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A B S T R A C T   

This study characterizes the material properties of a viscoelastic, ex vivo porcine ascending aorta under dynamic- 
loading conditions via pulsatile flow. The deformation of the opaque vessel wall and the pulsatile flow field 
inside the vessel were recorded using ultrasound imaging. The internal pressure was extracted from the pulsatile 
flow results and, when coupled with the vessel-wall expansion, was used to calculate the instantaneous elastic 
modulus from a novel, time-resolved two-dimensional (i.e. axial and circumferential) stress model. The 
circumferential instantaneous elasticity obtained from the two-dimensional stress model was found to match the 
uniaxial tensile test for strains below 50%. The agreement in elasticity between the two stress states reveals that 
the two-dimensional stress model accurately resolves the circumferential stress of the viscoelastic aorta at 
physiological strains (8%–30%). At higher strains, results from pulsatile flow generated a more compliant 
response than the uniaxial measurements. Viscoelastic properties (storage modulus and loss factor) were also 
calculated using the two-dimensional stress model and compared to those obtained from uniaxial tests. While 
instantaneous elasticity matched between the cylindrical and uniaxial loading, the viscoelastic behaviour 
significantly diverged between stress states. The storage modulus obtained from the pulsatile flow data was 
dependent on mean Reynolds number, while the uniaxial storage modulus results exhibited a strong inverse 
dependency on the frequency. The loss factor for the pulsatile flow data increased alongside the frequency, while 
the uniaxial data indicated a constant loss factor over the entire frequency range. The results of the current study 
show that the two-dimensional stress model can accurately extract the material properties of the ex vivo porcine 
aorta.   

1. Introduction 

The development of cardiovascular (CV) diseases, such as aneu-
rysms, is associated with changes in the micro-structure of the hypere-
lastic and viscoelastic arterial wall (Niestrawska et al., 2016). Such 
changes are linked to the arterial wall mechanical properties (Watton 
and Hill, 2009). Hence, it is important to be able to accurately charac-
terize macro physical properties of the aortic wall in order to understand 
the mechanical relation to disease progression. 

Numerous studies have explored the material properties and 
behaviour of the healthy and diseased aorta in an ex vivo environment 
with data obtained through uniaxial and biaxial tensile tests (Ferrara 
et al., 2016; Kamenskiy et al., 2014; Amabili et al., 2019a; Khanafer 
et al., 2011; Duprey et al., 2016). However, inside the body the aorta is 
under cylindrical stress and is subject to dynamic loading with each 

cardiac cycle (Bergel, 1961a, 1961b). Since the presence of turbulence 
and recirculation has been linked to aneurysm initiation, there is a 
benefit to furthering our understanding of how certain flow character-
istics may accelerate disease within the aortic wall (Stein and Sabbah, 
1976). To fully understand the mechanisms that may lead to CV com-
plications, the fluid–structure interaction (FSI) of the aorta, specifically, 
coupling of local hemodynamics and surface deformation of the arterial 
walls, should be examined (Fung, 1996; Borghi et al., 2008). For that 
reason, there has been increased focus on dynamic flow experiments 
that mimic cylindrical in vivo loading conditions to observe the behav-
iour of both real tissue and phantom vessels (Bia et al., 2005; Veljković 
et al., 2014; Valdez-Jasso et al., 2011; Amabili et al., 2020). Fig. 1 il-
lustrates the dynamic nature of the FSI of the ascending aorta. The 
expansion of the aortic walls as a result of fluid forcing is directly 
coupled with the physical properties of the wall. 
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Dynamic flow testing can reveal important information regarding the 
mechanics of the aorta, including the arterial wall stiffness (Oh, 2018). 
Two common methods to characterize arterial wall stiffness are pulse 
wave velocity (PWV), and the incremental (instantaneous) elasticity 
(Bia et al., 2005). PWV is the speed at which the pressure wave origi-
nating from the heart propagates along the compliant vessel wall, and 
can be found using the Moens-Korteweg equation (Shahmirzadi et al., 
2012). This equation relates the PWV to the Young’s modulus, which 
typically is obtained from ex vivo uniaxial testing of the vessel wall 
(Akhtar et al., 2011). While PWV can yield a patient-specific metric for 
arterial stiffness, its reliance on the Young’s modulus, a single-value 
parameter which assumes linear elasticity and homogeneity across the 
population, is in itself a gross simplification. As an alternative, models 
for the instantaneous elasticity may be considered as a useful 
patient-specific parameter for clinical correlations (Bergel, 1961a; 
Humphrey and Holzapfel, 2012). 

To determine the instantaneous elasticity, the instantaneous vessel- 
wall stresses are required. Laplace’s law, which describes the circum-
ferential stress of a pressurized vessel as related to the internal pressure 
and radius (Fung, 1993), is often used to find the instantaneous elasticity 
in the circumferential direction (Riley et al., 1992; Courtial et al., 2015). 
However, the Laplace relation assumes a free-end, constant-radius 
expansion resulting in a uniform stress state along the vessel length. The 
current threshold of a 5.5 cm diameter for elective repair of an aortic 
aneurysm is based on Laplace’s law, yet aortic dissection has been 
known to occur at diameters smaller than 4.5 cm (Avanzini et al., 2014). 
As the aorta does not undergo free-end expansion in vivo, a simple uni-
form stress state does not adequately capture the complex stress dy-
namics (Wang et al., 2018). 

To address this critical oversimplification of the stress state, as 
described by Laplace’s law, a novel time-dependent stress model has 
been developed based on the forces acting on an axisymmetric 
compliant vessel in a two-dimensional (2D) stress state. We have pre-
viously validated this time-resolved 2D stress model for a synthetic, non- 
linearly elastic vessel with known material properties (Pejcic et al., 
2020). In this study, complementary to previous studies of dynamic flow 
tests, a flow loop with a compliant (synthetic vessel) section was con-
structed, where ultrasound imaging was used to simultaneously collect 

structural deformation of the vessel (in response to a cosine flow profile) 
and the flow field within the vessel. For this simple elastic material, the 
2D stress model predicted instantaneous elasticity better than Laplace’s 
law under both pulsatile and steady-flow conditions. However, in reality 
the arterial wall is viscoelastic, and so it is critical to establish whether 
the time-resolved 2D stress model can accurately predict the instanta-
neous elasticity of a real viscoelastic material, such as a porcine aortic 
sample. 

In addition to the instantaneous elasticity, viscoelastic parameters 
such as the storage modulus, E′, and loss factor, η, are required in order 
to fully describe the time-dependent dynamics of the aorta (Haddad, 
1995). These parameters are typically obtained from a uniaxial testing 
configuration, while dynamic flow tests often focus on studying the 
pressure-area relation and obtaining relevant parameters for viscoelastic 
models. Most recently, Amabili et al. (2020) studied the non-linear dy-
namics of excised human descending aortas within a mock circulatory 
loop using laser Doppler vibrometers to measure the diameter of the 
aorta in two orthogonal directions. Their study presented the dynamic 
storage modulus and loss factor of the human aortic wall, obtained from 
a cylindrical loading configuration and grouped by donor age. The re-
sults from the mock circulatory loop were briefly compared to uniaxial 
tests. To expand on these findings, the next step would be to explore the 
effect of flow parameters (e.g. Strouhal and Reynolds numbers) on the 
viscoelastic properties of the aortic wall in depth, and quantify differ-
ences in behaviour from classical uniaxial testing. 

Thus, the primary objective of the present study is to obtain and 
compare the material properties of a sample porcine aorta under uni-
axial and cylindrical stress states. Elasticity, a physical property that is 
intrinsic to the material, is expected to match between the two stress 
states. First, we aim to demonstrate that the novel time-resolved 2D 
stress model yields an accurate prediction of the instantaneous elastic 
modulus for realistic viscoelastic materials under cylindrical loading. 
Subsequently, vessel-wall material properties such as storage modulus 
and loss factor will be extracted from the raw ultrasound results and 
studied in comparison to results from a uniaxial stress state. This paper 
presents instantaneous elasticity and viscoelastic properties of the ex 
vivo porcine ascending aorta, extracted using ultrasound data, with 
consideration of the long-term goal to extend the 2D stress model to in 
vivo analysis of human aortas. 

2. Model for instantaneous vessel-wall stresses 

Fig. 2(a) shows the cross section of a compliant vessel in an 
axisymmetric, 2D stress state, modeling the current experimental setup 
detailed in Section 3.2. When pressurized through fluid forcing with 
rigid boundary conditions at the inlet and outlet, the compliant vessel 
experiences longitudinal and circumferential stress, labeled σL and σC, 
respectively. The vessel expansion is assumed to be axisymmetric. The 
longitudinal stress originates from the force of tension, T, acting tangent 
to the wall along the y − x plane. Fig. 2(b) shows the forces acting on a 
differential element of the vessel wall. For each time step, the pressure 
force (pdA), acting perpendicular to the surface of the vessel, is balanced 
with the in-plane tension; from this we can resolve an x-direction force 
balance, and a y-direction force balance (Molki and Breuer, 2010). The 
force contribution from the acceleration of the wall is ℴ(10− 6 N), and is 
considered negligible. The two quasi-steady force balance equations can 
be used to obtain the instantaneous longitudinal and circumferential 
stress (Equation (1) and Equation (2) respectively) of the vessel wall. 
The derivation of the following stress equations is presented in our 
previous study (Pejcic et al., 2020): 

σL(t) =

∫ x2
x1

p r sin θ

̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅

1 +

(
dy
dx

)2
√

dx

h r cos θ|x2
x1

, (1)  

Fig. 1. As a result of the fluid forcing during systole, the aorta expands from the 
dotted black line to the solid red line; the blue area represents the associated 
increase in volume. The black dashed line marks the distal end of the ascending 
section. P1 and P2 signify the pressure locations analogous to those in the 
experimental setup of the current study (see Fig. 4). (For interpretation of the 
references to colour in this figure legend, the reader is referred to the Web 
version of this article.) 
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σC(t) =

∫ x2
x1

p r cos θ ds + σL h r sin θ
⃒
⃒
⃒

x2

x1

h
∫ x2

x1
ds

. (2) 

As the stresses do not depend on any material constants, the above 
equations may be directly applied to viscoelastic materials. In the current 
study, we present the instantaneous elastic modulus of the aorta, E(t), 
equivalent to σ(t)/ε(t), where ε(t) represents the instantaneous strain. 
Therefore, any further reference to elasticity, or elastic modulus, is meant 
to represent the infinitesimal slope, or the instantaneous behaviour. 

3. Experimental methods 

3.1. Aorta preparation 

A porcine heart with the aorta attached was obtained from a local 
butcher (Quinn’s Meats Ltd., Kingston, Ontario). After excision of the 
aorta from the heart, the surrounding connective tissue, and valve tissue 
on the proximal side, was cleaned out and the aorta was cut into three 
sections - the ascending aorta, the aortic arch, and the descending aorta. 
The aortic section of interest within this paper is the ascending aorta, 
which experiences the highest flow velocities and wall stresses of the 
vasculature; consequently, sixty percent of thoracic aortic aneurysms 
involve the ascending aorta (Mathur et al., 2016). Fig. 3 shows the 
isolated ascending section. After the experiments were performed within 
the flow loop (outlined under Section 3.2), the aorta was cut into two 
circumferential strips for uniaxial testing. 

3.2. Flow loop setup 

Experiments were performed using a custom flow loop incorporating 
a section of the ascending aorta. Fig. 4 shows a schematic of the vessel. 
The aorta was submerged in a tank of saline solution to ensure the tissue 
did not dry out throughout the course of the experiment; the solution 
also allowed uninhibited transmission of ultrasound waves. The ends of 
the aorta were covered with sections of Dacron graft to prevent damage 
(Krüger et al., 2015), and were then connected to rigid supports using 
hose clamps. The rigid boundaries imposed a 2D stress state on the 
compliant vessel. The proximal side of the aorta is generally assumed to 
be rigid. The length of the compliant section between the supports was 
35 mm. A bi-leaflet mechanical valve (commonly used in valve 
replacement surgeries) was placed 45 mm upstream from the start of the 

compliant vessel; the orientation of the ultrasound imaging plane was 
chosen to be perpendicular to the rotational axis of the leaflets. The 
upstream pipe diameter prior to the valve was 31.8 mm to allow for 
valve placement, and the diameter downstream of the valve was grad-
ually reduced to that of the vessel’s inner diameter, d, which was 19.1 
mm at rest. A positive displacement pump (MCP-Z Process, Ismatec), 
controlled by a custom LabVIEW program, was used to generate the 
pulsatile flow. The working fluid was distilled water. The pressure up-
stream and downstream of the vessel was recorded using Omega PX409 
sensors. 

The compliant vessel was subjected to fluid forcing through a cosine 
waveform described by three non-dimensional parameters: mean Rey-
nolds number (Rem = Umd/ν), Strouhal number (St = fUm/d), and 
amplitude ratio, defined as β = (Repeak − Rem)/Rem. Here, Um is the mean 
velocity, d is the diameter of the vessel at rest, ν is the kinematic vis-
cosity of the fluid, and f is the frequency of the flow. The values for the 
flow parameters are listed in Table 1. 

Fig. 2. (a) A cross-sectional view of the compliant vessel showing the circumferential and longitudinal stress components that arise from the fluid forcing, where 
radial stresses are negligible. The expansion is assumed to be axisymmetric about the x-direction. (b) A force analysis is performed on an arbitrary differential 
element (light blue highlighted section in Fig. 2(a)), where the angle between the tangent of the wall and the x-direction is defined as θ. Focusing on this element in 
the y − x plane, the force of tension is seen to be acting in plane. An infinitesimal change in angle, dθ, between the horizon and the direction of tension results in an 
infinitesimal change in said tension force, along the differential element. Figure adapted from Pejcic et al. (2020). (For interpretation of the references to colour in 
this figure legend, the reader is referred to the Web version of this article.) 

Fig. 3. Ascending portion of the porcine aorta after removal from the pulsatile 
flow experiments. The length of the ascending aorta incorporated into the flow 
loop was 35 mm. The top right corner shows the strips that were used for 
uniaxial testing, cut out after the pulsatile flow experiments from the circum-
ferential direction. 
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3.3. Ultrasound image velocimetry 

The flow field inside the compliant vessel was obtained through ul-
trasound particle image velocimetry (UIV) (Poelma, 2017). The working 
fluid was seeded with tracer particles (ultrasound contrast agent con-
sisting of a perflutren injectable suspension). These tracer particles, 
referred to here as micro-bubbles, are assumed to follow the flow 
without any external effects, and yield high contrast images for UIV. 
B-mode ultrasound images were acquired using a Sonix Touch Q+

(Research) ultrasound machine with an L14-5/38 linear probe. A frame 
rate of 162 frames per second was achieved with a sector width of 50% 
and a depth of 3 cm. This frame rate limited flow velocities to a peak 
Reynolds number of 2000. Fig. 5 shows the field of view (FOV) for the 
ascending aorta section. Acquired ultrasound images were processed 
using Davis 8.4 (LaVision) to obtain the ensemble-averaged velocity 
fields. Background noise was reduced by subtracting a Gaussian sliding 
average filter. Subsequently, the sliding sum-of-correlation algorithm 
was used, for which a multi-pass option with decreasing window size 
(from 64 to 24 pixels with 50% overlap in the last step) was chosen. In 
the vector post-processing step, allowable displacement range, correla-
tion peak ratio, and median filters were applied. Velocity results were 
also smoothed using a 3 × 3 smoothing function. The instantaneous 
diameter, d = 2r, is calculated at the middle of the ultrasound FOV 
(assumed to be the maximum diameter at the furthest point from the 
rigid boundary conditions) through edge detection. The instantaneous 
wall thickness (h) was also calculated for each time step; the maximum 
change in wall thickness over a cycle for the test case with the largest 
deformations (Rem = 1000, β = 1.0, St = 0.1) was 0.25 mm. Error in 
detection of d and h was estimated to be ±0.06 mm. 

3.3.1. Pressure extraction 
The pressure field within the aorta was extracted from the UIV results 

with integration of the Navier-Stokes equation, where viscous terms 
were assumed negligible (Van Oudheusden, 2013): 

∇ p = − ρ
[

du
dt

+ u⋅∇u
]

, (3)  

where ∇ p is the pressure gradient, ρ is the density of the fluid, and u is 
the velocity vector. The spatial integration approach used in this study 
was chosen primarily for its simplicity, as the bulk pressure is the var-
iable of interest rather than the local pressure variations. From each flow 
velocity map, the pressure along the horizontal centerline of the area of 
interest (AOI) was calculated using ∂p/∂x, with the upstream pressure 
sensor providing the initial boundary for integration. The pressure in the 
y-direction was then calculated through integration of ∂p/∂y along each 
column of UIV windows. Due to the movement of the compliant wall, the 
AOI was recalculated for each time step based on the area of the 
instantaneous velocity map, and the pressure field was averaged over 
the instantaneous AOI. 

Fig. 4. Schematic of the vessel within the flow loop. The vessel is submerged 
within a tank of saline solution, in order to allow transmission of the ultrasound 
waves. Pressure sensors are installed at the inlet and outlet of the vessel at-
tachments, with the valve located 45 mm upstream from the start of the vessel. 
The flow is seeded with micro-bubbles that reflect the ultrasound waves. 

Table 1 
Non-dimensional parameters used to describe the fluid flow within the 
ascending aorta.  

Parameter Definition Values 

Rem Umd/ν 600, 800, 1000 
St fUm/d 0.1, 0.2, 0.3 
β Repeak − Rem

Rem  

0.5, 1  

Fig. 5. Raw ultrasound image of steady flow from left-to-right within the aorta (Re = 600), where the FOV is centered away from the rigid boundaries, and has a 
width of 19.2 mm. 
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4. Results and discussion 

The following section presents the material properties, namely the 
instantaneous elasticity and viscoelastic properties, of a sample porcine 
ascending aorta, as obtained from pulsatile flow experiments and 
compared to uniaxial results. 

4.1. Instantaneous elasticity 

Fig. 6(a) shows the circumferential wall stresses for the three Rem 
values at St = 0.2, β = 1.0, calculated from the 2D stress model (Equa-
tion (2)) and plotted against the circumferential strain. The three cases 
overlap over the entire strain range, meaning that with an increase in 
Reynolds number continuity in the stress-strain relationship is main-
tained between the cases, despite the strain range of the individual case 
shifting towards higher cyclic strains. Fig. 6(b) shows the stress-strain 
curves for the uniaxial tests analogous to the pulsatile flow cases in 
Fig. 6(a), where the waveform frequencies and observed strain ampli-
tudes from the pulsatile flow data were used as inputs for the uniaxial 
tests. Unlike the pulsatile flow results, the uniaxial stress-strain curves 
have individual peaks, dependent on the maximum strain level. 

Fig. 7 illustrates the instantaneous elastic modulus results from the 
2D stress model, where the red line represents the average trend of all 
pulsatile flow cases (individual cases shown in light red). For compari-
son, the elastic modulus of the porcine aorta was obtained from uniaxial 
stress measurements (original loading and unloading uniaxial data 
shown in light blue, where the dark blue line represents the average). 
The uniaxial test was performed for a circumferential strip of the aorta 
over the entire strain range observed within the pulsatile flow results 
(10%–60% strain). The dimensional frequencies for each pulsatile flow 
profile were between 0.19 Hz and 0.74 Hz; within this range, uniaxial 
stress-strain results were observed to be independent of frequency for a 
fixed strain amplitude, thus the uniaxial test shown in Fig. 7 was per-
formed at 0.5 Hz, a median value of the flow loop frequency range. The 
dimensional frequency range for this study is below physiological 
values, and was limited by the experimental equipment, including the 
ultrasound frame rate and pump response time. 

Given that elasticity is an intrinsic property, elastic modulus values 
calculated from different stress states are expected to match – assuming 
that the stresses and the stress-strain response of the material are 
resolved correctly (Pejcic et al., 2020). Fig. 7 shows that the 2D stress 
model matches closely with the uniaxial results up to a strain level of 

50%. It is important to note that maximum physiological strains for the 
healthy aorta are between 8% and 30%, largely dependent on age. At 
these strains, for the cylindrical loading of the aorta under realistic 
conditions, a 2D analysis of the stress state (our 2D stress model) yields 
the same result for instantaneous elasticity as the uniaxial test. This 
agreement indicates that the 2D stress model correctly resolves the 
stresses imposed by the current experimental setup. The deviation seen 
at strains above 50% between the stress states may be attributed to the 
effect of nonlinear viscoelasticity at higher strains, discussed in further 
detail under Section 4.2. Uniaxial results were observed to be highly 
dependent on strain amplitude. The peak in stress between 50% and 
60% strain (see Fig. 7) was observed at the apex of all cycles, even at 
lower strain amplitudes (Ferrara et al., 2016; Peña et al., 2015). This 
occurrence was only slightly reduced with repeated runs at the same 
strain amplitude. 

The discrepancies in elasticity at higher strains may also be a result of 
neglecting Poisson’s effect, which may yield differences in tissue 
behaviour between the uniaxial and cylindrical stress states. Poisson’s 
ratio has been previously noted to increase with applied strain in non- 
linear tissues, as related to the changing microscopic fibre behaviour 
(Picu et al., 2018). It is well established that micro-fibres (namely elastin 
and collagen) are recruited to different extents depending on the strain 
level; elastin dictates the macro-mechanics at lower strains, while 
collagen is activated at higher strains and results in non-linear behaviour 
(Wolinsky and Glagov, 1964; Clark and Glagov, 1985; Sokolis et al., 
2006). Activation of these fibres in a 1D plane (as in uniaxial testing) 
versus a 3D plane (as in the bulging seen under cylindrical loading), may 
present differences in the recorded elasticity (Chow et al., 2014; Qi et al., 
2015). Interrupting the network of elastin and collagen, to obtain the 
uniaxial sample, may further alter fibre recruitment between uniaxial 
loading and the cylindrical loading in our experimental setup, which 
could additionally account for the mismatch at higher strains in Fig. 7. 

Initially a fixed value for wall thickness was used to calculate the 
stresses, and a large mismatch between the uniaxial and pulsatile flow 
results was observed at high strains, such that the maximum error was 
equivalent to 35% (calculated at 60% strain). The use of instantaneous 
values for wall thickness for the pulsatile flow data resulted in a sharper 
increase in E(t) beyond strains of 45%, reducing the maximum error 
between stress states to 27%. 

As presented, the 2D stress model is applicable to short aortic spec-
imens (such as the one studied in this current paper), where the bulging 
of the aortic walls in response to fluid forcing is pronounced. For longer 

Fig. 6. (a) Circumferential wall stresses for the flow profiles defined by St = 0.2, β = 1.0, plotted against the circumferential strain of the compliant vessel for one 
cycle. The hysteresis evident within each pressure-strain loop is an indication of the material’s viscoelasticity. The gray arrows represent the loading pathway. (b) 
Stresses for the circumferential strip of the porcine aorta under uniaxial loading. Colours correspond to the pulsatile flow cases in (a), where frequencies and strain 
amplitudes have been matched. Each case has a distinct peak leading up to the respective maximum strain. (For interpretation of the references to colour in this figure 
legend, the reader is referred to the Web version of this article.) 
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aortic samples, the 2D stress model would not be necessary, as signifi-
cant diameter variation along the length of the sample is only observed 
close to the rigid boundaries of the inlet and outlet. 

4.2. Viscoelastic behaviour 

The dynamic viscoelastic behaviour of the aorta under harmonic 
oscillation can be described using two parameters: the storage modulus; 
and the loss factor. The storage modulus represents the ability of the 
material to store elastic energy, and the loss factor is a ratio between the 
dissipated energy and the stored energy. For a linearly viscoelastic 
material, the storage modulus, defined as E′, and loss factor, η, are 
calculated as follows: 

E’ = |E∗|cos(δ), (4)  

η = tan(δ), (5)  

where |E∗| is the amplitude of the complex modulus, and δ is the phase 
lag between the stress and strain waveform (Haddad, 1995; Lakes, 
2009). The complex modulus is the amplitude of the stress divided by 
the amplitude of the strain of the viscoelastic material under harmonic 
oscillation, as discussed in Amabili et al. (2019b). For the pulsatile flow 
results, the circumferential stress derived from the 2D stress model is 
used to calculate |E∗| and δ. 

To the best of the authors’ knowledge, Equation (4) has yet to be 
applied to pulsatile flow data. The storage modulus for an elastic tube, 
such as the aorta, has been previously generalized as the Young’s 
modulus of the material (EY), calculated from the following equation: 

EY =
3 R2

i Ro

2 h Rm

dp
2 dΔr

, (6)  

where Ri and Ro are the inner and outer radii of the aorta, respectively, 
Rm is the mean radius, and dp/dΔr is the slope at the center of the 
pressure-radius loop (Bergel, 1961a; Amabili et al., 2020; Imura et al., 
1990). Equation (6) assumes an isotropic, homogeneous material (Ber-
gel, 1961a). Equation (4) and Equation (5) are derived under the 
assumption of linear viscoelasticity, and have typically only been 
applied to uniaxial stress states (Lakes, 2009). While the theory of linear 
viscoelasticity may apply at small strains, the aorta is known to exhibit 

non-linear viscoelastic behaviour under large deformations (Valdez--
Jasso et al., 2011). We therefore include another, more general equation 
for the loss factor, η, that is applicable for all viscoelastic materials: 

η =
ΔWd

2 π Ws
, (7)  

where Wd is the dissipated energy over one full cycle, equivalent to the 
area within the pressure-radius loop, and Ws is the stored energy over a 
quarter cycle (Lakes, 2009). There are several methods to define storage 
energy; any variation in definition of storage energy would, of course, 
also affect the loss factor calculation (Lakes, 2009). The absolute 
magnitude of the loss factor is therefore less meaningful for viscoelastic 
characterization than the trend of the loss factor observed over varying 
test conditions. Here, we elect to follow the energy definitions as pre-
sented in Amabili et al. (2020): 

ΔWd = Aloop Aref , (8)  

Ws =
1
2
(A1 +A2)Aref , (9)  

where Aref is the reference area that the force arising from pressure is 
acting on, or the at-rest internal area of the aorta. Substituting the above 
energy definitions into Equation (7), we obtain: 

η =
Aloop

π(A1 + A2)
, (11)  

where Aloop is the area within the pressure-radius loop, and A1 and A2 are 
identified in Fig. 8(a) and 8(b). 

Fig. 8(a) shows the pressure-radius loop for Rem = 600, β = 1.0, St =
0.3, which appears as an elliptical loop. The symmetric hysteresis (about 
the ellipse major axis) suggests linear viscoelastic behaviour (Lakes, 
2009). Fig. 8(b) shows the pressure-radius loop for Rem = 1000, β = 1.0, 
St = 0.1, and it is evident that at the higher Rem, the pressure-radius loop 
is no longer elliptical, and the average line of the loop does not follow a 
linear trend. With the increase in strain amplitude associated with 
higher Rem, more collagen fibres become load-bearing, resulting in 
non-linear behaviour (Wagenseil and Mecham, 2012). Note that the 
strain amplitude is also dependent on the Strouhal number, as at higher 
values of St the pulsation frequency is higher; the cyclic deformation of 

Fig. 7. The instantaneous elastic modulus, E(t), of the 
ascending aorta, as calculated from the 2D stress 
model using the ultrasound data obtained from the 
pulsatile flow tests. The 2D stress model is compared 
to the elastic modulus obtained from a uniaxial test of 
the aorta (circumferential direction) performed over a 
similar strain range. At physiologically-relevant 
strains (less than 30%), and up to 50% strain, good 
agreement is observed between the two stress states, 
indicating that the circumferential vessel-wall stress 
from the pulsatile flow experiments is resolved 
correctly.   
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the aorta is constrained to a smaller range. For linear viscoelasticity, the 
stored energy is equivalent to the magnitude of A2 (Lakes, 2009). As a 
simplification, the average of A1 and A2 is considered to be represen-
tative of the stored energy for all pulsatile flow cases, regardless of the 

pressure-radius loop trend (Amabili et al., 2020). 
Fig. 9 shows the storage modulus calculated for each pulsatile flow 

test case, as well as the storage modulus from the uniaxial tests. For the 
pulsatile flow data, there is an apparent dependency on the mean Re 

Fig. 8. (a) Pressure-radius loop for Rem = 600, β = 1.0, St = 0.3. The dark gray dashed line represents the average line of the pressure-radius curve. A1 and A2 are 
defined as the areas above and below the fitted line of the pressure-radius loop, in relation to the x-axis. The loop for this test case is elliptical, indicating a linear 
viscoelastic response. (b) Pressure-radius loop for Rem = 1000, β = 1.0, St = 0.1. In contrast to the case shown in (a), this non-elliptical loop indicates a non-linear 
viscoelastic response. 

Fig. 9. Storage modulus versus Strouhal number for the 18 test cases described by (a) Rem = 600, (b) Rem = 800, and (c) Rem = 1000. The uniaxial tests were 
performed for a circumferential strip of the ascending aorta, matching the frequencies from the flow loop, in addition to the strain range. 

Fig. 10. Loss factor for the pulsatile flow data compared to uniaxial results, grouped by mean Reynolds number where (a) Rem = 600, (b) Rem = 800, and (c) Rem =

1000. The trend in the flow data indicates that the fluid–structure interaction increases dissipation rate with higher frequencies, while there is no correlation with 
frequency seen in the uniaxial results. 
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value, where for the same Rem the storage modulus is relatively con-
stant. The standard deviation for each mean Reynolds number is 0.46, 
0.7, 1.2 kPa, respectively. The overall standard deviation for all test 
cases is 3.4 kPa. Within each Rem, β combination, as Strouhal number 
increases there is, on average, a slight decrease in the magnitude of 
storage modulus. The uniaxial storage modulus is shown to decrease 
significantly with St for each Rem, β combination. The uniaxial results 
had an overall standard deviation of 3.8 kPa. A decreased ‘memory’ (i.e. 
previous stresses have less effect on the current state) of the material was 
observed for the cylindrical loading state versus the uniaxial stress state. 
This phenomenon may be attributed to the FSI of the vessel itself. A 
smoother transition between cases is therefore observed; the stress- 
strains loops overlap with changing test conditions for the pulsatile 
flow results, while for the uniaxial results, changing the test conditions, 
specifically the maximum strain, resulted in distinct peaks for each run, 
as in Fig. 6(b) 

Fig. 10 shows the loss factors from the pulsatile flow and uniaxial 
experiments. The loss factor increases alongside frequency for the pul-
satile flow tests (see Fig. 8(b)). The smaller diameter change seen at 
higher frequencies has been previously associated with higher loss fac-
tors (Amabili et al., 2020). In contrast, the uniaxial results indicate a 
relatively constant loss factor over the frequency range tested. Fig. 10 
also includes the loss factor for the pulsatile flow data as calculated from 
Equation (5) (which assumes a linear viscoelastic material). Equation (5) 
slightly underpredicts the loss factor magnitude in comparison to the 
results from Equation (11), but captures the same trend across all flow 
parameters. 

The storage modulus and loss factor are plotted against each other in 
Fig. 11(b). Both the uniaxial and pulsatile flow data show a positive 
correlation between the two parameters. The pulsatile flow results 
indicate a steeper rise in loss factor over the storage modulus distribu-
tion. For equivalent storage modulus magnitudes, the cylindrical stress 
state within the flow loop yields higher loss factor values (indicating 
higher levels of internal friction) than the uniaxial stress state. The 
difference in behaviour can likely be attributed to the increased system 
losses associated with fluid–structure interaction dynamics. 

For the pulsatile flow tests, the circumferential and longitudinal di-
rections have simultaneous stresses imposed over a cycle. Uniaxial 
testing allows only a single direction to be loaded at one time. As seen 
through the results in Figs. 9, 10 and 11(b), the two stress states (namely 
uniaxial and 2D axisymmetric) yield distinct viscoelastic behaviour. The 
mismatch of instantaneous elasticity at high strains (recall Fig. 7) may 
be partially attributed to the divergent viscous effects. 

5. Conclusions 

This study presents material properties of a viscoelastic, ex vivo 
porcine ascending aorta characterized under dynamic-loading condi-
tions via pulsatile flow. Ultrasound imaging was used to capture the 
deformation of the opaque vessel wall and to obtain the pulsatile flow 
field inside the vessel. The instantaneous, planar pressure fields within 
the aorta were extracted from the UIV results. The vessel-wall expan-
sion, coupled with the extracted pressure, was used to calculate the 
instantaneous elastic modulus from a novel time-resolved 2D stress 
model. Good agreement was observed between the calculated elasticity 
from the 2D stress model (pulsatile flow tests) and the uniaxial tensile 
tests. 

Storage modulus and loss factor were also calculated using the 
structural deformation and extracted pressure data. The viscoelastic 
parameters were compared to those obtained from uniaxial tests per-
formed at loading frequencies and strain amplitudes matched to each 
flow case. Loss factor increased with increasing frequency under cylin-
drical loading of the vessel, while the uniaxial results showed a constant 
loss factor. For the storage modulus, both the pulsatile flow and uniaxial 
values had a similar variance, but the flow results showed a clear linear 
dependency on Reynolds number, while the uniaxial values exhibited a 
large decrease corresponding to increasing Strouhal number. The dis-
crepancies in the viscoelastic parameters may be explained with further 
investigation into micro-fibre recruitment (i.e. collagen) between the 
two stress states. 

Due to the intrinsic nature of elasticity, the agreement in instanta-
neous elasticity observed between the two stress states indicates that the 
2D stress model and associated method accurately resolve the vessel- 
wall stress of the intact ex vivo aorta in addition to our previous study 
done with a pure elastic material. However, under cylindrical loading, 
the FSI and resulting 3D forcing of the aorta significantly alter the 
viscoelastic properties (storage modulus and loss factor) in comparison 
to the classical uniaxial stress state. This discrepancy highlights the need 
for further study on the viscoelastic behaviour of the aorta under cy-
lindrical stress, rather than focusing on uniaxial behaviour as has been 
the norm for ex vivo testing thus far. The use of ultrasound imaging al-
lows for in-depth exploration of the fluid dynamics within the vessel in 
future studies, in addition to the structural deformation and material 
behaviour. Further development of the method should be focused on 
obtaining reliable results for human aortas in the ex vivo environment. 

Fig. 11. (a) Box plot showing the loss factor for the pulsatile flow data, grouped by Strouhal number. For the same Rem and St, the frequency will remain unchanged 
between the two β parameters. All flow cases were run twice to ensure repeatability; each box therefore contains a total of four loss factor values. An increase in loss 
factor corresponding to increased frequencies is evident. (b) Storage modulus (Equation (4)) versus loss factor (Equation (5)) for both stress states, indicating a 
positive correlation between the two viscoelastic parameters. 
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