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In situ cardiovascular tissue-engineering can potentially address the short-

comings of the current replacement therapies, in particular, their inability

to grow and remodel. In native tissues, it is widely accepted that physiologi-

cal growth and remodelling occur to maintain a homeostatic mechanical state

to conserve its function, regardless of changes in the mechanical environ-

ment. A similar homeostatic state should be reached for tissue-engineered

(TE) prostheses to ensure proper functioning. For in situ tissue-engineering

approaches obtaining such a state greatly relies on the initial scaffold

design parameters. In this study, it is investigated if the simple scaffold

design parameter initial thickness, influences the emergence of a mechanical

and geometrical equilibrium state in in vitro TE constructs, which resemble

thin cardiovascular tissues such as heart valves and arteries. Towards

this end, two sample groups with different initial thicknesses of myofibro-

blast-seeded polycaprolactone-bisurea constructs were cultured for three

weeks under dynamic loading conditions, while tracking geometrical and

mechanical changes temporally using non-destructive ultrasound imaging.

A mechanical equilibrium was reached in both groups, although at different

magnitudes of the investigated mechanical quantities. Interestingly, a geo-

metrically stable state was only established in the thicker constructs, while

the thinner constructs’ length continuously increased. This demonstrates

that reaching geometrical and mechanical stability in TE constructs is

highly dependent on functional scaffold design.
1. Introduction
Cardiovascular diseases remain the leading cause of death worldwide. If the

many therapies that are available to alleviate, or slow down these diseases,

fail, prostheses are available to replace end-stage diseased cardiovascular tis-

sues. Autologous, bioprosthetic and synthetic prostheses are widely used for

replacing diseased arteries and heart valves, yet repetitive surgery is often

required owing to postoperative complications such as calcification, infection

and aneurysm formation [1–5]. Moreover, the lack of growth and remodel-

ling capacity of artificial prostheses may necessitate multiple re-operations

for paediatric patients [6,7], resulting in a lower life expectancy and quality

of life [8].

Tissue engineering can potentially address the shortcomings of current car-

diovascular tissue replacements, in particular, their inability to grow and

remodel. Tissue engineering aims to create autologous tissue replacements

from biodegradable materials [9,10]. Previous studies have already shown

that tissue-engineered (TE) vessels and heart valves prostheses have the poten-

tial for growth and remodelling. For instance, Hoerstrup et al. [11] implanted
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TE vascular grafts in the pulmonary artery of a growing

lamb. While the animal’s weight increased twofold during

a 2-year follow-up period, the graft diameter (30%) and

length (45%) increased significantly. More recently, a similar

animal model was used to demonstrate that decellularized

vascular grafts show a similar trend, with the diameter

increasing 56% upon a 366% increase in animal body

weight. Neo-tissue formation was found in all of the

explanted grafts [12], thus eliminating dilation as the only

cause of increased diameter. Finally, Kluin et al. obtained a

fully functional TE heart valve with mature and stable

tissue formation after 12 months, using an in situ implanted,

slow-degrading scaffold [13].

To date, our understanding of growth and remodelling in

engineered tissues remains incomplete. In native tissues, phys-

iological growth and remodelling is widely believed to occur

in order to maintain a certain homeostatic mechanical state

[14–17]. Through this principle, tissues can maintain their

function regardless of changes in their mechanical environ-

ment. Several mechanical quantities have been proposed to

determine mechanical homeostasis across different cardiovas-

cular native tissues, including stretch [18,19], stress [20–22],

strain energy density [23,24] and stiffness [25,26].

Interestingly, it appears that in previous studies no

mechanical homeostasis may have been established in TE

prostheses. On the contrary, despite promising early results,

adverse growth and remodelling of TE prostheses have led

to geometrical instabilities, i.e. aneurysm formation in TE

vascular grafts [27–29], and leaflet shortening in TE heart

valves that causes valvular insufficiency [30–32]. We believe

that the scaffold design of (in situ) TE prostheses is crucial to

obtain and maintain mechanical and geometrical homeosta-

sis. Many design parameters can be tuned when producing

scaffolds for tissue engineering, for instance: scaffold thick-

ness, porosity, fibre alignment, fibre diameter, compliance,

degradation rate and polymer composition. All of these par-

ameters influence the mechanical properties of scaffolds,

and can therefore influence growth and remodelling and

subsequently the establishment of homeostasis. Previously,

both in vivo [33] and in silico [34] models have been used

to assess the influence of scaffold properties on growth

and remodelling in TE prostheses. Most recently, Best et al.
[35] clearly demonstrated in an in vivo study that decreasing

the scaffold thickness to diameter ratio positively affects

long-term growth and remodelling of TE vascular grafts.

In the current study, we aim to determine and understand

the effects of initial scaffold thickness on establishing a geo-

metrical and mechanical equilibrium in thin engineered

cardiovascular tissues, such as heart valves and arteries. To

this end, a recently developed in vitro bioreactor [36] was

used to culture two groups of TE cardiovascular constructs

with different initial thicknesses (relevant for cardiovascular

tissue engineering), under the same dynamic loading con-

ditions. In order to investigate whether geometrical and/or

mechanical equilibrium was established in the TE constructs,

temporal changes in tissue geometry and mechanical state

were quantified at several time points during development,

by means of non-destructive ultrasound imaging and inverse

analysis [37]. At the end of culture, the TE constructs’ compo-

sition and structure were determined by biochemical assays,

histology and in-plane collagen organization.

It was found that a mechanical steady state was reached

for both sample thicknesses, although at different magnitudes
of the investigated mechanical quantities (strain, stress, strain

energy density and tangent). A stable geometrical state was

only reached in the thicker samples, while the thinner con-

structs continued to elongate. These results indicate that

obtaining a geometrically and mechanically stable state in

TE constructs is highly dependent on functional scaffold

design, in this particular case the initial scaffold thickness.
2. Methods
2.1. Scaffold production
Two supramolecular scaffold sheets with respective thicknesses

of 0.31+0.01 and 0.47+ 0.01 mm were produced in-house via

electrospinning. Polycaprolactone-bisurea (PCL-bu) polymer

[38] (SyMO-Chem, Eindhoven, The Netherlands) was dissolved

in chloroform to a 15 wt% concentration and electrospun in a cli-

mate-controlled electrospinning cabinet (IME Technology,

Geldrop, The Netherlands). The cabinet was equipped with a

14G nozzle (flow rate of 55 ml min 21) and a distance of 16 cm

was maintained between nozzle and the grounded target drum

(0.31 � 12.0 cm), rotating at 100 r.p.m. The climate chamber

was set to 238C, 30% relative humidity and a voltage of 15 kV

was applied to the nozzle. After spinning, the two sheets were

dried overnight under vacuum at room temperature. Each

sheet was inspected with scanning electron microscopy.

Additionally, the thicknesses of the sheets were assessed using

a VHX-500 Keyence digital microscope.

2.2. Scaffold mechanical (fatigue) testing
Fatigue tests were performed on the bare scaffold materials,

using an ElectroForce LM1 TestBench by BOSE equipped with

5 N load cells. Two rectangular samples (15 � 6.5 mm) were

cut from each sheet, which were uniaxially stretched for 1.8

million cycles (equal to 21 days of dynamic culturing, see §2.3)

with increasing maximum actuator displacements of 5, 10, 15

and 20% of the initial sample length. Every displacement stage

consisted of two periods of 225 000 sinusoid displacement

cycles at 10 Hz, each followed by a rest period of equal duration

to cyclic displacement (22 500 s). During testing, the samples

were submerged in a physiological salt solution at 378C. From

this test, the peak first Piola–Kirchhoff stresses were calculated

from the force acting on the load cells as a function of time.

Uniaxial tensile tests of the scaffolds were performed before

and after fatigue testing on a BioTester (CellScale, Waterloo,

Canada). The samples were stretched to 115% of the initial

length with a strain rate of 100% min�1 for 10 cycles, of which

the first nine were considered pre-conditioning. During testing,

the samples were again submerged in a physiological salt sol-

ution at 378C. The force was measured by a 1.5 N load cell,

and images were taken by a CCD camera mounted perpendicular

to the sample surface. All data were collected with a sampling

frequency of 5 Hz. Again the first Piola–Kirchhoff stresses

were calculated from the force data. The in-plane sample

stretches were obtained from the images using a global digital

image correlation algorithm [39].

2.3. Tissue culture in bioreactor
To culture TE constructs, the versatile tissue growth and remo-

delling (Vertigro) bioreactor [36] was used (figure 1). Inside

this bioreactor a circular insert with a diameter of 15 mm contain-

ing a cell-seeded construct can be placed which is then

consecutively cultured under pressure-driven dynamic loading

conditions. Regardless of geometrical and mechanical changes

in the construct, the applied pressures were maintained by a

custom LABVIEW (National Instruments, Austin, USA) program.
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Figure 1. Schematic of the Vertigro bioreactor and pressure application system. Source: van Kelle et al. [36], Copyright: Mary Ann Liebert, granted permission for
reprint.
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The electrospun PCL-bu scaffolds (§2.1) (both n ¼ 8) were

clamped in the inserts and sterilized using ultraviolet light.

Next, 0.25 mg ml21
L-ascorbic 2-phosphate acid (Sigma-Aldrich,

St Louis, MO, USA) supplemented standard culture medium

(TE medium) was added to the inserts after which they were

placed in an incubator overnight. Primary myofibroblast-like

cells were isolated from human vena saphena samples, accord-

ing to the Dutch guidelines for use of secondary materials.

These cells exhibit a contractile phenotype, and are known

to produce abundant amounts of extracellular matrix [40],

making them ideal for cardiovascular tissue engineering. The

cells were cultured in advanced Dulbecco’s modified Eagle

medium (Invitrogen, Carlsbac, CA, USA), supplemented with

10% fetal bovine serum (Greiner Bio One, Frinckenhausen,

Germany), 1% Glutamax (Invitrogen) and 1% penicillin/

streptomycin (Lonza, Basel, Switzerland) which was changed

twice per week. At passage 7, the cells were harvested and

seeded on the PCL-bu scaffolds using a seeding density of 15

million cells cm23 using fibrin as a cell carrier [41]. After seed-

ing, TE medium was added to the constructs which were then

statically cultured at 378C, 100% humidity and 5% CO2 to

allow for initial tissue development. After this period, the inserts

containing the constructs were placed in the bioreactor and cul-

tured for 21 days at a dynamic loading regime with a maximum

pressure of 4 kPa at 1 Hz.

2.4. Non-destructive geometrical and mechanical
characterization during culture

Changes in tissue geometry and mechanical state were nondes-

tructively characterized at day 0, 3, 7, 14 and 21 of dynamic

culturing. At each time point, a 12 MHz linear ultrasound trans-

ducer (LA435) connected to a MyLab 70 Ultrasound system

(Esaote Europe, Maastricht, The Netherlands) was positioned

on top of the bioreactor, perpendicular to the construct surface

and aligned with the centre of the construct. The transducer

was positioned at the same location as during previous measure-

ments. To prevent infections during culture, the measurements

were performed inside a laminar air flow cabinet, with the ultra-

sound probe contained in a sterile probe cover (Civco, Coralville,

IA, USA). To assess the construct thickness, raw radio-frequency

data were acquired without applying any pressure. From these

data, the thickness was determined in approximately 20 locations

using MATLAB’s (Mathworks, Natick, MA, USA) findpeaks
algorithm, of which the median thickness was used as initial

construct thickness t0.

Next, a mechanical test was performed during which a pressure

(p) of 4 kPa (the same maximal pressure used during dynamic

culturing) was gradually applied to the constructs, while imaging
the constructs’ deformation with the ultrasound scanner. Three

pressure cycles were applied in each test, of which the first two

were considered as preconditioning. The pressure was measured

by a pressure sensor (P10EZ-1, BD—SENSORS, Thierstein,

Germany). The constructs’ geometries were assumed to be axi-

symmetric and their mechanical properties isotropic, hence

one measurement in any given direction was assumed to be

representative for all other directions.

The sample profile as a function of pressure was tracked in

the B-mode images (frame rate 25 Hz, resolution 21 px mm21)

using a custom MATLAB script [37]. First, the two attachment

points of the constructs were selected after which for each

frame the tissue apex was manually selected. A circle was sub-

sequently fitted through the attachment points and the apex to

describe the tissue profile. This profile was used to calculate

the construct curvature k and current length L. The unloaded

construct length L0 was defined at p ¼ 0, and the construct

stretch during pressure application as l ¼ L/L0.
2.5. Mechanical properties and mechanical state during
culture

2.5.1. Constitutive model
The material behaviour of the TE constructs was modelled by a

hyperelastic fibre-reinforced constitutive model, where the

Cauchy stress s was obtained from a strain energy density

function C as a function of a set of material parameters j:

s ¼ 2

J
F� @C(j)

@C
�FT, (2:1)

with F the deformation gradient tensor, C ¼ FT � F the right

Cauchy–Green deformation tensor and J ¼ det (F) the Jacobian.

The strain energy density function consisted of an isotropic

matrix part m and anisotropic fibrous part f with fibre volume

fraction Ff, arbitrarily set at 0.5 [42]:

C ¼ (1�Ff )Cm þFfCf : (2:2)

The constitutive behaviour of the isotropic matrix part was

described by a Neo-Hookean constitutive model:

Cm ¼
k

2
ln2 (J)þ m

2
(I1 � 3� 2 ln (J)), (2:3)

where k ¼ 2m(1 þ n)/3(1 2 2n) is the bulk modulus, m the

shear modulus, and I1 ¼ C : I the first invariant of the right

Cauchy–Green deformation tensor. Quasi-incompressibility

was enforced by setting the Poisson ratio at n ¼ 0.498. The

fibre part was modelled as an isotropic discrete fibre distri-

bution oriented in the plane of the sample (as was also
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evident from the histological and microscopic analyses of the con-

structs). Each fibre i with unit direction vector ei
f (in the reference

configuration) additively contributed [42] to the total fibre strain

energy density function Cf. The strain energy density function

Ci
f for each individual fibre i was given by an exponential

model (similar to [42–44]):

Ci
f ¼

k1

2k2
( exp [k2h(li)2 � 1i]� k2h(li)2 � 1i � 1), (2:4)

with k1 and k2 material parameters, (li)2 ¼ C:(ei
f � ei

f ) the squared

elastic fibre stretch, and k8l the Macaulay brackets to enforce that

the fibres only resist tension. The ability of this constitutive model

to adequately describe the mechanical behaviour of TE constructs

was previously demonstrated [37].

2.5.2. Estimation of material properties
From each nondestructive mechanical test, the construct’s profile

as a function of pressure was recorded at each time point. Using

this information, the material properties j (here j ¼ [m, k1, k2]) of

the constructs at each time point were determined using a two-

step inverse method that was previously developed [37]. In the

first step, shell theory was used to obtain a rapid analytical esti-

mate of the material properties. This estimate was used as an

initial estimate of the second step, where an inverse finite-

element analysis was used to obtain a more accurate estimate

of the material properties. In this step, the experiments were

simulated by a finite-element model in ABAQUS FEA (Dassault

Systèmes Simulia Corp., Providence, RI, USA). Only one quarter

of the tissue geometry (at p ¼ 0) was modelled owing to sym-

metry. A uniform pressure was applied to the bottom plane

of the construct, while the nodes on the sample edge were

fully constrained. MATLAB’s lsqnonlin function was used to

adjust the material parameter set j until the difference between

the surface profile as a function of pressure z( p) between the

experiment (exp) and the estimate (est) was minimized. This

resulted in the following cost function:

E(j) ¼ 1

NpNx

XNp

j¼1

XNx

k¼1

ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
z(pj, xk, j)exp � z(pj, xk, j)est

q
, (2:5)

with Np the number or pressure steps, Nx the number of in-plane

positions x along the tissue profile.

2.5.3. Analysis of the mechanical state
After the material parameter estimation, the strain energy density,

the Cauchy stress tensor and deformation gradient tensor at every

node in the central 50% of the construct were obtained from the

final simulation of the inverse finite-element analysis. Sub-

sequently, the maximum principal stress smax and its direction

nmax were determined. The stretch lmax in the same direction

nmax was then obtained from lmax ¼ 1=
ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
B�1:(nmax � nmax)

p
,

with B the left Cauchy–Green deformation tensor. The local

tangent of the principal stress–stretch curve was determined

at p ¼ 4 kPa.

2.6. Tissue analysis after culture
After culture (day 21 of dynamic culture), the constructs were

cut into three pieces. Two quarters were fixed in 3.7% formal-

dehyde and used for histology and collagen orientation analysis,

respectively. The other half of the samples were lyophilized

overnight and used to quantify the amounts of DNA, glycosami-

noglycans (GAGs) and hydroxyproline (HYP; as measure for the

amount of collagen).

From each sample, the first quarter was embedded in paraf-

fin and sectioned into slices of 7 mm. The embedded samples

were stained for general tissue structure (hematoxylin & eosin

(HE)), collagen (picrosirius red (PR)) and GAGs (safranin O
(SO)). These sections were imaged under a brightfield micro-

scope (Axio Observer Z1, Carl Zeiss AG, Oberkochen,

Germany), and the PR stain was also imaged using polarized

light. In addition, fluorescent stainings were performed for col-

lagen type III, (Tropo)elastin and a costaining for collagen type

1, a-smooth muscle actin (a-SMA) and cell nuclei, which all

were imaged using an Axiovert 200M microscope (Zeiss).

The other quarter of the samples was incubated with a

collagen-specific CNA35 [45] probe for 1 h, after which the

gross collagen organization was imaged via a tilescan on

each side (excitation 488 nm, emission 520 nm, magnification

10 �) using a confocal laser scanning microscope (TCS SP5X;

Leica Microsystems, Wetzlar, Germany). To quantify the in-plane

collagen fibre organization, a custom-made MATLAB script was

used [46], which quantifies the fraction of fibres oriented in each

in-plane direction.

Finally, the lyophilized halves of the constructs were snap-

frozen and disintegrated using a Mikro-Dismembrator (Model

S, Sartorius, Goettingen, Germany), followed by digestion

using a papain digestion buffer (608C, 16 h). The constructs’

total GAG content were determined using an adapted protocol

by Farndale et al. [47], with a standard curve of chondroitin

sulfate (Shark Cartilage, Sigma-Aldrich). An HYP assay was

performed [48] using a trans-4-hydroxyproline (Sigma-Aldrich)

standard curve. To obtain a measure for cellular activity, con-

struct GAG and HYP content were normalized to the tissue’s

total DNA content, which was determined with the Hoechst

dye method [49].
2.7. Statistics and sample numbers
During the experiment, unfortunately a few samples were

excluded owing to an infection. For the thin samples, one

sample was excluded during the second week, and two samples

in the final week of dynamic culture. For the thick samples, in

both the second and final week one sample was excluded.

Consequently, all analyses at the end of the experiment

were performed with n ¼ 5 and n ¼ 6 samples for the thin

and thick group, respectively. The geometrical and mechanical

measurements of samples before drop-out were still taken into

account. All data are presented as mean value + the standard

error of the mean. For the biochemical assay data, comparisons

between groups were made using the Wilcoxon signed-rank

statistical test in MATLAB. The geometrical and mechanical

data were analysed in IBM SPSS Statistics for Macintosh (IBM

Corp., Armonk, NY, USA), using linear mixed model analysis,

according to Duricki et al. [50]. This is a statistical approach

that accounts for multiple measurements in the same (in this

case) constructs, while accommodating for possible dropout of

samples during the experiment. Post hoc analyses using Fisher’s

least significant difference tests were used to test for statistical

different between adjacent time points within each initial con-

struct thickness group, and between the two groups at the same

time point. Differences were considered statistically different

when p , 0.05.
3. Results
3.1. Geometrical changes during culture
The geometrical changes of the tissue constructs are depicted

in figure 2. Initially, both groups started with a tissue length

L0 of 15 mm (in accordance with the diameter of the bio-

reactor insert; figure 2a). However, after only 3 days of

dynamic culturing the samples both elongated significantly,

where the length of the thinner samples was larger than that

of the thicker samples. This trend continued over time for the
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initially thinner tissues, while the thicker construct length

did not significantly change with time. At the end of culture,

the length of the tissues of both groups had significantly

increased (figure 2e,f ) compared to the start of culture

(figure 2c,d ). The construct thickness t0 at the start of the

dynamic culturing phase was similar to the initial scaffold

thickness (figure 2b). Next, both groups followed a similar

trend, where first a significant decrease in thickness was

observed up to day 7, after which the thickness slightly

increased again up to day 21.

3.2. Construct mechanics during culture
The material parameters of the engineered constructs were

successfully estimated during dynamic culture (see the

electronic supplementary material). From these material

parameters, several mechanical constituents were quantified

during dynamic culture in the central 50% of the constructs.

The elastic stretch, maximum principal Cauchy stress, strain

energy density and local tangent of the principal stress–

stretch curve at p ¼ 4 kPa in the thin constructs were higher

than in the thick constructs (figure 3). During tissue develop-

ment, the elastic stretch of the constructs in the two groups

diverged towards significantly different equilibrium states,

with the stretch in the thin constructs slightly increasing and

the stretch in the thick constructs decreasing with time. The
strain energy density stabilized during development, with

no significant changes between adjacent time points observed

during dynamic culture. The maximum principal Cauchy

stress of the thin samples appeared to decrease with culture

time, while the stress in the thicker samples increased up to

day 7, followed by a decrease. Finally, the tangent in both

groups appeared to decrease during development, albeit in

the thick samples after an initial increase and with no signifi-

cant changes between adjacent time points. No significant

differences were found between the local tangents of the

two groups after the start of dynamic culture.
3.3. Bare scaffold features progressive viscoelastic and
plastic deformation

Fatigue tests were performed on both scaffold thicknesses,

during which increasing actuator displacements were applied

to stretch the scaffolds (figure 4a). During each actuator

displacement stage, the peak first Piola–Kirchhoff stress

decreased, which can be attributed to progressive plastic

(permanent) length change of the scaffolds (figure 4c,d ).

After the rest period that was applied during each displace-

ment stage, the stress only partially recovered to the same

magnitude as found before the rest period. This indicates
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that stress relaxation occurred during each stage, thus identi-

fying the scaffolds as viscoelastic materials.

Despite the plastic deformation that occurred during fati-

gue testing, additional uniaxial tests performed before and

after fatigue testing showed no clear differences in the mech-

anical behaviour of both scaffold groups (figure 4b). Both the

fatigue and additional tensile tests indicated that the thin

scaffolds were more compliant than the thick scaffolds.
3.4. Collagen formation occurs isotropically in-plane

An in-plane isotropically distributed collagen organization

was observed on both sides of a quarter of the engineered

constructs (figure 5). Using fibre tracking software, this

was also confirmed quantitatively, as indicated in the histo-

grams of figure 5. When comparing both sides of the

samples, the top part has a more dense collagen fibre
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network compared to the bottom part, which contains more

thick bundles of fibres.

3.5. Layered tissue formation throughout the samples
thickness

Figure 6 shows representative histological images for the thin

(left column) and thick (right column) samples. Note that the

scaffold was still present at the end of the experiment, but

was dissolved owing to solvents used during the embedding

process. The HE stain showed a more dense structural organ-

ization in the thick samples, compared to the thin samples

(a,b). In addition, a distinct layer formation was present on

the top side of both sample groups, which was also visible

in the PR stain (c,d). When polarized light was used to asses

the maturity of the fibres, the bright-red mature fibres were

found opposite of this top layer at the pressurized sides of

the samples. a-SMA-positive cells were mostly located in the

top layer of the tissue, together with relatively immature col-

lagen type III (g,h,i,j). On the other hand, some elastin fibres

were present on the pressured sides of the samples (figure 6

k,l ). Finally, GAGs were most abundant in the thicker samples,

also evenly distributed throughout the thickness.

3.6. Increased GAG formation in thick constructs
Figure 7 shows the results for the biochemical assays

performed on the lyophilized samples at the end of the
experiment. The mean DNA content (microgram) for each

group is slightly higher in the thicker samples (figure 7a),

these values were used to normalize the total GAG and

HYP content. The constructs’ GAGs per DNA (figure 7b)

content was significantly (p ¼ 0.03) higher for the thick

samples, while the opposite is true for the amount of HYP

per DNA (figure 7c).
4. Discussion
This study sought to determine in vitro whether a geometrical

and/or mechanical equilibrium state could be reached in

engineered cardiovascular constructs depending on initial

scaffold thickness. Towards this end, temporal changes in

geometry and mechanical properties in dynamically cultured

constructs were assessed over time using non-destructive

ultrasound imaging.

4.1. Geometrical equilibrium is dependent on initial
scaffold thickness

In the fatigue tests performed on the bare scaffold material

(figure 4), both the thin and thick samples plastically

deformed at all of the applied levels of actuator displacement.

Moreover, the electrospun materials showed viscoelastic

behaviour, as indicated by the increase in peak first Piola–

Kirchoff stress after a period of rest. It should be noted that
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Figure 6. Representative histological images of the middle section for the thin (left column) and thick (right column) samples at t ¼ 21 days of dynamic culture,
where the bottom side of all samples coincides with the pressurized side in the bioreactor. (a,b) HE stain showing the general tissue composition, with a distinct
layer formation on the top side of the samples. (c,d) PR stain showed general collagen organization (red). (e,f ) PR stain visualized with polarized light, depicting
relatively mature collagen fibres (red). (g,h) Fluorescent images with a-SMA-positive cells in green, cell nuclei in blue and collagen in red. (i,j) Fluorescent stain for
collagen type III. (k,l) Co-fluorescent stain for elastin (red) and cell nuclei (blue). (m,n) SO stain depicting GAGs in red. The scale of the images is indicated by the
black and white bars (100 mm) (HE, hematoxylin & eosin; PR, picosirius red; SO, safarin O).
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both permanent deformation and viscoelastic behaviour will

probably have the same lengthening effects in vivo, as in this

case the material will never experience an unloaded state.

The cell-seeded scaffolds experienced a similar type of

dynamic loading compared to the bare scaffolds, during

which lengthening of the sample was compensated by the

feedback system of the bioreactor, in order to maintain a con-

stant peak pressure. As with the bare scaffolds, construct

length increased during dynamic culture, and was dependent

on the initial scaffold thickness (figure 2). Strikingly, the
initially thin construct length continued to increase, whereas

the thicker constructs length stabilized after 3 days of

dynamic culture. In the thin samples, this apparently

causes the tissue length to continue dilating, whereas the

thicker samples are able to counteract this lengthening. A

possible explanation could be attributed to the fact that

there is more extracellular matrix (ECM) production in the

thick samples, in the form of cell-produced GAGs (figure

7). Moreover, a more dense collagen structure was observed

in the thicker samples (figure 6g,h), which could also explain
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the stabilizing lengthening behaviour, although this could

also simply be caused by the fact that the scaffold is thicker,

therefore leading to lower internal stretches and stresses.

For both the thin and thick constructs, the thickness

followed similar trends, first decreasing with culture time

up to day 7, after which there was a slight increase in thick-

ness. The initial thinning can be ascribed to the Poisson effect,

as the samples are plastically deformed in the in-plane

directions. The slight thickening of the samples could be a

direct consequence of subsequent tissue formation on top

of the scaffold (figure 6), which was also observed by van

Vlimmeren et al. [51] in statically cultured samples containing

the same cells, after four weeks of culture.

Overall, these results indicate that these electrospun poly-

mer materials, often used for tissue-engineering purposes,

experience viscoelastic and plastic behaviour, and that different

scaffold design parameters can have large implications for

reaching a geometrically stable state. This was also reported

by Best et al. [35] who, by merely increasing the initial lumen

diameter in in situ TE vascular grafts, could promote enhanced

neointimal tissue formation and matched the final size of the

lumen to that of the native situation. Similarly, this study

demonstrates that the initial thickness of cardiovascular TE

grafts can greatly influence the eventual dimensions of these

constructs. In this particular case, a geometrical equilibrium

state was only found for the thicker samples.
4.2. Mechanical equilibrium at distinctly different
magnitudes

For all mechanical constituents, a clear distinction can be

observed between the two sample groups (figure 3), which

can simply be explained by the differences in initial scaffold

thicknesses. For instance, the stretches in both sample

groups started at different magnitudes, and slightly

increased and decreased for the thin and thick samples,

respectively, after which they seemed to reach a steady

state. This is particularly odd, since the unloaded construct

length continued to dilate in the thinner samples, while it

stabilized for the thicker samples. Apparently, the tissue

stretch in the thinner sample is maintained at a constant

level, although the unloaded state increases over time.

For the thick samples, the Cauchy stresses initially increased,

followed by a gradual decrease. An easy explanation can be

found in the trend of the sample thickness over time, which

appears to be opposite. Contrary, the thinner samples follow
a similar trend after day 7, but do not show the initial

increase in stress. The temporal changes in tangent stiffness

converge to a similar value at the end of the experiment,

which gives rise to speculation as to what would happen

beyond this time point.

Contrary to earlier findings using this bioreactor system

[52], no prestretch was present in any of the tested samples,

although histology showed the presence of a-SMA-positive

contractile cells (figure 6g,h). A possible explanation is that

in these experiments, a non-degrading scaffold was used,

which impairs cell-mediated contraction of the tissue con-

struct, or lies in the fact that these cells predominantly

reside in the top layer of the tissue, thus being unable to

compact the entire construct.

In these particular experiments, the scaffold seems very

important for the mechanical behaviour of the constructs

(as is the phase in the initial case for many in situ TE appli-

cations). In future experiments, it would be very interesting

to see what happens to the tissue’s mechanical properties if

the scaffold is for instance, more compliant or partially

degraded [53,54]. Finally, knowing the typical loading

pattern in these types of constructs can be very insightful,

as this to a great extend determines ECM production and

degradation [55–58].
4.3. Tissue composition is similar to the native situation
Although clear differences in mechanical behaviour between

the two groups were observed, little differences in tissue com-

position could be found. Apart from a significant increase in

the GAG per number of cells, no significant difference in cell-

produced collagen was found. Also no clear differences can

be observed qualitatively between the groups (figure 6). Per-

haps culture times in these experiments are too short to give

rise to such significant differences, or the dominant contri-

bution of the scaffold makes the differences in mechanical

behaviour not large enough.

Within the tissue samples themselves, interesting obser-

vations can be made. First, a clear top layer is present

(figure 6a,b) containing mainly a-SMA-positive cells, collagen

type III and GAGs (figure 6c,d,g,h). The presence of the latter

three components indicates that this layer is relatively imma-

ture, and has probably formed in a later stage of the

experiment [51]. Second, on the bottom of the samples

thick bundles of collagen type I (figure 6e,f ) and even traces

of elastin (figure 6k,l ) are present, implying that this layer
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is relatively mature. The existence of these thick bundles of

collagen fibres can also be seen in the CNA-stained images

(figure 5, left). Noteworthy is the presence of elastin (which

appears more abundant in the thinner samples compared to

the thick samples), which is rarely observed in similar

in vitro experiments [59]. Finally, when looking at the gross

organization of all the tissue components, they resemble the

build-up shown in some in vivo TE studies. For instance,

we find thick bundles of collagen on the pressurized

(bottom) side of our constructs, which coincides with densely

organized collagen fibres found in the fibrosa (pressurized)

side of native and TE heart valves. In addition, elastin is

also found on this side of our samples, which is consistent

with a recent study by Kluin et al. [13], which also found elas-

tin bundles mainly on the pressurized pulmonary side of TE

valve constructs. A possible explanation for these similarities

in tissue structure could be attributed to the fact that the load-

ing in the current in vitro experiments is very similar to the

native situation.

4.4. Comparison to in vivo studies
Lengthening of implanted vascular grafts, and subsequent

aneurysm formation, has been observed in previous studies

[60,61], where a possible explanation lies in the fact that rela-

tively small initial wall thicknesses were used. On the

contrary, a recent study by Talacua et al. [62] opted for an

electrospun PCL scaffold as a vascular graft with a thickness

of 0.275 mm, enforced by an additional Gore-tex patch. Over

the course of three months, they reported a constant lumen

diameter, possible caused by the relatively thick combined

PCL and Gore-tex graft. In another study, Kluin et al. [13]

used a polycarbonate-bisurea valvular graft with a thickness

of 0.4 mm, implanted at the pulmonary position in sheep. In

analogy with our study, at similar loading pressures (3.3

versus 4 kPa) and comparable initial scaffold thicknesses

(0.4 versus 0.47 mm, compared with the thicker group in

this study) they also observed a constant tissue length over

time. Moreover, the tissue formation in both studies samples

is very similar, with elastin and thick collagen bundle

formation on the pressurized side of the samples.

4.5. Limitations and future directions
The bioreactor used in this study mimics the pressure loading

of (engineered) cardiovascular structures such as heart valves

and arteries. For heart valves, this loading regime closely

resembles the native situation. However, for arteries an axi-

symmetric, semi-tubular structure would replicate the

construct loading in a more physiological manner. In this par-

ticular case, a relatively simple design parameter as scaffold

thickness significantly influenced TE construct mechanics

and geometrical stability. Naturally, many other scaffold

properties are of paramount importance to obtain a mechan-

ical and geometrical stable state, for instance, the effect of

scaffold degradation during in vitro or in vivo experiments.
Moreover, cardiovascular tissues tend to exhibit an anisotro-

pic tissue organization, while this study only focused on

isotropically organized constructs. A future study should

focus on inducing anisotropic loads in the TE constructs,

for instance by using an anisotropic scaffold or by altering

the bioreactor insert shape. Additionally, different combi-

nations of scaffold mechanical properties and other loading

magnitudes could potentially influence experimental out-

comes. The culture time of the engineered constructs in our

bioreactor is currently limited to 35 days, of which 14 days

were static culture to allow for initial tissue development

before dynamic culturing. A recent in vivo study showed

that the lumen diameter of TE arterial grafts increased in

the first six months after implantation, yet stabilized after

six months [29]. This leaves open the possibility that the geo-

metry of our thin constructs would stabilize beyond the time

window used in the current study. However, such long cul-

ture times (months to years) are simply not feasible using

an in vitro set-up. To study the long-term geometrical and

mechanical stability of TE cardiovascular substitutes, in vivo
studies or computational approaches remain the only option.
4.6. Conclusion
In this study, we sought to elucidate if a simple scaffold

design parameter such as initial thickness would influence

the emergence of a mechanical and geometrical equilibrium

state in dynamically cultured in vitro TE constructs. A mech-

anical steady state was reached in both groups, albeit at

different magnitudes of the investigated mechanical quan-

tities (elastic stretch, Cauchy stress, strain energy density

and tangent stiffness). A stable geometrical situation was

only established in the thicker samples, while the thinner con-

structs continuously elongated. This demonstrates that

reaching geometrical and mechanical stability in TE

constructs is highly dependent on functional scaffold design.
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