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Abstract

Aortic mechanical and structural characteristics have profound effects on pathophysiology, but 

many aspects of physiologic stress-stretch state and intramural changes due to aging remain poorly 

understood in human tissues. While difficult to assess in vivo due to residual stresses and pre-

stretch, physiologic stress-stretch characteristics can be calculated using experimentally-measured 

mechanical properties and constitutive modeling. Mechanical properties of 76 human descending 

thoracic aortas (TA) from 13–78-year-old donors (mean age 51±18 years) were measured using 

multi-ratio planar biaxial extension. Constitutive parameters were derived for aortas in 7 age 

groups, and the physiologic stress-stretch state was calculated. Intramural characteristics were 

quantified from histological images and related to aortic morphometry and mechanics. TA 

stiffness increased with age, and aortas became more nonlinear and anisotropic. Systolic and 

diastolic elastic energy available for pulsation decreased with age from 30 to 8kPa and from 18 to 

5kPa, respectively. Cardiac cycle circumferential stretch dropped from 1.14 to 1.04, and 

circumferential and longitudinal physiologic stresses decreased with age from 90 to 72kPa and 

from 90 to 17kPa, respectively. Aortic wall thickness and radii increased with age, while the 

density of elastin in the tunica media decreased. The number of elastic lamellae and 

circumferential physiologic stress per lamellae unit remained constant with age at 102±10 and 

0.85±0.04kPa, respectively. Characterization of mechanical, physiological, and structural features 

in human aortas of different ages can help understand aortic pathology, inform the development of 
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animal models that simulate human aging, and assist with designing devices for open and 

endovascular aortic repairs.
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1 INTRODUCTION

The aorta is the largest artery in the human body[1]. It distributes oxygenated blood to all 

organs and tissues, and acts as an elastic buffering chamber behind the heart that distends 

following ejection of blood from the left ventricle (LV) during systole, and then recoils after 

aortic valve closure[2,3]. This feature, known as the aortic Windkessel[4,5], provides a 

cushioning effect that protects the heart from pressure injury and helps perfuse the coronary 

arteries while creating a nearly continuous peripheral blood flow.

The aortic Windkessel function is inextricably linked to its elasticity, and stems primarily 

from the intramural aortic elastin[6] that is organized in the form of repeating sheets (called 

the elastic lamellae), the interlamellar elastic fibers, and thick radial elastin struts[2,7]. Most 

of the mature arterial elastin is produced during the perinatal period and stretches as the 

aorta grows in size[8,9], resulting in considerable tension and facilitating the Windkessel 

function. The number of elastic lamellae and the overall density of elastin in the aortic wall 

directly affect aortic elasticity[10–14] and define its Windkessel characteristics.

Aging, cyclic mechanical stress, proteolytic destruction, and other disease processes lead to 

degradation and fragmentation of elastic lamellae and fibers, which in combination with 

production and cross-linking of collagen and accumulation of proteoglycans and 

glycosaminoglycans, leads to aortic stiffening[15–17] and reduction of the Windkessel 

function. As higher ventricular forces are required to distend the stiffer aortic wall so it can 

continue to hold half of the LV stroke volume[5,18], this may result in increased systolic 

blood pressure[19–21], pulse wave velocity, and LV afterload[22–27], thereby causing LV 

hypertrophy, fibrosis, and changes in diastolic function that may eventually lead to 
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contractile dysfunction and cardiomyopathy[14,19,29–34,20,22–28]. Distal to the heart, 

aortic stiffening enhances transfer of excessive, harmful pulsatile energy to the periphery, 

potentially altering blood flow characteristics in vital high-flow organs such as the brain and 

the kidneys, likely contributing to cognitive impairment and many forms of kidney 

disease[34,35,44–47,36–43].

While aortic stiffening is usually studied in the context of in vivo measurements such as 

pulse wave velocity or changes in aortic diameter during the cardiac cycle, many mechanical 

characteristics, like the intramural stresses, cannot be readily measured in vivo and require 

assessments using ex vivo tissue characterization and constitutive modeling. The assessment 

of the physiologic stress-stretch state is particularly complicated by the residual stresses[48–

50] and longitudinal pre-stretch[51–53] that have profound effects on physiologic 

function[1,8], but cannot be measured without excising the artery.

In this study we have performed detailed mechanical characterization of human descending 

Thoracic Aortas (TA) in a wide range of ages, analyzed their physiologic stress-stretch state 

in relation to microstructure, and derived constitutive parameters for 4 commonly used 

constitutive models. This information can help improve understanding of basic aortic 

physiology and pathophysiology, and inform the development of animal models simulating 

human aging and disease. In addition, TA is one of the most commonly repaired aortic 

segments in trauma patients[54–56], many of whom are young and have compliant aortas 

with a strong Windkessel function. Presented analysis can help design new devices and 

materials for aortic repair in these patients.

2 METHODS

2.1 Aortic samples

Aortas were obtained by Live On Nebraska from 76 human subjects (age range 13 – 78 

years, mean age 51 ± 18 years, 63% male, 97% Caucasian, none with aneurysmal disease) 

within 24 hours of death after obtaining consent from next in kin, transported in 0.9% 

phosphate-buffered saline at 4°C, and tested within 4 hours of procurement to preserve 

freshness. All samples were from the descending thoracic aorta, 1 cm distal to the left 

subclavian artery. Subject demographics and risk factors are summarized in Table 1.

Aortic rings were photographed in the load-free and radially-cut stress-free configurations to 

measure lengths of the intimal and adventitial surfaces (lint, ladv, Lint, Ladv) and the opening 

angle α (Figure 1) using a custom-written MATLAB program. Aortic wall thickness in the 

stress-free (H) and load-free (h) configurations was measured in 10 different locations along 

the aortic circumference to derive the average value for each specimen. All measurements 

were obtained by the same operator, and variability in aortic diameter and wall thickness 

values was 4±3%. Measurements of the circumference and opening angle allowed 

calculations of the load-free and stress-free radii ρint, ρadv, Rint, Radv as[1,48,49]:

Rint, adv =
Lint, adv
2π − α , ρint, adv =

lint, adv
2π . Eq. 1
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2.2 Planar Biaxial Testing

Planar biaxial tests were performed on 13 × 13 aortic specimens submerged into 0.9% 

phosphate-buffered saline at 37°C using a CellScale Biotester equipped with 5N 

loadcells[57,58]. Test axes were aligned with the longitudinal and circumferential directions 

of the aorta, and specimens were attached using rakes as previous studies demonstrated 

negligible shear in human TA specimens[15]. All samples were sprinkled with graphite 

markers to allow measurement of the deformation gradient, preloaded with 0.1N force, and 

subjected to 20 equibiaxial cycles of preconditioning until the force-stretch curves became 

repeatable. After that, a total of 21 stretch-controlled multi-ratio protocols were used to 

obtain sufficient data density for constitutive modeling. These protocols covered 

circumferential to longitudinal stretch ratios of 1:0.1 to 1:0.9 and 0.9:1 to 0.1:1 with 0.1 step, 

intermixed with three 1:1 equibiaxial protocols in the beginning, middle, and the end of the 

test sequence to ensure absence of tissue damage. Maximum stretch levels were selected for 

each specimen to ensure non-linearity in force-stretch curves while avoiding excessive 

stretch that can cause tissue damage. These stretches ranged from 1.09 to 1.5 depending on 

tissue compliance, and for most specimens corresponded to 1N force. All specimens were 

tested at 0.01 s−1 strain rate, and Cauchy stresses averaged through the thickness of the 

specimen were calculated as a function of the applied stretches in both the longitudinal (tzz
exp)

and the circumferential (tθθ
exp) directions as:

tzz
exp =

pz
hlθ

, tθθ
exp =

pθ
hlz

,

where h is the deformed thickness of the specimen in the current configuration during the 

biaxial test, pz and pθ are the applied forces in the longitudinal and circumferential 

directions, and lz and lθ are the deformed lengths over which these forces act. Assuming 

incompressibility of the tissue during the biaxial test, the above formula can be written as a 

function of the biaxial stretches λz and λθ, thickness H in the reference configuration, and 

the undeformed lengths Lθ and Lz:

tzz
exp = λz

pz
HLθ

, tθθ
exp = λθ

pθ
HLz

.

2.3 Constitutive models

Stress-stretch responses were used to determine constitutive parameters for the four 

invariant-based constitutive models commonly used to describe passive mechanical behavior 

of incompressible arteries[59,60]. Details of these models are summarized below.

2.3.1 The neo-Hookean model—This isotropic one-parameter model uses a linear 

function to describe the strain energy as:

Jadidi et al. Page 4

Acta Biomater. Author manuscript; available in PMC 2021 February 01.

A
uthor M

anuscript
A

uthor M
anuscript

A
uthor M

anuscript
A

uthor M
anuscript



W = 1
2 μ IC − 3 + U(J), Eq. 2

where IC = tr(C) is the first invariant of the right Cauchy-Green stretch tensor C = FT F, μ is 

the material parameter that needs to be determined from the experimental data, J = detF is 

the third invariant of C, and U(J) is a purely volumetric contribution of strain energy 

function, which in the case of incompressible material defines Lagrange contribution.

2.3.2 The Demiray (Delfino) model—The Demiray (Delfino) model[61,62] also 

assumes isotropic response, but accounts for the stiffening of the aortic tissue by 

incorporating an exponential function:

W =
D1
D2

exp
D2
2 IC − 3 − 1 + U(J), Eq. 3

where, D1 and D2 are constitutive model parameters.

2.3.3 The classic two-fiber-family Holzapfel-Gasser-Ogden (HGO) model—
Classic HGO has 4 constitutive parameters that allow to describe both the nonlinearity and 

the orthotropy of the tissue[63]. Though these parameters are phenomenological, they are 

usually related to the intramural aortic structure incorporating the contributions of the 

isotropic ground substance or elastin, and the two families of mechanically-equivalent 

collagen fibers that are helically oriented at the angle γ with the longitudinal direction:

W = Wgr + ∑
i = 1

2
W i + U(J),

Wgr =
Cgr
2 IC − 3 ,

W i =
C1

i

2C2
i e

C2
i IVC

i − 1 2
− 1 , i = 1, 2.

Eq. 4

Here IVC
1, 2 = M1, 2 ⋅ CM1, 2  is the square of the stretch in the fiber direction M1,2, which in 

the absence of shear in the right Cauchy-Green stretch tensor C, is equal to

IVC
1, 2 = λz

2cos2γ + λθ
2sin2γ,

and Cgr, C1
1, 2, C2

1, 2, γ are the constitutive parameters determined from the experimental data. 

Assuming that the fibers are mechanically equivalent C1
1 = C1

2 and C2
1 = C2

2. Further, 

Macaulay brackets ( ⋅ ) = 1
2 [( ⋅ ) + | ( ⋅ ) | ] are used to filter positive values so collagen fibers 

only contribute to stress during tension.
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2.3.4 The four-fiber family model—An extension of the HGO model that includes 4 

instead of 2 families of fibers is usually used for arteries that demonstrate significant 

anisotropy[57,58,64–68]. It includes two additional families of fibers aligned with the 

longitudinal and circumferential directions which transforms the strain energy function 

to[69,70]:

W = Wgr + ∑
i = 1

4
W i + U(J),

Wgr =
Cgr
2 IC − 3 ,

W i =
C1

i

4C2
i e

C2
i IVC

i − 1 2
− 1 , i = 1, 2, 3, 4,

Eq. 5

Here IVC
3, 4 = M3, 4 ⋅ CM3, 4 , which in the absence of shear can be written as IVC

3 = λθ
2 and 

IVC
4 = λz

2, i.e. the square of the stretch in the circumferential and longitudinal directions 

respectively.

The total Cauchy stress can then be calculated as the summation of the volumetric and 

isochoric parts:

t = − pI + t = − pI + 2 ∂W
∂IC

B + 2 ∑
i = 1

4 ∂W
∂IVC

i mi ⊗ mi

t

, Eq. 6

where, mi = FMi and Mi is the unit vector aligned with the direction of fibers in the 

reference configuration, p is the Lagrange multiplier, and B is the left Cauchy-Green stretch 

tensor.

2.3.5 Determination of constitutive model parameters from the experimental 
data—Constitutive parameters for each of the 4 models were determined by minimizing 

each component of the error tensor e defined as

e = tth(F, P) − texp ,

where tth is the theoretical Cauchy stress calculated using Eq. 6 and the experimentally-

measured deformation gradient F, and material parameter(s) P are defined by Eq. 2, Eq. 3, 

Eq. 4, and Eq. 5 for each of the constitutive models.

To ensure parameter uniqueness for the two- and four-fiber family models, we have 

performed a non-parametric bootstrap as described previously[57,64]. Briefly, it included 

2000 iterations of random sampling and fitting, followed by the analysis of the probability 

distribution of each parameter to determine the global minimum.
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The quality of model fits to the experimental data was assessed using coefficient of 

determination R2 calculated as:

Rθ
2 = 1 −

∑i
n tθθ

exp, i − tθθ
th, i

∑i
n tθθ

exp, i − tθθ
exp, avg , Rz

2 = 1 −
∑i

n tzz
exp, i − tzz

th, i

∑i
n tzz

exp, i − tzz
exp, avg ,

R2 =
Rθ

2 + Rz
2

2 .

Here i represents each experimental data point and Rθ
2 and Rz

2 are the coefficients of 

determination in the circumferential and longitudinal directions, respectively. Cauchy stress 

equations for all models are summarized in the Appendix 6.1.

In order to determine age-group-specific parameters for all constitutive models we followed 

a previously described approach[57,58,65] whereby the stress-controlled responses were 

first determined for all specimens using the constitutive model that produced the best fit to 

the experimental data; and then these curves were used to generate the average, and the 25th 

and 75th percentile stress-stretch curves for each age group. Constitutive model parameters 

were then determined by fitting to these curves, which produced age-group-specific values. 

This approach was used instead of mere averaging of the constitutive parameters between 

specimens which may produce an unpredictable result due to their interrelated nature.

2.3.6 Assessment of aortic anisotropy

Circumferential and longitudinal stretches at 25 kPa and 50 kPa equibiaxial stress levels 

were used to assess the anisotropy of the aortic tissues[67] as:

A25, 50 =
λz

25, 50 − λθ
25, 50

0.5 λz
25, 50 + λθ

25, 50 . Eq. 7

Here A25 and A50 are the anisotropy ratios at 25 kPa and 50 kPa, respectively defined such 

that when the tissue is more compliant circumferentially than longitudinally, the anisotropy 

metric becomes negative.

2.4 Kinematics of residual and physiologic states

Aortic morphometry measurements and constitutive parameters determined from the 

experimental data were used to determine residual and physiologic stresses and stretches. 

Deformation gradients associated with transitions from the stress-free to the load-free and to 

the in vivo loaded states can be written as[1,59,63,71]Fres = diag ∂ρ
∂R , K ρ

R , λζ , 

Fload = diag ∂r
∂ρ , r

ρ , λz
in situ  and Fphys = FloadFres = diag ∂r

∂R , r
RK, λζλz

in situ , where R, ρ and r 

represent the stress-free cut ring, load free and loaded ring radii, respectively, K = 2π
2π − α  is a 

measure of the opening angle, and λζ and λz
in situ are the residual and physiologic 

longitudinal stretches, respectively.
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Assuming incompressibility, one can find the stress-free and the loaded radii, R and r 
respectively, as a function of the load-free radius ρ:

R = Radv
2 − ρadv

2 − ρ2 Kλζ, Eq. 8

r = radv
2 −

ρadv
2 − ρ2

λz
in situ , Eq. 9

where λζ is assumed to be equal to 1[1]. The adventitial radius Radv and the measure of the 

opening angle K in Eq. 8 and radv in Eq. 9 can be determined using the equilibrium 

equations derived from the balance of linear momentum, the boundary conditions of zero 

pressure on the adventitial surface and zero axial force in the load-free state, and the 

assumption of zero pressure on the adventitial surface in the loaded state[1,59,63,71] (see 

details in the Appendixes 6.2 and 6.3).

Since the in situ longitudinal stretch was not measured when the aortas were excised, it was 

calculated based on subject’s age and the formula reported by Horny et al.[51]:

λz
in situ = 2.4016 × Age−0.1957 . Eq. 10

Please note that this formula was obtained for the abdominal, not for the thoracic aorta 

which may have a somewhat different pre-stretch[72]. In the absence of measured 

longitudinal pre-stretch, several research teams have determined it as stretch at which axial 

tethering force and luminal pressure decouple (λz
decoupling) [58,73–75]. At λz

decoupling the 

aorta experiences minimal change in axial force during the cardiac cycle which minimizes 

the axial work. Though our recent analysis of human femoropopliteal arteries demonstrated 

that calculated λz
decoupling and measured λz

in situ can be significantly different in young 

subjects[58], in the current study we have calculated aortic physiologic stress-stretch state 

using both metrics which allowed to assess the influence of pre-stretch on the results.

Physiologic stresses and stretches were calculated assuming stress-free state as a reference. 

The longitudinal stretch is then given by either the Eq. 10 or the condition of pressure-axial 

force decoupling, and the circumferential physiologic stretch can be calculated from

λθ
phys = r

RK .

Physiologic stresses corresponding to these stretches were then determined using the 

constitutive model that provided the best fit to the experimental data. Furthermore, we have 

calculated the physiologic circumferential stiffness as the change in the average 

circumferential physiologic stress between systole (120 mmHg) and diastole (80 mmHg) 

divided by the change in the average circumferential stretch[58]:
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Eθ =
tθθ
phys, avg(sys) − tθθ

phys, avg(dias)
λθ

phys, avg(sys) − λθ
phys, avg(dias)

. Eq. 11

Here tθθ
phys, avg and λθ

phys, avg are the average through-thickness circumferential physiologic 

Cauchy stress and stretch calculated by integrating them over the current volume and 

dividing by the total current volume.

Strain energy W was calculated at diastole and systole to assess elastic potential available for 

pulsation, and the change in the average circumferential physiologic stretch during the 

cardiac cycle was calculated as:

λθ
cardiac cycle = rsys

rdias Eq. 12

2.5 Histological analysis

TA histology was evaluated in aortic specimens immediately adjacent to the biaxially-tested 

segments. Due to previously reported directional differences in elastic fiber and lamellae 

architecture[76,77], we have performed histological analysis using both transverse and 

longitudinal sections in each subject. All tissues were fixed in methacarn, dehydrated in 70% 

ethanol, embedded in paraffin, sectioned using a microtome, and stained with a Verhoeff-

Van Gieson (VVG) stain. The stained sections were then scanned at 20 × resolution and used 

to characterize intramural elastin.

Histological analysis was performed in a semi-automated fashion using a custom-written 

application in C++ with OpenCV library. This application created a gray-scale image that 

contained only the elastin pixels, and the 6th order polynomials were best-fit to the inner and 

outer boundaries of the medial layer. A total of 200 through-thickness lines where then 

drawn perpendicular to the aortic section (Figure 2), and the number of elastic lamellae were 

counted along each of these lines. The obtained results were then averaged producing mean 

and standard deviation counts of elastic lamellae in each histological section.

To focus on the elastic lamellae while avoiding thinner interlamellar fibers[78] and short 

radial elastic fibers[7], a minimum thickness of 1 μm, a minimum length of 50 μm, and a 

minimum distance of 1 μm between the lamellae were set for all images. The density of 

elastin in the entire medial layer was then determined by dividing the total number of elastin 

pixels by the number of total pixels in the tunica media. For each subject, measurements 

were obtained separately for the circumferential and longitudinal sections, and since 

longitudinal sections included three axial strips, data for those were averaged. Each image 

analyzed by the semi-automated algorithm was reviewed by an operator to ensure 

correctness, and a subset of 30 images was used to compare manual and automatic lamellae 

counts. The difference between these counts was on average 10±8%, which was typically 

smaller than the variation observed within the same histological section.
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2.6 Statistical analysis

Pearson correlation coefficient r was used to assess the strength of linear relation between 

continuous variables, with values closer to ±1 demonstrating stronger relations. Statistical 

significance of the observed correlations was assessed by testing the hypothesis of no 

correlation (i.e. the null hypothesis) against the alternative hypothesis of nonzero correlation 

using independent sample t-tests and utilizing the corr function of MATLAB. Values of p < 

0.05 were considered statistically significant.

3 RESULTS

Figure 3 describes changes in aortic dimensions in load-free and stress-free configurations 

with age. Both the stress-free and the load-free thicknesses increased with age (r = 0.45, p < 

0.01, and r = 0.31, p < 0.01, respectively), and the stress-free thickness was on average 18 

± 8% larger compared with the load-free state. Intimal and adventitial lengths of the stress-
free radially-cut aortic rings increased with age (r = 0.73, p < 0.01, and r = 0.57, p < 0.01, 

respectively) while the opening angle decreased (r = −0.25, p < 0.04). In young aortas, the 

radial cut resulted in almost flat specimens (i.e. larger opening angles), with the slightly 

longer adventitial surface. In older TAs the radially-cut ring curved intima outward (Figure 

3C), and intimal surface was on average 5 ± 5% longer than the adventitial. The inner and 

outer aortic radii in the load-free (r = 0.67 and r = 0.65) and loaded (r = 0.41 and r = 0.53) 

configurations increased with age (p < 0.01), and this increase was most substantial for <50-

year-old aortas.

Figure 4 demonstrates longitudinal and transverse histological sections of several TAs from 

different age groups, and Figure 5 illustrates changes with age in the elastin content, the 

number of elastic lamellae, and thickness of the medial layer. The elastic lamellae were 

dense, continuous, and undulated in young aortas, while old aortas contained thinner, 

fragmented, and straighter elastic lamellae radially separated by larger distances.

Density of elastin in the medial layer decreased with age as assessed by both transverse (r = 

−0.55, p < 0.01) and longitudinal ((r = −0.55, p < 0.01) sections. The number of elastic 

lamellae did not change significantly with age (p = 0.10 transverse and p = 0.06 

longitudinal) and on average was 105±9 and 100±10 as measured on transverse and 

longitudinal sections, respectively (Figure 5). Tunica media thickness measured in transverse 

sections slightly increased with age (r = 0.19), but the change was not statistically significant 

(p = 0.10). There was a significant correlation between the number of elastic lamellae and 

elastin density (r = 0.46, p < 0.01 transverse, r = 0.61, p < 0.01 longitudinal) and the number 

of elastic lamellae was higher in aortas with thicker medial layer (r = 0.51, p < 0.01 

transverse, r =0.65, p < 0.01 longitudinal sections).

TA specimens stiffened with age, and the stress-stretch response became more nonlinear and 

anisotropic (Figure 6, Figure 7, Figure 8 and Figure 9). As displayed in Figure 9, 

circumferential stretch corresponding to 25 kPa stress did not change with age (p = 0.96) but 

stretch at the 50 kPa stress level decreased with age significantly (r = −0.26, p = 0.02), 

illustrating an increase in nonlinearity. In the longitudinal direction, reduction in stretch with 

age was significant at both the 25 kPa and the 50 kPa stress levels (r = −0.44, p < 0.01 at 25 
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kPa, r = −0.75, p < 0.01 at 50 kPa) demonstrating that TAs stiffened faster longitudinally 

than circumferentially. Tissue anisotropy at 25 kPa stress decreased with age from 0.022 to 

−0.020, while at 50 kPa stress it changed from 0.031 to −0.050, and the change in sign 

indicates a reverse in anisotropy in older aortas that became more compliant 

circumferentially than longitudinally.

Constitutive parameters describing the mechanical behavior of TAs in 7 age groups are 

summarized in Table 2 and Table 3 for all 4 constitutive models. The neo-Hookean model 

did not provide a good fit (R2 > 0.83 ± 0.07) especially in the high stress domain, while both 

the Demiray (Delfino) and the two-fiber family HGO models portrayed the experimental 

data better (R2 > 0.92 ± 0.10 and R2 > 0.93 ± 0.11, respectively). The four-fiber family 

model had the overall best fit to all 19 different experimental protocols (R2 ≥ 0.99 ± 0.01), 

and the quality of fit did not depend on age (Figure 6 (old TA) and Appendix Figure 12 

(young and middle-aged TAs)).

Stress-stretch curves representing the average TA specimens in each age group along with 

the 25th and 75th percentiles are plotted in Figure 7. Constitutive parameters used to generate 

the average curves for each age group are summarized in Table 3, and parameters 

corresponding to the 25th and 75th percentiles as well as the softest and stiffest samples in 

each age group are included in the Appendix 6.4. Figure 8 displays the equibiaxial 

experimental curves for all TA specimens evaluated in this study.

Figure 10 demonstrates changes in the calculated physiologic stress-stretch state with age. 

During the cardiac cycle young TAs experienced 1.14 circumferential stretch, and old TAs 

stretched only 1.04 with intimal surface stretching more than adventitial (1.17 vs 1.12 in the 

young and 1.05 vs 1.03 in the old, p<0.01). Longitudinal pre-stretches λz
in situ (r = −0.96, p < 

0.01) and λz
decoupling (r = −0.87, p < 0.01) decreased with age significantly from 1.41 to 1.04 

and from 1.67 to 1.10, respectively, and λz
decoupling > λz

in situ in all age groups (17% in young 

TAs and 6% in old TAs). Relative to the stress-free configuration, at 100 mmHg young TAs 

stretched 1.34 circumferentially, while old TAs stretched 1.29 (r = −0.29, p < 0.01), and both 

demonstrated very similar stretches at the intimal and adventitial surfaces.

Circumferential and longitudinal physiologic stresses determined using λz
in situ decreased 

with age from 90 to 72 kPa and from 90 to 17 kPa, respectively. The same stresses 

calculated using λz
decoupling also decreased with age from 134 to 106 kPa (circumferential) 

and from 237 to 58 kPa (longitudinal). On average, physiologic circumferential and 

longitudinal stresses calculated using λz
decoupling were 35±6 kPa (33±6%) and 81±38 kPa 

(100±10%) higher than stresses calculated using λz
in situ.

Average circumferential physiologic stress per lamellae unit did not change significantly 

with age (p > 0.5) and was on average 0.85±0.04 kPa if determined using λz
in situ and 

1.19±0.07 kPa if determined using λz
decoupling. Longitudinal physiologic stress per lamellae 

Jadidi et al. Page 11

Acta Biomater. Author manuscript; available in PMC 2021 February 01.

A
uthor M

anuscript
A

uthor M
anuscript

A
uthor M

anuscript
A

uthor M
anuscript



unit decreased (r = −0.68, p < 0.01) from 0.9 to 0.2 kPa when using λz
in situ and from 2.27 to 

0.93 kPa (r = −0.43, p < 0.01) when using λz
decoupling.

As demonstrated in Figure 11, systolic and diastolic elastic energy available for pulsation 

decreased with age from 30 to 8 kPa and from 18 to 5 kPa, respectively (r = −0.8, p < 0.01) 

and their difference (i.e. elastic energy stored during cardiac cycle) also decreased with age 

from 12 to 3 kPa (r = −0.77, p < 0.01). Finally, the physiologic circumferential stiffness 

increased from 359 to 839 kPa (r = 0.42, p < 0.01).

4 DISCUSSION

Aortic stiffness plays an important role in pathophysiology, and increased central artery 

stiffness is associated with an increased risk of cardiovascular events, end-organ damage, 

dementia, and death[20,29,30,41]. Though often assessed with in vivo methods such as 

pulse wave velocity or measurements of diameter change over the cardiac cycle, many 

aspects of aortic mechanics that determine stiffness cannot be easily measured in vivo and 

require ex vivo characterization and constitutive modeling. For example, intramural 

stresses[79,80] depend on residual stresses and pre-stretch, and assessment of structural 

characteristics requires histological analysis. In this study we have characterized the 

mechanical and structural properties of human TAs using planar biaxial testing, constitutive 

modeling, and image analysis, and have demonstrated how they change with age. We have 

also derived the parameters for some of the most commonly used constitutive models, which 

can facilitate future computational studies designing new devices and materials for aortic 

repair.

Our experimental data demonstrate that human TAs stiffened with age, and their stress-

stretch responses became more nonlinear and anisotropic with a switch in anisotropy 

towards higher compliance in the circumferential as opposed to the longitudinal direction by 

the age of 50 years. These results are in agreement with other studies[77,81,82] that also 

reported stiffening of major elastic and muscular arteries with age[57,66,83–85] due to 

degradation and fragmentation of elastic fibers and lamellae[67,86], accumulation and cross-

linking of collagen[87–89] and proteoglycans, and formation of advanced glycation end-

products[90]. They also agree with our previous mechanical tests[15] that demonstrated 

higher circumferential (as opposed to longitudinal) compliance of older human TAs, and a 

reverse result in the young aortas, although the latter was previously evaluated in a single TA 

specimen. Our current observations made with a much larger sample size confirm that TAs 

younger than 50 years old were more compliant longitudinally than circumferentially, but 

after the age of 50 years the anisotropy reversed towards higher circumferential compliance. 

Histologically, we have observed a somewhat higher elastin density in transverse as opposed 

to longitudinal aortic sections, which may contribute to these mechanical characteristics. 

Also of interest, a recent study[91] demonstrated higher longitudinal (as opposed to 

circumferential) compliance of porcine TAs which agrees well with the characteristics of 

young human aortas.
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Increased non-linearity and anisotropy of older aortas required more complex constitutive 

relations[64,68,69,92] to describe their behavior. While the neo-Hookean formulation did 

not provide a good fit for the majority of the aortic specimens, Demiray (Delfino) 

demonstrated reasonably good results, particularly for the younger more isotropic 

specimens, which makes this simple model attractive for computational simulations. 

Modeling of older more anisotropic and non-linear TAs may need to use the four-fiber 

family formulation. Since this model has twice as many constitutive parameters than the 

HGO, its use is associated with the additional effort of conducting multiple multi-ratio tests 

and performing subsequent non-parametric bootstrapping to study parameter uniqueness; 

however, these activities may be justified by the excellent portrayal of the experimental data 

with the four-fiber relation. For completeness, and to increase the utility of presented data, 

we have reported material parameters for all 4 considered models in all age groups along 

with the softest and stiffest samples in each group (see Appendix).

Changes in the mechanical properties with age were associated with the increase in TA 

diameter and wall thickness measured in both load-free and stress-free configurations. 

Diameter growth occurred at a faster rate in aortas <40 years old which agrees with 

previously reported analysis done using Computerized Tomography Angiography[93,94] 

and magnetic resonance imaging[95]. After residual stresses were released with a radial 

cut[1,48,49,96], young TAs demonstrated longer adventitial (as opposed to intimal) surfaces, 

but the result was reversed in older TAs that curved intima outward. This is consistent with 

previous experimental studies of human abdominal aortas[97] from >36 years old subjects 

that also curved intima outward. In addition to releasing the circumferential residual stresses, 

the radial cut appeared to also release some of the radial residual stresses as the aortic 

specimens were thicker in the stress-free configuration as opposed to the load-free state.

Morphological and mechanical differences between young and old TAs were associated with 

changes in the intramural elastin. Despite previously reported directional differences in 

elastic fiber and lamellae architecture[76,77], the number of lamellae we counted was 

consistent in both transverse and longitudinal histological sections (100±11 longitudinal and 

105±9 circumferential), suggesting that our semi-automatic algorithm worked well in 

picking up major lamellae units instead of interlamellar elastic fibers and thick radial elastin 

struts[2,7]. The analysis further demonstrated that young TAs had continuous, thick, 

undulated, and tightly spaced elastic lamellae, and the overall density of elastin in the tunica 

media was 24.5±8.6%. Aging was associated with degradation, fragmentation, and 

straightening of the elastic lamellae, increase in interlamellar space, and an overall decrease 

in elastin density, although the number of elastic lamellae remained relatively constant at 

102±10 across all age groups. An increase in the tunica media thickness and a constant 

number of lamellae resulted in the overall lower elastin density in older TAs (18.4±3.4%) 

and a larger interlamellar space. As suggested previously[98], this space can be filled with 

glycosaminoglycans that may increase the swelling pressure and contribute to higher 

propensity of older aortas to dissection. The straighter shape of elastic lamellae in older TAs 

may be an indication of vessel remodeling to a larger diameter, reduction in aortic 

Windkessel function (which was also reflected in the loss of elastic strain energy available 

for pulsation), and recruitment of collagen at lower values of stretch during pulsation which 

resulted in the overall increase in physiologic aortic stiffness.
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The number of elastic lamellae we counted in the TA (102±10 on average) agrees with most 

prior studies[10,13,99–101] but is larger than measured by Glagov and Wolinsky[10,13] 

(55–65 using four TA specimens), and the difference may be attributed to several factors. 

First, our data suggest a strong correlation between TA tunica media thickness and the 

number of elastic lamellae, but most of our TA specimens were much thicker (2.38±0.25 

mm, likely due to lack of pressurization) and had larger diameter (19.18±2.7 mm on the 

intimal surface at 100 mmHg, likely due to more proximal location) than aortas evaluated by 

Glagov and Wolinsky (1.1 mm thickness and 18 mm diameter). In addition, the number of 

elastic lamellae appears to decrease from anterior to posterior aortic wall[99], but in our 

study we have measured the average count of lamellae by evaluating their number across the 

entire cross-section in 200 different locations.

Experimental data and constitutive modeling allowed to determine the circumferential stress 

per elastic lamellae unit that remained constant with age at 0.85±0.04 kPa (1.19±0.07 kPa if 

calculated using λz
decoupling), despite a decrease in physiologic circumferential stress from 90 

to 72 kPa (134 to 106 kPa if using λz
decoupling). This confirms previous observations of 

Wolinsky and Glagov[13] and further refines their result. Conversely, longitudinal stress per 

lamellae unit decreased with age from 0.9 to 0.2 kPa (2.27 to 0.93 if using λz
decoupling), and 

so did the physiologic longitudinal stress (90 to 17 kPa for λz
in situ, and 237 to 58 kPa for 

λz
decoupling), likely due to a decrease in longitudinal pre-stretch (1.3 to 1.04 for λz

in situ or 1.67 

to 1.10 for λz
decoupling) with age. This demonstrates an important difference between 

circumferential and longitudinal stresses per lamellae unit and may suggest different 

pathophysiological mechanisms of their regulation.

Interestingly, despite the constant circumferential stress per lamellae unit, the overall 

physiologic circumferential stiffness increased with age from 359 to 839 kPa, with the most 

dramatic increase observed in >60-year-old TAs which is consistent with other studies[82]. 

The ability to store elastic energy during the cardiac cycle (i.e. the aortic Windkessel 

function) decreased with age 3.8-fold, and the circumferential cardiac cycle stretch reduced 

almost linearly from 1.14 to 1.05. Latter is in good agreement with previous in vivo 
evaluation using CT scans[102] that demonstrated 1.08±0.02 cyclic stretch in 41±7-year-old 

TAs, and 1.02±0.02 in 68±6-year-old TAs. Additionally, we have found the calculated 

circumferential stretch to be similar on the intimal and adventitial surfaces, which confirms 

previous findings of a uniform transmural stretch distribution due to presence of residual 

stresses[63,103–105].

It is interesting to compare physiologic stress-stretch characteristics in large elastic (i.e. the 

TA) and smaller muscular arteries, such as the human FPA, although these tissues were not 

obtained from the same human subjects. In a recent study[58] we have reported a decrease 

with age in physiologic circumferential and longitudinal FPA stresses from 48 to 32 kPa (i.e. 

1.5-fold decrease) and from 117 to 24 kPa (i.e. 4.9-fold decrease), respectively. 

Circumferential FPA stretch (relative to the radially cut stress-free configuration) decreased 

from 1.26 to 1.11 (i.e. 2.4-fold), and longitudinal pre-stretch decreased from 1.53 to 1.11 

Jadidi et al. Page 14

Acta Biomater. Author manuscript; available in PMC 2021 February 01.

A
uthor M

anuscript
A

uthor M
anuscript

A
uthor M

anuscript
A

uthor M
anuscript



(i.e. 4.8-fold). Change in the FPA elastic strain energy during the cardiac cycle reduced with 

age from 2.3 to 0.4 kPa (5.8-fold), but the physiologic circumferential stiffness remained 

constant at 750 kPa.

Compared with the muscular FPA, elastic TA experienced higher circumferential (90–72 

kPa) but lower longitudinal (90–17 kPa) physiologic stresses, and both reduced significantly 

with age (1.3-fold circumferential and 5.3-fold longitudinal). TAs also experienced larger 

circumferential stretch (1.34–1.29) but lower longitudinal pre-stretch (1.41–1.04,λz
in situ) than 

the FPAs, although circumferential stretch reduced with age slower than in the FPA (1.2 vs 

2.4-fold), and the longitudinal pre-stretch reduced faster (10.3-fold). TAs used more elastic 

strain energy during pulsation, and reduction in this energy with age was slower in the TA 

than in the FPA (3.6-fold vs 5.8-fold). Finally, physiologic circumferential stiffness 

increased with age 2.3-fold, and became similar to the FPA values (750kPa) that remained 

relatively constant with aging. Together, these results suggest that large elastic arteries may 

adapt to aging differently than the smaller muscular arteries, yet both demonstrate common 

trends of reduced stresses and stretches with age, with greater changes occurring 

longitudinally.

It is also important to remember that this comparison was made using λz
in situ determined for 

human abdominal, not thoracic aorta[51]. Though we have also calculated physiologic 

stresses using λz
decoupling, our FPA study[58] demonstrated that it can be significantly larger 

than λz
in situ in young subjects, leading to much higher physiologic stresses. In our current 

analysis λz
decoupling was on average 17% and 6% higher in young and old TAs than λz

in situ

reported by Horny et al[51], resulting in 35±6 kPa and 81±38 kPa higher physiologic 

stresses in the circumferential and longitudinal directions. This points to the importance of 

accurately measuring longitudinal pre-stretch in human TAs and the need to refine our 

current physiologic stress ranges when these data become available.

While the presented analysis describes the mechanical, morphological, physiological, and 

structural characteristics of human TAs of different ages, it is important to consider these 

results in the context of study limitations. First, we have not separated our specimens into 

layers and assumed homogenous mechanical properties despite obvious differences in the 

structure of the tunica intima, media, and adventitia. Although layer-specific studies of 

aortas are common[92,97,106] the effects of layer separation that disrupts the interfaces 

remains poorly understood. The difference in thickness after separation of the aortic 

layers[97] suggests that the structure of the aortic wall may be more complex than a mere 

summation of layers. Furthermore, aging and disease makes tissues highly inhomogeneous, 

even within the borders of one layer, which likely requires further compartmentalization.

The second limitation is related to the extraction of the elastic lamellae features from the 

two-dimensional histology images, and the challenges of distinguishing the elastic lamellae 

from the thinner interlamellar elastic fibers, and radial elastin struts[7]. Though 3D imaging, 

such as confocal and multiphoton microscopy[76,107–109] may be helpful, it was not 

available, and we have used threshold filters for lamellae thickness, length, and interlamellar 
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distance to circumvent these issues. It is also important to note that in order to capture 

undulation of elastic lamellae in young TAs and contrast it with the straightened elastin in 

older aortas, we have not pressure-fixed our specimens. While helpful for understanding 

differences in lamellae undulation, this could have complicated the image analysis and may 

have potentially made it more prone to errors.

Third, in determining the physiologic stress-stretch state, we have not considered the 

influence of perivascular tethering[110]. Since cardiac cycle stretch calculated in our study 

was similar to the one measured using CTAs[102], we do not expect that perivascular 

tethering will have a major effect on the results.

Fourth, we have used normal values of blood pressure for all age groups, but older patients 

may have higher blood pressure, which may affect physiologic stress-stretch calculations. 

Since our aortic specimens were obtained from deceased human donors, blood pressure 

information was not available.

Finally, in our current analysis we have not considered the influence of gender or risk factors 

that may have significant effects on the morphological and mechanical 

characteristics[100,111], and may therefore affect the physiologic stress-stretch state. 

Although our current sample size did not allow us to perform this analysis while also 

controlling for age, we hope that these studies will be performed in the future. In the 

meantime, the presented data can help better understand changes in aortic physiology with 

age, inform the development of animal models that simulate human aging, and may help 

design devices for open and endovascular aortic repairs.
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6: APPENDICES

6.1 Stress Equations

The Cauchy stress relations for each of the four constitutive models considered in this study 

can be derived from the Eq. 6

t = − pI + t = − pI + 2 ∂W
∂IC

B + 2∑
i

∂W

∂IVC
i mi ⊗ mi

t

.

The isochoric part of the stress tensor t  can be determined from the strain energy, and the 

Lagrange multiplier p can be calculated by applying the boundary conditions for each 

deformation. The Left Cauchy-Green stretch tensor B in the absence of shear can be written 

as
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B = diag λr
2, λθ

2, λz
2

where, λr, λθ and λz are the principal stretches in the radial, circumferential and 

longitudinal directions, respectively, and assuming incompressibility λr = 1
λθλz

.

6.1.1 The neo-Hookean model

The strain energy function for the neo-Hookean model is given by Eq. 2. Components of the 

isochoric part of the stress tensor are given by

t rr = μλr
2,

t θθ = μλθ
2,

t zz = μλz
2 .

In planar biaxial testing, the radial component of the Cauchy stress tensor is equal to zero, 

and the Lagrange multiplier can be determined from

trr = − p + t rr = 0 p = t rr .

The non-zero components of the Cauchy stress tensor are then given by

tθθ = μ λθ
2 − 1

λz
2λθ

2 ,

tzz = μ λz
2 − 1

λz
2λθ

2 .
Eq. 13

6.1.2 The Demiray (Delfino) model—The strain energy function for the Demiary 

(Delfino) model is given by Eq. 3. Following Eq. 6, ∂W
∂IC

 is given by

∂W
∂IC

=
D1
2 exp

D2
2 IC − 3 ,

and components of the isochoric part of the stress tensor can be calculated from

t rr = D1 exp
D2
2 IC − 3 λr

2,

t θθ = D1 exp
D2
2 IC − 3 λθ

2,

t zz = D1 exp
D2
2 IC − 3 λz

2 .
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Since trr = 0 during the planar biaxial experiment, the non-zero components of the Cauchy 

stress tensor are

tθθ = D1 exp
D2
2 IC − 3 λθ

2 − 1
λz

2λθ
2

tzz = D1 exp
D2
2 IC − 3 λz

2 − 1
λz

2λθ
2

Eq. 14

6.1.3 The classic two-fiber-family Holzapfel-Gasser-Ogden (HGO) model

The strain energy function for this model is given by Eq. 4 and following Eq. 6 one can find

t rr = cgrλr
2 = cgr

1
λz
2λθ

2,

t θθ = cgrλθ
2 + ∑

i = 1

2
2c1

i IVC
i − 1 e

c2
i IVC

i − 1 2
λθ
2sin2γ,

t zz = cgrλz
2 + ∑

i = 1

2
2c1

i IVC
i − 1 e

c2
i IVC

i − 1 2
λz
2cos2γ,

with

IVC
i = λz

2cos2γ + λθ
2sin2γ, i = 1, 2

Assuming trr = 0 during the planar biaxial test, Cauchy stress components become

tθθ = cgr λθ
2 − 1

λz
2λθ

2 + ∑
i = 1

2
2c1

i IVC
i − 1 e

c2
i IVC

i − 1 2
λθ

2sin2γ,

tzz = cgr λz
2 − 1

λz
2λθ

2 + ∑
i = 1

2
2c1

i IVC
i − 1 e

c2
i IVC

i − 1 2
λz

2cos2γ .
Eq. 15

Here IVC
1, 2 = M1, 2 ⋅ CM1, 2  is the square of the stretch in the fiber direction M1,2, which in 

the absence of shear in the right Cauchy-Green stretch tensor C, is equal to

IVC
1, 2 = λz

2cos2γ + λθ
2sin2γ .
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6.1.4 The four-fiber family model

The strain energy function for this model is given by Eq. 5. Similar to the two-fiber family 

model

t rr = cgrλr
2 = cgr

1
λz
2λθ

2,

t θθ = cgrλθ
2 + c1

3 λθ
2 − 1 e

c2
3 λθ

2 − 1 2
λθ
2 + ∑

i = 1

2
c1
i IVC

i − 1 e
c2
i IVC

i − 1 2
λθ
2sin2γ,

t zz = cgrλz
2 + c1

4 λz
2 − 1 e

c2
4 λz

2 − 1 2
λz
2 + ∑

i = 1

2
c1
i IVC

i − 1 e
c2
i IVC

i − 1 2
λz
2cos2γ,

and considering trr = 0

tθθ = cgr λθ
2 − 1

λz
2λθ

2 + c1
3 λθ

2 − 1 e
c2
3 λθ

2 − 1 2
λθ

2

+ ∑
i = 1

2
c1

i IVC
i − 1 e

c2
i IVC

i − 1 2
λθ

2sin2γ,

tzz = cgr λz
2 − 1

λz
2λθ

2 + c1
4 λz

2 − 1 e
c2
4 λz

2 − 1 2
λz

2

+ ∑
i = 1

2
c1

i IVC
i − 1 e

c2
i IVC

i − 1 2
λz

2cos2γ .

Eq. 16

6.2 Kinematics of residual and physiologic deformations

The stress-free (reference) configuration (Figure 1A) is defined in terms of cylindrical 

coordinates (R, Θ, Z) as

Rint ≤ R ≤ Radv, 0 ≤ Θ ≤ 2π − α, 0 ≤ Z ≤ L,

where Rint, Radv, α and L are the inner and outer radii, opening angle, and the length of the 

stress-free arterial segment, respectively. The deformation gradient Fres takes this 

configuration into the load-free state geometrically defined as [1,59,63,71]

ρint ≤ ρ ≤ ρadv, 0 ≤ ϑ ≤ 2π, 0 ≤ ζ ≤ ξ,

where
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ρ = ρ(R), ϑ = 2π
2π − αΘ, ζ = λζZ .

In cylindrical coordinates Fres is then given by

Fres = diag ∂ρ
∂R , ρ

R
∂ϑ
∂Θ, ∂ζ

∂Z = diag λρ, λϑ, λζ ,

where λρ, λϑ and λζ are the radial, circumferential and longitudinal residual stretches 

respectively, with λϑ given by

λϑ = ρ
RK Eq. 17

and K = 2π
2π − α  is a measure of the circumferential opening angle. Assuming 

incompressibility, one can write

ρadv
2 − ρint

2 = 1
Kλζ

Radv
2 − Rint

2 ,

and similarly

ρadv
2 − ρ2 = 1

Kλζ
Radv

2 − R2 . Eq. 18

By substituting R form Eq. 18 in Eq. 17, the circumferential residual stretch λϑ can be 

calculated at each point through thickness as a function of ρ, ρadv, K, λζ.

Further, deformation Fload takes the load-free configuration to the loaded configuration 

which in cylindrical coordinates is defined as

rint ≤ r ≤ radv, 0 ≤ θ ≤ 2π, 0 ≤ z ≤ l,

where

r = r(ρ), θ = ϑ, z = λzζ .

Fload is given by

Fload = diag ∂r
∂ρ , r

ρ
∂θ
∂ϑ , ∂z

∂ζ = diag λr, λθ, λz ,

in which λθ = r
ρ  is the circumferential stretch. Assuming incompressibility, similar to Eq. 18 

one can write
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radv
2 − r2 = 1

λz
ρadv

2 − ρ2 , Eq. 19

and find r as a function of ρ, ρadv and λz.

The total deformation gradient that the artery experiences in vivo is then given by

Fphys = FloadFres,

and the circumferential stretch is calculated from

λθ
phys = λϑλθ = ρ

RK × r
ρ = r

RK Eq. 20

6.3 Equilibrium and boundary conditions

The total Cauchy stress in (i.e. t = − pI + t ) contains both the volumetric and the isochoric 

parts[1]. Constitutive parameters define the isochoric stress tensor t , but the volumetric 

component −pI needs to be determined from the equilibrium and boundary conditions for 

each deformation.

Assuming quasi-static motions, in the absence of body forces, for each of the residual and 

physiologic deformations the equilibrium equation is

div t = 0, Eq. 21

where div represents the spatial divergence. The above equation can be used to find the 

Lagrange multiplier p in Eq. 6, along with the unknown stretches. In the load-free 
configuration, the only non-trivial component of Eq. 21 is

div t = 0
∂tρρ
∂ρ +

tρρ − tϑϑ
ρ = 0.

Integrating the above equation along the radial direction, and considering that tρρ is only a 

function of radius ρ, one can write

tρρ(ρ) = ∫ρint

ρ tϑϑ − tρρ
ρ dρ + tρρ ρint = ∫ρint

ρ − p + tϑϑ − − p + t ρρ
ρ dρ + tρρ ρint .

Assuming tρρ(ρint) = 0 this further simplifies to

tρρ(ρ) = ∫
ρint

ρ t ϑϑ − t ρρ
ρ dρ . Eq. 22
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The Lagrange multiplier can then be calculated at each point through aortic thickness by 

substituting tρρ into Eq. 6, i.e.

p(ρ) = t ρρ − tρρ .

In addition, since axial force vanishes in the load-free configuration due to release of 

longitudinal pre-stretch, the axial global equilibrium can be written as[1]

Fζ = 2π∫
ρint

ρadv
tζζρdρ = 0, Eq. 23

where Fζ denotes the axial force in the load-free state.

Eq. 22 and Eq. 23 combined with the boundary condition tρρ(ρadv) = 0 are then solved 

together to calculate the outer (adventitial) radius of the cut ring Radv and the opening angle 

α in the stress-free state.

Similar to Eq. 22, for the loaded configuration one can write

trr(r) = ∫
rint

r t θθ − t rr
r dr − Pluminal, Eq. 24

where Pluminal is the internal luminal pressure, and the Lagrange multiplier in this state is 

determined according to

p(r) = t rr − trr .

Furthermore, assuming no pressure on the outer surface of the aorta one can find

trr radv = ∫rint

radv tθθ − t rr
r dr − Pluminal = 0,

which can be used to find the outer (adventitial) radius radv in the loaded state.

6.4 Quality of fit for different constitutive models

Figure 12 illustrates the quality of fit to the experimental data for 4 different constitutive 

models in a representative young (14-year-old) and middle-aged (44-year-old) TAs. 

Experimental data include 19 different biaxial loading protocols for each specimen.
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Figure 12: 
Experimental stress-stretch data from 19 different biaxial loading protocols (cyan 

[longitudinal] and magenta [circumferential] dots) and model fits (solid blue [longitudinal] 

and red [circumferential] lines) for a 14 (top row) and 44 (bottom row) year-old TAs. (A,E) 

neo-Hookean, (B,F) Demiray (Delfino), (C,G) HGO two-fiber family, and (D,H) four-fiber 

family models. Please note that the stretch axes limits are different for the top and bottom 

plots.

6.5 Variability of aortic mechanical properties within age groups

The four-fiber family constitutive parameters representing the 25th and 75th percentiles 

within each age group are summarized in Table 4 and Table 5, respectively. Constitutive 

parameters for the softest and stiffest samples in each age group defined by the average 

stretch at 100 kPa biaxial stress, are reported in Table 6 and Table 7, respectively, along with 

risk factors in these subjects.
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Statement of significance

This manuscript describes mechanical and structural changes occurring in human 

thoracic aortas with age, and presents material parameters for 4 commonly used 

constitutive models. Presented data can help better understand aortic pathology, inform 

the development of animal models that simulate human aging, and assist with designing 

devices for open and endovascular aortic repairs.
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Figure 1: 
Kinematics of the TA demonstrating (A) stress-free configuration obtained by radially 

opening the aorta, (B) load-free configuration with no internal pressure or longitudinal pre-

stretch, and (C) the in vivo loaded state.
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Figure 2: 
A representative Verhoeff-Van Gieson (VVG)-stained longitudinal section of a 39-year-old 

TA demonstrating the algorithm of counting the elastic lamellae along the length of the blue 

lines drawn across the tunica media. Green circles on the lines illustrate the elastic lamellae 

that are counted along each line. Note that interlamellar fibers were not counted. Verhoeff-

Van Gieson (VVG) stain: elastin is black, collagen is red, smooth muscle is brown.
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Figure 3: 
Changes wth age in (A) stress-free radially-cut aortic ring lengths measured on the intimal 

Lθ
int (red) and adventitial Lθ

adv (blue) surfaces and (B) circumferential opening angle. (C) 

Radially-cut ring curves intima (int) inward in young TAs while in old TAs it curves 

adventitia (adv) inward. (D) Changes in stress-free H (red) and load-free h (blue) aortic wall 

thicknesses, (E) load-free radii ρint, ρadv and (F) calculated loaded aortic radii rint, radv on the 

intimal (red) and adventitial (blue) surfaces. Here boxes bound 25th and 75th percentiles for 

each age group, median and average values are marked with a line and a dot within each 

box, whiskers extend to the 5th and 95th percentiles, and the outliers are displayed with a + 

sign.
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Figure 4: 
Representative histological images of the longitudinal (left panels) and transverse (right 

panels) sections of four TA specimens from different age groups. Aortas are from (A) 14-

year-old, (B) 31-year-old, (C) 51-year-old and (D) 73-year-old subjects. In young TA 

samples, the elastic lamellae are thick, undulated, and are located close to each other, while 

the opposite is observed for old TAs. Verhoeff-Van Gieson (VVG) stain: elastin is black, 

collagen is red, smooth muscle is brown.
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Figure 5: 
Changes with age in elastin content evaluated using transverse (red) and longitudinal (blue) 

aortic sections. (A) density of elastin in the medial layer, (B) number of elastic lamellae in 

the medial layer, (C) thickness of the tunica media Hmedial, and (D) thickness of tunica 

media as a function of the number of elastic lamellae. Here boxes bound 25th and 75th 

percentiles for each age group, median and average values are marked with a vertical line 

and a dot within each box, whiskers extend to the 5th and 95th percentiles, and the outliers 

are displayed with a + sign.
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Figure 6: 
Experimental stress-stretch data from 19 different biaxial loading protocols (cyan 

[longitudinal] and magenta [circumferential] dots) and model fits (solid blue [longitudinal] 

and red [circumferential] lines) for a 72 years old TA. (A) neo-Hookean, (B) Demiray 

(Delfino), (C) HGO two-fiber family, and (D) four-fiber family models.
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Figure 7: 
Average equibiaxial stress-stretch curves for the TAs in 7 age groups plotted in the (A) 

longitudinal and (B) circumferential directions. Legend summarizes age range in each group 

(years). Variability within each age group is demonstrated by the shaded semi-transparent 

regions that bound 25th and 75th percentile ranges. They have different heights for better 

visual representation.
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Figure 8: 
Experimental equibiaxial stress-stretch responses in the longitudinal (z) and circumferential 

(θ) directions for aortas in 7 age groups. Variability within each age group is demonstrated 

by the shaded semi-transparent regions that bound 25th and 75th percentile ranges.
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Figure 9: 
Stretch corresponding to 25 kPa, λ25 (A) and 50 kPa, λ50 equibiaxial stress levels (B) in the 

circumferential (red) and longitudinal (blue) directions. (C) TA anisotropy at 25 kPa, A25 

(red) and 50 kPa, A50 (blue) equibiaxial stress levels.
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Figure 10: 
Changes in the TA physiologic stress-stretch state with age. (A) Changes with age in stretch 

experienced during the cardiac cycle λθ
cardiac cycle from diastole (80 mmHg) to systole (120 

mmHg). (B) Circumferential θ (red) and longitudinal z (blue) physiologic stretches λphys
avg

and (C) stresses tphys
avg  at 100 mmHg calculated using stress-free state as a reference; and (D) 

average physiologic stress per elastic lamellae unit in the circumferential (red) and 

longitudinal (blue) directions determined using λz
in situ (solid lines) and λz

decoupling (dashed 

lines).
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Figure 11: 
Changes with age in the (A) stored elastic energy W at diastole (blue) and systole (red), and 

(B) physiologic circumferential stiffness Eθ.
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Table 1:

Subject demographics and risk factors.

Age group (years) n Males, % Current/Former 
smokers, %

BMI (average ± 
SD) HTN, % DM, % Dyslipidemia, % CAD, %

15.3 (13–20) 6 50 0/0 24.6±8.3 17 0 0 17

24.4 (21–30) 8 88 62/0 26.0±3.4 0 0 0 0

36.0 (31–40) 6 67 83/0 36.7±9.4 17 33 0 33

46.5 (41–50) 14 64 36/14 33.3±10.8 43 14 21 14

54.9 (51–60) 14 79 50/14 31.8±7.2 64 29 36 43

66.5 (61–70) 15 60 20/13 33.9±9.2 47 27 53 27

73.2 (71–78) 13 38 23/38 29.5±5.7 77 23 23 31

n: number of subjects in each age group, BMI: body mass index, HTN: hypertension, DM: diabetes mellitus, CAD: coronary artery disease
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Table 2:

Parameters for the neo-Hookean, Demiray (Delfino) and two-fiber family HGO models describing average 

responses of human TAs in 7 age groups. A total of 19 different loading protocols were used to determine 

constitutive parameters in these models.

neo-Hookean model Demiray (Delfino) model

Age group (years) μ, kPa R2 D1, kPa D2 R2

15.3 (13–20) 47.55 0.91 35.45 0.96 0.95

24.4 (21–30) 49.40 0.90 35.47 1.21 0.94

36.0 (31–40) 46.33 0.85 28.92 1.53 0.93

46.5 (41–50) 51.10 0.84 33.78 1.73 0.91

54.9 (51–60) 57.77 0.81 37.47 2.32 0.87

66.5 (61–70) 59.60 0.79 35.03 3.24 0.87

73.2 (71–78) 63.80 0.71 33.04 5.05 0.80

Two-fiber family HGO model

Age group (years) Cgr, kPa C1
1 = C1

2, kPa C2
1 = C2

2 γ° R2

15.3 (13–20) 41.69 1.20 2.56 56.18 0.95

24.4 (21–30) 41.82 1.78 2.61 54.46 0.94

36.0 (31–40) 40.32 0.16 6.58 28.66 0.91

46.5 (41–50) 44.94 0.24 9.33 25.80 0.92

54.9 (51–60) 49.91 0.22 16.17 24.65 0.91

66.5 (61–70) 51.13 0.34 17.83 26.37 0.89

73.2 (71–78) 51.68 0.51 27.99 29.24 0.85
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Table 3:

Parameters for the four-fiber family model describing average response of human TAs in 7 age groups. A total 

of 19 different loading protocols were used to determine constitutive parameters in this model. The coefficient 

of determination R2 ≥ 0.99 in all age groups.

Four-fiber family model

Age group (years) Cgr, kPa C1
1 = C1

2, kPa C2
1 = C2

2 C1
3, kPa C2

3 C1
4, kPa C2

4 γ°

15.3 (13–20) 14.99 12.61 0.57 25.78 0.00 18.57 0.00 45.29

24.4 (21–30) 13.99 13.89 0.83 31.74 0.00 15.60 0.23 41.80

36.0 (31–40) 11.71 11.17 1.45 22.29 0.16 8.00 1.41 38.41

46.5 (41–50) 14.32 9.56 2.72 24.75 0.19 14.48 2.00 38.41

54.9 (51–60) 15.60 9.26 5.35 28.53 0.37 12.69 4.80 37.83

66.5 (61–70) 13.94 9.66 6.87 29.03 0.39 16.24 5.38 40.70

73.2 (71–78) 12.67 6.87 14.86 25.63 1.19 13.88 11.86 39.55
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Table 4:

Parameters for the four-fiber family constitutive model describing the response of human TAs in 7 age groups 

at the 25th percentile. Coefficient of determination R2 ≥ 0.99 for all age groups.

Four-fiber family model

Age group (years) Cgr, kPa C1
1 = C1

2, kPa C2
1 = C2

2 C1
3, kPa C2

3 C1
4, kPa C2

4 γ°

15.3 (13–20) 11.45 38.68 0.00 0.17 0.03 32.65 0.00 62.08

24.4 (21–30) 16.22 13.53 0.92 31.10 0.00 11.77 0.69 43.98

36.0 (31–40) 19.25 8.75 2.97 22.40 0.20 0.01 14.09 31.82

46.5 (41–50) 16.69 13.25 2.50 27.17 0.26 15.52 2.64 40.24

54.9 (51–60) 25.62 10.96 10.77 34.98 0.36 7.60 13.25 33.19

66.5 (61–70) 21.54 4.75 15.71 29.18 0.64 21.84 8.65 41.51

73.2 (71–78) 27.33 1.69 31.27 11.18 4.17 5.17 29.59 43.03
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Table 5:

Parameters for the four-fiber family constitutive model describing the response of human TAs in 7 age groups 

at the 75th percentile. Coefficient of determination R2 ≥ 0.99 for all age groups.

Four-fiber family model

Age group (years) Cgr, kPa C1
1 = C1

2, kPa C2
1 = C2

2 C1
3, kPa C2

3 C1
4, kPa C2

4 γ°

15.3 (13–20) 13.82 10.31 0.00 21.90 0.01 13.90 0.00 43.95

24.4 (21–30) 10.45 14.69 0.59 29.16 0.00 15.60 0.00 39.85

36.0 (31–40) 9.09 12.10 0.77 20.56 0.00 16.83 0.13 40.23

46.5 (41–50) 14.40 6.66 2.91 20.17 0.29 9.98 1.74 35.42

54.9 (51–60) 15.99 6.17 3.77 17.52 0.50 7.75 3.57 39.44

66.5 (61–70) 11.33 8.05 4.67 24.53 0.43 17.08 2.66 41.37

73.2 (71–78) 5.04 7.55 8.44 30.53 0.15 28.06 3.80 40.52
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Table 6:

Parameters for the four-fiber family constitutive model describing the response of the most compliant human 

TA in each of the 7 age groups along with risk factors in these subjects. Coefficient of determination R2 ≥ 0.99 

for all samples.

Four-fiber family model

Risk Factors Cgr, kPa C1
1 = C1

2, kPa C2
1 = C2

2 C1
3, kPa C2

3 C1
4, kPa C2

4 γ°

16y.o./ M/ BMI:25.2/ CAD 9.67 13.13 0.25 14.83 0.00 11.71 0.01 42.34

24y.o./ M/ BMI:25.1/ 5pky 9.28 23.79 0.24 29.52 0.01 2.87 0.00 32.91

32y.o./ M/ BMI:30/ 12pky 11.10 2.42 2.72 9.84 0.33 3.65 1.19 43.15

43y.o./ M/ BMI:21.9 11.68 16.72 0.75 18.80 0.00 17.01 0.12 41.98

51y.o./ M/ BMI:26.9/ HTN/ Dys/ 52pky 5.78 9.46 2.50 21.78 0.29 0.79 10.78 37.50

61y.o./ M/ BMI:39.1 5.84 14.85 1.37 23.46 0.00 11.92 2.81 40.63

73y.o./ F/ BMI:34.2/ HTN/86pky 6.54 14.42 6.79 23.88 0.00 3.11 8.38 36.61

y.o.: years old, M: male, F: female, BMI: body mass index, HTN: hypertension, DM: diabetes mellitus, CAD: coronary artery disease, Dys: 
Dyslipidemia, pky: pack-year history of cigarette smoking.
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Table 7:

Parameters for the four-fiber family constitutive model describing the response of the stiffest human TA in 

each of the 7 age groups along with risk factors in these subjects. Coefficient of determination R2 ≥ 0.99 for all 

samples.

Four-fiber family model

Risk Factors Cgr, kPa C1
1 = C1

2, kPa C2
1 = C2

2 C1
3, kPa C2

3 C1
4, kPa C2

4 γ°

14y.o./ M/ BMI:22.1 28.08 21.23 0.35 36.71 0.00 7.17 0.00 37.07

23y.o./ M/ BMI:24.6/ 4pky 42.65 5.18 4.28 32.42 0.00 0.75 7.29 37.06

39y.o./ F/ BMI:40.2/ DM/ CAD/ 20pky 26.33 11.35 3.74 21.51 0.43 0.03 18.31 26.74

44y.o./ M/ BMI:33.2/ HTN 37.70 5.55 5.75 14.95 0.73 8.00 5.28 37.35

51y.o./ M/ BMI:29.1/ DM/ CAD/ 30pky 49.69 2.32 29.27 8.42 6.15 7.51 17.44 38.64

62y.o. / M/ BMI:47.3/ HTN/ DM/ Dys/ 
CAD

38.71 3.89 40.69 29.69 0.00 5.56 29.18 41.53

72y.o./ F/ BMI:20.5 29.13 21.52 75.85 39.08 20.29 45.98 40.29 43.27

y.o.: years old, M: male, F: female, BMI: body mass index, HTN: hypertension, DM: diabetes mellitus, CAD: coronary artery disease, Dys: 
Dyslipidemia, pky: pack-year history of cigarette smoking.
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