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Abstract

This paper, the second of two parts, presents a novel subject-specific in-silico framework in
which we uncover the relationship between the spatially varying constituents of the aorta and
the non-linear compliance of the vessel during the cardiac cycle uncovered in Part I. In Part 11
a novel microstructurally motivated constitutive model is developed, and simulations reveal
that internal vessel contractility, due to pre-stretched elastin and actively generated smooth
muscle stress, must be incorporated, along with collagen strain stiffening, in order to
accurately predict the non-linear pressure-area relationship observed in-vivo. Modelling of
elastin and smooth muscle contractility allows for the identification of the reference vessel
configuration at zero-lumen pressure, in addition to accurately predicting high- and low-
compliance regimes under a physiological range of pressures. This modelling approach is
also shown to capture the key features of elastin and SMC knockout experiments. The
volume fractions of the constituent components of the aortic material model were computed
so that the in-silico pressure-area curves accurately predict the corresponding MRI data at
each location. Simulations reveal that collagen and smooth muscle volume fractions increase
distally, while elastin volume fraction decreases distally, consistent with reported histological
data. Furthermore, the strain at which collagen transitions from low to high stiffness is lower
in the abdominal aorta, again supporting the histological finding that collagen waviness is
lower in this distally. The analyses presented in this paper provides new insights into the

heterogeneous structure-function relationship that underlies aortic biomechanics. This novel
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subject-specific MRI/FEA methodology provides a foundation for personalised in-silico

clinical analysis and tailored aortic device development.

Keywords: in-vivo mechanical characterization, physical based constitutive law, elastin

pre-stretch, collagen stiffening, SMC contractility.

1 Introduction

Regional heterogeneity in the biomechanics of the aorta is a key feature that ensures optimal
function of the cardiovascular system. In general, a high level of elastic compliance is
required in the proximal aorta, so that the kinetic energy expelled during systole can be stored
as elastic strain energy in the vessel, leading to subsequent augmentation of pressure pulse
propagation during diastole due to elastic recoil of the wall. The distal aorta, however, takes
an alternative approach to blood transfer with a higher smooth muscle cell (SMC) content and
a reduced requirement for elastin.

A significant body of literature exists on the experimental testing of aortic tissue, in
particular material characterization through uniaxial and biaxial tensile tests [1]-[9]. Due to
both the ethical and logistical constraints surrounding the destructive testing of human tissue,
animal data exceeds that of humans in the literature. The majority of material characterization
of the human aorta is performed on surgically excised samples, for example during the open
surgical repair of an abdominal or thoracic aortic aneurysm [1], [10]-[13]. The tissue
obtained is in this case however, is (i) too localised to capture the spatially varying
biomechanics of the aorta, and (ii) diseased. An alternative approach exists in the testing of
aortic tissue post-autopsy; however, further ethical and logistical difficulties exist here, and as
such, few studies with this design exist in the literature [14]-[16]. The limitation of this
approach is that the tissue is dead, raising concerns about the applicability of such results
which ultimately cannot be compared to unknown ‘live’ tissue properties.

In characterizing the mechanical properties of the aorta experimentally, particular
focus has been directed towards the effects of ageing. Hallock and Benson [17] found that
young aortic tissue exhibits a high degree of extensibility through a bi-concave s-shaped
pressure-volume relationship, while in older tissue the total increase in volume is lower and
at high pressures the slope of the pressure-volume relationship tends towards a straight
horizontal line. Additionally, Vande Geest, & Vorp, [15] found that an older cohort exhibited
a much stiffer exponential shaped stress-strain response compared to the younger cohort, with

such a notable difference that different forms of strain energy functions were used for
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younger and older cohorts (polynomial and exponential forms, respectively). Investigation of
aortic heterogeneity has typically relied on ex-vivo testing of excised porcine/canine tissue
[18], [19]. A biomechanical study of excised canine aortae by Tanaka and Fung [20], reports
that proximal samples exhibit a higher compliance than distal samples. A study on the
equibiaxial tension behaviour of human aortic samples following autopsy by Haskett [21]
reported that the overall compliance decreases with distance from the heart in a cohort less
than 30 years of age.

Investigation of the volume fractions of individual wall constituents can provide
insight into the local behaviour of the arterial tissue [9], [22]. Harkness [23] reported that the
volume fraction of elastin is approximately twice as high as that of collagen in intrathoracic
canine aorta. In all other arteries the volume fraction of collagen was found to exceed that of
elastin. Saey [24] reported a greater concentration of collagen in the distal thoracic equine
aorta than in proximal sections. Davidson [25] reported lower concentrations of elastin fibres
in the abdominal regions of porcine aorta than in thoracic regions. Recently, Concannon [26]
found that elastin volume fraction decreases, and collagen increases with distance from the
heart in the human aorta.

Despite extensive in-vitro mechanical testing and histological analysis of excised
tissue, few studies to date have attempted to characterise the in-vivo biomechanical behaviour
of the aorta using non-invasive methodologies. Previous in-vivo MRI analyses of the human
aorta have focused on limited isolated segments, such as the thoracic [27] or abdominal aorta
[28]. Such a focus on a single region does not provide insight into the significant spatial
variation in aortic biomechanical behaviour. This limitation is addressed in Part I, whereby a
dual-VENC 4D Flow MRI sequence is developed and implemented in a commercial scanner,
providing high resolution measurements of aortic deformation at all locations throughout the
entire cardiac cycle.

This study develops a subject-specific MRI/FEA framework to uncover the
biomechanisms underlying the spatially varying non-linear aortic compliance measured in-
vivo in Part I. A constitutive law is developed to incorporate the biomechanical contributions
of pre-stretched elastin, contractile SMCs, and strain stiffening collagen. Firstly, the role of
pre-stretched elastin is investigated. In particular, analyses are performed to identify an
equilibrium vessel configuration at zero applied lumen pressure, which is observed to be
critical step required in order to predict the key features of the pressure-area relationship
observed in-vivo. The role of elastin pre-stretch on the lumen pressure at which the aorta

transitions from a high compliance to a low compliance regime due to collagen strain
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stiffening, is also investigated. A subject-specific FE model is generated directly from the
MRI data presented in Part | and the in-vivo pressure-area curves are fit using the constitutive
law. Finally, the volume fractions of the constituent components of the aortic wall (elastin,
collagen and SMCs) are computed throughout the subject-specific aortic FE model and

excellent agreement is found with the histological analyses presented in [26].

2 Methodology

In this paper, the biomechanical properties of the entire human aorta are characterized in-
vivo, using an MRI/FEA framework. A physiologically based anisotropic hyperelastic
constitutive law is presented, that accounts for the individual contributions of elastin,
collagen and SMCs within the arterial wall, while making use of a constrained mixture-based
approach. Additionally, a framework for generating subject-specific FE models directly from
MRI/CT scans is presented. The pressure-area relationship (derived in Part 1) throughout the
entire cardiac cycle is captured at 10 planes from the proximal ascending to distal abdominal

aorta using the novel constitutive law.

2.1 Physiologically based aortic constitutive law

In this section we outline the key equations that describe of the stress response of the material
to deformation. The constitutive model is decomposed into isotropic and anisotropic parts;
the isotropic portion is used to model the arterial groundmatrix, while the anisotropic part is
further divided into separate stress components that describe elastin, collagen and SMCs.
Additionally, we model the aortic wall as compressible [29].

We employ a rule of mixtures approach where each component of the wall undergoes

the same strain, but the stresses are additive, and the sum of constituent densities (Vaf ) equals

unity, which yields

O = 0o + O¢lg + Ogyc + Opat (1)

Z v/ =1 (2)

We employ a bilinear strain energy function to capture the strain stiffening behaviour

of fibrillar collagen under tension

0 ->0>¢ A3)
Ocol = VCJ;L * { (k18) * (acor ® acor) -»0<e<g
(k1€ + kz(g - gt)) * (acol b2 acol) »0<e> &t
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where V_, is the volume fraction of collagen in the wall, k; is the initial stiffness of collagen,

c
k, is the secondary stiffness of collagen, &; is the transition strain and a.,; denotes the
direction of collagen fibres in the reference configuration with respect to the circumferential
axis of the artery.

Elastin fibres may also contribute to the anisotropy of the vessel with a mean
directionality defined by a.;,. The elastin fibres also exhibit a constant pre-stretch and

stiffness and to allow contraction of the vessel such that the stress is

Ocla = Ve]lca * ((\/E -1+ Ae) * ke) * (A1q @ Agpq). (4)

The model parameter A, is the pre-stretch of the elastin component in the initial undeformed

configuration. v/

1o 1S the volume fraction of elastin in the wall, and k., is the stiffness of

elastin.
We also incorporate the active component of the wall as represented by ag,,.. The
contractile stress generated by a single SMC (a,.;) is held constant at 25kPa [30]. SMCs also

contribute to the anisotropy of the vessel through a,y,.
Osme = V;{nc * (Gact * (asmc ® asmc)) (5)

where v/

ome 1S the volume fraction of SMCs in the wall, o, is the active stress of an

individual SMC and a,,. denotes the direction of SMCs in the reference configuration.

Finally, the stress in the isotropic groundmatrix can be defined as

. ) (6)
Uo (= _
Omar = V1, * —S(B —§Ill> +D—1(/ —1)

]§

Where V/ . is the volume fraction of matrix in the wall, i, is the shear modulus and D; is

related to the bulk modulus of the groundmatrix.

2.2 Experimental/clinical motivation for constitutive model

The following three experimental/clinical observations are used to motivate the bespoke
arterial constitutive law presented in the previous section.

As illustrated in the schematic in Figure 1, our MRI measurements presented in Part | reveal
a bi-linear pressure-area curve in the physiological pressure range (PPR), with a high
compliance regime (HCR) transitioning to a low compliance regime (LCR) at an identifiable

transition pressure and area (Py, Ay).
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Figure 1: Schematic of modelling framework for simulation of in-vivo aorta behaviour. 1. A reference
stress-free configuration is constructed with an area A,.. 2. An equilibrium zero-pressure configuration is
computed, whereby the cross-sectional area of the vessel reduces to A,, such that the internal tensile
circumferential stress due to elastin pre-stretch and SMC contractility is in equilibrium with the
compressive circumferential stress generated in the matrix. 3.) The lumen pressure is increased from zero
up to the end systolic value (117 mmHg). The pressure increases through a sub-physiological pressure
regime (SPPR). At the start-diastolic pressure, P4, (73 mmHg) the computed lumen area is denoted A,.
The pressure is then increased through the physiological pressure range (PPR) up to the end-systolic
value, P (117 mmHg), at which point the computed area is denoted A,. As illustrated in the pressure-
area curve above, based on the MRI measurements of Part I, the PPR is characterised by a high
compliance regime (HCR) up to a transition pressure, P,, followed by a low compliance regime (LCR) up
to the end of systole.

Furthermore, a study by Swanson and Clark [31] reveals that the aortic lumen area at zero
pressure (A;) is ~30% lower than the end-diastolic lumen area (A4). A computational model
must predict the deformation from the zero-pressure aortic configuration (A,) up to the
maximum systolic pressure configuration (A;), including the transition from HCR to LCR in
the PPR. To consider the ability of purely elastic models to capture such behaviour, we
simulate the expansion of an idealised cylindrical artery with undeformed lumen area A, with
the lumen pressure increasing from zero to 120 mmHg. Firstly, we consider a standard Yeoh
hyperelastic model. As shown in Figure 2(a) a good fit for the expected pressure-area curve is
obtained. However, the required sigmoidal shape of the associated stress-strain curve (Figure
2(b)) is not representative of the expected bi-linear strain stiffening that has been widely
reported for the aorta. In Figure 2(c) we consider the behaviour of our bi-linear collagen and
Neo-Hookean matrix model (equations 3 and 6) without the inclusion of elastin or SMCs. A
reasonable fit is achieved for the pressure-area curve only if an extremely high transition
strain (g, > 60%) is specified for the collagen model. As shown in Figure 2(d), this requires

the specification of a stress-strain relationship that is not representative of the aorta. In
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summary, Figures 2(a-d) demonstrate that non-contractile elastic models can only predict the
pressure-area behaviour of the aorta if an incorrect stress-strain relationship is used. We next
consider aortic contractility through the addition of pre-stretched elastin to the model
(equation 4). In this case, we choose a starting reference lumen area A, = 485 mm?. A
preliminary analysis step is implemented in which the artery contracts until the tensile stress
of the pre-stretched elastin is in equilibrium with the compressive stress of the groundmatrix
(collagen fibres shorten in such a deformation and therefore do not contribute to the stress
state at this point of the analysis). Elastin and matrix properties (4., k. and u) are chosen so
that this equilibrium lumen area is close to the expected zero-pressure area (4, = A,). Next,
starting from this equilibrium configuration (A,), the lumen pressure is then increased from
zero to 120 mmHg and the resultant pressure-area curve is computed (Figure 2(e)). This
model provides an accurate representation of clinical/experimental pressure-area data while
the corresponding stress-strain behaviour is in the experimentally reported range. The
contractility due to the elastin results in a collagen induced stiffness increase at a nominal
strain of ~0.4, as reported in the literature. Finally, inclusion of the SMC contribution
(equation 5) adds further internal contractility. Again, an accurate representation of the
pressure-area curve is achieved (Figure 2(g)) while the corresponding stress-strain curve is

within the expected experimental range (Figure 2(h)).
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Figure 2: Assessment of modelling strategies to simulate the bi-linear pressure-area curve measured in
the PPR in-vivo using dual-VENC 4D Flow MRI framework (Part 1). (a) Internal contractility is ignored,
and the vessel is simply inflated from the reference stress free configuration (4,.). A sigmoidal shaped bi-
concave Yeoh hyperelastic material model can be used to fit the pressure-area curve. However, as shown
in (b), the tensile stress-strain relationship of this model does not resemble reported experimental data for
arterial tissue (dashed=[32]; dotted=(Khanafer et al.,, 2013); dashed/dotted=[34]). (c) shows the pressure-
area curve computed using the bi-linear collagen (equation 3) and Neo-Hookean matrix (equation 6)
components of the proposed model without the inclusion of internal contractility due to elastin or smooth
muscle. A reasonable fit can be achieved for the pressure-area curve. However, as shown in (d), an
extremely high transition strain (g, > 60%) must be specified for the collagen model, and as such, the
corresponding stress-strain relationship is not representative of reported experimental data. (e) Internal
contractility is next implemented by addition of elastin pre-stretch (equation 4) to the model. A
reasonable prediction for the pressure-area curve is obtained, and, as shown in (f), the corresponding
tensile stress-strain relationship is now within the experimentally reported range. (g & h) show that
similarly accurate and physiologically relevant predictions can also be achieved by the further addition of
SMC contractility (equation 5) to the model.
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Further evidence of the importance of the elastin pre-stretch component of our model is
provided by the recent experiments of Gabriela-Espinosa [35] (Figure 3(a)) whereby
pressure-diameter curves for excised rat arteries are measured. The contribution of elastin is
then removed by treatment with elastase, which results in an increase in the zero-pressure
diameter from 379um to 473um, and an increase in compliance across the range of applied
lumen pressures. Others have also observed this phenomenon in both canine [36], and murine
arteries [37], [38]. As shown in Figure 3(b), our computational model accurately predicts the
experimentally observed alteration in the pressure-diameter curve upon the removal of the
pre-stretched elastin contribution from the model. This demonstrates that the proposed
mechanism of elastin generated internal tension, and its relative contribution to observed non-
linear arterial compliance, is physiologically appropriate. Regarding the influence of SMC
contractility on aortic biomechanics, Figure 3(c) reproduces the results of an experimental
study performed on canine aortae by Barra [39]. The measured circumferential stress-strain
relationship for untreated excised tissue is compared to the stress-strain relationship
following SMC activation by phenylephrine. SMC activation results in a ~25-40% increase in
stress over the applied strain range. Similar trends have also been reported for middle
cerebral arteries of rats [40]. As shown in Figure 3(d), our model replicates the
experimentally observed contribution of SMC active contractility and suggests that the value

of a,.; in the range from 25-50 kPa [30] is physiologically appropriate for aortic tissue.
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Figure 3: (a) Experimental data reported by Gabriela-Espinosa [35] are reproduced, demonstrating that
the digestion of elastin from excised aortae (using elastase treatment) leads to an increase in the observed
diameter at zero pressure. Subsequent increases in lumen pressure demonstrate a significant difference
between the pressure-area curve between untreated aortae and elastase treated aortae. (b) Computational
prediction of the experimental data of Gabriela-Espinosa [35] using our novel constitutive law (equations
1-6). Here we simulate elastase treatment by removing the contribution of the pre-stretched elastin
(equation 4). (c) Experimental data reported by Barra [39] are reproduced, demonstrating that activation
of SMCs in excised aortae (using phenylephrine) leads to a ~25-40% increase in stress over the applied
strain range. (d) Computational prediction of the experimental data of Barra [39] using our novel
constitutive law (equations 1-6). An active SMC stress of a,.,,=25-50 kPa provides a reasonably accurate
prediction of the experimental data.

2.3 Model parameter sensitivity study

As outlined in the previous section, our model is physically based, with each component
motivated by physiological observations of artery pressure-area and stress-strain curves. This
allows for a physiologically based calibration of the model, rather than a black-box fitting of
model parameters. For example, the increased collagen stiffness parameter (k) is determined
through observation of the LCR region of the pressure-area curve (see Figure 1), whereas the
equilibrium zero-pressure lumen area, A, is governed by the values of elastin stiffness (k)

and pre-stretch (4,) relative to the value of the matrix stiffness (u). Notwithstanding the
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physiological interpretation of each model parameter, it is useful to consider the sensitivity of
the artery pressure-area curve to each parameter, as presented in Figure 4. In terms of
collagen parameters, k; and k, influence the HCR and LCR region, respectively, as
expected, while &, strongly influences the transition pressure from HCR to LCR. Collagen
parameters do not influence the behaviour in the sub-physiological pressure range (SPPR), as
in its highly wavy shortened state the mechanical contribution of collagen is assumed to be
negligible [41]. The elastin parameters, k, and A,, and the matrix stiffness, u, influence the
pressure-area curve in the SPPR and in the HCR (with the collagen contribution dominating
the slope of the pressure-area curve in the LCR). 4, and u strongly influences the zero-
pressure equilibrium area A.. The bulk modulus of the matrix is assumed to be slightly
compressible [29] and does not strongly influence the pressure-area curve. Finally as
expected, an increase in SMC contractility (o,.;) results in a reduction in the zero-pressure

equilibrium area A, and an increase in the transition area P;.

11
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Figure 4: Parametric study to investigate the sensitivity of the computed pressure-area curve to model
parameters. Unless otherwise indicated, the following baseline parameter values are used: (Collagen
component) k; = 0.01 MPa, k, = 0.8 MPa, ¢, = 0.37; (Elastin component) k, = 0.12 MPa, 1, = 0.4; (Matrix
component) u=0.01 MPa, x = 0.08 MPa; (SMC component) ,., = 0 kPa.

12



A W e

10

11

12

13

14

15

16
17

18
19

20
21
22
23
24
25
26
27

We dedicate the remainder of this paper to the analysis of the subject-specific MRI dataset
uncovered in Part I. In keeping with the physiological motivation and interpretation of our
model, we assume that fundamental material properties that describe collagen (k;, k) and

elastin (k., A.) do not change as a function of location in the aorta. Rather, we assume that
volume fractions of collagen (VC{)Z), elastin (Ve{a), smooth muscle (VS’:M) and matrix (Vn{at)
may spatially vary [23], [25], [26]. Therefore, the subject-specific model is primarily
calibrated by altering V., v/ and v/ .

col' "ela

In Figure 5 we illustrate the sensitivity of the pressure-area curve to changes in artery

composition. As expected, an increase in V’;l increases the stiffness of the aorta in the LCR

C
but does not affect the stiffness in the HCR, as the collagen here is crimped. An increase in
v/ also results in a decrease in the A, through the volume conservation relationship

!, increases, VJ

ae Must decrease and the elastin contraction

described in equation 2 (as V;

leads to a greater matrix compression. Note: collagen does not contribute mechanically in

compression). An increase in Ve{a also results in a decrease in A,, due to a greater volume of

contractile elastin compressing within a lesser volume of matrix. Increasing V,}_ alters the

stiffness of the aorta in both the SPPR and the HCR but has no effect on the stiffness in the

LCR as once ¢, is exceeded the secondary collagen stiffness dominates the behaviour of the

material. Increasing the v/ _ does not influence the stiffness in either the HCR or the LCR, as

smc
effectively the same material behaviour is achieved as decreasing the matrix stiffness (u),
(see Figure 4). As a result, an increase in stnc, results in a decrease in A,, and an increase in
P..

In addition to spatial variation in volume fractions of the constituent components, we
also consider spatial variation in the collagen transition strain (&;). This assumption is based
on the reported histological observations that the waviness of collagen in the aorta decreases
distally [42]. The waviness of collagen fibers directly effects the strain at which increased
stiffness occurs. We also consider spatial variations in the stiffness of the matrix based on

reported data that the makeup of GAGs in the aorta differs proximally versus distally [43].

13
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Figure 5: Parametric study to investigate the sensitivity of computed PA curves to the volume fractions of

collagen (Vfol), elastin (V’er,a), and smooth muscle cells (VZ,,.).

2.4 Construction of subject-specific finite element model

The following section describes the methodology surrounding the generation of a subject-
specific FE model, directly from the MRI data obtained in Paper | using a custom-built
MATLAB (R2017b, MathWorks Inc., Natick, MA, USA) framework.

Firstly, the aortic centreline (Figure 6(a)) and the lumen boundary points
corresponding to the diastolic timepoint in the cardiac cycle, for each of the 10 planes
analysed (Figure 6(b)), were used to sweep a surface mesh along the main trunk of the aorta.
All major branch vessels were added to the main trunk including the innominate artery, left
common carotid artery, left subclavian artery, coeliac artery, superior and inferior mesenteric
arteries, left and right renal arteries and left and right common iliac arteries, to form the full
aortic internal and external surface models (Figure 6(c)). Cadaveric aortic wall thickness data
from Concannon [26] is highlighted as a function of aortic location in Figure 6(d), which can
be used to specify the element specific offset distance from the internal surface elements
(green) to the external surface elements (red) in Figure 6(e). Finally, the transformation of
both sets of surface elements into 3D continuum elements, yields the final aortic model

shown in Figure 6(f).

14
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Figure 6: Finite element mesh generation. (a) aortic centreline and (b) plane profiles used for sweeping
the internal surface mesh, (c) major branching vessels along the aorta (d), spatially varying aortic wall
thickness, (e) offset of internal surface elements by the wall thickness to generate the external surface
mesh (red), and (f) hexahedral splitting to generate C3D8 continuum elements.

2.5 Simulation of subject-specific aortic biomechanical behaviour
A discrete fiber orientation based on the aortic centreline and internal lumen surface of the
aorta was prescribed to ensure the circumferential orientation of each element was defined.

The pre-stretched elastin is incorporated in the subject-specific FE model in the same manner
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described previously, through an initial contraction step resulting in a new equilibrium
configuration, in this case for the entire aorta. The subject-specific diastolic pressure load of
73 mmHg was then applied to the internal lumen surface, followed by a pulse pressure wave
based on the measurements outlined in Part I. A linear interpolation of material parameters is
assumed between each of the 10 calibrated sections. The final simulated versus experimental

pressure-area curve fits are shown in Figure 7.

3 Results
Figure 7 shows the computed pressure-area curves at the 10 planes along the length of the

subject-specific aorta. At each section, the volume fractions of collagen (VC{JI), elastin (Ve{a),

and SMCs (Vsﬁw) within the wall, in addition to the isotropic groundmatrix shear modulus (u)
and the transition strain (g;) are adjusted so that the MRI measured data at each section is
accurately predicted. Furthermore, at each plane, the contraction of the aorta due to the pre-
stretch of elastin results in a 31-49% reduction from the reference configuration to the new
equilibrated configuration, accurately reflecting the range reported by the experiments of
[35], [36], and [38].

16



[ER

OCoONO LA~ WN

10
11
12

13

14

15

16

17

(1

(6)

1000 . . . . 300 . . . .
E o £ 200 /aeeaaw
o o 5M T 100 o 5M
b z
z EXP 2, EXP
0 20 40 60 80 100 120 0 20 40 60 80 100 120
Pressure (mmHg) Pressure (mmHg)
(2) (7)
1000 - : 300 - : -
E E 200
5 00 o s ® 100 o s
o o
g, EXP g, EXP
0 20 40 60 80 100 120 0 20 40 60 80 100 120
Pressure (mmHg) Pressure (mmHg)
(3) (8)
400 —
£ /We £ 200
= =
5 200 o s @ 100 ,_/MTT 6
2 EXP 2 EXP (6)
< < 0
0 20 40 60 80 100 120 0 20 40 60 80 100 120
Pressure (mmHg) Pressure (mmHg)
(4) (3) 7
400 200 (7)
5200 o s 5100 o s
2, . . EXP Z ., EXP
0 20 40 60 80 100 120 0 20 40 60 80 100 120
Pressure (mmHg) Pressure (mmHg)
(5) (10)
400 200
5200 O s 5100 O s
2, EXP z EXP

0 20 40 60 80 100 120
Pressure (mmHg)

0 20 40 60 80 100 120

Pressure (mmHg)

Figure 7: Comparison of computed pressure-area curves (SIM) with MRI measurements at 10 planes
along the length of the aorta. Computed data in the SPPR (including the contracted area A, at zero
pressure) is shown, in addition to the bi-linear pressure-area predictions in the PPR. The model is shown
to accurately capture the spatially varying MRI data simply by calibrating the spatially varying volume
fractions of the constituent phases (V';,l, V‘;a, V';mc), the transition strain of the collagen (reflecting the
waviness of the collagen), and the matrix shear modulus (reflecting spatially varying GAG content). All
other model parameters are uniform throughout the aorta.

The time dependence in circumferential tangent stiffness (§a./ §¢.) due to the pressure wave

of a single cardiac cycle is shown in Figure 8 and reflects the high and low compliance

regimes in the pressure-area relationship along the entire aorta.

17



u b wWwnN B

255

0.55

Figure 8: Computed effective circumferential tangent stiffness, K (MPa) throughout the aorta at four
different time-points during the cardiac cycle (t=0 ms, t=100 ms, t=200 ms, and t=500 ms). The complex
spatial and temporal changes in effective material tangent stiffness are clearly illustrated.

Figure 9 shows the FE model predictions of elastin volume fraction (V;{a) along the length of

the aorta. The model predicts that v/ decreases from a maximum value of 35% at Plane 1
(proximal aorta) to a minimum value of 19% at Plane 10 (distal aorta). This finding is
strongly supported by the histological data uncovered in Concannon [26], and is
superimposed in Figure 9 for comparison.
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Figure 10 shows the FE model predictions of collagen volume fraction (I/C];l) along the length

of the aorta. The model predicts that v/ increases from a minimum value of 20% at Plane 1
(proximal aorta) to a maximum value of 50% at Plane 10 (distal aorta). This finding is
strongly supported by the histological data uncovered in Concannon [26], and is

superimposed in Figure 10 for comparison.
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Figure 10: Computed collagen volume fractions (V‘:ol) as a function of position (anatomical site — see
Figure 5.5) in the aortic wall (red squares). Corresponding collagen content measured in the experimental
histology study (Concannon [26]) are superimposed for comparison (black circles).

The transition strain is plotted as a function of aortic location in Figure 11. It is observed that
in order to fit the regional in-vivo pressure-area curves that the transition strain decreases
from 0.38 in the proximal ascending aorta to 0.15 in the distal abdominal segment. This result
is in agreement with the in-vitro work of Zeinali-Davarani [42] who found that the degree of
collagen undulation observed under multi-photon microscopy also decreased between the
proximal and distal aorta in pigs. The waviness (S) is defined as the direct distance between
the end points of a fiber (L) divided by the actual length of fiber (I) (i.e. S=1 for a perfectly
straight fiber, whereas S<1 for a wavy fibre). A statistically significant difference was found
in the waviness of collagen fibers between the thoracic (S=0.77+0.09) and abdominal
(5=0.37%0.02) aorta.
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Figure 11: Computed collagen transition strain (g,) as a function of position (anatomical site — see Figure
5.5) in the aortic wall (red squares). The parameter &, represents the waviness of the collagen, with a high
transition strain indicating a high level of waviness. Experimental histological measurements of collagen
waviness (characterised by the waviness factor S) in thoracic and abdominal porcine aortas are shown for
comparison. The statistically significant difference (p < 0.05) between the two experimental groups is also
evident in our computational results.

Finally, in Figure 12 we show the FE model predictions of SMC volume fraction (stnc) along

the length of the aorta. The model predicts that VS’:M increases from a minimum value of 20%
at Plane 1 (proximal aorta) to a maximum value of 27% at Plane 10 (distal aorta). This
finding is strongly supported by the histological data uncovered in Concannon [26], and is
superimposed in Figure 12 for comparison.
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Figure 12: Computed SMC volume fractions (Vﬁmc) as a function of position (anatomical site — see Figure
5.5) in the aortic wall (red squares). Corresponding SMC content measured in the experimental histology

study (Concannon et al., 2019) are superimposed for comparison (black circles).
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4 Discussion

This paper develops a subject-specific MRI/FEA framework to uncover the biomechanisms
underlying the spatially varying non-linear aortic compliance measured in-vivo in Part 1.
Several key findings emerge from the work:

(i) Internal vessel contractility, due to pre-stretched elastin fibres and actively generated
smooth muscle cell stress, must be incorporated into the arterial constitutive law, along with
collagen strain stiffening, in order to accurately predict the non-linear pressure-area
relationship uncovered by our MRI investigation.

(it) Modelling of elastin and smooth muscle contractility allows for the identification of the
reference vessel configuration at zero-lumen pressure. This modelling approach is also shown
to capture the key features of elastin and SMC knockout experiments.

(iii) Incorporation of elastin and SMC contractility is critical for the accurate prediction of the
physiological lumen pressure at which the aorta transitions from a high-compliance regime to
a low-compliance regime due to collagen strain stiffening.

(iv) Volume fractions of the constituent components of the aortic material model (i.e. non-
linear elastic collagen, pre-stretched elastin, and contractile smooth muscle cells) were
computed throughout the subject-specific aortic FE model so that the in-silico pressure-area
curves accurately predict the corresponding MRI data at 10 separate anatomical locations.
This leads to the prediction that collagen and smooth muscle volume fractions increase
distally, while elastin volume fraction decreases distally. This finding is supported by the
histological analyses presented in Concannon [26].

(v) The model parameter that sets the strain at which collagen transitions from low- to high-
stiffness is computed to be lower in the abdominal aorta. This model prediction supports the
histological finding that collagen waviness is lower in this region.

It has been shown that the digestion of elastin significantly increases the zero-pressure
vessel diameter and alters the pressure-area relationship in arteries over a range of applied
physiological lumen pressures [35], [38]. The inclusion of a pre-stretched linear elastic elastin
component in our model accurately replicates the experimental observations of [35]. In our
modelling approach the artery configuration at zero-pressure is computed whereby the pre-
strained elastin reduces the vessel diameter until the elastin tensile stress is in equilibrium
with the compressive stresses in the groundmatrix. The subsequent application of a lumen
pressure within the physiological range leads to the accurate prediction of the experimentally

measured pressure-area curve. Our model also includes active contractility of SMCs
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component. The active SMC stress (g, = 25 kPa) determined by McGarry [30] for single
SMCs seeded on arrays of micro-pillars leads to a reasonable prediction of the experimentally
observed increase in aortic wall stress due to phenylephrine induced SMC contractility [39],
[40]. Future developments of the SMC component of the model should include descriptions
of the active contractility of SMCs in the aortic wall could include Hill-type tension-strain
rate formulations and kinetic formulations for dynamic intra-cellular remodelling of stress
fibres [44]-[47]. Micromechanical modelling approaches should also be developed for
arterial tissue to analyse the interaction between cells and the surrounding ECM [48], [49].
The computation of the contracted zero-pressure artery configuration with a lumen
area that is ~30-50% lower than the undeformed stress-free configuration due to elastin pre-
strain and SMC active contractility is a key component of our subject-specific modelling
strategy. This approach is physiologically based on experimental observations of lumen area
change following the digestion of elastin using elastase and measured stress changes
following SMC activation [35], [36], [38]-[40]. We demonstrate that the identification of the
contracted configuration prior to the application of the lumen pressure (up to a physiological
loading range) is a critical step in order to accurately predict MRI measurements of in-vivo
non-linear pressure-area relationship (presented in Part I). If elastin and SMC contractility are
ignored and the vessel is merely loaded from a ‘stress-free’ reference state, a non-
physiological stress-strain relationship (e.g. a bi-concave sigmoidal Yeoh hyperelastic
formulation, or a non-physiological collagen model that does not strain stiffen until 60%
tensile strain) must be used for the artery wall. In contrast, if elastin and SMC contractility
are included, the in-vivo pressure-area relationship is accurately predicted using a
physiologically realistic stress-strain relationship, with collagen strain stiffening at 30-35%
tensile strain [32]-[34]. A previous artery modelling strategy by Bols [50], ignores the key
contribution of vessel contractility and assumes a polynomial hyperelastic material law. An
iterative numerical backwards displacement algorithm was used to estimate zero-pressure
stress-free configuration and lumen pressure was directly applied without considering the
contracted configuration. A similar approach was implemented by Krishnan [51], with the
added simplification of linear elastic material behaviour. Indeed it should be noted that the
majority of patient-specific aortic FE models in the literature incorrectly assume that the
observed geometry (from MRI or CT imaging) represents a zero-stress state configuration
[52]-[60], despite the significant applied lumen pressure loading of the vessel during in-vivo

imaging.
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The incorporation of a bi-linear strain-stiffening collagen constitutive law enables accurate
fitting to both the bi-linear in-vivo pressure-area data, while providing physiologically
realistic uniaxial tension stress-strain behaviour. Within the SPPR and HCR, collagen is
crimped, and its mechanical contribution is lower than that of the elastin and groundmatrix.
This physical interpretation is validated by the experimental study of Schriefl [61] in which
the effects of elastase and collagenase on the mechanical response of aortic tissue is
investigated. Elastin is demonstrated to contribute primarily to the effective material stiffness
in the low stiffness regime. The removal of elastin using elastase is shown to significantly
reduce the material stiffness in the low strain regime. However, removal of elastin does not
significantly alter the tangent modulus in the high strain regime, with pronounced (and
similar) strain stiffening observed for both treated and untreated samples. However,
pronounced strain stiffening is still observed following elastin removal, and the tangent
modulus in the high-stiffness regime at high strains is not strongly influenced by elastin
removal. Removal of collagen using collagenase does not strongly influence the material
stiffness in the low strain regime. However, collagen removal dramatically alters material
behaviour in the high strain regime, with strain stiffening being completely eliminated. Our
strain stiffening collage model is supported by reported experimental images of collagen
deformation in arteries under physiological loading conditions. Collagen fibres are observed
to reach a straightened (uncrimped) configuration at an applied lumen pressure of 100 mmHg
[62], and at an applied strain of 0.4 [63], [64]. These data strongly support the range of values
of transition strains (g, = 0.18 — 0.35) and resultant transition pressures (P, =83 —
93 mmHg) determined by our MRI/FEA framework.

In order to simulate the spatially varying heterogeneous pressure-area relationships
uncovered at 10 aortic planes in in-vivo MRI study in Part I, our modelling framework
predicts that the volume fraction of collagen increases with distance from the heart (from
20% in the most proximal Plane 1 to 50% in the most distal Plane 10). We also compute that
the volume fraction of elastin decreases with distance from the heart (35% proximally to 19%
distally), and the SMC volume fraction increases with distance from the heart (20%
proximally to 27% distally). These computed spatial variations in collagen, elastin and SMC
are strongly supported by histological data. In Concannon [26], histological analyses of
excised cadaveric aorta samples reveals that the area fraction of collagen increased from 22 +
1.6% to 53 + 5.1%, elastin decreased from 27 + 4.7% to 17 + 3.9%, and SMC density
increased from 22 + 2.2% to 27 + 1.0%. Other studies have also observed that collagen [24],
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[65] and SMC concentrations increase distally, while elastin concentration decreases distally
[25], [66] in horses, pigs and monkeys. Our modelling framework also computes that the
transition strain (e;) decreases from 0.38 in the proximal aorta to 0.15 in the abdominal aorta.
This finding is supported by the experimental study of [42] who report that collagen in the
proximal aorta was more crimped than collagen in the distal aorta in pigs. Furthermore, the
experimental biaxial mechanical test data reported [67] and [68] demonstrate that the
transition strain is lower in samples extracted from the distal aorta compared to samples from
the proximal aorta.

Several computational studies have used the simplifying assumption that the aorta
exhibits a single spatially uniform stiffness [69]-[76]. Using our novel MRI/FEA framework,
we highlight the inaccuracy of this assumption, and our constitutive law provides a new
insight into the link between spatially varying tissue composition and resultant biomechanical
function. Furthermore, our framework provides a detailed characterisation of a high
compliance regime at low physiological lumen pressures and a low compliance regime at
high physiological pressures within a single cardiac cycle. This finding is supported by
several ex-vivo studies that demonstrate a non-linear compliance over the physiological
pressure regime in whales [77], octopus [78], pigs [79] and humans [80], [81].

The generation of a framework for building subject-specific FE models directly from
medical imaging data is of significant value to the field of computational biomechanics.
Typically, FE meshes are generated through manual segmentation techniques in
commercially available software packages such as Mimics (Materialise, Belgium). Such
approaches, however, require significant post-processing time, hindering their feasibility as
real-time clinical diagnostic tools. Robust alternative approaches to in-vivo geometry
construction include IVUS and Multislice CT [82], [83] as well as pyFormex software

(http://www.pyformex.org) [50]. The custom-built framework developed in this study is

open source [84] (now freely available on the MATLAB GIBBON toolbox) and can serve as
an in-silico test-bed for the testing of novel synthetic materials and stent designs.

This study did not consider the effect of non-circumferentially aligned elastin,
collagen and SMCs. O’ Connell [85] showed in rats that all three primary medial constituents
(elastic lamina, collagen bundles, and smooth muscle cells) have a predominately
circumferential orientation. However, collagen fibers have been reported to align at +27.75°
and -27.19° to the circumferential direction [86], and in non-symmetric complex distributions

which require a von Mises mixture model to capture [26]. Elastin fibers have been reported to
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align at -40° [87] and +75° [88] to the circumferential axis, while SMCs have been reported
to align between -50° and -20° [89] with respect to the circumferential axis. The constitutive
law implemented in the current study can readily be extended to include non-circumferential
fibre alignments and non-uniform fibre dispersion distributions. The bi-linear form used in
this study to describe the strain stiffening collagen contribution can also readily be extended
to include a smooth transition region between the low- and high-stiffness regimes. However,
the results of the current study demonstrate that such an additional feature is not required to
simulate the distinctly bi-linear shape of the pressure-area curves measured in-vivo using our
dual-VENC protocol in Part I. Future implementations could also incorporate cohesive zone
or element removal damage models to simulate dissection or rupture [90]-[92]. Additionally,
our study did not consider the effect of anatomical constraints on aortic deformation, such as
the spinal column or lungs. Such additional features can readily be identified from MRI
images and incorporated into future model implementations.

In summary, this computational investigation provides new insights into the spatially
varying non-linear compliance of the aorta, uncovering the key role of pre-stretched elastin,
contractile SMCs and strain stiffening collagen on in vivo biomechanical behaviour. We
demonstrate that our subject-specific MRI/FEA framework can predict the spatial vairiation
of collagen, elastin and SMC throughout the aorta and can accurately predict the complex
spatially varying pressure-area relationship under physiological loading. The subject-specific
MRI/FEA framework can potentially be used to guide preoperative planning of aortic
surgery, e.g. endovascular or open surgical repair, and aid in the design of next generation

patient-specific aortic devices.
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