
Characterization of the highly nonlinear and anisotropic vascular
tissues from experimental inflation data: a validation study
towards the use of clinical data for in-vivo modeling and analysis

Kinon Chen1, Bahar Fata2, and Daniel R. Einstein3

1 Department of Biomedical Engineering, University of Southern California, Los Angeles, CA e-mail:
kinonche@usc.edu

2 Department of Bioengineering, University of Pittsburgh, Pittsburgh, PA

3 Biological Monitoring & Modeling, MS P7-56, Pacific Northwest National Laboratory, Richland, WA, e-
mail: daniel.einstein@pnl.gov

Abstract
In this study, we investigate whether an inverse modeling approach can be used to characterize
vascular tissue behavior from experimental data of blood vessels subjected at various levels of
internal pressure and axial stretch that mimics clinical data. In-vivo condition of blood vessel with
either constant or variable axial response is considered. To compensate for the limitation of this data
that does not provide axial force information, a new concept to constrain the ratio of axial to
circumferential elastic moduli to a typical range is proposed. Vessel wall constitutive behavior was
modeled with a transversely isotropic hyperelastic equation that accounts for dispersed collagen
fibers, and both single-layer and bi-layer models were implemented for examination. The possibility
of obtaining the fiber orientation in this approach was also evaluated. The characterized behavior
was validated with an independent pipette-aspiration biaxial data on the same samples. It was found
that homogenous assumption is an over-simplification. The constrained bi-layer model was in
excellent agreement with both types of experimental data. Fiber angle is needed to be pre-defined to
avoid covariance problem. Finally, our approach is relatively invariant to any particular axial
response. Therefore, we believe that inverse modeling approach is suitable for in-vivo
characterization.

1 Introduction
Finite element (FE) modeling is increasingly being used or contemplated as a tool for
conducting in-vivo analysis of blood vessel and blood vessel tissue integrity in various (normal
and abnormal) vascular conditions. For pre-surgical applications, FE modeling of blood vessel
has been used to study and compare normal subjects and patients with hypertension2–5 or
stenotic arteries.50 For surgical operations, FE stress-strain analysis has been used for
estimating the tissue damage resulting from surgical clamping9, 17 and evaluating the
procedure of balloon angioplasty in vivo.21 For post-surgical applications, FE simulations
have been used to study and predict the outcomes of different types of vascular surgery, such
as bypass graft surgery8 and surgical procedure of shunts.33 Such studies require tissue
characterization in vivo conditions for the in-vivo FE modeling and analysis.

Bench-top testing of tissues in a laboratory setting may be inappropriate for in-vivo analysis
because it requires tissue excision. In general, vascular tissue possesses different properties in
vivo and in vitro.27 However, in-vivo vascular data typically consists of separate
measurements of blood flow7,18,47 or pressure,46,51,57 diameter,22,46,51 and axial
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displacement.12,51,59 Unlike biaxial data,6,28,29,37,39 this data does not provide
information about the axial force. This lack of axial force data requires that the analyst make
assumption about the relationship between axial and circumferential behavior.

A recent and very relevant study proposed that the behavior of human arteries could be
characterized directly from in-vivo data.40 This study was based on clinical ultrasound and
pressure catheter-manometer data of a normotensive and a hypertensive subject.47 It was
determined that the aorta of the hypertensive subject was less compliant than that of the
normotensive subject.40 The basic assumptions operating in this study were that 1) the axial
stretch and axial external force of blood vessels in vivo were constant, and 2) the in-vivo internal
pressure was the only force-determining factor that induces blood vessel deformation. These
assumptions were well-motivated and based on previous studies of in-vitro animal tissue
testing.13,24,49,52,53,55,56 However, many recent in-vivo studies have called into question
these assumptions, a possibility of which the authors were rightly aware.

For example, a number of clinical studies in human subjects have shown that there is a
significant axial downward motion of the aortic root due to the motion of the heart during
systole,3–5,26,31 with an average motion of 8.9 mm.26 The mechanical effects of this motion
have been evaluated in a recent numerical model registered to magnetic resonance imaging
(MRI) data.2–5 Specifically, when the boundary axial motion was increased from 4.3 mm to
7.3 mm, it was found that there was a significant increase of longitudinal stress in the aortic
root, aortic arch, and supra-aortic vessels, in particular a increase of 32 % in longitudinal stress
up to 290 kPa in the ascending aorta.4,5 In a similar study, it was found that the axial stress
was increased by 50 % to 320 kPa when an 8.9 mm axial displacement was applied in addition
to 120 mm Hg internal pressure in the ascending aorta. This was accompanied by a significant
increase in axial stress in the thoracic aorta.2,3

Furthermore, in coronary cineangiograms, it was found that the right coronary arteries and left
anterior descending coronary arteries, which are attached to the epicardial surface or penetrate
the myocardial wall, have a mean total axial stretch of 5.4 % and 4.0 % respectively,
corresponding to the motion of the heart.12 Similarly, by using biplane cineangiograms and
intravascular ultrasounds, it was found that the right coronary arteries in human in vivo exhibit
cyclic axial strains, and that they play a statistically significant role on wall thickness.59

In an in-vivo ultrasound study of the common carotid arteries in pigs, it was found that with a
mean pulse pressure of 33 mm Hg, there was a mean systolodiastolic difference of 2.7 % and
5.1 % of axial strain and circumferential strain respectively in these arteries.51 Based on in-
vivo observations, more recent studies have described the cyclic axial stretch and axial external
force of blood vessel in human and animal in vivo as a common phenomenon, and they
demonstrated the significant biochemical and biomechanical effect of this axial stretch and
axial external force on blood vessel.11,42,54 In fact, the motion of the heart is not the sole
cause of axial stretch and axial external forces on in-vivo blood vessels. There are at least a
couple of other biomechanically relevant causes such as the movement of the joints23,34 and
motion due to respiration.14

The aim of the present study is to investigate whether an inverse modeling approach can be
used to characterize vascular tissue behavior from one set of experimental data that mimics in-
vivo vascular data and then subsequently validate that behavior against a mechanically
independent experimental dataset. The primary dataset is in the form of bench-top inflation
data from blood vessels, subjected to various levels of axial stretch and known pressure. The
validation data consists of the same tissue samples undergoing various levels of biaxial stretch
that are simultaneously subjected to pipette aspiration. Unlike previous approaches that
assumed a constant axial stretch and a constant axial force40 or that have assumed a constant
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ratio of circumferential to axial stress,40 we propose a new concept; that is, to constrain the
ratio of the instantaneous axial to circumferential elastic moduli to be within a typical range.
To be clear, we do not assign a value to that ratio, but rather during inverse analysis allow that
ratio to fall within an upper and lower bound established from published values for
cardiovascular tissues.15,41,58 To examine the homogeneous40 and the inhomogeneous17
tissue layer assumption to characterize tissue behavior in the approach, the constitutive
behavior of the three-dimensional FE blood vessel is in the form of a poly-convex, hyperelastic,
and transversely isotropic equation,15,16 and both single-layer40 and bi-layer17 models are
implemented in the vessel. Also, the equation accounts for dispersed collagen fiber orientation,
15,16 and the possibility of obtaining this orientation from the approach is evaluated. Though
the data used in this study are both in vitro and axisymmetric, the methods are designed with
both in-vivo and non-axisymmetric data in mind.

2 Methods
Below we present the constitutive equation employed in this study, which is based on a new
invariant theory for biological tissues with a statistical dispersion of collagen fibers.15,16
However, as the emphasis of the present manuscript is on the validation of the vascular tissue
characterization from clinical data, the constitutive equation will simply be stated without
elaboration. Interested readers are referred to Einstein et al. (2005) and Freed et al. (2005).
Next we describe the construction of a simple FE model of a section of blood vessel, and
introduce our implementation of a single-layer model and a second model that decomposes the
aortic wall into two principle layers, the media and the adventitia. Then we describe our inverse
approach to tissue parameter characterization for the cases of 1) a single set of experimental
inflation-testing pressure-diameter data with constant axial stretch, and 2) a four-sets
experimental inflation-testing pressure-diameter data at four different levels of axial stretch.
35 This inverse approach, which has been described elsewhere,15 is based on the successive
response surface method (SRSM), an extension of the better-known response surface method
(RSM). Interested readers are referred to Einstein et al. (2005). Following that we make clear
the imposition of a constraint on the ratio of axial to circumferential elastic moduli and its
justification. Finally, we explain the validation of the converged parameters by reconstructing
the results in each study case to conventional biaxial data and then we compare the
reconstructed tissue biaxial responses to the behavior of an independent pipette-aspiration
biaxial experiment on the same samples.35

2.1 Constitutive equation
Briefly, in Lagrangian frame, the constitutive equation is written as

(1)

where S is the second Piola-Kirchhoff stress tensor, κ is the bulk modulus, and J is the
determinant of the deformation gradient,

(2)

C is the right Cauchy-Green tensor, μ is the shear modulus, and DEV [•] is the Lagrangian
deviatoric operator,
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(3)

C ̄ is the modified right Cauchy-Green tensor,

(4)

i is a summation component, n is the total number of fiber families, σi is the fiber stress, and
λi is the fiber stretch,

(5)

Ki is the global anisotropic material stiffness,

(6)

where Q is a rotation matrix that rotates ki from the local Cartesian coordinate system (e1, e2,
e3) to the global Cartesian coordinate system (eA, eB, eC) (Fig. 1). ki is the local anisotropic
material stiffness, and can be approximated as

(7)

Ri is a rotation matrix that rotates one of the fiber populations from the original direction to
e1. ςi and fi are the dispersion material parameters. ςi governs the amount of local in-plane
dispersion, and f governs the extent of dispersion to the third dimension, φi is the fiber angle.

This formulation is general. In the present case of blood vessels possessing two principle fiber
directions,20 we assumed that the tissues were composed of two (n = 2) identical (ς = ς1 ς2
and f = f1 = f2) dispersed collagen fiber populations, separated by an equal but opposite angle
(∓φ) in axial direction (Fig. 1).

The stress-strain rule of each population (σi) is defined as15,16

(8)

where A and B are the fiber material parameters that govern the stiffness of the fiber populations.

In equation (1), the three terms on the right are respectively the volumetric, distortional
isotropic, and distortional anisotropic deformation parts. The volumetric part is governed by
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κ of the material matrix. The distortional isotropic part is governed by μ of the material matrix.
The distortional anisotropic part is governed by the dispersion material parameters φi, ςi, fi,
and the fiber material parameters A and B. The κ value of blood vessel tissue was assumed to
be the same as in water (2.2 gPa).19 The dispersion was assumed to be in plane (e1–e2) only
(Fig. 1)20 and therefore, f was set to be 1. Thus, the equation had five free parameters: μ, φ,
ς, A, and B. Note that while φ may be measured experimentally from histology,20 it is not
possible to be measured in vivo up-to-date. For the purpose of this study, we have left it to be
characterized. A separate study was conducted by fixing the fiber angle to literature value.20

2.2 FE model
The FE model employed for parameter characterization, was an idealization of the experimental
setup fully described by Ohashi et al. (2005). It consisted of a symmetrical cylinder that was
18 mm inner diameter (Fig. 2a), 70 mm in length, and with a wall thickness of 2 mm. These
values corresponded to the mean geometric values of porcine thoracic aortas measured in the
published experimental study.35

The boundary conditions are fully illustrated in Fig. 2b. Both ends of the cylinder were assumed
to dilate freely, with one end fixed in axial direction. In other words, the fixed end was free to
move only in eθ and er in the cylindrical coordinate system (ez, eθ,er). The other end was free
to dilate (Fig. 2b), and was extended as a result of an enforced axial displacement (Fig. 2c).
For clarity, the axial stretch (λz) is defined as

(9)

where Δl is the enforced displacement, and lo is the initial length (70 mm).

To imitate the variable axial response of vessels in vivo, four independent simulations with
different Δl were performed with λz equal to 1.0, 1.1, 1.2, and 1.3, respectively. To imitate the
constant axial response, only one simulation of λz equal to 1.2 was performed. Simultaneously,
the intraluminal pressure was applied from 0 to 200 mm Hg (26.6 kPa) in 20 mm Hg (2.66
kPa) increments (Fig. 2d). The circumferential stretch ratio (λθ) is defined as

(10)

where Δd is the increment of the outer diameter, and do is the initial outer diameter (20 mm).

The FE model was discretized with a total of 1800 mixed pressure-displacement brick elements,
with an anisotropy of 8/1. Equation (1) was coded as a user-subroutine in ADINA.1 The well-
noted numerical issues surrounding the implementation of incompressibility in a FE framework
were handled with a two-field pressure/displacement interpolation.48

Finally, each axial stretch simulation was carried out with an assumption of one mechanically
equivalent layer - essentially homogenizing the intima, media and adventitia.40 In addition,
each simulation was repeated with an assumption of two dominant layers, the media and
adventitia.17 In other words, the inner and the outer of the two layers were assigned individual
sets of independent tissue parameters. The media-to-adventitia thickness ratio was
approximated to be 2:1,17 with media layer on the lumenal side.
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2.3 Tissue parameter characterization
Tissue parameters were characterized by performing an inverse analysis of the experimental
inflation data. Briefly, in the SRSM, minimization proceeds by constructing a smooth
approximation to functions in multi-dimensional space.32,36 The minimum of one set of
experiments, or of one response surface, becomes the starting point for the next set of
experiments. This cycle of forward solutions (i.e. FE simulations) at selected combinations of
parameter values is followed by the minimization of the objective function with respect to the
response surface. This is repeated until the prescribed tolerance in the residual is reached. In
this method, the parameter space is condensed and possibly moved with each set of
experiments, such that the sampling is conducted on a smaller and smaller region.43,44 This
assures that, in the neighborhood of a minimum, the response surface captures finer and finer
features of the system response. Conversely, the approximate nature of the response surface
over a wider parameter space at the start of optimization assures that the method is relatively
insensitive to local rather than global minima, and similarly relatively insensitive to
experimental noise.43,44

In the present application, the “experiments” were the FE simulations of vessel inflation
subjecting to axial stretch and the “targets” were the measured experimental inflation data.
35 This data was generously provided by Dr. Toshiro Ohashi and his group from the
Department of Bioengineering and Robotics at the Tohoku University, and has been reported
elsewhere.35 The initial values are summarized in Table 1. Additionally, the weight of each
experimental data point was scaled to be inversely proportional to its standard deviation. The
objective and the design criteria were set to be 0.01. For each configuration, the parameters
were characterized with one set of experimental inflation-testing pressure-diameter data
corresponding to a single axial stretch value of 1.2, and subsequently with four sets of
experimental inflation-testing pressure-diameter data corresponding to four levels of axial
stretch. All calculations were conducted on a PC with two Intel dual core Xeon 3.6 gHz
processors, running in LS-OPT45 in Red Hat Linux.

In the separate study of fixing the fiber angle, only the bi-layer model was used, and the values
of these angles in adventitia and media were set to be 15 degrees and 75 degrees respectively,
which were about the reported mean values in coronary arteries.20 Only the multiple pressure-
diameter data was adopted for this study case.

2.4 Constraint - ratio of axial to circumferential elastic moduli
Because in-vivo vascular data does not provide information about the axial force to characterize
tissue axial properties, we introduce a constraint (α) on the ratio of axial to circumferential
elastic moduli ( ) during tissue parameter characterization. α restricts Ez to be within a certain
range from Eθ. This value is typically 0.80 ≤ α ≤ 2.05 in aorta.41 For example, α of porcine
aortic root tissue was found to be between 1.2 ≤ α ≤ 1.6.15 In dog thoracic aortas, α was
estimated to be 1.1 ≤ α ≤ 1.5.58

In this study, α was set to be 1.1 ≤ α ≤ 1.6. For simplicity, the the axial and circumferential
elastic moduli (Ez and Eθ) are defined as

(11)
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(12)

where m refers to the equivalent stretch in axial and circumferential direction. Thus, when m
is 1.2, we designate Ez(1.2) and Eθ(1.2) to represent the elastic moduli when the blood vessel in
ez and eθ are stretched to 1.2 (λz = λθ = 1.2). The constraint was added as a restrict condition
in the process of the inverse characterization of the tissue parameters in LS-OPT.45 In order
to evaluate the utility of this constraint, the inverse analysis with and without the constraint
were both carried out. In the separate fixed-fiber study, the constraint was applied.

2.5 Validation
In a separate set of experiments, Dr. Toshiro Ohashi and his group carried out a series of biaxial
tests with pipette aspiration on the same samples after the inflation testing.35 The experiments
have been described elsewhere35 but, simply put, consisted of holding the tissue at various
levels of biaxial stretch while simultaneously subjecting it to pipette aspiration with a
rectangular cross-sectioned pipette. The data was reported as elastic moduli (Erz and Erθ) at
these different levels of biaxial stretch, and as such they may be considered to be local
estimations of incremental anisotropic moduli. Because this data was obtained as part of a
mechanically different experiment, we used them to validate our reconstructed biaxial data
from the converged tissue parameters in the inverse characterization. To reconstruct the
conventional biaxial data, the axial and circumferential elastic moduli (Ez and Eθ) were
obtained from equation (11) and equation (12) respectively.

Note that although both conventional and pipette-aspiration biaxial data are applicable for
characterizing the highly nonlinear and anisotropic behavior in planar soft tissues, they are not
exactly the same.35 In particular, Erz is a mixed value of Ez and Er, where Er is the elastic
moduli in radial direction. Similarly, Erθ is a mixed value of Eθ and Er. It has been reported
from experimental study that these two sets of data are close.35

Further note that in the pipette-aspiration biaxial tests, Erz and Erθ were measured when either
the axial stretch or the circumferential stretch was held constant (λz = 1.0 or λθ = 1.0) while the
other was being increased.35 In our study, Ez and Eθ were obtained when the tissues in both
directions were stretched equivalently (λz = λθ). For validation purposes, the reaction force and
stretch in axial direction was assumed to be independent of the applied force in circumferential
direction, and vice versa. The assumption is valid for these tissue samples35 and vascular soft
tissues in general.13,24,49,52,53,55,56

3 Results
The converged tissue parameters of the single-layer and the bi-layer FE model with and without
the constraint from the single and the multiple experimental inflation-testing pressure-diameter
data35 are reported in Table 2 and Table 3 respectively. Note that the converged tissue
parameters of the fixed fiber-angle bi-layer model with the constraint was reported as part of
the results from the multiple experimental pressure-diameter data35 in Table 3. The
corresponding CPU time and number of iterations in each study case are reported in Table 4
and Table 5, as are the initial and converged composite residuals. The experimental inflation-
testing pressure-diameter data35 and the simulated pressure-diameter data based on the
converged tissue parameters in Table 2 and Table 3 are shown in Fig. 3 and Fig. 4 respectively.
Note that the converged tissue parameters (Table 2) implemented in Fig. 3 were based on one
set of experimental pressure-diameter data with axial stretch equal to 1.235 (λz = 1.2),
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Separately, these parameters generated four datasets, corresponding to four levels of axial
stretch (λz = 1.0, 1.1, 1.2, and 1.3).

The reconstructed biaxial data based on the converged tissue parameters in Table 2 and Table
3 versus the measured moduli derived from the experimental pipette-aspiration biaxial
data35 are shown in Fig. 5 and Fig. 6, respectively. The associated percent differences are
reported in Table 6 and Table 7. The results in effective stress, which is an invariant stress
quantity calculated from the principal stresses,10 are demonstrated in Fig. 7. Only the results
of the FE model based on the converged tissue parameters in Table 3 with λz equal to 1.2 at a
intraluminal pressure of 140 mm Hg are shown in Fig. 7. Note that the results of the fixed fiber-
angle FE model in effective stress are not shown, as they are just like the results in Fig. 7d. To
be more specific, their axial and circumferential stresses are reported in Table 10.

4 Discussion
In the inverse parameter characterization, the longest CPU time among all study cases were
1466 mins on a standard PC, and the highest number of iterations to reach convergence was
43 (Table 4 and Table 5). These CPU time and number of iterations are acceptable,?,15
considering an inverse solution was sought with the number of experimental data points35
(Fig. 3) and the number of free parameters in the constitutive equation (Table 1). Indeed, the
successive response surface method has the advantage over classical gradient descent methods
that it is relatively insensitive to local minima and thus to experimental noise,15, 43, 44 while
the constitutive equation has the advantage of capturing a broad range of passive tissue stress-
strain behavior while remaining computationally efficient.15,16 It should be noted that the
simulation time would be greatly reduced on a commodity distributed-memory cluster, since
the successive response surface method is inherently parallel.15,45 In all of the cases examined,
the composite residuals were able to converge quickly and to very small values except in the
case of the constrained single-layer model (Table 4 and Table 5).

Overall, the constrained single-layer model performed poorly. For this case, the simulated
pressure-diameter data from the converged tissue parameters (Table 2 and Table 3) failed to
fit the experimental pressure-diameter data from inflation testing35 (Fig. 3c and Fig. 4c). This
was reflected in the relatively high composite residual at convergence in the inverse analysis
(Table 4 and Table 5). Furthermore, the fact that the converged fiber angle (φ) was about 45
degrees (Table 2 and Table 3) implies a great dependency of the axial reaction force and axial
stretch to the circumferential applied force and vice versa,25 which contradicts the literature.
13,24,49,52,53,55,56

When the constraint was not applied to the single-layer model, the simulated data was in good
agreement with the inflation data35 (Fig. 3a and Fig. 4a); however, it failed to characterize the
tissue axial properties in the independent pipette-aspiration biaxial experiments on the same
samples35 (Fig. 5a, Fig. 6a, Table 6, and Table 7). Specifically, the characterized
circumferential tissue properties in the reconstructed biaxial data from the converged
parameters were close to the measured circumferential tissue properties in the pipette-
aspiration biaxial data35 (Fig. 5b and Fig. 6b), and their % differences were relatively small
(Table 6 and Table 7). However, the characterized axial tissue properties was not close to the
measured axial tissue properties (Fig. 5a and Fig. 6a), and their % differences were relatively
large (Table 6 and Table 7).

When the unconstrained single-layer model was replaced by the bi-layer model, the results
were similar (Fig. 3b, Fig. 4b, Fig. 5, Fig. 6, Table 6, and Table 7). In addition, the small values
of the converged fiber material parameter (A and B) in adventitia (Table 2 and Table 3) indicates
a linear behavior, which is contradicted by the literature.20,30 These results reinforce the
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observation that clinical vascular data, or the experimental inflation data35 in our case, does
not provide the axial force information, is therefore incomplete for characterizing the tissue
properties without making appropriate assumption about the relationship between axial and
circumferential behavior.

In contrast, when the constraint was added to the bi-layer model, the simulated data fitted well
with the inflation data35 (Fig. 3d and Fig. 4d), and the reconstructed biaxial data accorded well
with the pipette-aspiration biaxial data35 in both axial and circumferential directions (Fig. 5,
Fig. 6, Table 6, and Table 7). To be more specific, this was the only study case where the
characterized tissue behavior fell well within one standard deviation to the experimental data
overall. Some increases from the pipette-aspiration biaxial data35 was expected, as it was noted
that the elastic moduli (Erz and Erθ) from the pipette-aspiration biaxial data depends also on
Er, which is smaller than Ez and Eθ from conventional biaxial data.35 The converged fiber
material parameters (A and B) were not small, and the converged fiber angles (φ) were mostly
oriented in axial and circumferential directions in adventitia and media respectively (Table 2
and Table 3), Both of these findings basically agree with histologic observations,20 with
previous numerical studies,30 and with the results of published mechanical tests.13,24,49,
52,53,55,56 Though, extreme fiber angles (φ ≈ 0 degree and φ ≈90 degrees) are outside the
normal physiological range.20

To address with this concern, a separate study was conducted with the fiber angles fixed to the
normal physiological values.20 It was found that the converged parameters between the free
fiber-angle and the fixed fiber-angle cases were close (Table 3), and their simulated data (Fig.
4d and Fig. 4e) and reconstructed data (Fig 6) was similar. Furthermore, the characterized
vessel behavior under pressure and axial force was about the same (Fig. 7d and Table 10) and
very different from the rest (Fig. 7a–c). This indicates that inverse modeling approach from
in-vivo vascular data, or experimental inflation data35 in our case, is not possible to obtain
accurate fiber angles due to covariance of the tissue parameters. To avoid this problem, the
only way is to assume the fiber angles to typical physiological values. There is a need in the
future to develop a method for quantifying these values directly from in-vivo measurement.

Finally, to test whether our approach would be suitable for both constant axial stretch and
variable axial stretch pressure-diameter data, two sets of inverse analyses were carried out.
Firstly, all of the tissue parameters were characterized from inflation data of a single set of
axial stretch experiments in which the axial stretch was held at 1.2.35 Secondly, all of the tissue
parameters were simultaneously characterized from four sets of experimental data with λz equal
to 1.0, 1.1, 1.2, and 1.3,35 respectively. Not only were the converged composite residuals
similar between the two constrained bi-layer models (Table 4 and Table 5), but significantly
the converged set of parameters for both sets of inverse analysis and for both layers (media
and adventitia) were virtually identical (Table 2 and Table 3). Not to mention their simulated
pressure-diameter data (Fig. 3d and Fig. 4d) and their reconstructed biaxial data (Fig. 5 and
Fig. 6) with the calculated percent differences with respect to the experimental pipette-
aspiration biaxial data (Table 6 and Table 7) were all about the same. These results
demonstrated that our approach is relatively invariant to the axial response of blood vessels,
regardless of the axial mechanical field to which they may or may not be subjected. This finding
also recommends the approach to the analysis of in-vivo vascular clinical data with either
constant or variable axial response.

In the present study, the inflation data and the independent pipette-aspiration biaxial data from
the same samples35 was obtained in a controlled in-vitro setting. While it would be ideal to
work with in-vivo data directly, acquiring human tissue samples for bench-top testing for
validating the approach is difficult, and there is no such data available in literature up-to-date.
In fact, it was noted that this was a problem to validate the results in the previous approach.
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40 Working with bench-top data enables us to gather independent data from the same subjects,
and it is appropriate for a proof-of-concept study.

By using the in-vitro setting, we were able to demonstrate that the popular homogeneous tissue
layer assumption40 is an over-simplification, and cannot comprehensively capture the highly
nonlinear and anisotropic behavior of vascular soft tissues. This also implies the single-layer
model, like in the previous approach,40 is not suitable for inverse modeling analysis. In fact,
histology20 and FE modeling analysis30 have shown that the fibers are oriented very
differently in the adventitia and media of arteries,20 and each of these tissue layers contributes
significantly but differently to the tissue behavior.30

Furthermore, the aim of the present study is to investigate whether an inverse modeling
approach can be used to characterize vascular tissue behavior from experimental data that
mimics in-vivo vascular data. To account for scenarios where the axial response is either
constant or variable in-vivo, we proposed a new concept of constraining the axial to
circumferential ratio to typical physiological range from literature.15,41,58 We were able to
demonstrate that the bi-layer model with the constraint was successful in capturing the highly
nonlinear and anisotropic behavior of these vascular tissues from experimental pressure-
diameter data.35 This indicates that the proposed constraint is effective in overcoming the
limitation of using in-vivo data for characterizing the tissue behavior, when paired to an
appropriate constitutive equation and inverse characterization scheme and under the
assumption of at least two mechanical layers. Also in our investigation, we found that fiber
orientation are required to be pre-defined to avoid covariance problem.

There are still a lot of research required to further develop the techniques of using inverse
modeling analysis for in-vivo characterization. In fact, this and the previous studies40 are only
the starting line. In the previous study, only the internal pressure and the change of blood vessel
diameter were considered.40 In the present study, axial response of blood vessel is also put
into consideration. However, blood vessel in vivo condition is much more complicated. For
example, blood vessel geometry is more or less non-axisymmetric. And, there are other types
of blood vessel deformation in vivo such as bending and torsion.14 In addition, there are
perivascular (external) pressure and residual stresses. 40 Furthermore, blood vessels in vivo
are surrounded by muscle, fat and connective tissues, which possibly takes up a considerable
portion of pressure loaded on the vessel wall. Finally, the active and adoptive tissue mechanical
properties in vivo are still under intensive research. Understanding and implementing these
conditions to characterize in-vivo tissue behavior comprises our future work, and we very much
look forward to working with willing clinical and research groups.
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Fig. 1.
A schematic diagram of the distribution of the collagen fiber populations in blood vessel tissue.
The tissue was assumed to be composed of two dispersed fiber populations, separated by an
equal but opposite angle (∓φ) in eA or e1· eA is the global axial direction in blood vessels. eA
is the local axial direction in each tissue segment. These fiber populations were assumed to be
distributed only in e1–e2 plane in the tissues.
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Fig. 2.
FE model setup. (a) The geometry of the blood vessel was symmetrical and was based on the
mean values of porcine thoracic aortas.35 (b) The boundaries were free at one end and fixed
in axial direction at the other end. (c) The enforced axial displacement was added at the free
end. (d) The intraluminal pressure was applied inside against the wall.
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Fig. 3.
Experimental inflation-testing pressure-diameter data35 and simulated pressure-diameter data.
The simulated data was based on the converged tissue parameters in Table 2, corresponding
to (a) the single-layer model without the constraint, (b) the bi-layer model without the
constraint, (c) the single-layer model with the constraint, and (d) the bi-layer model with the
constraint.
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Fig. 4.
Experimental inflation-testing pressure-diameter data35 and simulated pressure-diameter data.
The simulated data was based on the converged tissue parameters in Table 3, corresponding
to (a) the single-layer model without the constraint, (b) the bi-layer model without the
constraint, (c) the single-layer model with the constraint, (d) the bi-layer model with the
constraint, and (e) the bi-layer model with the constraint and fixed fiber angles.
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Fig. 5.
Reconstructed biaxial data based on the converged tissue parameters in Table 2 versus the
experimental pipette-aspiration biaxial data35 in (a) axial direction and (b) circumferential
direction.
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Fig. 6.
Reconstructed biaxial data based on the converged tissue parameters in Table 3 versus the
experimental pipette-aspiration biaxial data35 in (a) axial direction and (b) circumferential
direction.

Chen et al. Page 19

Ann Biomed Eng. Author manuscript; available in PMC 2009 May 5.

N
IH

-PA Author M
anuscript

N
IH

-PA Author M
anuscript

N
IH

-PA Author M
anuscript



Fig. 7.
Pictures of the FE model in effective stress based on the converged tissue parameters in Table
3 with λz equal to 1.2 at 140 mm Hg. They were (a) the single-layer model without the constraint,
(b) the bi-layer model without the constraint, (c) the single-layer model with the constraint,
and (d) the bi-layer model with the constraint.
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Table 4
CPU time, number of iterations, and initial and converged composite residual of the tissue parameter characterization
from experimental single-axial (λz = 1.2) inflation-testing pressure-diameter data.35

Single-/bi-layer

CPU
time (in
mins) Number of iterations Initial composite residual Converged composite residual

Without constraint 93 / 146 37 / 12 3.33 / 4.27 0.25 / 0.25

With constraint 119 / 656 10 / 31 3.33 / 4.27 1.51 / 0.27
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Table 5
CPU time, number of iterations, and initial and converged composite residual of the tissue parameter characterization
from experimental multi-axial (λz = 1.0, 1.1, 1.2, and 1.3) inflation-testing pressure-diameter data.35

Single-/bi-layer

CPU
time (in
mins) Number of iterations Initial composite residual Converged composite residual

Without constraint 148 / 565 15 / 10 7.42 / 7.88 0.52 / 0.51

With constraint 134 / 939 11 / 13 7.42 / 7.88 3.82 / 0.51

With constraint
and fixed fiber

angles

- / 1466 - / 43 - / 4.19 - / 0.44
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Table 6
Percent differences associated with Fig. 5.

Reconstructed biaxial data versus pipette-aspiration biaxial data (single-/bi-layer)

Axial % difference λz = 1.1 λz = 1.2 λz = 1.3

Without constraint −66.12/−69.85 −80.46/−83.09 −86.75/−89.05

With constraint 12.36/10.97 −9.29/4.57 −13.73/20.48

Circumferential % difference λθ = 1.1 λθ = 1.2 λθ = 1.3

Without constraint 45.25/47.60 5.10/6.78 37.55/43.36

With constraint 45.83/45.31 − 6.25/5.12 − 1.55/35.51
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Table 7
Percent differences associated with Fig. 6.

Reconstructed biaxial data versus pipette-aspiration biaxial data (single-/bi-layer)

Axial % difference λz = 1.1 λz = 1.2 λz = 1.3

Without constraint −58.58 / −54.31 −74.91 / −72.90 −81.79 / −82.54

With constraint −4.88 / 18.68 −37.84 / 10.13 −42.81 / 17.36

With constraint and fixed fiber angles - / 13.96 - / 3.62 -/12.72

Circumferential % difference λθ = 1.1 λθ = 1.2 λθ = 1.3

Without constraint 46.25 / 47.23 6.05/8.36 38.38 / 44.45

With constraint 23.58 / 45.40 −24.82/5.70 − 5.41 / 37.89

With constraint and fixed fiber angles - / 47.45 - / 4.28 - / 30.00
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Table 8
Axial and circumferential stresses of the FE model in Fig. 7d and the same model with fixed fiber angles.

Bi-layer ( media
adventitia ) Axial stress (in kPa) Circumferential stres (in kPa)

Free fiber angles 16.77
369.84

252.57
83.41

Fixed fiber angles 29.05
357.55

238.62
85.52
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