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Mechanical behaviors of artificial elastic tubes are studied to see if the fibre orientation in
these vessels is optimal by comparison with those of human artery. By optimal we mean
that the strengths of stretching and inflation in the vessels are equally good. Artificial
thin film tubes have many applications in the food and fruit packing industry. In this
paper, the wall of thin-film elastic tubes is considered as a fibre-reinforced membrane
with two families of fibres and a uniform matrix material. Their mechanical properties
are determined using a structure-based constitutive law. The constitutive parameters are
inversely estimated from two separate uniaxial tensile tests in the circumferential and
longitudinal directions. The inflation model for the elastic tubes and human common
carotid artery are developed to investigate their breaking characteristics, and to explore
the optimal fibre orientations. Results show that the fibre orientation has an important
effect on the break behavior of the elastic tubes, and the tubes investigated are much
weaker in the circumferential direction. On the other hand, the fibre orientation is close
to the optimal state in the human common carotid artery.

Keywords: Nonlinear mechanics; finite strain; anisotropy; fibre reinforced material;
thin-film; artificial tubes; elastic tube; artery; constitutive law; damage; break; inverse
method.

1. Introduction

Artificial films and coatings have found use in a variety of applications, e.g., sausage
skins, chocolate casings, and wax coating for fruits and vegetables. It is important
to study these artificial tubes from mechanics point of view, as the films must have
sufficient strength to prevent damage during packing and transportation. Indeed,
various experimental studies have been carried out, and the methods of mechanical
tests of the artificial films, including tensile modulus, yielding stress and strain,
breaking stress and strain, and the Charpy impact strength, have now been specified
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in Standards ISO 527-1,-2 and ISO179/1eU. In particular, methods for conducting
tensile strength measurement on bioplolymer films have been proposed [Stevens and
Poliks, 2003].

These artificial films used in food industry normally exhibit highly nonlinear
stress–strain behavior during simple tensile tests because they are made of ani-
mal collagen and various polymers, and other minor constituents. The tubes of
the artificial film are often manufactured by extrusion and blow-molding methods
with rotary extruders, so that the strengthening fibres are aligned with preferred
orientations.

In this paper, we question if current designs of artificial tubes are optimal under
axial stretching and internal pressure. In this context, we also study the mechanical
behavior of human artery with similar material structure and subject to similar
loading conditions. This allows us to compare the mechanical performance of these
two types of “fibre reinforced tubes.” We start by reviewing the current literature
on damage studies of human arteries.

The artery wall is incompressible, nonlinear and inhomogeneous. It exhibits
hysteresis under a cyclic loading and its fibrous structure, i.e., the collagen and
elastin fibres, can be torn when subject to higher than the physiological pressure
[Chu et al. 1972; Hokanson and Yazdani, 1997]. This often first appears as a micro-
tearing that could contribute to a larger scale damage [Hokanson and Yazdani,
1997]. Like a rubber material, damage to the arterial wall is closely related to the
maximum strain [Hokanson and Yazdani, 1997]. Under steady loading, the artery
cannot be damaged until the maximum strain is achieved. Under cyclic loading
the loading and unloading stress–strain path of the artery is the same until the
maximum strain is exceeded [Hokanson and Yazdani, 1997]. Such behavior is called
the Mullin or softening effect, which was originally used to describe the behavior
of rubber [Diani et al., 2009]. In rubbers, once the maximum von Mises stress or
strain exceeds a critical value, the material is deemed to have failed [Volokh, 2008].
However, such local failure does not lead to the total failure of the soft tissue in the
artery. Hence, the traditional methods of predicting failure of rubber material may
not be suitable for artery. New methods for predicting the total or global failure of
arterial wall are required to describe the degraded state of the soft tissue structure
of human artery.

In recent years, concepts from damage mechanics have increasingly been applied
to the damage prediction for soft tissue. Damage mechanics is the study of the
initiation, propagation and fracture of materials using state variables that represent
the effects of damage on the stiffness and the remaining life of a material subject
to thermal, mechanical loading, or ageing. The state variables may be measurable
variables or material parameters.

Hokanson and Yazdani [1997] used an Ogden strain energy function for arteries
and proposed an exponential damage function using the equivalent strain of collagen
fibres as the material damage criterion. However, the softening is not explicitly
included in the model. In Volokh [2008] the chosen damage criteria are the matrix
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material strength and two indices for the softening effect. They used the two-layer
artery model of Holzapfel et al. [2000], and showed that the failure of adventitia
occurs first but the artery does not fail until the fibres fail.

For cerebral arterial tissue, the elastin damage effect was studied by Li and
Robertson [2009] using the strain energy approach by Gasser et al. [2006] for elastin
and collagen fibres. The Cauchy stress is estimated from material properties exper-
imentally determined; and the stress generated by the elastin is corrected by three
scaled damage variables that indicate strain-based damage (cyclic stretch or fatigue)
and enzymatic damage due to haemodynamic wall shear stress. An exponential dam-
age function was used. However, the fibre damage was not addressed by this group.

In contrast to Li and Robertson [2009], Balzani et al. [2012] proposed that the
main damage should occur in the fibres of the arterial walls because the fibres bear
the major cycling loads. Therefore, they introduced a new damage state variable,
which is an exponential function of the difference in the strain energy function
between the current and reference configurations. Similar work was carried out by
Calvo et al. [2009], Marini et al. [2012], Martins et al. [2012] for various bio-soft
tissues.

A combined matrix and fibre strain-driven damage model is proposed by Alas-
trué et al. [2007], where a damage state variable is correlated to a parabolic damage
function that itself is a function of strain energy. They also accounted for the soft-
ening effects in the matrix and fibres, and provided better agreement with experi-
mental data than the previous models.

In this paper, we consider a much simpler macroscopic “damage” model of artery
and thin film tubes, and assume that these models can be damaged by breaking
when the internal pressure and axial force reach a critical loading condition. This
work is motivated by the observation that the artificial tubes resemble the structure
of human arteries, and hence can be modeled using a homogeneous matrix and two
families of fibres [Holzapfel et al., 2005a]. To identify the constitutive parameters,
we make use of uniaxial tensile tests for specimens taken from the artificial tubes in
the circumferential and longitudinal directions. We then develop two tube models
with these constitutive parameters and run simulations to model the tube behavior
near breaking. The results are compared with that of human common carotid artery
[Sommer, 2008], and differences are discussed.

Finally, we examine the effects of fibre angle on the tube deformation and explore
the optimal fibre orientations when the circumferential and longitudinal breaks
occur simultaneously.

2. Methods and Models

2.1. Tensile tests

To provide useful information about the quality of elastic tubes, tensile strength
tests are carried out in the laboratory. In those tests two dog-bone-shaped specimens
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are cut off from an artificial tube of diameter d = 28mm in the circumferential
and longitudinal direction by using a template which allows a specimen to have
W0 = 38mm length and H0 = 13mm height (see Fig. 1). The specimens are then
clamped in place and stretched on a computer-aided simple tensile strength mea-
suring device until they are broken. The loading–strain curves in both the directions
are recorded, resulting into a typical diagram shown in Fig. 1(c), where the material
clearly exhibits an anisotropic and nonlinear behavior with greater stiffness in the
longitudinal direction and different break strengths in the both directions.

Since the tube was extruded by using a coaxial contra-rotating extruder, the gel
in the gap between two mandrels was subject to three motions: two contra-shearing
motions near the solid boundaries of the gap and an axial flow in the gap along the
axial direction of the tube. This suggests the two families of fibres, which may not
be continuously distributed, can be embedded in the wall of the tube with uniform
thickness.

We postulated that the tube wall with a thickness of 0.0203mm is a single
layer wall composed of two families of fibres and a homogeneous matrix material
[Fig. 2(a)], and that it can be described by the constitutive model developed for
arteries [Holzapfel et al., 2000; Holzapfel et al., 2005a]. The constitutive parameters
are estimated using the tensile test data as shown in Fig. 1(c).

From the tube, shown in Fig. 2(a), two specimens are cut in the longitudinal (L)
and the circumferential (C) directions, as are illustrated in Figs. 2(b) and 2(c). For
the specimen in Fig. 2(b), the longitudinal loading is applied in the simple tensile
test, thus only the longitudinal normal stress exists which is uniform across the
circumferential direction (σL = constant). Along the thickness direction we have

Longitudinal 

Circumferential 

d 

W0

H0

Strain

L
oa

di
ng

 

Circumferential 

Longitudinal

Break 

Break 

Fig. 1. A tube of artificial elastic film (a), a dog-bone-shaped specimen cut from tube body (b)
and typical loading–strain curves (c).
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Fig. 2. The tube casing consists of two families of fibres and homogenous matrix material, a
specimen is cut in the longitudinal (L) direction and one is taken in the circumferential (C)
direction, (a) tube, (b) specimen in the longitude direction, (c) specimen in the circumferential
direction.

zero circumferential stress (σc = 0) [Beer and Johnston, 1981]. Similarly, for the
specimen in Fig. 2(c), we have σL = 0, and σc = const, respectively.

2.2. Microscopic observations

To compare with the model predictions, the thin film tubes were photographed using
a ×10 flat-field objective on an Olympus BX51 light microscope, between crossed
polarizing filters. This showed birefringent fibres against a dark background. The
artificial tube samples were photographed when supported on standard 75× 25mm
glass microscope slides, either in their natural dry state or following hydration
in lukewarm water, flattening on the slide and being allowed to dry again. This
reduced problems with the crinkled surface of the thin tubes. A stage micrometer
with 10 micron divisions was photographed under the same conditions for scale
calibration. Images were captured for intact tubes and of torn edges, as shown in
Fig. 3. Although these images only directly show the cellulose orientations, these
are believed to share the same orientation during the producing process.

2.3. Mathematical models

The strain energy function is taken as the same as proposed by Holzapfel et al.
[2005a]

ψ = µ(I1 − 3) +
k1

k2
(exp{k2[(1 − ρ)(I1 − 3)2 + ρ(I4 − 1)2]} − 1), (1)

where µ and k1 are, respectively, the stiffnesses of the matrix material and the two
families of fibres, k2 is the rate of the stiffness increase, ρ is the fibre anisotropy
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Fig. 3. Observed cellulous orientations in the elastic tube walls under a microscope. These are
believed to be the same as fibres orientations, and are strongly orientated in two main directions.

index: ρ ∈ [0, 1], ρ = 0 indicates that the material is isotropic, and ρ = 1 there is
no fibre dispersion (Holzapfel et al., 2005b). The invariants I1 and I4 are associated
with the right Cauchy–Green tensor C = FTF, F being the deformation gradient,
and the orientations of two the families of fibres. If the fibre orientation is indicated
by the unit vector a0,a0 = iC cosβ + iL sinβ, and iC and iL are the unit vectors in
the circumferential and longitudinal directions, respectively, then

I1 = trC, I4 = a0 · (Ca0). (2)

In terms of the three stretch ratios in the circumferential, and longitudinal and
thickness directions, they are

I1 = λ2
C + λ2

L + λ2
T , I4 = λ2

C cos2 β + λ2
L sin2 β, (3)

were λC , λL and λT are the stretch ratios in the circumferential, longitudinal and
thickness directions, defined as λC = W/W0, λL = H/H0 and λT = T/T0, respec-
tively. These are related by the incompressibility condition λCλLλT = 1. T and
T0 are the loaded thickness of the specimen and stress-free thickness, respectively.
Since the thickness of the casing is small, we assume it remains unchanged during
the simple tensile test, i.e., λT = 1. With this assumption and the fact that λL is
known during the simple tensile test, Eq. (2) can be simplified to

I1 = λ2
C + λ2

L + λ−1
C λ−1

L , I4 = λ2
C cos2 β + λ2

L sin2 β. (3)

For the first tensile test, the loading is only applied along the longitudinal direction,
so the stress components are

σL = 2(λ2
L − 1)

∂ψ

∂I1
+ 2λ2

L sin2 β
∂ψ

∂I4
σC = 0

(4)
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Clearly, the longitudinal stress depends on λL only, λC = 1/λL in I4 expression of
Eq. (3).

For the second tensile test, the loading is applied along the circumferential direc-
tion only; the normal stress is the only nonzero stress component which is uniform
across the longitudinal direction and the thickness direction. Hence, we have


σL = 0

σC = 2(λ2
C − 1)

∂ψ

∂I1
+ 2λ2

C cos2 β
∂ψ

∂I4

, (5)

where λL = 1/λC in Eq. (3). Again the circumferential stress depends on λC only.
For the longitudinal tensile test [Fig. 2(b)], the Cauchy stress components are{

σexp
L

= λLFL/A0

σexp
C

= 0
, (6)

where A0 is the cross-section of the specimen at stress-free state, A0 = H0T0; and
FL is the longitudinal loading. Similarly, for the circumferential test [Fig. 2(c)], the
Cauchy stress components are {

σexp
L

= 0

σexp
C

= λCFC/A0

, (7)

where FC is the circumferential loading.
To determine the five constants β, k1, k2, ρ and µ, we solve an optimization

problem with the following objective (error) function

f(µ, β, k1, k2, ρ) =
N

L∑
i=1

(σLi − σexp
Li

)2 +
N

C∑
j=1

(σCj − σexp
Cj

)2, (8)

where NL, NC are the total numbers of loadings in the tensile tests, and σij and
σexp

ij (i = L,C) are the predicted and experimental Cauchy stress components. The
Levenberg–Marquardt method [Marquardt, 1963] is used to solve Eq. (8) with a user
developed MATLAB code, and the convergence is established when the variation of
the objective function is below 10−6.

2.4. Breaking analysis

With the material parameters determined, we now build a tube model for the break-
ing analysis. To simplify the analysis we use the circumferential strain εb

C
and longi-

tudinal strain εb
L to indicate the breaking strain, which are measured in the tensile

tests mentioned in Sec. 2.1. The anisotropic tube model shown in Fig. 4 is subject
to an internal pressure and an axial strain εL applied at the end of the tube. The
tube has the radius r0 = 14mm and the length z0 = 100mm in the stress-free state.
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o 

0r =14mm 

0z =100mm

maxr
0r

z

r

0z z∆

An internal pressure p

Fig. 4. Anisotropic tube model which is subject to internal pressure and axial force. The axial
force is achieved by adding an axial displacement/strain in the z-direction.

Following Miehe [1994] and Wang et al. [2013], among others, we decompose the
deformation gradient F into volumetric (Fvol) and isochoric (F) parts, i.e.,

F = F̄Fvol, Fvol = J1/3I, F̄ = J−1/3F, (9)

where J = det(F) and det(F̄) = 1. The principle of virtual work is stated in the
classical form as

δWI =
∫

V

σ : δD dV =
∫

V0

Jσ : δD dV0 =
∫

S

δv · t dS +
∫

V

δv · f dV, (10)

in which V and V0 indicate volumes in the current and reference configurations,
respectively, S is the surface of V, σ is the Cauchy stress tensor, δD is the virtual
rate of deformation, t is the stress vector on the boundaries, f is the body force and
it is zero here, and δv is the virtual displacement. The internal virtual work per
unit volume in the reference configuration, δWI , can be written as

δWI =
∫

V0

δψ dV0 =
∫

V0

[J((σ + qI) : δe− qδεvol) − (J − 1)δq] dV0, (11)

where δεvol = I : δD, is the virtual volumetric strain rate, I is the identity tensor,
δe = δD − 1

3δε
volI, is the virtual deviatoric strain rate, and δψ and δq are the

variations of ψ and q, ψ is defined in Eq. (1), q is a Lagrange multiplier introduced to
enforce the incompressibility constraint and is related to the Cauchy stress tensor by

σ = F
∑

i=1,4

∂ψ

∂Ii

∂Ii
∂F

− qI. (12)

When the tube breaks, one of following criteria must be satisfied:{
εc max = εb

c

εL max = εb
L

. (13)

We solve the problem using the finite element package ABAQUS and user-
subroutines; the internal pressure p and the longitudinal strain εL are incremented
between pressure, p ∈ [0, pmax], where pmax is the maximum pressure applied.

The pressure loading profile is determined from the experimental σL − εL rela-
tions of the tubes normalized by the maximum σL max and εL max. The axial loading
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(stretching) is increased linearly with εL/εL max. Details are shown in Table 1 for
the elastic tubes. The measured loading profile is given by Fig. 6 for the artery.

There are three possible breaking failures: (i) the circumferential break occurs
first at p < pmax; (ii) the longitudinal break occurs first at p < pmax; (iii) both
circumferential and longitudinal breaks occur at the pressure pmax. From the design
point of view, the third scenario is the best in that the tube wall has balanced
(optimal) strengths in both directions.

3. Results

3.1. Material properties

The material parameters for examples of elastic tube A, B and C are shown in Fig. 5,
with a comparison of the measured and estimated circumferential and longitudinal
Cauchy stress components against the corresponding stretch ratios. The error in
the stress components is estimated to be

α =

√∑N
L

i=1(σLi − σexp
Li

)2 +
∑N

C

j=1(σCj − σexp
Cj

)2∑N
L

i=1 σ
exp
Li

+
∑N

C

j=1 σ
exp
Cj

. (14)

Figure 5 shows that for the three tubes studied the fibre angle, β, (the angle
between the fibre orientation and the circumferential direction) is in the range of
51.9◦–55.2◦, and the fibre stiffness, k1, ranges from 19–24MPa. The matrix material
stiffness, µ, shows a variation of 2.5–3.7MP. The fibre anisotropic property index,
ρ, is 1.

The estimated parameters are compared with the microscopic observations
shown in Fig. 3. The estimated fibre angle agrees very well with the microscopic
observations, but is slightly larger (∼2◦). This is presumably because the fibres in
these thin tubes present some degree of dispersion which is not taken into account.

These parameters are compared with human common carotid artery intact wall
presented by Sommer [2008] in Table 2. To check the sensitivity of these parame-
ters, we also provide the range of their variations based on a 10% error bar of the
experimental data. It is clear the stiffness for the matrix material and fibres of the
intact human artery wall are much lower than for the artificially made elastic tubes.
Further, the fibre angle of the intact wall is less than half of the fibre angles of the
elastic tubes. The fibre anisotropic property index is 0.8 in the artery, hence the
artery tissue shows more significant dispersion in the fibre structure compared with
the artificial tubes.

In the artificial tubes the fibre angle is normally greater than 45◦; the fibres
are more aligned in the longitudinal direction. In other words, the tube wall is
stiffer longitudinally (see Fig. 5). For the intact human common carotid artery
wall, however, the fibre angle is much less than 45◦, and thus the artery is stiffer
circumferentially (Fig. 6). The fibres in the human arteries also behave like contin-
uous bundles [Smiley-Jewell et al., 2002; Gasser et al., 2006].
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Fig. 5. Identified material parameters of fibres and matrix, and the comparison of measured and
estimated Cauchy stress components for elastic tube A, B and C.

3.2. Strains

The elastic tube models of thickness 0.0203mm and the intact common carotid
artery of thickness 1.17mm are then modeled using the FE package, ABAQUS. We
use the membrane model (M3D4R) for Tube A, B and C, and the 3D solid model
(C3D8H) for the common carotid artery [Sommer, 2008]. Again pmax = 1.5MPa is
used for Tube A, B and C, the loading profile is the same as shown in Table 2. The
measured breaking axial strain are εb

L = 0.201, 0.183, 0.204, for Tube A, B and C,
respectively.

The internal pressure–time relation of the common carotid artery is determined
according to the pressure–axial strain curve measured when the pressure is varied in
0–33kPa (0–250mmHg) [Sommer, 2008]. There is no data available on the breaking
strain for the artery.
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Table 2. Material parameters of the elastic tubes and human artery.

Constants Tube A Tube B Tube C Human common
carotid artery intact
wall [Sommer, 2008]

µ (MPa) 3.557 2.907 2.52 0.0445
(3.424, 3.777) (2.77, 3.055) (2.346, 2.649)

β (◦) 55.476 53.9425 51.9014 20.4
(54.923, 56.231) (53.403, 54.527) (51.465, 52.338)

k1 (MPa) 20.599 19.1658 24.0963 0.0284
(18.711, 22.018) (17.37, 20.63) (22.263, 26.045)

k2 12.1404 16.907 18.0746 68.9
(9.369, 14.557) (14.5, 18.96) (15.991, 19.71)

ρ 1.0 1.0 1.0 0.8
(1.0, 1.0) (1.0, 1.0) (1.0, 1.0)

α 0.059 0.084 0.077 N/A
(0.053, 0.062) (0.075, 0.09) (0.07, 0.084)

Data in ( ) show the range of the variations if there are ±10% errors in the experimental data.

p(kPa)

ε C
,ε

L

0 10 20 30 40
0

0.05

0.1

0.15

εL

εC

Fig. 6. Experimental circumferential and longitudinal strains of the human artery plotted against
internal pressure [Sommer, 2008], showing the circumferential strain is less than half of the longi-
tudinal strain.

The results are shown in Fig. 7, where the circumferential and longitudinal
strains are plotted against internal pressure, and are compared to that of the com-
mon carotid artery. The experimental breaking criteria, εb

c, ε
b
L, are also marked in

the figure. Figure 7 shows that the tube models have markedly different behavior
compared to the human carotid artery. In all the tubes, the circumferential strain
increases rapidly with the internal pressure initially, and then reaches a plateau. In
fact, the maximum circumferential strain occurs at very low pressure (around 0.2–
0.4MPa). This significant observation suggests that if this maximum value reaches
the breaking limit, the circumferential breaking will occur first. Indeed, for Tube A,
which has a fibre angle of 55◦, the maximum circumferential strain is over the
breaking limit, so this tube will fail at much lower pressure. When the fibre angle
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Fig. 7. The longitudinal and circumferential strains against pressure for (a) Tube A, (b) Tube B,
(c) Tube C, and (d) human common carotid artery. The measured breaking strains, εb

c and εb
L,

are indicated by the dot–dashed lines.

decreases, i.e., for Tube C, the peak circumferential strain is well below the breaking
limit. These results indicate the current weakness of the tube design, and suggest
that it is possible to vary the fibre angle to improve the tube performance.

We note that the common carotid artery has smaller fibre angle of around 20◦

compared with the tubes. Subsequently, both the circumferential and longitudinal
strains reach their maxima at the highest pressure. If we adopt the strain limit
proposed by Duenwald-Kuehl et al. [2012], then the artery may fail (if it fails at all)
at the circumferential and longitudinal directions simultaneously.
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p(MPa)

ε C

0 0.5 1 1.5
0

0.1

0.2

0.3

0.4

β=52o

β=45o

β=25o

β=35o

Fig. 8. The circumferential strain plotted against pressure for Tube C at various fibre angles,
showing that the location of the maximum circumferential strain is shifted to the right when the
fibre angle is decreased.

3.3. Optimization of the fibre angle

To clarify the effects of fibre angle on the tube deformation, we investigate the
effect of changing the fibre angle in Tube C, while keeping the other mechanical
conditions unchanged. The peak circumferential strains for fibre angles of 45◦, 35◦

and 25◦ are plotted in Fig. 8. It is clear that the distribution of the circumferential
strain is significantly affected by the fibre angle. The position of the maximum
circumferential strain is closer to that of the maximum longitudinal strain or the
maximum internal pressure when the fibre angle is β = 25◦. Interestingly, this
angle is close to the fibre angle of human common carotid artery (β = 20.4◦).
This suggests that the fibre angle of human common carotid artery is optimized by
natural evolution.

4. Discussion

In this work, we developed a fibre reinforced model for artificial elastic tubes, and
estimated the material parameters of the matrix and two families of fibres from
experimental data obtained in two uniaxial tensile tests, assuming that transversal
stress has no contributions in the tests. This assumption is in line with the standard
uniaxial tensile test in mechanics of materials [Beer and Johnston, 1981].

The estimated fibre angles from the tensile tests agree excellently with the micro-
scopic observations, with a small discrepancy of 2◦–6◦. The reason for this discrep-
ancy may be that the fibres are nonuniformly distributed, as suggested by Fig. 3,
which has not been accounted for in our models.

The polymer materials are typically subject to different failure modes: these are
(i) breaking due to a steady loading in a uniaxial tensile test, (ii) fracture due to
crack or crack-like defect growth in a material body at a constant loading, and
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(iii) damage due a steady or cyclic loading [Powell, 1983]. For the thin artificial
elastic tubes studied here, only the first failure mode is considered. We use the
maximum strain/stretch as the breaking criterion and the breaking of the tubes is
compared with the breaking behavior of the human carotid artery. The tubes are
found to be at the risk of early circumferential breaking due to a local maximum
of circumferential strain. The maximum position seems to be dependent on the
fibre angles; the greater the fibre angle, the sooner the maximum occurs as pressure
increases. Although there is no recorded data of the breaking limit for the human
carotid artery walls, we found that the design of the carotid artery is superior to the
artificial tubes, in that the circumferential stretch reaches the maximum at about
the same time as the maximum longitudinal stretch when pressure is increased to
its maximum.

It is worth mentioning that other failure modes may also be important for arti-
ficial tubes. A few damage models have been proposed for bio-tissue under cycling
loading to account for the Mullins’s or softening effect in stress–strain curves [Hokan-
son and Yazdani, 1997; Alastrué et al., 2007; Volokh, 2008; Calvo et al., 2009; Li
and Robertson, 2009; Balzani et al., 2009; Marini et al., 2012; Martins et al., 2012].
These different damage mechanisms have not been considered in this study.

5. Conclusion

Artificial thin-walled elastic tubes are modeled as a fibre reinforced membrane with
two families of fibres imbedded in a homogenous matrix material. The mechanical
properties and fibre angle of these tubes are inversely estimated using experimen-
tal data of tensile tests on the tube specimens taken in the circumferential and
longitudinal directions. Our nonlinear inflation simulations show that the currently
designed tube casings are not optimal under internal pressure and axial loading and
could have premature break in the circumferential direction. In comparison, the
human common carotid artery appears to have nearly optimal fibre structure in the
sense that if failure occurs, it will occur in both the circumferential and longitudinal
directions simultaneously. This work highlights the need for improved designs of the
artificial thin-film elastic tubes.
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