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Abstract
Purpose: Validation of computational models using imaging modalities such as Magnetic
Resonance Imaging (MRI) is a non-trivial task, especially in the replication of the elastic
properties of the vessels at the different stages of aging. In this paper, we created an aortic
phantom from patient-specific data and characterised the compliance with respect to clinically
relevant indicators.
Method: The 3D geometry of an aortic arch was retrieved from a Computed Tomography
Angiography scan. A rubber-like silicone phantom was manufactured and connected to a
compliance chamber in order to tune its compliance. A lumped resistance was also coupled
with the system. The compliance of the aortic arch model was validated against the Young
modulus.
Results: The silicone model shown that the compliance can be finely tuned with this system
under pulsatile conditions. The phantom shows values of compliance in the physiological
range. Both, the pressure curves and the asymmetrical behaviour of the expansion, are in
agreement with the literature.
Conclusions: This novel design approach allows obtaining for the first time a phantom with
tuneable compliance. Vascular phantoms designed and developed with the methodology
proposed in this paper have high potential to be used in diverse environments. Applications
include training of physicians, pre-operative trials for complex interventions, testing of medical
devices for cardiovascular diseases and comparative MRI-based computational studies.
Keywords:
Applied Mechanics, Cardiovascular Diagnostics, Clinical Applications, Tissue Engineering
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1. Introduction
Cardiovascular Diseases (CVDs) have evolved into a global epidemic being the leading cause
of death globally - more people die annually from CVDs than from any other disease [1, 2]. In
the European Region, CVDs account for 45% of all deaths with 3.9m deaths each year [2];
there were just under 11.3 million new cases in 2015; more than 85m people were living with
CVDs in 2015 [2]. Increasing occurrence of CVDs at advanced age requires costly surgical
operations to be conducted in a minimal invasive way [2, 3]. Considering a decrease in
mortality rate and a higher life expectancy in many middle and high-income countries [3], the
cardiovascular devices market with a value of $33 billion in 2015 is projected to grow at a
compound annual rate of 6.6%. Its expansion is mainly triggered by the need of new devices
capable of reducing hospitalization costs, patients’ pain and recovery time [4]. As CVDs do
not only represent a health issue, but also a major economic burden managing on how to
manage symptoms and conditions, the total global cost of CVDs is set to rise from
approximately US $863 billion in 2010 to a staggering US $1,044 billion in 2030 [5]. Early
diagnosis and minimal invasive interventions could play a significant role in this framework.
Imaging techniques such as Magnetic Resonance Imaging play a major role in early diagnosis
of CVDs. Fluid dynamics relevant biomarkers have been investigated to assess initiation and
development of CVDs such as atherosclerosis and aneurysms [6]. However, spatial and
temporal resolutions and artefacts constitute still an obstacle since they are strongly related to
the time of the scanning and to the motion of the patient. Well-established tools in engineering
are also image based computational methods such as Computational Fluid Dynamic (CFD) and
Fluid Structure Interaction (FSI). These computational approaches could give invaluable
insights in cardiovascular medicine since they allow modelling of healthy and pathological
conditions, the enhancement of diagnostic assessment, and the prediction of the outcomes of
device implantations or interventions [7, 8, 9]. Nevertheless, further investigations are required
to validate these approaches [10, 11].
An increase variety of medical devices to treat CVDs, the intrinsic complexity of interventions,
and the lack of sufficient training and adequate surgical planning, high level of surgical skills
and experience is required to successfully perform cardiovascular interventions. In particular,
in minimal invasive interventions where the procedures are image guided, such as
Transcatheter Aortic Valve Implantation (TAVI) [12, 13], coronary stent implantation [14] or
aortic endograft [15, 16], relevant skills and experience are of paramount importance. In these
cases, anatomical complexity, dispositioning or migration of prosthetic devices could affect the
outcome of the surgery and lead to the conversion of open surgery [17, 18]. Here, patientspecific phantoms offer great potential to overcome some of the aforementioned challenges
since they allow longer scanning times (resulting in higher resolution), absence of patient
motion and the assessment of the cardiovascular parameters after device implantations [19].
Phantoms could further constitute an optimal validation tool for computational
approaches [20]. Also, in vitro tests ensure controllable and repeatable experimental conditions
in a cost- and time efficient way [21].
Researchers have investigated rigid as well as flexible cardiovascular models: Rigid phantoms
were historically made of glass to allow transparency [22]. In recent years, latest advancements
in additive manufacturing techniques - 3D printing - have allowed to fabricate rapid, costefficient prototyping of patient-specific geometries using rigid materials [20, 23]. Though these
phantoms are ideal for flow visualization studies for instance, the non-compliance of vessel
walls do not mimic the physiological behaviour of anatomical structures leading to inaccuracy
of fluid dynamic quantities [24] and failing to reproduce conditions in which devices are
deployed. These shortcomings limit their applications in clinical training [22]. Flexible
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vascular phantoms, on the other hand, have been either manufactured using moulding/dipping
processes [25, 26] or 3D additive manufacturing (e.g., using an Objet500 Connex3 printer by
Stratasys, Inc.) with rubber-like materials such as TangoPlus: Moulding or dipping procedures
require a time-intensive manufacturing process. The initial step of a moulding technique
involves 3D printing of several parts of the mould that can be aligned to a 3D prototype
negative. Then, silicone material is poured into the mould and removed, once cured. Though
this technique is time-intensive, phantoms can be manufactured with a uniform thickness – a
challenge when choosing the dipping approach. Here an inner 3D printed prototype will be
coated layer by layer with silicone-like material. Between each layer, the silicone material
needs to cure. Obtaining a uniform coverage of silicone and a thickness that is in alignment
with patient-specific vessel walls is challenging. The overall quality of the dipping process thus
depends on material, mould geometry, dipping movement, drying movement and ambient
atmosphere [26]. The vessel compliance of the developed vascular phantoms using the dipping
or moulding approach depend on the material choice of the silicone [25, 26]. With the
introduction of new 3D printing techniques, it is possible to directly print the vascular phantom
using rubber-like materials such as TangoPlus avoiding the cumbersome and time-consuming
manufacturing work of dipping or moulding procedures [27]. 3D printers such as the Objet500
Connex3 printer by Stratasys, Inc. build layers of curable liquid photopolymer onto a build
tray. The disadvantages of this technique includes the inhomogeneous manufacturing process
resulting in a fragile phantom as well as the high hysteresis of the material during elongation –
when actuating at high frequency, a phantom would bulge and eventually rupture [27].
In this paper, we developed a vascular phantom that allows to vary the vessel wall compliance
characterised with respect to clinically relevant mechanical properties (i.e. pressure and
compliance analyses during non-pulsatile and pulsatile conditions). Using patient-specific CT
data provided by the Centro Cardiologico Monzino, Milan, Italy, the 3D geometry of the aorta
was segmented and a silicone-material phantom manufactured. The phantom features were
determined using computational modelling of the material and of the vessel compliance at
different pressure conditions. The entire phantom is hosted inside a chamber filled with
deionised water connected to a compliance chamber to tune its compliance. We present the
entire design process and characterisation procedure. Vascular phantoms designed and
developed with the methodology proposed in this paper have high potential to be used in
diverse environments. Applications include training of physicians, pre-operative trials for
complex interventions, testing of medical devices for cardiovascular diseases and comparative
MRI-based computational studies.

2. Materials and methods
The design process of this patient specific aortic phantom was inspired by procedural steps
found in [28]. The design process is explained in the flow chart in Figure 1. Firstly, the aorta
contained within the patient CT scan was segmented. Experimental measurements were
conducted identifying the mechanical properties of the selected material to create the phantom
prototype. Then, corresponding strain-stress curves were fitted to a numerical model,
comparing the experimental outcome with the ones of a computational simulation reproducing
the experimental conditions. At this point, each material was associated to a validated hyperelastic mathematical model, which was used to describe a vessel with an idealized geometry at
different range of pressure. The compliance and the distensibility values obtained were used to
select the appropriate material and thickness for the phantom. In the following sections, the
design process will be described in detail.
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Figure 1: Flow chart of the design process: In the initial step, the aorta was segmented within
the patient’s CT scan. Following experimental characterisation and numerical description of
selected material, the phantom was created using silicone material. The final prototype was
validated according to mechanical properties.

2.1. Image segmentation
The original dataset was obtained from a CT-angiography of a 76-year-old patient who was
undergoing a Transcatheter Aortic Valve Implantation (TAVI) procedure. The anonymised
data provided in DICOM file format was obtained from the Centro Cardiologico Monzino,
Milan, Italy. The dataset comprises the entire thoracic aorta, the abdominal aorta and the femoral bifurcation. The patient’s scan does not show any critical pathological condition such as
aneurysm or aortic dissection.
The data was firstly imported to 3DSlicer, an Open Source (OS) software for Digital Imaging
and Communications in Medicine (DICOM) file reading [29]. An image segmentation process
was executed allowing to concentrate the segmentation efforts on a defined Region of Interest
(RoI). The RoI for our aortic phantom included the aortic arch and descending tract (Figure 2).
The lumen of the vessel was extracted using a manual double-threshold image segmentation
method. By looking at the three anatomical plane images of the RoI in Figure 2, the values of
the threshold were adjusted to extract the entire lumen of the aorta resulting in additional anatomical structures, such as the spine, being included in the output volume since the grayscale
level in the image had the same intensity.

Figure 2: Segmentation process leading to the extraction of a smooth lumen of the aorta: A
double-threshold method was applied to the raw CT-data in 3Dslicer. The 3D reconstruction
was then imported in Meshmixer and smoothened to finally obtain the final model of the aorta.
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The selected anatomical structure was exported into Stereolithography (STL) format and refined using Computer Aided Design (CAD) software packages including Geomagic Control
(3D System Inc., Geomagic Solution, USA), 3DS Max Design and MeshMixer (AUTODESK,
Inc., San Rafael, CA). At this stage, the 3D model was smoothened freed from noise and artefacts derived by the thresholding method.

2.2. Tensile tests
Four materials were considered to manufacture the phantom [29]: TangoBlackPlus FLX 980
(Stratasys, Inc.), Eco-Flex 00-30, Eco-Flex 00-50 and Dragon Skin 30 (Smooth-On). The
material selection was driven by material choices for vascular phantoms found in [25, 27, 37].
TangoBlackPlus FLX 980 is a rubber-like material that can be 3D-printed by an Objet500
Connex3 printer by Stratasys, Inc. The silicone and rubber materials by Smooth-On are
composites relying on dipping [31] or casting [32] manufacturing techniques. Each material
was characterised by means of uniaxial tensile test resulting in a descriptive stress strain curve.
According to international standard protocols [33] ten 1 mm thick specimens for each material
have been prepared (by moulding or 3D printing) with the profile shown below (Figure 3).
Uniaxial elongation experiments were conducted applying a constant deformation rate of 20
mm/min. Data processing and analysis were performed using MATLAB. For each test, nominal
stress and strain were computed following Equations (1) and (2).
𝐹
(1)
𝐴0
(𝑙 − 𝑙0 )
(2)
𝜀=
𝑙0
In Equation (1), 𝜎 is the engineering stress and does not consider the decrease of the crosssectional area during the loading phase. This value can be determined by dividing the applied
load 𝐹 measured instantaneously by the load cell and the cross-sectional area of the specimen
at rest 𝐴0 . The true deformation 𝜀 is computed as the ratio between the elongation (𝑙 − 𝑙0 ) and
the initial length 𝑙0 of the specimen.
𝜎=

Empirical results showed that the elongation at break was 500% for all silicone materials and
120% for TangoBlackPlus. To remain within the elastic boundaries of the material and consider
the maximum deformation of the human vessel tissue, results were obtained for up to 200% for
the silicone materials and 100% for TangoBlackPlus.

Figure 3: Specimen geometry used for the tensile tests.
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2.3. Numerical material modelling using FEA
All materials have been mathematically modelled to conduct a Finite Element Analysis (FEA).
A polynomial function was fitted to the uniaxial test data, obtaining plots shown in Figure 4.
The values of mean stress and the associated standard deviation are shown in Table 1.
The geometry and stress-strain curves of the aforementioned specimen (see Figure 3) were
imported into Abaqus CAE. A static step was defined to have a sufficient amount of samples
describing the stress-strain response of the materials. Boundary conditions were defined to
replicate the actual testing conditions: the bottom surface of the parallelepiped was fixed using
the “Encastre” boundary condition to constrain translation and rotation among all axes. The
top surface, on the other hand, was fixed avoiding any vertical movement. A displacement was
applied to right hand side using a ramp waveform. With no loss of generality, the part was
meshed using a 20-node quadratic brick (C3D20RH Abaqus element type). A total of 20
simulations were carried out modelling the four materials with five different hyperelastic
models: Ogden (1st, 2nd and 3rd order), Neo-Hookean and Reduced Polynomial with 2nd order
(for details see appendix).

Figure 4: Stress-strain curves to characterize TangoBlackPlus FLX 980, Eco-Flex 00-30, EcoFlex 00-50 and Dragon Skin 30.
Table 1: Mean stresses and standard deviations for nominal strain values in the interval
[0.25,…,2].
Nominal strain value
[±1%]

Tango DragPlus onskin

EcoFelx
00-50

EcoFlex
00-30

0.25
𝜎̅
[MPa]
std
𝜎̅
[MPa]
std
𝜎̅
[MPa]
std
𝜎̅
[MPa]
std

0.50

0.75

1

1.25

1.5

1.75

2

0.0154 0.0248 0.0320

0.0385 0.0461

0.0545 0.0655 0.0772

0.0021 0.0032 0.0040

0.0052 0.0057

0.0068 0.0082 0.0095

0.0238 0.0387 0.0510

0.0640 0.0799

0.0993 0.1218 0.1459

0.0021 0.0028 0.0032

0.0043 0..0050 0.0070 0.0089 0.0102

0.100

0.1763 0.02549 0.3410 0.4342

0.5349 0.6403 0.7407

0.0101 0.0153 0.0232

0.0292 0.0357

0.0459 0.0580 0.0703

0.1280 0.2223 0.3085

0.3914 -

-

-

-

0.0035 0.0057 0.0106

0.0129 -

-

-

-
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The results obtained for the constitutive models were compared to the experimentally obtained
stress-strain curves, computing the Mean Squared Error (MSE) and performing a paired t-test
with a 5% significance level. The results are shown in Table 2. Here, the constitutive model
with a lower MSE is highlighted and was chosen to characterize the specific material.

2.4 FEA vessel modelling
In order to assess the most suitable material to be used for the manufacturing of the phantom,
a number of FEAs provided a description of the compliance for all materials at different wall
thickness values under physiological pressures. The simulated geometrical model is a hollow
tube with patient-specific dimensions retrieved from the CT scan pressurised at 100 mmHg.
Two sets of simulation were performed:
1. Inflated phantom with physiological blood pressure (80 and 120 mmHg), surrounded by
water and at atmospheric pressure.
2. Inflated phantom with physiological blood pressure (120-80 mmHg), surrounded by water
and undergoing a static pressure of 100 mmHg.
The material properties of the vessel were defined according to Kamenskiy et al. [34] as
graphically shown in Figure 5. The boundary conditions were set to constrain any displacement
and rotation along longitudinal and circumferential directions (see Figure 6) because the
simulated vessel wall is only a section of the entire vessel model. The model was then meshed
using the C3D20RH Abaqus element type. A constant pressure equal to 100 mmHg was applied
on the outer surface while the internal displacement was computed.

Figure 5: Stress-stretch behaviour of the thoracic aorta as found in [34].
Since the simulation model was obtained from the CT scan at 100 mmHg, an equivalent model
geometry at 0 mmHg was created for these two sets of simulation. An idealized section of this
vessel model was generated in Abaqus CAE® with a simplified hollow tube model. In order
to increase the resolution of the element, an axial-symmetric element was created by revolving
a 20° rectangular vessel section with an inflated radius of 13.38 mm, inflated thickness of
2.4 mm, radial displacement of 1.62 mm and deflated radius of 11.74 mm as shown in Figure 6.
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Table 2: Mean Squared Error and p-values of the paired t-test between each constitutive model
and the experimentally obtained stress-strain curve after interpolation. For each hyperelastic
model, the behaviour predicted by the model was compared to the real one using a paired ttest. The highlighted cells show close agreement between the compared curves and, thus, are
representative of that specific material.
Constitutive models: Mean Squared Error
Material

Ogden 1st

Ogden 2nd

Ogden 3rd

Red-Poly 2nd

Neo-Hooke

Eco-Flex 00-30

1.41E-05

2.34E-06

3.14E-06

9.47E-06

2.25E-05

Eco-Flex 00-50

6.89E-05

1.22E-06

2.06E-06

4.33E-05

8.96E-05

Dragonskin

3.74E-04

7.43E-05

4.63E-05

2.00E-04

6.53E-03

TangoBlackPlus

1.60E-05

6.21E-05

5.68E-05

4.31E-05

3.87E-05

Constitutive models: p-value
Ogden 2nd

Ogden 3rd

Red-Poly 2nd

Neo-Hooke

0.0396

0.6534

0.2605

0.1608

0.0013

Eco-Flex 00-50

0.3469

0.7586

0.5021

0.6337

0.1834

Dragonskin

0.3439

0.7831

0.9440

0.4067

2.48E-07

TangoBlackPlus

0.4917

0.3982

0.3749

0.4485

0.9778

Material

Ogden 1

Eco-Flex 00-30

st

Figure 6: Axial-symmetric modelling of the vessel (green section) for numerical simulations.
Two boundary conditions were applied which constrain longitudinal and radial displacements.
Hence, the part can only move sliding along the BC1/BC2 planes.
2.4.1 Simulation under atmospheric pressure
Based on the virtual phantom model, the first simulation experiment involved applying a
pressure of 80mmHg and 120 mmHg when varying the thickness of the phantom wall. The
displacement of the wall and the distensibility value were computed for these pressures for all
four materials. The results are shown in Figure 7.
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Figure 7: Compliance values of TangoBlackPlus FLX 980 (Stratasys, Inc.), Eco-Flex 00-30,
Eco-Flex 00-50 and Dragon Skin 30 (Smooth-On) varying the thickness of the hollow tube
model (see Figure 6). Except from Dragonskin, the materials achieve a distensibility value
which is within the physiological range (see green-shaded area) [35].
The compliance curve of each material exponentially decreases with an increase in wall
thickness. The green-shaded area visualises the physiological range of the aortic vessel wall.
TangoBlackPlus FLX 980, Eco-Flex 00-30, and Eco-Flex 00-50 achieve the distensibility
within this interval. Further, the displacement of the inner wall of the hollow tube model was
explored. Starting from a deflated geometry, the model should behave like a vessel by reaching
the same distensibility value. It is important to note that, on the other hand, this behaviour is
achieved with a mean radius similar to the original one. Hence, the internal radius at 80 mmHg
and 120 mmHg was compared to the original dimensions of the CT scan.

Figure 8: Wall thickness versus radius for all explored materials. Each material was tested at
80 mmHg (lower curve) and 120mmHg (upper curve). The green line shows the reference radius
that was obtained by the CT scan.
2.4.2 Simulation with externally applied pressure
The second simulation experiment aimed at determining the most suitable material and wall
thickness to be used in a condition where the phantom is inflated with physiological blood
pressure (120-80 mmHg), is surrounded by water and at a pressure of 100 mmHg - mimicking
the condition in which the aortic phantom is placed in a closed and sealed housing. For the
FEA, our aforementioned hollow tube geometry was again meshed using C3D20RH element
10

type using boundary conditions equivalent to the ones applied in the first experiment. The
model was then inflated with 80 mmHg and 120 mmHg keeping a constant of 100 mmHg
pressure on the outer wall. The distensibility and displacement values are shown in Figure 9.

Figure 9: Wall thickness versus compliance values for the four materials varying the thickness
of the hollow tube model. All distensibility curves intersect with the reference interval of the
physiological values according to [35].
2.4.3 Material assessment
The results from the first set of simulations suggest that none of the examined materials would
allow manufacturing an aortic phantom capable of achieving human-like distensibility without
controlling the external pressure. In fact, for all material-thickness combinations, if external
atmospheric pressure is considered, the physiological pressurisation of the vessel results in
large displacements, which lead to non-physiological dimensions. TangoBlackPlus seems to
be most suitable for low thickness value of the aortic wall. The drawback of this material is,
however, that thin layers of printed TangoBlackPlus are extremely fragile when stretched.
The second simulations, on the other hand, advises that physiological dimensions can be
maintained with the “inflated” vessel geometry. All materials can reproduce human-like
distensibility values. TangoBlackPlus and Dragon Skin 30 however achieve the behaviour only
when the thin wall thickness values resulting in a fragile aortic phantom. Hence, Eco-Flex
00-30 was chosen as human-like distensibility values can be achieved when larger wall
thickness values are selected. The overall thickness of the phantom has been set to 2 mm. This
thickness resembles the physiological dimension and, in agreement with the simulations, leads
to a flexible vessel wall.

2.5 Phantom design and fabrication
The silicone aortic phantom was fabricated using a casting technique. This manufacturing
process allows reproducing desired vessel wall thicknesses and geometries, which are either
equivalent to the one extracted from patient-specific imaging data or can be homogeneous
across the entire aortic phantom.
An STL file of the aorta (of a 22 cm height) obtained from the image segmentation procedure
was imported into the CAD software packages SolidWorks and Geomagic to refine the mesh
and build a second model which represented the outer surface, i.e. the outer mould, of the 3D
solid vessel (see Figure 10). An offset value of 2 mm was applied to the 3D reconstructed
geometry of the aorta creating a free chamber between the inner and outer mould part for the
silicone material. Centring pins and holes were modelled on the internal and external moulds
11

respectively, to guarantee the correct alignment of the two main elements during the casting
process. The outer mould was designed to be composed of multiple assemblable parts. That
highly simplifies the extraction process of the silicone aorta after the curing process. Each piece
was 3D-printed with Nylon using the SLS technique (EOS Formiga P100). On the other hand,
the inner core was printed with Poly Vinyl Alcohol (PVA), using a Delta Wasp Turbo 2040
FDM 3D printer. The soluble nature of PVA allows to easily dissolve the inner core in water
without risking damage to the aortic phantom.

Figure 10: 3D CAD model of the mould used to fabricate the flexible phantom aorta. The
inner core is made of Poly Vinyl Alcohol (PVA), a dissoluble material. The outer mould is
made of Nylon and divided into voxels to allow the extraction of the silicone phantom after
curing. The inner mould is aligned with the outer one using distributed pins.
Figure 11 shows the resulting silicone aortic phantom embedded inside a housing filled with
de ionized water. To allow MR-compatibility, the entire phantom comprises components made
of MR-compatible material. The housing is made of transparent acrylic material. Acrylic
screws, gaskets and sealing silicone were used to make the housing watertight. Constraints to
the movement of the phantom were added at the inlet and outlet of the vessel where rigid
connections were adopted ensuring the interface with external actuation systems, e.g., a pulse
duplicator. A small Windkessel compliance chamber with a volume of 200 ml, designed
according to [36], was connected to the phantom box via a hose. Hence, the compliance of the
phantom can be tuned adjusting the water-air ratio of the compliance chamber. A throttle valve
was added to the outlet of phantom to mimic the systemic flow resistance of small vessels.

Figure 11: Overall setup of the developed phantom. The vessel (red) was manufactured using
a casting procedure and then placed into an acrylic water-tight housing connected to a
compliance chamber. The water surrounding the phantom in the housing ensure the
physiological orientation. The level of water inside the compliance chamber can be adjusted
using the luer lock valve. The two chamber are connected via a 1-cm-diameter rigid tube.
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2.6 Validation protocols
The mechanical properties of this aortic phantom were analysed through two sets of
experiments aiming at characterising both non-pulsatile and pulsatile conditions.
2.6.1 Static validation
The non-pulsatile analysis focused on the distensibility of the phantom. A motorised syringe
pump was connected to the phantom (Figure 12). A pressure sensor at the outlet of the phantom
monitored the internal phantom pressure.
Hence, the data of volume change and pressure inside the phantom was collected and analysed.
On the one hand, the phantom was filled to reach a non-deformed condition. Then, the syringe
was squeezed until a pressure of 120 mmHg was reached. During the inflation process, the
volume and pressure change were recorded for the diastolic and systolic volume. This
procedure was repeated for various compliance configurations by changing the water level in
the Windkessel compliance chamber in the non-deformed condition.
The compliance of the aortic phantom was computed for different water levels using
Equation (3):
∆𝑉
(3)
𝐶 = 𝑉 [𝑚𝑚𝐻𝑔−1 ]
∆𝑃
∆𝑉 is the difference between the systolic and diastolic volume, 𝑉 the diastolic volume and ∆𝑃
the difference between systolic (120 mmHg) and diastolic (80 mmHg) pressure monitored by
the pressure sensor.

Figure 12: Static validation setup. The phantom is placed inside the housing and filled up with
water. The inlet of the vessel is closed. The outlet of the phantom is connected to a pressure
sensor. The aortic branch is actuated using a syringe pump. The system is controlled via a user
interface and an Arduino board.
2.6.2 Pulsatile validation
To investigate the behaviour of the phantom under pulsatile conditions, the phantom was
connected to a commercially available ViVitro Pulse Duplicator simulating the function of the
heart by generating pulsatile flow. The experiments were set up so that the pump introduced
water under pressure through the aortic valve followed by a hose connected to the aortic
phantom. When the water exited the phantom, the flow was directed to the atrium passing
through the lumped after-load. This experimental setup allows to investigate the distensibility
13

of the aortic phantom as well as the effect of the systemic resistance on the pressure (controlled
by the throttle valve) inside the phantom. Under pulsatile flow, the vessel deformation was
recorded by a High Frame Ratio (HFR) camera placed above the phantom. After calibrating
the camera’s intrinsic and extrinsic parameters, a segmentation algorithm was implemented
using the image processing MATLAB toolbox. Firstly, a RoI was manually selected showing
a section of the aorta. Then, a priori knowledge is given to the algorithm about the background
of the images. Hence, the aorta could be segmented from the series of images using
thresholding resulting in the assessment of the phantom’s compliance. The pressure inside the
phantom was recorded using a catheter tip pressure transducer interfaced with the system. This
experimental procedure was conducted for various compliance configurations of the
Windkessel chamber by changing the water level. The experiments were repeated for mean
pressures of 80, 100 and 120 mmHg.
2.6.3 MRI compatibility test
An MR scan was carried out on the phantom adopting a 3D FLAIR (Fluid Attenuated Inversion
Recovery). This sequence which allows to strongly reduce the signal arising from the silicone,
allowing to have a better contrast on the wall of the phantom thanks to the surrounding water.
The phantom was scanned twice: in deflated (0 mmHg) and inflated (120 mmHg) conditions.

3. Results and discussion
3.1 Non pulsatile test
The results of the non-pulsatile tests are summarised in Table 3. The compliance values of the
phantom are determined for a series of water level inside the Windkessel compliance chamber.
With an increasing water/air ratio, the compliance of the phantom decreases. The low values
of standard deviation demonstrate the repeatability and accurate control in the compliance
values of the aortic phantom.
This analysis quantifies the distensibility of this aorta section (the aortic arch) under various
constraints with regards to the pressure inside the phantom and the Windkessel compliance
configuration. The order of resulting distensibility values in Table 3 are in fact in close
agreement with the physiological values. In fact, considering the wall thickness of the model
presented in this work (2 mm), and the standard deviation, the distensibility found fits in the
range 1.9 – 3.7 10-3 mmHg-1 reported by Baeck et al. [37].
Table 3: Results of the non-pulsatile test. For each water level in the compliance chamber, the
distensibility value of the aortic phantom is determined.
Water level inside
Windkessel [mm]
Compliance
[mmHg-1 10-3]
Std [10-5 mmHg]

10

20

30

40

50

60

70

80

90

2.14

1.96

1.82

1.70

1.56

1.43

1.27

1.13

1.07

1.94

0.46

2.09

1.83

1.47

1.38

0.55

1.18

0.73

3.2 Pulsatile test
For a number of water levels inside the Windkessel compliance chamber and pressures inside
the phantom, a pressure waveform and a diameter variation of ten cardiac cycles were analysed.
Parameters such as the minimum, maximum and mean pressures, compliance of aortic phantom
as well as standard deviation were computed as shown in Table 4.
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Figures 13 and 14 show aortic pressure waveforms for a constant Windkessel compliance and
a constant mean pressure inside the phantom of 100 mmHg, respectively. In Figure 13, three
aortic pressure waveforms for three different configurations three curves representing 80,100
and 120 mmHg are shown. These configurations have the same compliance value and different
mean pressure as result of a change in the lumped resistance module. It can be seen, the curves
are very similar with a constant offset.
In Figure 14, on the other hand, three waveforms with the same mean pressure of 100 mmHg
and different compliance values (i.e. different water/air ratios inside the Windkessel chamber)
are depicted. In this case, the pulse pressure changes according to the level of distensibility
achievable by the phantom.
Table 4: Results of the pulsatile tests: For a number of water levels inside the Windkessel
chamber and mean pressures of 80, 100 and 120 mmHg, pressure values and the compliance
of the aortic phantom vessel using visual tracking are determined.
Configuration
100% water,
120 mmHg
100% water,
100 mmHg
100% water, 80
mmHg
50% water, 120
mmHg
50% water, 100
mmHg
50% water, 80
mmHg
0% water, 120
mmHg
0% water, 100
mmHg
0% water, 80
mmHg

Std [mmHg]

PMIN

PMEAN

PMAX

Compliance
[mmHg-1 10-3]

0.38

89.61

125.23

184.34

0.79

0.44

64.94

103.22

165.42

0.83

0.72

44.54

83.61

146.11

1.00

0.66

97.35

121.40

152.63

1.56

0.28

75.69

102.33

134.96

1.45

0.34

52.27

83.30

119.00

1.58

1.03

106.43

124.71

150.98

1.77

0.23

81.01

100.40

127.10

2.04

0.25

58.97

79.97

108.62

2.06

Figure 13: Pressure curve of the aortic phantom: The compliance chamber is filled with water.
The aortic pressure waveform change is due to an increase in the lumped systemic resistance
by acting on the throttle valve. The three curves represent 80,100, 120 mmHg.
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This pulsatile analysis allows investigating the behaviour of the phantom under dynamic
conditions. As can be seen in Figure 13, for a fixed compliance value, the pressure rises with a
semi-rigid shift as the systemic resistance increases. For the same mean pressure value, the
compliance of the system affects the aortic pulse pressure, which rises for low level of
compliance and decreases for high values of compliance. This behaviour is also evident in real
physiological conditions where the lack of compliance of the arteries, due to stiffening of their
wall, leads to a higher ΔP and an increased systemic resistance, due to narrowing of the vessels,
leads to an overall state of hypertension [38, 39]. The pressure curve both in systole and in
diastole follow the physiological trend. Moreover, the phantom is able to mimic the dicrotic
notch that occurs after the systole [40].
However, an undesired behaviour is shown for high values of compliance - another peak
appears after the notch (see Figure 14, 0% water). This behaviour could be due to the fact that
the phantom undergoes a rise in pressure during the diastole due to the movement of a certain
amount of water from the housing to the Windkessel compliance chamber that takes few
millisecond to drop back in the phantom housing. The presence of this peak impairs the
achievement of a perfect physiological behaviour of the pressure curve.

Figure 14: Pressure curve of the aortic phantom at 100 mmHg: The Windkessel compliance
chamber is filled with 100%, 50% and 0% water.

3.3 MRI compatibility test
In Figure 15, the result of the MR scan is shown proving two descriptive views of the
reconstructed volume. On the left, the top view of the phantom in its deflated and inflated state
is given. On the right-hand side, the cross-sectional view of both conditions is depicted.
The phantom is made of Eco-Flex 00-30 silicone and the box comprises only plastic/acrylic
parts. On the left, the view from the top. On the right, the cross-sectional view of the phantom
in the descending aorta tract. The third and last validation protocols support the MR
compatibility claim with practical results. From Figure 15, two conclusions can be inferred:
The manufacturing process was sufficiently precise as the overall thickness of the phantom is
reasonably uniform. The second observation concerns its behaviour when inflated: the
deformation of the vessel occurs towards the exterior of the housing. This behaviour is in
agreement with the asymmetric distension observed in vivo with MRI scans on healthy
volunteers reported by Van Prehn et al. [41].
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Figure 15: Overlapping of two scans of the same phantom at 0 and 120mmHg pressure.

4. Conclusions
In this paper, a tuneable compliant vascular phantom was designed, created and analysed with
a novel approach based on FEA. The obtained phantom performance was assessed in static and
dynamic behaviour with respect to clinically relevant mechanical properties. In fact, the
phantom shows values of compliance in the physiological range. Both, the pressure curves and
the asymmetrical behaviour of the expansion, are in agreement with the literature. To the best
of our knowledge, the novel design approach proposed in this paper is the first that allows
obtaining a vascular phantom with tuneable compliance. The described methodology offers a
frame of reference for developing mock circulatory systems in healthy and pathologic
conditions, which have high potential to be used in a broad range of environments.
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Appendix
A brief explanation of the formulation of the hyperelastic models used and their strain energy
functions U is given in Equations (4)-(6) [36].
N

N

2μi α
1
α
α
Ogden U ≝ ∑ 2 (λ1 i + λ2 i + λ3 i − 3) + ∑ (Jel − 1)2i
Di
αi
i=1

(4)

i=1

Ogden strain energy potential is expressed in terms of the principal stretches. The order N of
the strain energy function has been considered up to the 3rd order. For each order, αi , μi and Di
values have been directly computed by the software. λi are the principal stretches.
N

N

Reduced Polynomial U ≝ ∑ Ci0 (I̅1 − 3)i + ∑
i=1

i=1

1
(J − 1)2i
Di el

(5)

This is a particular form of the polynomial model where, also in this case, 𝐶𝑖0 and 𝐷𝑖 are
temperature-dependent material parameters computed directly by the software. If the order N
is equal to 1, the Neo-Hookean form is obtained.
Neo − Hookean U ≝ C10 (I̅1 − 3) +

1
(J − 1)2
D1 el

(6)

In all these formulation, I̅1 is the first deviatoric strain, Jel is the elastic volume ratio.
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