Therefore, a regularization term is needed in
order to control the regularity of the transform. In particular, the chosen regularizing term R(ϕ)
guarantees that no flipping of the vertexes occurs, since the original ordering of the nodes in the
template surface is preserved in the transformed surface. The function ϕ is then found by minimizing
a weighted sum of the distance and the regularization term. Since the regularization process does
not filter all the non-physical solutions, the minimization process will be constrained by some
additional requirements. In the following we describe our choice of distance, regularization term
and constraints.

Copyright c© 2010 John Wiley & Sons, Ltd. Int. J. Numer. Meth. Biomed. Engng. (2010)
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6 M. PICCINELLI ET AL

Figure 2. Different distance measures: the traditional ICP computes intra-vertexes distance between the

generic point xT of Sh
T and Sh

R. The modified ICP-based metric computes the distance of xT to the
triangulated surface.

Figure 3. ICP vs Closest Surface distance of the point P ≡ (x, 0, 1) as function of x to the unit simplex in
the plane xy (depicted on the left). The poor regularity properties of IPC are evident.

3.1.1. Distance function Let us introduce the distance of a point to the surface SR as

dist(x,SR) = inf{‖x− y‖ : y ∈ SR}. (6)

The distance between ST and SR can be defined as

D(ST ,SR) :=

(
1

|ST |

∫
ST

(dist(x,SR))
2

dST (x)

)1/2

(7)

where |ST | :=
∫
ST

dS is a normalization factor. A similar definition obviously holds for the

approximated surfaces Sh
R and Sh

T .
Our distance measure can be compared to the well known iterative closest point (ICP) distance

[62, 8] which is typically used in the context of rigid registration. However, ICP applied to a generic
point on the template surface features poor regularity properties, while in our definition the distance
is continuously differentiable. This makes our choice more suitable for the minimization purpose
(see Fig. 3).
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4D IMAGE-BASED CFD SIMULATIONS 7

Figure 4. Representation of the mass-spring simplified model of the vascular wall on the triangulated surface.
The springs representing the stretching internal action are represented for any vertex of the triangulation. Red

dashed lines depict the springs accounting for the bending effects acting on vertex P .

In practice we need to compute the distance between the discrete surfaces Sh
T and Sh

R. Noting that
each discrete surface is simply a triangulated surface the computation is carried out as follows.

Let xj be a node on Sh
T and let trii be a triangle on Sh

R. Let

dji = dist(xj , trii)

be the distance from each point in Sh
T to every triangle in Sh

R. Finding the distance from a point to
a finite size triangle can be done analytically by considering the distance of the point to the surface
and to the edges of the triangle.

The discrete distance for the two surfaces is set as

Dh(Sh
T ,Sh

R) =

√
1

nT

∑
j

min
i

d2
ji (8)

A naive computation of the distance requires O(nT nR) operations, where n� is the number of
points in the corresponding surface (� = {T, R} respectively). Nonetheless, by using a tree search
algorithm, it is possible the reduce the computational complexity to O(nT log(nR)) (see [7]).

3.1.2. Regularization As previously pointed out, non-parametric registration is in general ill-posed
and multiple solutions are expected. Some of them are clearly unphysical and need to be filtered. For
this reason a regularizing term is introduced, forcing some properties to the computed solution that
make it “physically acceptable”. Among other approaches, we mention here [41] and [57] where
regularity (in particular diffeomorphic) properties to the map between the two surfaces are forced.

Here we resort to a regularizing term stemming from a simplified physical model of the vascular
wall at hand. In particular, we describe vascular walls as elastic thin membranes [35], and use the

Copyright c© 2010 John Wiley & Sons, Ltd. Int. J. Numer. Meth. Biomed. Engng. (2010)
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8 M. PICCINELLI ET AL

membrane energy as regularizing term. In this way, the deformations that feature large membrane
energy are heavily penalized whilst deformations that do not increase the energy of the surface are
allowed.

There are several possible ways to numerically model membranes and thin shells. Modeling
techniques range from finite element models [55] to mass-spring models [6]. While finite element
models are more accurate, they require substantial amount of computational time. Mass-spring
models are less accurate but are quick to assemble and require in general less computational effort.
It is however worth stressing that this elastic energy term by no means prescribes a constitutive law
for the wall tissue, which is still free to deform according to the position of the target surface. This
term acts only as a regularizer, forcing (in a physically sound way) more convexity to the functional
to be minimized.

Let us consider the approximation of the vascular wall geometry as a triangulated surface. Assume
first that every node of the template surface has a unit mass and that it is connected by a spring to
each node sharing a triangle (see Fig. 4). Let xi

T and xj
T be the locations of masses that are connected

by a spring. Then, the deformation energy associated to these two masses can be represented as

Rh(ϕ) =
1

n

∑
i,j �=i

κij

( |ϕ(xi
T ) − ϕ(xj

T )|
�ij

− 1
)2

. (9)

where n is the number connections between masses, �ij = |xi
T − xj

T | is the resting distance of the
masses and κij ≥ 0 is the spring constant. It is important to note that while we set κij to be constant,
it is possible to use different κ for different regions in the wall vessels (depending on the real
compliance map of the vessel tissue).

Energy (9) describes the planar tension of the membrane.

Ti

ϑ
Tj

Eij

The mechanical model can be enriched with a bending term
that penalizes the surface folding. This term can be modeled
in different ways. A possible approach is to consider a
contribution at each edge depending on the angle ϑ between
the planes of the two adjacent triangles. In this case the
resulting energy term would penalize the angular distance
|ϑ − π| of any two adjacent triangles Ti and Tj sharing the
edge Eij (see picture aside). A similar approach has been used
for 1D mass-spring rod models in [24].

Another possibility is to extend for each vertex P the term (9) to a larger stencil, including the
nodes adjacent to the patch of P (see Fig. 4, red dashed lines). The implementation is immediate:
if A denotes the connectivity matrix associated with the triangulation (i.e. the matrix whose entry
aij = 1 if vertex Pi is connected to Pj and = 0 otherwise), this approach actually corresponds to
evaluate the summatory (9) on a network whose connectivity is represented by the matrix A2.

3.1.3. Constraints The above distance measure does not prevent “flips” of triangles (although it
penalizes them). Therefore, we add this as a constraint to the mathematical formulation.

Let
ai = area(trii(x))

be the area of the ith triangle before deformation. The area is computed by the determinant of the
three points that define the triangle. Correspondingly, let

ai(ϕ) = area(trii(ϕ(x))

be the area of the deformed ith triangle. To the minimization process we add therefore the constraint
that the deformed area is positive. We write this constraint in the form

Ci(ϕ) =
ai(ϕ)

ai
≥ 0. (10)

Copyright c© 2010 John Wiley & Sons, Ltd. Int. J. Numer. Meth. Biomed. Engng. (2010)
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4D IMAGE-BASED CFD SIMULATIONS 9

3.1.4. Frame-by-Frame Optimization The transformation is obtained by solving the optimization
problem combining the similarity measure and the regularization term

min J (ϕ) ≡ D(ϕ(Sh
T ),Sh

R) + αR(ϕ) (11)

subject to Ci(ϕ) ≥ 0

Here, the parameter α weighs the action of the regularizing term. We solve this problem using
an interior point method [38] where at the kth iteration we approximately solve the following
minimization problem

min Jμ(ϕ) ≡ D(ϕ(Sh
T ),Sh

R) + αR(ϕ) − μk

∑
i

log(Ci(ϕ)) (12)

where the sequence μk → 0 (see [38] for details).

The minimization procedure is performed for each available time frame following to the first one.
We use the limited memory BFGS procedure [38], that requires only the computations of gradients
for minimization and features (at least) a linear convergence even for non-smooth problems.

3.1.5. The Sequence of Optimization Problems The entire optimization procedure entails the
solution of the following minimization problems.

1. at the first time frame we compute the map ϕ0 such that

D(ϕ0(Sh
0 ),Sh

1 ) ≈ 0. (13)

This is done by solving (11) with Sh
0 as template and Sh

1 as reference surfaces respectively.

Let us denote by Ŝh
1 the resulting surface ϕ0(Sh

0 ).
2. For the generic time frame k + 1 we compute ϕk such that

D(ϕk(Ŝh
k ),Sh

k+1) ≈ 0 (14)

still solving (11) with Ŝh
k as template and Sh

k+1 as reference surfaces respectively. The

resulting surface ϕk(Ŝh
k ) is denoted by Ŝh

k+1.

Let {τk}, k = 0, 1, . . . , M be the instants when images are acquired. We denote with Φ(τk) the
map computed at τk so that

Φ(τk,Sh
0 ) = ϕk(ϕk−1 . . . (. . . ϕ0(Sh

0 ) . . .)).

Thanks to the periodicity of the problem we assume

Sh
0 = Φ(τ0 + T,Sh

0 )

where T is the heart beat period.

3.2. From position to velocity

For the sake of the CFD simulation we need to compute the position of the wall x and its velocity
w as a function of time (see Sect. 4). This is accomplished by performing two steps:

1. interpolation: find the (vector) function x(t) s.t.

x(τk) ∈ Ŝh
k = Φ(τk,Sh

0 ); (15)

2. differentiation: compute w = dx
dt .

Copyright c© 2010 John Wiley & Sons, Ltd. Int. J. Numer. Meth. Biomed. Engng. (2010)
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10 M. PICCINELLI ET AL

A typical approach for the discretization of the Navier-Stokes equations for blood flow is a
collocation finite difference method for the time derivative coupled with a Galerkin method (Finite
Element, Spectral) for the space differentials. This choice requires that sufficient regularity is
preserved for w as function of time. Piecewise linear interpolation of vector x does not guarantee a
velocity field smooth enough for the integration of the Navier-Stokes equations (see Sect. 5). In the
sequel, we adopt therefore a cubic spline interpolation, that guarantees the displacement field x(t)
to feature a dependence C2 on time (see [44]). Let S(t) be the “exact” moving boundary and P(Φ)
be the associated cubic spline interpolation of the data Φ(Sh

0 , τk) for k = 1, 2, . . . , M , the boundary
velocity will be approximated as

d

dt
S ≡ wS ≈ d

dt
P(Φ) ≡ wP .

Interpolation (15) is justified when the impact of noise in the images and errors in the registration
is small enough, so that the triangulations Ŝh

k can be considered good approximations of the real
surfaces Sk. In a more general approach, including the presence of noise/errors, constraint (15)
should be relaxed in a least-square sense (see Sect. 6). A precise analysis of the sensitivity of the
CFD computations on the noise/errors in the available data and specifically on the approximation of
the wall movement will be carried out in a forthcoming paper.

4. THE BLOOD FLOW PROBLEM

4.1. The ALE formulation

Blood flow in large vessels is properly described by the incompressible Navier-Stokes equations,
assuming a Newtonian rheology (see e.g. [46]). Since we are considering a moving spatial domain,
we resort to the ALE formulation of these equations (see e.g. [20]). Let us denote Ω = Ω(t) the
region of interest, namely the vessel lumen where the blood flows: this region is delimited by inlet
and outlet sections Γi/o, through which mass flux is allowed, and by the vascular membrane S,
assumed to be impermeable to the blood. Given wP we denote by w its (arbitrary) extension into
the blood domain Ω(t). Moreover, we set ρ the blood density, u the blood velocity, μ the viscosity,
p the pressure, f an external forcing term.

With the previous definitions, the incompressible Navier-Stokes ALE formulation reads{
ρ
∂u

∂t
+ ρ ((u − w) · ∇) u − μΔu + ∇p = f

∇ · u = 0
in Ω(t), t ∈ (0, T ]. (16)

In general there is no need of turbulence models for the description of blood flow in vessels,
since the pulsatility of blood is damping the occurrence of disturbed patterns. This holds true even
for the human ascending aorta, in which the flow is known to be disturbed (see [36]). It is worth
mentioning, however, that most of the following considerations could be applied to a fluid model
equipped with a description of turbulence effects.

System (16) can be discretized in space with a Galerkin finite element or spectral method. In
the discretized problem, the field w represents the velocity of the computational mesh. In order to
extend wP from the boundary to the entire domain, different approaches can be pursued (see e.g.
[17, 27, 37]). A common approach is to compute w in Ω(t) as the harmonic lifting of wP , at each
time instant tk collocated by the time advancing scheme, i.e.⎧⎪⎨

⎪⎩
− Δw(tk) = 0 x ∈ Ω(tk)

w(x, tk)|∂Ω = wP(tk)

w(x, tk)|Γi/o
= wΓi/o

(tk)

(17)

The displacement wΓi/o
of the nodes on Γi/o can be computed by solving a local Laplace problem

on each inflow/outflow section. For small displacement, Neumann conditions on Γi/o work as well.
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4D IMAGE-BASED CFD SIMULATIONS 11

The rationale behind this idea is to exploit the regularizing properties of the Laplace operator to
obtain regular meshes, compatible with the boundary motion. The displacement of the mesh nodes
can be retrieved by integrating the velocity field w extended to the domain Ω(t). At the continuous
level, this is equivalent to computing the lifting of the available displacement x ∈ S (see the scheme
below).

In practice, numerical approximation is required and the accuracy of the
integration scheme is known to play a relevant role in the overall accuracy of
the time ALE computation (Geometric Conservation Laws (GCL), see [37]).
In the present work, we exploit a fast Poisson solver for computing directly
the lifting of both displacement and velocity from the available boundary data
(solid arrows in the scheme on the right, the dashed lines indicating all the
possible working options). Since the boundary velocity is obtained by exact
differentiation of the spline, GCL constraints are fulfilled.

xS wS

d/dt

−Δ

x w

−Δ
d/dt

∫ ·dt

4.2. Initial and boundary conditions

Problem (16) is completed by an initial condition for the fluid velocity and a proper set of boundary
conditions on S and on the inlet and outlet sections Γi/o.

The no-slip condition for fluid in contact with the wall reads in this case

u(P, t) = wP(t) t ∈ (0, T ]. (18)

We are implicitly assuming that the walls are impermeable to blood.
For the sake of a reliable patient-specific model, we need inflow/outflow conditions retrieved

from individual measures, in terms of either pressure or velocity. The inclusion of average pressure
or average velocity (or flow rate) conditions in a 3D blood flow simulation has been extensively
investigated in the literature (see the recent review in [20], Chapter 10). Unfortunately, these patient-
specific measures are not always available and realistic boundary data - retrieved from the literature
- need to be prescribed.

In this case, particular attention is required by the consistency of the imposed data.

1. When Dirichlet conditions are prescribed over all the inflow/outflow boundaries, the
incompressibility constraint requires that∫

Γi∪Γo

u · n = −
∫
S

w · n. (19)

Selection of realistic velocity profiles is a nontrivial task, in particular at the outflow.
Moreover, Dirichlet conditions strongly affect the solution, so essential conditions are often
avoided when velocity data are not available. In any case, for fully Dirichlet conditions,
consistency condition (19) must be fulfilled.

2. When resorting to Neumann conditions or mixed Dirichlet/Neumann conditions (typically,
Dirichlet conditions on the proximal sections and Neumann conditions on the distal ones),
there is in general no guarantee that no backflow occurs at the outlet sections. This is not only
unrealistic for certain vascular districts (e.g. the thoracic aorta, see Sect. 5), but it may also
compromise the stability of the numerical solution. It is indeed well known that a sufficient
condition for the stability of the solution of the Navier-Stokes problem is the absence of inflow
(or backflow) on Neumann boundaries (see e.g. [58, 61]).

A possible workaround when only an outflow section is present is to prescribe a realistic inflow
velocity profile and a flow rate boundary condition on the outflow, namely

Qo =

∫
Γo

u · n = −
∫
S

w · n −
∫
Γi

u · n.
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12 M. PICCINELLI ET AL

This condition can be prescribed with a Lagrange multiplier approach (see [19, 59, 60]), that
basically amounts to the prescription of a proper Neumann condition fulfilling the requirement on
the flow rate (see [19, 58]). In this way, the Neumann condition is tuned to reflect the volume change
of the domain so to avoid unrealistic backflows on the outflow. Another, more general, strategy is
to embed the 3D domain into a geometrical multiscale model, where the downstream districts are
represented either by 1D or lumped parameter models (see [20], Chapter 11). In the latter case,
Neumann boundary conditions are replaced by suitable Robin conditions, reflecting the action of
the peripheral sites. Backflows are prevented with a proper tuning of the parameter of the Robin
condition.

We stress however that, beyond the demonstrative test cases presented in the next section, the
reliability of the entire workflow proposed here is strongly based on the availability of accurate,
patient-specific inflow/outflow conditions.

5. NUMERICAL RESULTS

5.1. An annotated test case: aortic arch and thoracic aorta

A dataset of medical images has been acquired at Ospedale Maggiore in Milano (Italy), using a
Siemens SOMATOM Definition Flash Dual-Source CT Scanner c©, able to capture 10 time frames
per cardiac cycle. The original 4D computed tomography angiography set refers to a 72-year-old
male patient with a diagnosed abdominal aneurysm and covers the entire length of the thoracic and
abdominal aorta from the aortic root to the bifurcation into the iliac arteries. From this set, the region
including the aortic arch and the thoracic aorta has been selected and a level set segmentation has
been performed for each time frame, as explained in Section 2. All the side branches have been
excluded from the domain of interest, depicted in Figure 1. The entity of the movement for the
present case is sufficiently small to anticipate that the registration method adopted would not suffer
from the presence of bifurcations. Each time frame consists of one thousand images sized 512x512
pixels; the planar pixel spacing is isotropic 0.48 mm, the slice thickness is 0.60 mm. The images
were collected in DICOM format for subsequent analysis and processing.

5.1.1. Why aorta? In most part of the cardiovascular system, the movement of the vascular wall is
relatively small compared to the vessel diameter. The radius changes may be negligible, especially in
the peripheral arteries. Depending on which district is being considered, the assumption of vascular
fixed geometry may be reasonable, and allow to capture the main characteristics of the flow [16, 51].
The aortic arch is the most noticeable exception to this statement.

Anticipating the results of the tracking procedure, we show in Figure 5 the computed domain
displacement on the mesh boundary at three different time instants: the first one is at 1

4 of the
cardiac cycle, the second one at 1

2 of the cardiac cycle and the last one at 3
4 of the cardiac cycle.

Due to its proximity to the heart, the first tract of the aortic arch is interested by the most relevant
movement, while the distal part of the domain presents relatively small displacements.

A more quantitative indication of the entity of the movement can be given by the time average of
the mean square deformation (with respect to the initial configuration), normalized on the average
radius in the initial configuration Ravg:

η ≡ 1

TRavg

∫ T

0

⎛
⎜⎝ 1

|Ω(t)|

∫
Ω(t)

(x(t) − x(0))
2

⎞
⎟⎠

1/2

. (20)

In our case, we have

η = 12.16%,

which is a large enough number to justify numerical simulations in a compliant domain.
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4D IMAGE-BASED CFD SIMULATIONS 13

Figure 5. Screenshots displaying the displacement of the domain at different time instants in the cardiac

cycle. Let T be the cardiac time period. The displacement field is shown at t = T
4 (left panel), at t = T

2

(middle panel) and 3T
4 (right panel). The magnitude of the vector field is represented by the color scale,

while its direction is indicated by the arrows. The considered measurement unit for the displacement is cm.

Figure 6. Synoptic representation of the first four surfaces (out of ten) reconstructed.

Remark Notice that a quantification of the radial displacement by itself is not enough for a correct
estimate of the movement of the domain. By extracting the centerline of the considered ROI† and
computing the mean radius at the systolic peak Rsystole and at the end of the diastole Rdiastole , we get

Rsystole

Rdiastole
=

1.48cm

1.40cm
= 1.06.

which is clearly an underestimation of the real movement of the domain.

5.1.2. Segmentation and tracking The blood-vessel interface was identified for each time frame
acquired in the 4D CT image and the surface mesh was extracted and smoothed using VMTK. Since

†VMTK provides facilities for extracting the centerline of a non cylindrical vessel as described in [43].
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Figure 7. Evaluation of the registration errors by means of two norms: ‖Ŝh
k − Sh

k ‖2 (top); ‖Ŝh
k − Sh

k ‖∞
(bottom).

the tracking procedure works iteratively comparing and moving triangulated surfaces, particular
attention was devoted to obtain a regular triangle tessellation (see Fig. 1, right). At the end of
the segmentation stage, a sequence of surface meshes {Sh

0 , Sh
1 , ..., Sh

9 } has been computed. Each
one of them identifies the position in space of the vessel wall throughout the cardiac cycle, S0

corresponding to the end of the diastolic phase. Figure 6 depicts the first four of the 10 surfaces
reconstructed and pinpoints the aortic arch as the portion of the vessel experiencing the greatest
deformation in the first part of the cycle.

The number of points and triangles slightly varies among the 10 surfaces. In particular Sh
0 surface,

that provides the template of all the tracking steps, counts about 11600 points and 23200 cells; the
number of points of the surfaces of the subsequent time frames ranges between 11100 to 11800, and
the number of triangles from 22100 to 23550 (for details see Table I).

Sh
k \k 0 1 2 3 4 5 6 7 8 9

NP 11649 11823 11777 11575 11444 11456 11466 11322 11258 11106
NT 23187 23535 23434 23040 22776 22793 22189 22528 22401 22105

Table I. Number of points and cells for each frame surface.

Nine registration steps were performed in order to map Sh
0 to all the subsequent positions. The

“ad hoc” registration code was written in Matlab. The displacement field was computed in about 20
minutes per couple of surfaces, for a total time required to calculate the moving surface of about 3
hours (PC equipped with a 2GHz Intel Core 2 Duo CPU and 2 GB RAM).

To evaluate the performance of the registration algorithm, for each tracking step the distance of
the points of the registered surface Ŝh

k to the corresponding reference one Sh
k was computed. More

precisely we measured two indexes:

‖Ŝh
k − Sh

k ‖2 ≡ Dh(ϕ(Sh
T ),Sh

R) ≡
(

1
nT

∑nT

j=1

(
dist(ϕ(xj

T ),Sh
R)

)2
)1/2

‖Ŝh
k − Sh

k ‖∞ ≡ max
j=1,2,...nT

dist(ϕ(xj
T ),Sh

R)

where Dh(·, ·) is the distance (8).
Figure 7 reports these errors for each registration performed. Notice that the registration steps

1,3,4,5 feature a higher error than the others, as it is in particular outlined by the ‖Ŝh
k − Sh

k ‖∞
index. This is due to a local effect at the end sections of the ROI, namely in correspondence of
the aortic inlet and thoracic outlet. In this region, the regularizing effect of the mass-spring model
is less effective, since the inlet and outlet sections are open profiles where springs are acting only
in the direction opposite to the boundary. This results in some irregularities of the triangulation
(Fig. 8, left) or some local inaccuracies (Fig. 8, right). As can be seen on the right side of the
figure (corresponding to the 5th step) the overall registration is good, apart from the region at the
aorta inlet, where the optimization procedure stops at a local (not absolute) minimum, so that some
misalignment between the mapped template image and the reference image is still evident.

These effects could be avoided resorting to different regularizing terms. Their impact is however
limited to small localized areas. It is worth pointing out that, in general, the misalignment between
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Figure 8. Left: Local irregularities in the triangulation at the boundary sections. Last panel: a suboptimal
approximation of the reference surface obtained at the fifth registration step due to a local minimum found

by the minimization procedure.

Figure 9. Registration error in the first 5 time frames (distance is measured in mm).

each couple of surfaces ranges between 10−7 to 10−1 mm. This is outlined in Figure 9, where the
distance ‖Ŝh

k − Sh
k ‖∞ for the first five registration steps is plotted over the registered surface.

5.1.3. CFD simulation

The solver Standard assumptions on the physics of the system were made, namely the fluid
viscosity was taken equal to μ = 0.035 poise and the fluid density was set to 1 g/cm3.

System (16) was discretized in space with the finite element method. The couple of LBB-
stable finite element spaces chosen to discretize the velocity and the pressure was (P1 bubble,
P1 - see e.g. [47]). Time discretization was performed with a classical finite difference first order
semi-implicit time advancing method with a time step of 8.2 × 10−4 s. The algebraic system
obtained from the discretization of the Navier-Stokes equations in ALE formulation is solved
monolithically with a flexible GMRES solver [48]. The segregated preconditioner adopted is based
on an inexact factorization of the system matrix, according to the Yosida scheme (see [45]).
Within that scheme, a QR factorization of the approximated pressure Schur complement matrix
was exploited (its numerical computation was done by using the SuiteSparse package (available
at http://www.cise.ufl.edu/research/sparse/SuiteSparse/). All the CFD simulations were carried out
with a software based on the serial version of LifeV, a library collecting the implementation in
C++ language of algorithms and data structures for the numerical solution of partial differential
equations. LifeV is publicly distributed via the web portal www.lifev.org.

Mesh generation Using the software Cubit (http://cubit.sandia.gov/cubitprogram.html) a
tetrahedral mesh was generated in the domain enclosed by surface Sh

0 , composed of 50232 vertices.
As discussed in Section 3, the position in time of the points of the lateral wall Sh was computed as
the periodic cubic spline interpolation P(Φ) of the 10 available position fields. At each time step
ti of the time discretization, the velocity of the wall was computed as the exact derivative of the
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interpolated position xS(ti). Both the displacement xS(ti+1) − xS(ti) and velocity of the internal
points of the mesh were computed as the harmonic extension of boundary fields. Problem (17) was
discretized using a finite element piecewise linear approximation of w.

As pointed out in Sect. 3, we resort to spline interpolation to guarantee enough smoothness to the
position xS(t) as a function of time. A piecewise linear interpolation, although extremely simple,
would result in poor regularity properties, affecting the numerical simulation. In fact, a discontinuity
in time of the velocity of the blood particles on the arterial wall has to be considered an artifact. This
is illustrated in Fig. 10, where we report the aorta volume as a function of time as it is reconstructed
upon a piecewise linear (left) and a cubic spline interpolation of the surface position (right). Poor
regularity of the piecewise linear interpolation could clearly affect the simulation, in particular when
Dirichlet conditions are prescribed. As a matter of fact, fulfillment of condition (19) required by
incompressibility constraint involves the derivative in time of the volume change.
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Figure 10. Time dependence of the volume of the domain. The position of points on the mesh boundary
is obtained by interpolating in time the available data from the tracking process. If a piecewise linear
interpolation is adopted, the resulting change of volume in time is also piecewise linear (left). If a high
order interpolation is used (in this case, a periodic cubic spline), the change of volume is a smooth function

(right).
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Figure 11. Time pattern of the pressure drop, defined as the instantaneous difference between the average
blood pressure on the inlet section and the average pressure on the outlet section. The results of two different
moving domain simulations are reported: the red dashed line refers to the case in which we interpolated the
position of mesh boundary points with a piecewise linear function; the blue solid line corresponds to the

case in which we used a spline interpolation.

In Figure 11 we show the pressure drop, defined as the instantaneous difference between the
average blood pressure on the inlet section and the average pressure on the outlet section of the
domain. The red dashed line represents the time pattern of the pressure drop computed when we
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4D IMAGE-BASED CFD SIMULATIONS 17

resort to a piecewise linear interpolation. Spikes of the pressure drop profile reflect the lack of
regularity of the interpolation. Using a spline interpolation to follow the movement of the mesh
boundary points, we are able to recover a physically meaningful solution (blue solid line).

Boundary conditions This numerical experiment is intended to mimic a blood flow problem in a
geometry representative of a real vascular district to test the 4D image-based approach. Moreover,
we wanted to evaluate the effects of the wall motion on the CFD simulations. The boundary
conditions were therefore not intended to reproduce the actual patient-specific situation. As we
have pointed out, patient-specific data (blood flow rate, blood pressure) are crucial for the reliability
of the numerical simulations and their inclusion in our algorithm is straightforward through the
definition of the proper boundary conditions. However, patient-specific measurements of blood flow
rates, velocities or pressures were not available in this case, so we imposed an analytical boundary
condition for the velocity on the inlet section. In particular, a parabolic velocity profile was chosen
and its amplitude in time was chosen in order to fit an inlet flow rate in a physiological range for the
aortic arch (see [14]). On the outlet section we imposed a resistance outflow condition (namely a
Robin boundary condition) corresponding to a normal stress proportional to the outgoing flow rate.
The proportionality constant represents the downstream resistance and has been empirically chosen
equal to one.

The boundary conditions were designed to obtain a non negative flow rate on the outlet section at
each time instant, corresponding to a physiological condition in the thoracic aorta. Figure 12 shows
the prescribed inflow, the rate of change of the volume and the resulting outflow.
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Figure 12. Time pattern of the inlet flow rate, outlet flow rate and instantaneous rate of change of the domain
volume.

5.2. Comparison with standard approaches

5.2.1. Rigid vs. Deformable wall results The fluid was assumed at rest at the initial time, featuring
zero velocity and pressure. We simulated 3 cardiac cycles, and the solution in the third cycle was
considered in the results analysis. This allowed to reduce the effect of the initial condition, making
the solution dominated by the boundary conditions. The duration of each simulated cardiac cycle
was 0.82 s.

We also performed a simulation of blood flow in the same geometry under the assumption of rigid
vessel walls. The position of the mesh nodes was kept fixed in the configuration corresponding to
the initial time step of the cycle. All the other parameters, together with the definition of the inlet
and outlet boundary conditions, were the same as in the moving wall simulation. For more details,
see [30]. To evaluate the difference between the two solutions, we mapped the points of the moving
geometry back to the initial configuration, obtaining a comparison on a reference domain.

We show in Figure 13 the difference between the fluid velocity field in the two simulations, with
fixed and moving domain, at various time instants during the cardiac cycle. On the left of each row
we show the difference of the velocity fields, evaluated in the reference domain. On the right we
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18 M. PICCINELLI ET AL

report the velocity field in the moving domain. We observe that the magnitude of the difference is
larger in the distal tract of the domain than in the most proximal one, at all time instants during
the cardiac cycle. This behavior can be explained considering that in the proximal region of the
domain the flow features are more affected by the Dirichlet boundary condition on the inlet section
(which is the same in both the moving and rigid cases), while the boundary condition on the outlet
section does not constrain the velocity profile. Moreover the domain movement causes the flow rate
across each cross section to be space dependent (while in the rigid domain case the flow rate through
each cross section is uniformly equal to the inlet flow rate). In the diastolic phase, the effects of the
secondary flow are more relevant, as can be seen in the last two panels of Figure 13.

We also consider the wall shear stress (WSS), defined as the tangential component of the stress
exerted by the fluid over the vessel wall S ⊂ ∂Ω

WSS = (σn)tangential = σn− (σn · n)n,

where n is the normal unit vector on S and σ is the Cauchy stress tensor for an incompressible
Newtonian fluid. Details on the method for computing the WSS can be found in [39]. We point out
that in the moving domain case, the normal unit vector n is a function of time.

The results concerning the comparison of WSS magnitude in rigid and deformable domains
are shown in Figure 14 for two different perspectives and at t corresponding to peak systole.
A remarkable difference in WSS appears on the inner side of the aortic arch curve. Significant
differences are also found in the downstream region. This is likely due, as explained above, to the
less influence exerted by the inlet Dirichlet boundary conditions on the distal tract of the domain.
We also point out that at systolic peak the WSS shear stress magnitude experiences higher values in
the rigid domain simulation than in the 4DIB one, in the majority of the surface, as shown in Figure
15.

To quantify the differences between the solution fields in the fixed domain simulation (denoted
by subscript rigid) and the moving domain solution fields (denoted by subscript 4DIB), we refer to
the indicators

χvec
f ,m(ti) =

‖f rigid − f 4DIB‖Hm(Ω)(t
i)

‖f rigid‖Hm(Ω)(ti)
(21)

where m = 0, 1 (for m = 0 we have the classical L2 norm) and f is either the fluid velocity or the
fluid WSS. The collected results are shown in Table II.

max over ti ∈ T mean over ti ∈ T
χvec

u,0 163.21% 84.52%

χvec
u,1 138.99% 95.38%

χvec
WSS,0 157.91% 83.18%

χvec
WSS,1 158.57% 85.61%

Table II. Indicators that quantify the difference between the solution of the fluid problem in a rigid wall
simulation and a moving wall simulation, in term of velocity and wall shear stress.

These results suggest that in the considered vascular district the wall motion has a noticeable
effect on the solution, the maximum differences being more than 80% for both the WSS and the
velocity fields. Our results differ significantly from the findings of numerical experiments based on
a similar approach reported in [16, 51]. In that case simulations in moving domain were found to
provide results qualitatively in good agreement with those obtained in rigid domain, for the specific
case of blood flow in intracranial aneurysms. We stress that there is however no inconsistency
between the cited results and our conclusions. The arterial wall motion may possibly be neglected
in the brain circulation, this may not be correct in the aorta, and in such cases the image-based
technique could provide a relatively easy way to improve the accuracy and the efficiency of CFD
solvers. A sensitivity analysis of the indicators in (21) with respect to the amount of displacement η
(20) will be carried out in a forthcoming paper.

Copyright c© 2010 John Wiley & Sons, Ltd. Int. J. Numer. Meth. Biomed. Engng. (2010)
Prepared using cnmauth.cls DOI: 10.1002/cnm



4D IMAGE-BASED CFD SIMULATIONS 19

Figure 13. On the left side of each panel, the difference between the fluid velocity computed by the fixed
domain simulation and the one computed by the moving domain simulation on selected slices of the domain
is displayed. On the right side the velocity computed with the 4D image-based moving domain approach is

depicted. Colors are proportional to the magnitude of the velocity field.

5.2.2. 4D Image based vs Fully Coupled Fluid-Structure Interaction Problem Results presented
so far suggest that the rigid wall assumption in CFD studies can be sometimes unrealistic. To
investigate the reliability of our 4D Image-Based approach, we perform a FSI simulation on a given
geometry, modeling the vessel wall with a suitable mechanical model, and the fluid mechanics
as governed by the Navier-Stokes equations. From such simulation we can retrieve the fluid
velocity and pressure fields that will be considered as a benchmark for the image-based moving
domain simulation. The displacement field of the computational domain is calculated from the FSI
simulation as well. These data are used in the equations (16) as if retrieved by the registration
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Figure 13. (Continued) On the left side of each panel, the difference between the fluid velocity computed by
the fixed domain simulation and the one computed by the moving domain simulation on selected slices of
the domain is displayed. On the right side the velocity computed with the 4D image-based moving domain

approach is depicted. Colors are proportional to the magnitude of the velocity field.

process. We compare the quantity of interest computed with the two strategies, namely the velocity
and the wall shear stress fields. We report in Figure 16 a flow chart of the described pipeline.

We perform a test on a geometry representing a carotid bifurcation. The fluid mesh has 20072
vertices and the solid one has 24100 vertices. On the inlet section we prescribe for both the FSI
and image-based movement simulation a non-homogeneous Neumann boundary condition and in
particular a step function of time. The stress magnitude is 1.33 · 104 dyne/cm2 for t < 0.003 s and
0 otherwise. On the outlet sections we prescribe homogeneous Neumann boundary conditions. The
time step for both simulations is Δt = 10−4 s, the fluid viscosity is 0.03 poise, the fluid density
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Figure 14. On the left side, the difference between the WSS magnitude computed in the rigid domain
simulation and in the moving domain simulation, plotted on the surface of the reference domain. On the
right, the WSS computed in the moving domain simulation. Both rows represent the solution at peak systole

but the geometry is viewed from two different perspectives.

is 1 g/cm3, the Young modulus for the structure problem is 3 · 106 dyne/cm2, the Poisson ratio is
ν = 0.3 and the density of the structure is 1.2 g/cm3.

In the 4DIB approach, the solution of the Navier-Stokes equations in ALE formulation was
achieved with a solver based on an Interior Penalty (IP) stabilization technique [11], that does
not constrain the choice of LBB compatible elements for velocity and pressure. The considered
FSI model is composed of the St.Venant-Kirchhoff model for the structure mechanics, and of the
Navier-Stokes equations for the fluid mechanics. The FSI problem was solved with a monolithic
(also called non-modular) approach, presented in [13]. At the interface between the fluid domain
and the structure domain the algorithm imposes the continuity of the velocity and the continuity of
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Figure 15. In red: region of the vessel surface where the WSS magnitude is higher in the rigid domain
simulation than in the 4DIB one. The considered time instant is the systolic peak.

Figure 16. Workflow for the comparison between a classical fluid-structure interaction (FSI) computation
and the 4D image based approach. The FSI simulation provide the (registered) displacement to be used
for an image based computation. Velocity and pressure fields obtained with the two approaches are then

compared.

the stress. The fluid domain velocity is computed as the harmonic extension of the velocity of the
fluid-solid interface (see Section 4), both for the FSI simulation and for the 4DIB one.

This comparison confirms that the differences between the FSI results and the corresponding
4DIB motion results are small, the indicators (21) being reported in Tab. III. We report in Figure 17
the comparison between FSI and 4DIB simulations results, on velocity and WSS magnitude fields.

max over ti ∈ T mean over ti ∈ T
χvec

u,0 4.98% 0.59%

χvec
u,1 4.82% 1.72%

χvec
WSS,0 5.55% 0.87%

χvec
WSS,1 4.48% 1.34%

Table III. Indicators that quantify the difference between the solution of the FSI and the 4D Image Based
approaches, in terms of velocity and wall shear stress.

Although we did not focus on tuning the two algorithms to improve their efficiency at this stage
of the work, we observed a significant difference in the computational effort required to solve the
two problems. This was indeed expected since the 4DIB motion strategy does not involve the
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Figure 17. On the left of each panel the difference between the FSI and the 4D Image Based computations
(velocity field). On the right, the results of the 4D Image Based approach (velocity field). The three panels

refer to three different instants of the heart beat.

Figure 17. (Continued) On the left of each panel the difference between the FSI and the 4D Image Based
computations (WSS). On the right, the results of the 4D Image Based approach (WSS). The three panels

refer to three different instants of the heart beat.

solution of the solid problem. The FSI solver has been run using 8 processors while the image-
based motion algorithm has been run on one processor of the same machine ‡ (it is currently
implemented only in the serial version of LifeV). The CPU time required by each of the processors
in the FSI simulation is approximately the double of the CPU time required by the image-based
motion simulation. Besides this preliminary result, however, an extensive evaluation of the relative
advantages of the two approaches is in order, exploiting in particular parallel computing on a large
number of processors, to evaluate the scalability of the two algorithms to obtain a better comparison.
In general we expect the 4DIB problem to have a complexity similar to a Navier-Stokes problem
solved on a rigid domain. This has indeed been verified in the test case presented in Section 5.2.1.

6. CONCLUSIONS

Availability of new imaging techniques and data raises new challenges for numerical Cardiovascular
Mathematics. Assimilation of these data to numerical simulations is expected to bring a mutual
advantage to the quality of results and to the accuracy/efficiency of numerical methodologies, as it
does in geophysical and meteorological applications [9]. In particular these considerations apply to
biomedical applications in view of a more extensive use of patient-specific numerical modeling.

In this paper, following the idea of using 4D images for tracking the motion of a vascular district,
we show how to simulate blood flow in compliant domains without solving a complete FSI problem.
This image based approach requires

‡Workstation equipped with 2.2 GHz AMD Dual-Core Opteron processors and 4 GB RAM.
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1. reconstruction of the anatomical structure geometry in each available time frame,
2. registration of the geometries,
3. fluid simulation in moving domains.

The sets of comparison presented suggest that this approach leads to consistent results with classical
FSI simulations and that, on the other hand, CFD simulations in the ascending and thoracic aorta
require the inclusion of compliant domains in order to guarantee the reliability of the outcome.
We point out that this approach is not suitable to investigate the effect of the fluid dynamics
on the vascular wall, since we take into account a one-way interaction only. However, should
imaging methods be able to track the displacement of the structure, a similar approach is viable
for investigating the vessel dynamics.

Many open questions deserve to be investigated in the future, especially related to the interplay
among the three steps mentioned above. What are the best options for selecting map, distance
and regularizing term in the registration step? To what extent will registration errors and, more
in general, image noise affect the quality of the numerical simulations? What are the vascular
districts where the motion of the domain needs to be taken into account? Moreover, the registration
method presented here is appropriate for vessel displacements, while its application to more
deformable structures like the heart appears problematic. Using the terminology introduced in [56]
the workflow presented here can be regarded as a frame-to-frame pseudo-observational approach.
More mathematically advanced methods advocated in [56] which entail an integrated variational
assimilation of data and images, could be considered as a future development of the present work.

A sensitivity analysis of the quantities of interest with respect to the noise in the images and
the errors introduced by the registration is needed. We plan also to investigate the performances of
the proposed approach on more complex geometries, like the left ventricle, involving more marked
curvature and torsion and to study the effect of the space and time discretization parameters on the
accuracy of the solution. The comparison with a different fluid-structure interaction algorithm, for
instance involving a different mechanical model for the structure, will also be studied.

The significant time reduction of the computations is certainly a valid motivation for pursuing
this approach in the general framework of a stronger integration of data (images and measures)
and numerical simulations in Cardiovascular Mathematics. In addition, in the same perspective, the
registration methods presented can be used for solving the “inverse FSI” problem of estimating
vascular compliances as presented in [40].
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