
In Situ Cardiovascular Tissue 
Engineering

Hanna Talacua



In Situ Cardiovascular Tissue Engineering

Proefschrift, Universiteit Utrecht, Nederland

© Hanna Talacua, 2016
The copyright of the published articles has been transferred to the respective journals.
Cover design Laura Lammers
Lay out Laura Lammers
Printed by Gildeprint Drukkerijen Enschede, The Netherlands

ISBN 978-94-6233-491-5

The research described in this thesis was performed within the framework of the 
BioMedical Materials Program, project iValve, and was supported by a grant of the 
Dutch Heart Foundation (DHF-2008T089). 



In Situ Cardiovascular Tissue 
Engineering

In Situ Cardiovasculair Tissue Engineering

(met een samenvatting in het Nederlands)

Proefschrift 

ter verkrijging van de graad van doctor aan de Universiteit Utrecht op gezag 
van de rector magnificus, prof.dr. G.J. van der Zwaan, ingevolge het besluit 
van het college voor promoties in het openbaar te verdedigen op donderdag 
22 december 2016 des middags te 12.45 uur

door

Hanna Talacua 
geboren op 19 april 1985 te Zaltbommel



Promotor Prof. dr. L.A. van Herwerden

Copromotor Dr. J. Kluin

Financial support by the Dutch Heart Foundation for the publication of this thesis is 
gratefully acknowledged. 

Additional financial support for the reproduction of this thesis was generously 
provided by, Heartbeat – Dutch perfusion services, Krijnen Medical Innovations BV, 
Chipsoft, St Jude Medical, LivaNova PLC and Xeltis BV.







Voor papa
Je hebt een steen verlegd,
in een rivier op aarde.
door het verleggen van die ene steen
zal de stroom nooit meer dezelfde weg gaan.

vrij naar “de steen” van Bram Vermeulen
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INTRODUCTION

Cardiovascular disease causes immense health and economic burdens [1]. In 
industrialized countries, the prevalence of valvular heart disease is estimated at 
2.5%, with no difference between men and women. Because of the predominance of 
degenerative etiologies, the prevalence increases markedly after the age of 65 [2]. In 
developing countries, valvular heart disease of rheumatic origin remains the leading 
cause, with a prevalence of 20 to 30 cases per 1,000 subjects [3]. In the pediatric 
population, on every 10 to 12 newborns, one baby is affected with a congenital heart 
defect [4]. Of these newborns, 2.3 per 1,000 patients require an invasive intervention 
[5].
In the adult population, the number of heart valve replacements world wide is 
expected to triple to over 850,000 by 2050 [6]. Currently used heart valve prostheses 
have resulted in an enhanced quality of life and survival rates at the price of significant 
drawbacks. Mechanical prostheses expose the patient to an increased trombo-embolic 
risk, which require lifelong anticoagulation therapy with the concomitant risk of 
bleeding [7].  Bioprothesis or Xenograft usually contain animal tissue from pig or cow 
while allografts and autografts are tissue valves of human origin. These prostheses 
share a tendency of rapid degeneration and a limited lifespan requiring reoperation. 
The prevalence of lower limb peripheral artery disease is estimated to be in the range 
of 3 to 10% [8]. Almost 8.5 million Americans over 40 years of age are affected with 
peripheral artery disease, which is associated with significant morbidity and mortality 
[1]. When surgery is indicated for coronary or peripheral artery disease, autologous 
arteries and veins are commonly used. Synthetic grafts (PTFE, and Dacron) are typically 
used for large arteries with an inner diameter > 6 mm, but these grafts are less suitable 
for small caliber vessels where the blood velocity is low, and trombogenicity is high. 
Furthermore, intimal hyperplasia occurs due to compliance mismatch between the 
arterial tissue in the polymeric material [9,10] resulting in poor patency rates when 
compared to human tissue. However, the availability of healthy arteries, or veins that 
can be used as bypass graft may be limited in this patient group. 
Finally, both currently used heart valve prostheses and vascular grafts are non-living 
structures that lack the ability to grow, and remodel. The anticipated increase in 
prevalence of cardiovascular disease demand for new prostheses that could remodel 
into a native-like valve or vessel. Simultaneous growth of prosthesis with the patient 
would provide a significant improvement in health and well-being of patients. Tissue 
engineering has been proposed as a new approach towards living prostheses without 
the shortcomings of currently used prosthesis 
[11-14].
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TISSUE ENGINEERING 

Tissue engineering aims to create living substitutes with the capacity to grow, repair, 
and remodel [11,15]. The ideal tissue engineered prosthesis should be available “off 
the shelf”, and have low risk for thrombo-embolisms and degeneration. 
Traditionally, tissue engineering was executed via an in vitro route. Autologous cells 
were harvested, and expanded in vitro, and afterwards, the cells were seeded on a 
scaffold, and conditioned in a bioreactor for several weeks. Subsequently, the tissue 
and scaffold composite was implanted. Thus, in vitro tissue engineering comprises 
lengthy and costly procedures, and this classical method of tissue engineering has 
been investigated for several years with variable results [16-18]. Once implanted as 
heart valve in the pulmonary position in sheep, our research group experienced valve 
failure within weeks after implantation due to retraction and thickening of the leaflets 
[19]. This phenomenon was the starting point for increased research efforts in a new 
revolutionary concept in cardiovascular therapy: In situ tissue engineering.

IN SITU TISSUE ENGINEERING

For in vitro tissue engineering, in situ tissue engineering is emerging as a promising 
alternative. A bare (= cell-free) bioresorbable scaffold is implanted into the host. Cells 
from the host populate the scaffold, and produce their own extracellular matrix while 
the scaffold degrades, a ‘native-like’ valve or vessel remains after this process 
[11]. By omitting time-consuming cell expansion and bioreactor phases, potentially, in 
situ tissue engineering can deliver a cost-effective, ‘off-the-shelf’ graft. 
For in situ tissue engineering, both decellularized and synthetic materials are of great 
interest. Decellularized porcine small intestinal submucosa (pSIS-ECM) is widely used 
for in situ tissue engineering purposes [20-23]. pSIS-ECM is one of the five primary 
layers of the small intestine, and contributes to the mechanical strength of the small 
intestine, and supports vessels and nerves [24]. This layer is presented as a naturally 
occurring, and harvestable extra-cellular matrix (ECM) [25-27]. 
As a synthetic material, several polymers are considered [17,28-32]. The advantage 
of synthetic polymers is that they are tunable, and can be custom-made for different 
applications. Furthermore, there is no risk of reaction to xenogeneic remnants. 
In situ tissue engineering places high demands on the decellularized or synthetic 
scaffold. However, the scaffold should withstand hemodynamic loading directly after 
implantation and maintain this function while neo-tissue is formed and the scaffold 
degrades. A delicate balance between scaffold resorption and host remodeling 
by endogenous cells into functional, load-bearing tissue is of major importance. 
Furthermore, the scaffold should be porous enough for cells to adhere to and migrate 
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into the scaffold. The addition of chemokines on synthetic scaffolds may allow specific 
cell adherence, and subsequent tissue formation. 

OUTLINE OF THE PRESENT THESIS

In this thesis, the feasibility of in situ TE for vascular and valvular purposes were 
tested with the use of different materials, and animal models. First, the feasibility of 
a decellularized biological scaffold (pSIS-ECM) as pulmonary heart valve prosthesis is 
examined in sheep (Chapter 2). Next, various synthetic scaffolds are tested. In Chapter 3, 
a new small animal model to test vascular synthetic scaffolds in rats is presented. Small 
animal models currently used are difficult to extrapolate because trans-anastomotic, 
and transmural ingrowth of cells from neighboring tissue occurs abundantly in small 
animal models, but sparsely in humans. By shielding aortic interposition grafts in rats 
with Gore-Tex, in-growth from adjacent tissue was prevented. This method enabled us 
to study circulating cells as the predominant origin of cellularization, and subsequent 
neotissue formation. This animal model is used in Chapters 4, 5, and 6 to assess possible 
bioactive chemokines for neotissue formation. Such as Monocyte Chemotactin 
Protein-1 (a key mediators for inflammation-mediated remodeling), Stromal cell 
Derived Factor 1α (a chemoattractant of progenitor cells with an important role in 
tissue repair), and poly(ethylene glycol) (a non-cell adhesive molecule for selective 
cell binding) . In Chapter 7, Iodine is added to the synthetic scaffold to determine if 
scaffold degradation could be visualized with a non-invasive imaging modality (CT 
scanning). Finally, two polymers are tested as heart valve prosthesis in a large animal 
model in Chapter 8 and 9. Conclusions are drawn and future perspectives described 
in Chapter 10. 
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ABSTRACT

Objective: Decellularized extracellular matrix made from porcine small intestinal 
submucosa (pSIS-ECM), available as CorMatrix®, is used off-label to reconstruct heart 
valves. Recently, surgeons experienced failures and words of caution were raised. The 
aim of this study was to evaluate pSIS-ECM as heart valved conduit in a xenogeneic 
animal model. 
Methods: A pulmonary valve replacement was performed with custom-made valved 
conduits in 10 lambs and 10 sheep (1 month n=3, 3 months n=3, 6 months n=4). Valve 
function was assessed after implantation and prior to termination. Explanted conduits 
were inspected for gross morphology and analyzed using immunohistochemistry, 
scanning electron microscopy, biochemical composition and mechanical properties. 
Results: 5 Sheep and 2 lambs died due to congestive heart failure in the first 2 months 
after surgery. Valve leaflets were thickened with signs of an inflammatory response. 
5 Sheep (1 month n=3, 3 months n=1, 6 months n=1) and 8 lambs (1 month n=3, 3 
months n=3, 6 months n=2) survived planned follow-up. At sacrifice, 5 lambs had mild 
to severe pulmonary valve stenosis and 1 sheep showed severe regurgitation. A well 
functioning valve was seen in 4 sheep and 3 lambs. These explants showed limited 
signs of remodeling, with low cell infiltration, incomplete endothelial coverage and a 
limited increase in the amount of collagen.
Conclusion. 50% of sheep and 20% of lamb died prior to planned follow-up due to 
valve failure. A well functioning valve was seen in less then 50% of animals, albeit with 
limited signs of neo-tissue remodeling. 

BACKGROUND

Heart valve disease is a common diagnosis worldwide in adult and pediatric patients. 
In the adult population the number of heart valve replacements is expected to triple 
to over 850,000 by the year 2050. [1] In pediatric patients between 10 and 12 of every 
1000 newborns is affected with congenital heart defects. [2] Of these, 2.3 per 1,000 live 
births eventually require an invasive intervention. [3] Currently used prostheses have 
resulted in enhanced survival and quality of life, but they have significant limitations, 
such as enhanced thrombo-embolic risk, requiring lifelong anticoagulation treatment 
when mechanical valves are used [4] and progressive tissue deterioration with a 
limited lifespan requiring reoperations in case of bio-prostheses, allografts and 
autografts. [5,6] Tissue engineering of heart valves aims at the creation of living new 
valves with the capacity to grow, repair, and remodel. [7,8] Decellularized porcine small 
intestinal submucosa (pSIS-ECM) is of great interest for in situ tissue engineering of 
heart valves. It is presented as naturally occurring and harvestable extra cellular matrix 
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(ECM). [9-11] In the pulmonary position a small number of animal studies have shown 
tissue remodeling, however these studies were performed in a homogeneic setting 
while pSIS-ECM used in patients is xenogeneic. [12,13] Although not extensively and 
independently studied in published preclinical trials, pSIS-ECM is also used off-label 
for valve reconstructions in humans. Recently, surgeons experienced early failures 
after valve reconstruction using Cormatrix and a word of caution was raised regarding 
the use of pSIS-ECM in heart valve repair. [14]. The present study aims to evaluate the 
feasibility of pSIS-ECM as a pulmonary valved conduit in a xenogeneic animal model. 

METHODS

Animals and study set-up
10 swifter sheep (mean weight 62.5 kg, mean age 3 years) and 10 swifter lambs (mean 
weight 33.5 kg, mean age 6 months) underwent pulmonary valve replacement with 
a custom-made valved conduit made of pSIS-ECM (CorMatrix® Cardiovascular, Inc., 
Rosswell, GA, USA). Follow-up (FU) was 1 month (n=3), 3 months (n=3) and 6 months 
(n=4). Approval for the animal studies was obtained from the UMC Utrecht Animal Care 
Ethics committee, in agreement with the current Dutch law on animal experiments. 
Valve function was assessed with echocardiography. Explants were analyzed using 
immune(histochemistry), scanning electron microscopy (SEM), biochemical analysis 
and biomechanical analysis A pSIS-ECM sheet that was not implanted served as a 
control.

Pulmonary valve replacement
While the operation on the sheep was started (HT, JK) a second surgeon (PFG) 
constructed the valved conduit under sterile conditions. The constructed valved 
conduit used is a modification on the valved conduit of Gilbert et al. [15]. The width of 
the sheet determined the circumference of the valved conduit after being folded. As 
a modification the width on proximal side of the conduit is smaller when compared 
to the width on distal side, with the aim to enlarge coaptation hight of the leaflets. 
Second the conduit was folded inwards and two layers were fixed at three points, the 
inner layer form the valve leaflets (Prolene 5-0 C1). Two sizes of valve prosthesis were 
made, one with a valve diameter of 19 mm for lambs and one with a diameter of 23 
mm for sheep (Figure 1). 
Animals were placed on cardiopulmonary bypass via the left carotid artery and jugular 
vein. A left-sided anterolateral thoracotomy was performed in the third or fourth 
intercostal space. On the beating heart the pulmonary artery was transected at the 
level of the commissures and the native pulmonary valve leaflets were excised. The 
valved conduit was implanted as interposition graft in the pulmonary artery. The distal 
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and proximal anastomosis was made using running sutures (5-0 Prolene C1). After 
weaning from extracorporal circulation, an epicardial echocardiography was obtained 
to assess valve function and the diameter in the middle of the valved conduit and at 
the proximal and distal suture line during systole. A second epicardial echo was made 
just before sacrifice.

(Immuno)histochemistry and histologic quantification
After macroscopic inspection, sections and the control sheet were fixated in 10% 
formalin and embedded in paraffin. 4 µm sections were stained with Mayer’s 
hematoxylin and eosin (H&E), Elastin van Gieson and 0.1% (w/v), Sirius red F3B (Gurr 
BDH), saturated picric acid solution, 2% Alizarin Red (Sigma, A5533). Furthermore, 
sections were stained for macrophages (CD68) (1:200, Abcam, ab22506) and alpha-
smooth muscle actin (α-SMA) (1:32.000 anti-α-SMA, Sigma A2547). Sections were 
photographed (NikonE800 microscope with ACT-1 software) and analyzed with 
ImageJ software. Two investigators (HT, JS), who were blinded for age and time 
point of explantation, conducted semi-quantative analysis of cellularity (total mount 
of cells per high power field (hpf ), 40x objective lens) and average area of collagen 
or immunopositive cells (α-SMA and CD68). For cellularity, a total of 15 areas in the 
wall of the valved conduit were analyzed. At 5 levels the adventitial, middle and 
luminal side of the graft were analyzed. In the leaflet 5 levels were analyzed, from tip 
to base at pulmonary, middle and ventricular side of the leaflets. For collagen and 
immunopositive cells (aSMA, CD68) the average area was determined at 18 hpf on 9 
areas in the wall of the conduit and 9 in the leaflets. 

Scanning electron microscopy 
With scanning electron microscopy (SEM; Inspect F, FEI Company, Eindhoven) images 
were obtained with a secondary electron detector at low vacuum mode, a voltage of 10 
kV and a spot size of 4.0. Each leaflet surface and the surface of the control sheet were 
scanned and images were acquired at 50x, 100x and 400x or 800x magnification at the 
upper, mid and lower region of the leaflet of both the ventricular and arterial side. The 
images were scored for endothelial cells, delamination, and lump formation on a scale 

Figure 1 – pSIS-ECM sheet (A) Valved conduit before implantation (B-C) Implanted valved 
conduit (D)
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from 0-3, by two investigators (KM, BS), in a blinded procedure. A score of 0 meant 
not present and a score of 3 meant clearly distinguishable and extensively present. 
For characterization of delamination and lump formation images with a maximal 
magnification of ~50x were scored. For endothelial cells images with magnification 
of either 400x or 800x were used. Data analysis was performed on the mean score per 
leaflet. 

Biochemical analyses
Biochemical analyses were performed on a control pSIS-ECM sheet and at least 3 
tissue samples from different regions of the valve per animal, with freeze-dried mass 
between 1.0 and 3.5 mg per sample. The samples were digested overnight (16 hours) 
at 60 °C in 300 or 400 µl papain buffer (made of 100 mM phosphate buffer, 5 mM 
L-cystein, 5 mM EDTA, and 125-140 μg papain per ml). Samples were centrifuged 
and only the supernatant was used for measurements. The concentration of sulfated 
glycosaminoglycan (sGAG) was assessed based on the method of Farndale et al. [16] 
DNA content was measured using a Hoechst dye. [17] As an indicator for the amount 
of collagen fibers, the hydroxyproline (HYP) content was measured, according to the 
method of Huszar et al. [18] 

Biomechanical analysis
Equibiaxial test were performed on explanted valve tissues of approximately 
4mmx4mm from the mid-region of the leaflets. First the sample thickness was 
measured with a digital microscope (VHX-500FE Keyence, Woodcliff Lake). Thereafter, 
samples were mounted in a Biotester system (Cell scale, Waterloo) between Biorakes 
with 0.7 mm thin space (World Precision Instruments, Berlin). The samples were equal 
biaxial preconditioned in five cycles of 0.30 strain at a strain rate of 1.0 per minute. 
Every strain cycle also included a recovery period at the same strain rate and a rest 
period of 3x the stretch time. From the last cycle, the last measurement was used for 
data analyses. The obtained force-strain curve was translated to a stress-strain curve, 
in which a sixth order polynomial curve was fitted through each individual data set 
in both radial and circumferential direction. Tissue stiffness was represented by the 
tangent moduli in radial (Tr) and circumferential (Tc) direction and calculated as the 
slope from the tangent to the fitted polynomial curve at the maximum strain of 0.30. 
In order to assess collagen fiber orientation, the anisotropy index (Ai) was defined as: 
So for the predominant fiber orientation is circumferential, for the predominant fiber 
orientation is radial, and for there is no preferred direction. 

Statistics
Data were analyzed using SPSS and GraphPad. Analysis of variance (ANOVA) was 
performed to evaluate statistical significance between groups. Wilcoxon–Mann–
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Whitney tests were performed to compare means of 2 groups. Values of P≤0.05 were 
considered statically significant. 

RESULTS 

Pulmonary valve replacement
All valved conduits were successfully implanted with a mean bypass time of 58 
minutes in sheep and 47 minutes in lambs. Seven animals died before planned FU 
(1 sheep and 1 lamb died within 1month post implantation and 4 sheep and 1 lamb 
died in the second month post implantation). All animals died due to congestive heart 
failure caused by pulmonary valve failure. 5 sheep (1 months n=3, 3 months n=1, and 
6 months n=1) and 8 lambs (1 month n=3, 3 months n=3, and 6 months n=2) survived 
planned FU.

Valve function 
Directly after implantation a well functioning pulmonary-valved conduit was seen 
on epicardial echocardiography in all animals. Valve leaflets opened and closed with 
large coaptation area without signs of stenosis or regurgitation. At termination, valve 
function could only be assessed in animals that survived till planned FU (n=5 sheep 
and n=8 lambs). 3 lambs had moderate-severe valve stenosis after 1 month (Pmax 
66.5 mmHg) or 3 months (Pmax 79.6 mmHg, Pmax 50.7 mmHg). Two lambs had mild 
stenosis after 6 months (Pmax 23.9 mmHg, Pmax 27.2 mmHg). Only 3 lambs and 5 
sheep were free from stenosis (in lambs at 1 months FU: Pmax 8.4±1.7 mmHg and 3 
months FU: Pmax 6.7 mmHg in sheep at 1 month FU: Pmax 7.4±3.4 mmHg, 3 months 
FU: Pmax 8.6 mmHg and 6 months FU: Pmax 8.4 mmHg). The one sheep that survived 
till 6 months showed severe pulmonary regurgitation. In lambs, the diameter of the 
valved conduit during systole seems to increase over time at the distal suture line (9.6 
± 3.4 mm at 1 month, 11.8 ± 6.2 mm at 3 months and 16.5 ±0.5 mm at 6 months). In 
the middle of the valved conduit the diameter seems to shrink initially and increase 
at 6 months (12.3 ± 3.5 mm at 1 month, 9.5 ± 5.5 mm at 3 months and 17±0.3 mm at 
6 months) and at the proximal suture line the diameter did not increase (11.7 ± 4.3 
mm at 1 month, 11 ± 5 mm at 3 months and 13.5 ± 1.5 mm at 6 months). In sheep the 
diameter did not increase in the middle of the valved conduit (17 ± 7 mm at 1 months, 
19 mm at 3 months and 19 mm at 6 months), nor at the proximal or distal suture line 
(proximal suture line; 18.3 ± 6.7 mm at 1 month, 16 mm at 3 months and 17 mm at 6 
months. Diameter distal suture line 19 ± 6 mm at 1 month, 18 mm at 3 months and 18 
at 6 months). 
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Gross examination and (immuno)histochemistry
 pSIS-ECM prior to implantation: Inspection shows pliable leaflets with a large 
coaptation area. With histology cellular residue and collagen was seen in all pSIS-ECM 
sheets. (Figure 3A, 3I)
 Explants of animals that died prior to planned FU: Inspection showed thickened 
leaflets with a lumpy surface that were less pliable (Figure 2D). A high amount of 
neutrophilic granulocytes and monocytes infiltrated the pSIS-EMC sheet and were 
found lining the leaflet and the wall of the conduit (Figure 4A-D). In the surrounding 
native tissue extending into pSIS-ECM macrophages and giant cells were seen in 
combination with lymphocytes, plasma cells and eosinophilic granulocytes. 
 Explants of animals with well functioning valves: Two valves showed thickened 
valve leaflets with a lumpy surface after 1 month. The remaining 4 valves in 2 lambs 
and 2 sheep (time point 1 and 3 months) showed pliable leaflets without thrombus 
or surface lumps (Figure 2A-C). Macroscopic examination showed calcific nodules on 
the valve leaflet of 1 lamb after 6 months (Figure 2F) The pSIS-ECM was apparent as a 
loose-appearing layered sheet similar to pSIS-ECM before implantation (Figure 3 A-D). 
  Explants of animals with stenotic/regurgitant valves: Macroscopic examination of 
the 3 lambs with a stenosis showed signs of calcification at the base of the leaflets in 
(Figure 2C), this was confirmed with histology. In the one sheep that survived up to 6 
months with regurgitation, two valve leaflets disappeared and one of the leaflets was 
thickened (Figure 2E). 
For both the well functioning valves as the stenotic/regurgitant valves one month 
after implantation, mainly neutrophilic granulocytes and macrophages were seen 

Figure 2 Macroscopy of explanted valves – (A) 1 month post implantation (sheep) (B) 3 month 
after implantation (sheep) (C) 3 months after implantation (lamb) (D) 6 months after implantation 
(sheep) ★ = resorbed valve leaflet Ÿ = thickened leaflet (E 6 months after implantation (sheep) > = 
calcific changes (F) 1 month after implantation lamb who died before planned FU
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lining the wall of the pSIS-ECM valved conduit. The amount of cells found in the pSIS-
ECM sheets was signifi cant lower when compared to cells lining the sheets (p<0.05). 
In contrast to the deceased animals, almost no cells where lining the valve leafl ets. The 
amount of cells lining the wall of the valved conduit was signifi cantly higher (p<0.05) 
(Figure 4E). Three months after implantation, next to macrophages and neutrophilic 

Figure 3 Histology in Sheep – pSIS-ECM prior to implantation (A,E,I), at 1 month FU (B, F, 
J), 3 months FU (C, G, K) and 6 months FU (D, H, L) HE staining (A-D), CD68 (E-H) and PSR (I-
L) Cellularity; Comparison between lambs and sheep (M) Comparison between animals who 
survived and animals who died (L/D) prior to planned follow-up; T1 month and T2 months are 
animals who died prior to FU due to valve failure (N). 
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granulocytes, α-SMA positive cells were seen lining the wall of the conduit but not in 
or near the leafl ets. The amount of cells in the leafl ets did not increase when compared 
to 1 and 3 months (Figure 3M). New tissue formation was diffi  cult to determine due 
to the collagen already present in the pSIS-ECM sheet before implantation (Figure 3I). 
There were no signs of remodeling into tissue resembling a three-layered native heart 
valve. 

Scanning electron microscopy 
 pSIS-ECM prior to implantation: A smooth and cell free surface with delamination of 
the layered sheet was seen (Figure 5A1, 5B1). 
 Explants of animals that died prior to planned FU: in the fi rst 3 months Lump 
formation on the surface was scored signifi cantly higher than that of the animals that 
survived (P ≤ 0.05) and it was present on all leafl ets (Figure 5A, 5A3). The scores were 
higher than 1.0 in 5 cases and even higher than 2.0 for a sheep of 1 month and both a 
sheep and a lamb of 2 months (Figure 5A). Although delamination was not signifi cantly 
increased, all were rated higher than 1.0 and in 4 cases (sheep 1 month n=1, 2 months 
n=3) also higher than 2.0 (Figure 5B, 5B3). Partial coverage with endothelial cells was 
only found in 2 out of 7 cases and both did not score higher than 1.0 (Figure 5C, 5C3). 
In the 5 other deceased animals, no endothelial coverage could be observed.
 Explants of animals with well functioning valves: A smooth surface was seen in all 
lamb and 2 out of 4 sheep with a well functioning heart valve. Two sheep scored 1.0 
after 1 month. Delamination was found in 4 of the 7 leafl ets with a score higher than 
1.0. The leafl ets were partially covered by endothelial cells in 2 out of 7 cases, but only 
1 lamb of 3 months, scored higher than 1.0 (Figure 5C, 5C1-2).
 Explants of animals with Stenotic/regurgitant valves: Lumps were formed on the 
surface of 5 out of 6 the animals with either stenosis or regurgitation, none of the 
leafl ets scored higher than 1.0 (Figure 5A, 5A2). Delamination was found in 4 out of 6 

Figure 4 Histology – Animals that survived till planned FU (A,B) compared to animals that died 
prior to planned FU (C,D) at one month post implantation. HE (A,C) CD68 (B,D) Thickness of the 
leafl et (E). ★ = wall  Ÿ = leafl et
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leafl ets with a score higher than 1.0, 1 lamb of 3 months scored higher than 2.0 (Figure 
5B, 5B2). The leafl ets were partially covered by endothelial cells in 4 out of 6 cases.

Biochemical Analyses
 pSIS-ECM prior to implantation: pSIS-ECM, is a collagen rich material with HYP 
concentrations already in the range of native pulmonary valves (Figure 6A). It 
contained a small amount of sGAGs (Figure 6B). Alarmingly, the original pSIS-ECM 
samples also contained measurable amounts of DNA, indicative of cellular material, 
prior to implantation (Figure 6C). 
 Explants of animals that died prior to planned FU: a remarkable decline in HYP 
concentration was seen compared to both the original pSIS-ECM and planned FU 
(Figure 6A). The sGAG concentration did not increase over time (Figure 6B). The DNA 
concentrations in leafl ets of animals that died 1 after one month (n=2) largely varied, 

Figure 5 Surface appearance – Scores for lump formation (A), delamination (B), and vegetation 
(C). Some typical examples (A1-3, B1-3, C1-3), the scalebar represents 1 mm (A1-3, B1-3) or 100 
µm (C1-3). Prior to implantation the surface of pSIS-ECM is free of lumps (A1), 3 months post 
implantation a smooth surface is still visible (A2), the surface is covered with formed lumps in 
animals who died prior to planned FU (A3). Delamination was noticeable prior to implantation 
(B1) and prominently present animals who died before planned FU (B3), but less visible in the 
animals that survived planned FU (B2). A surface covered with endothelial cells (C1), partially 
covered areas show a transition zone (C2), and a lack of endothelial cells leaves a rough surface 
(C3). 
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the concentrations became more consistent in animals that died after 2 months 
(n=5), although not significantly different as compared to the other groups (Figure 
6C). The amount of DNA was significantly higher when compared to pSIS-ECM before 
implantation and pSIS-ECM of animals who survived till planned FU (p≤0.05)
 Explants of animals with well functioning valves: HYP concentrations were 
comparable to the original pSIS-ECM (Figure 6A). The sGAG concentration after 
3 seems to increase compared to the sGAG concentration after 1 month. The DNA 
concentrations were highly variable and did not significantly change over time or 
compared to pSIS-ECM prior to implantation (Figure 6C).
 Explants of animals with Stenotic/regurgitant valves: HYP concentrations were similar 
to before implantation. sGAG concentration after 3 (n=2) and 6 months (n=3) for this 
group was significantly increased compared to the sGAG concentration after 1 month 
(n=1; p≤0.05). The DNA concentrations were highly variable and did not significantly 
change over time or compared to pSIS-ECM prior to implantation (Figure 6C).

Mechanical analyses
 pSIS-ECM prior to implantation:
The thickness of pSIS-ECM prior to implantation was 0.35±0.15 mm (Figure 7A). The 
tangent modulus for radial direction (3.8*104±1.8*104 KPa) was not significantly 
different than for circumferential direction (3.4*104±2.0*104 kPa) at a true strain of 0.3 
(Figure 7B). This led to an anisotropy index close to zero (Figure 7C). 
 Explants of animals that died prior to planned FU: Due to thickening of the valve 
leaflet of the animals that died prior to planned FU, equibiaxial tensile testing could 
not be conducted; at 1 month the leaflet thickness was 1.99±3.24 mm and at 2 months 
to 1.85±1.70 mm.
 Explants of animals with a well functioning valves: leaflet thickness was 0.52±0.19 
mm at 1 month (n=5), 0.69±0.34 mm and at 3 months (n=2), 
 Explants of animals with Stenotic/regurgitant valves: The leaflet thickness was 
0.57±0.27 mm at 1 month (n=1), 0.81±0.50 mm at 3 months (n=2), and 1.14±0.89 mm 
at 6 months (n=3). 
In both the explants from the well functioning valves as the stenotic/regurgitant valves 
compared to pSIS-ECM prior to implantation the tangent modulus was significantly 
(p≤ 0.05) decreased at 1 month and 6 months in both radial and circumferential 
direction, and at 3 months in radial direction (Figure 7B). Per time point no significant 
difference in tangent modulus between circumferential and radial direction was found 
and the anisotropy index stayed between 0 and 1 (Figure 7C). 
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Figure 6 Biochemical Analysis – Concentrations of HYP (A), sGAG (B), and DNA (C) per group. 
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DISCUSSION 

Five sheep (50%) and 8 lambs (80%) survived planned follow-up. Of the surviving 
animals, a 3 lambs and 4 sheep had a well functioning heart valve prosthesis (FU 1 and 
3 months). In this group little or no signs of remodeling towards a three layered heart 
valve was seen. 
pSIS-ECM sheets from CorMatrix are currently FDA approved for pericardial closure, 
cardiac patching and for carotid artery repair. It has been shown to remodel [19-21], 
endothelialize [21], releases growth factors and to degrade. [22-24] For a pulmonary 
valve replacement the most relevant pre-clinical studies are the studies of Matheny 
et al. and Miller et al. Matheny et al. replaced a pulmonary valve leaflet by pSIS-ECM 
in swine. Simultaneously with resorption of the ECM, progressive replacement with 
fibrous connective tissue and microvasculature similar to mature host tissue was seen. 
[25] Miller et al performed pulmonary valve replacement with a homer-made valved 
conduit in 6 mini pigs. [13] Cellular infiltration was seen with vascular remodeling 
and an increase in diameter. However, this increase in diameter was less than the 
native growth and resulted in stenosis in all animals. Calcific noduli were seen in one 
animal and endocarditis was seen in one animal. A major limitation of these pre-

Figure 7 Mechanical analyses – The thickness of the leaflets (A), the tangent moduli as 
representation of stiffness (B), and the corresponding anisotropy indices for indication of higher 
stiffness in one direction over the other, indicating a preferred collagen in that direction (C).
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clinical studies is the implantation of pSIS-ECM in a heterogenic animal model. The 
fact that there was no inflammatory reaction in pigs (homogeneic studies) cannot be 
automatically translated to the human (xenogeneic) situation. There is only one paper 
that reports on a xenogeneic heart valve animal study performed by Fallon et al. They 
replaced the tricuspid valve by a pSIS-ECM valved conduit in 4 sheep with a FU period 
of 1, 5, 8 and 12 months. After 12 months (n=1) only mild regurgitation was seen and 
explants showed progressive tissue remodeling with structural reorganization of the 
pSIS-ECM scaffold. [26]
Lately pSIS-ECM has been used off-label for valve reconstruction in patients. [14,27-29]. 
In the few explants (these patients had to be reoperated because of valve failure of the 
reconstructed valve) described in these patients, an intense inflammatory response 
was seen with little or no remodeling into a 3-layered valve. [14] These observations 
are in contrast with the published pre-clinical results [13,19,20,25,26], but look very 
much like our observations in the present xenogeneic animal study. Strikingly, in the 
present study, 7 animals died prior to planned FU within 2 months after implantation. 
The explanted valves showed thickened valve leaflets with microscopic signs of intense 
inflammation and lump formation seen with SEM, which was also seen in patients by 
the group of Zaidi et al. [14] Also in 6/13 animals that survived till planned FU, valves 
were stenotic and leaflets were thickened with lump formation and showed signs of 
severe inflammation on histology.
This inflammatory response might well be caused by the cellular residues. As 
mentioned, to our surprise we found measurable amounts of DNA remnants in pSIS-
ECM before implantation. Shi et al. have reported this concern earlier in 2013 since this 
material is from porcine origin and used as a xenogeneic implant. [30] An excessive 
immune response on xenogeneic decellularized tissue was previously reported after 
implantation of the Synergraft in pediatric patients. An incomplete decellularization of 
the material led to structural failure and rapid degeneration of the graft within 1 year, 
which had disastrous consequences. [31] 
In the present study, only 4 sheep and 3 lambs had a well functioning valve. In these 
animals we did not see an inflammatory reaction. However, there was limited to no 
sign of tissue remodeling since only a low amount of new cells infiltrated the valve 
leaflet, coverage by endothelial cells was limited and there was no sign of remodeling 
into tissue resembling a three-layered native heart valve. The sGAG concentration was 
equal or lower than the starting concentration in pSIS-ECM (Figure 6B) and the HYP 
concentration remained comparable. Although the tangent modulus decreased for 
the explants (Figure 7B), no development of anisotropy and no indication of collagen 
fiber remodeling in the circumferential direction was observed. 
Our study has several limitations. We studied 20 animals and because 7 animals died 
before planned FU, statistical analysis was often impossible due to the low number 
of animals. We included no control group because the aim of the study was not to 
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compare it with an other valve prosthesis. An other limitation might be the fact that 
we used a home-made valved conduit. Because there were also 7 animals that showed 
a well functioning valve, months after implantation we don not think that the design 
of the valved conduit has influenced the outcome of the present study. Finally, we 
did not perform valve cultures as a routine. In the last years we performed pulmonary 
valve replacement in sheep in a large number of animals and never experienced 
endocarditis before.. 

CONCLUSION

50% of sheep and 20% of lamb died prior to planned FU due to congestive heart 
failure caused by significant valve incompetence. Valves failures is most likely caused 
by an inflammatory response to xenogeneic remnants. A well function valved conduit 
was seen in only 4/5 surviving sheep and 3/8 surviving lambs, in these valves limited 
signs of tissue remodeling was seen. This unpredictable dichotomous outcome makes 
it challenging to predict whether pSIS-ECM is successful in heart valve replacement or 
repair. 



34  In Situ Cardiovascular Tissue engineering

REFERENCES

[1] J.J.M. Takkenberg, N.M. Rajamannan, R. Rosenhek, A.S. Kumar, J.R. Carapetis, M.H. Yacoub, et 
al., The need for a global perspective on heart valve disease epidemiology. The SHVD working 
group on epidemiology of heart valve disease founding statement, J. Heart Valve Dis. 17 (2008) 
135–139.

[2] A.J. Marelli, A.S. Mackie, R. Ionescu-Ittu, E. Rahme, L. Pilote, Congenital heart disease in the 
general population: changing prevalence and age distribution, Circulation. 115 (2007) 163–172. 

[3] V.L. Roger, A.S. Go, D.M. Lloyd-Jones, R.J. Adams, J.D. Berry, T.M. Brown, et al., Heart Disease and 
Stroke Statistics—2011 Update A Report From the American Heart Association, Circulation. 123 
(2011) e18–e209. 

[4] J. Hörer, M. Vogt, U. Stierle, J. Cleuziou, Z. Prodan, C. Schreiber, et al., A Comparative Study of 
Mechanical and Homograft Prostheses in the Pulmonary Position, Ann. Thorac. Surg. 88 (2009) 
1534–1539. 

[5] A. Mol, C.V.C. Bouten, F.P.T. Baaijens, G. Zund, M.I. Turina, S.P. Hoerstrup, Review article: Tissue 
engineering of semilunar heart valves: current status and future developments, J. Heart Valve 
Dis. 13 (2004) 272–280.

[6] D. Kalfa, E. Bacha, New technologies for surgery of the congenital cardiac defect, Rambam 
Maimonides Med J. 4 (2013) e0019. 

[7] S. Hoerstrup, Tissue Engineering of Functional trileaflet Heart Valves From Human Marrow 
Stromal Cells, Circulation. 106 (2002) 143–150. 

[8] C.V. Bouten, P.Y. Dankers, A. Driessen-Mol, S. Pedron, A.M. Brizard, F.P. Baaijens, Substrates for 
cardiovascular tissue engineering, Adv Drug Deliv Rev. 63 (2011) 221–241.

[9] M.S. Sacks, D.C. Gloeckner, Quantification of the fiber architecture and biaxial mechanical 
behavior of porcine intestinal submucosa, J. Biomed. Mater. Res. 46 (1999) 1–10. 

[10] P.M. Crapo, T.W. Gilbert, S.F. Badylak, An overview of tissue and whole organ decellularization 
processes, Biomaterials. 32 (2011) 3233–3243. 

[11] K. Lindberg, S.F. Badylak, Porcine small intestinal submucosa (SIS): a bioscaffold supporting 
in vitro primary human epidermal cell differentiation and synthesis of basement membrane 
proteins, Burns. 27 (2001) 254–266.

[12] R.G. Matheny, M.L. Hutchison, P.E. Dryden, M.D. Hiles, C.J. Shaar, Porcine small intestine 
submucosa as a pulmonary valve leaflet substitute, J. Heart Valve Dis. 9 (2000) 769–774.

[13] J.R. Miller, M.C. Henn, T.S. Lancaster, C.P. Lawrance, R.B. Schuessler, M. Shepard, et al., Pulmonary 
Valve Replacement With Small Intestine Submucosa-Extracellular Matrix in a Porcine Model, 
World J Pediatr Congenit Heart Surg. 7 (2016) 475–483. 

[14] A.H. Zaidi, M. Nathan, S. Emani, C. Baird, P.J. Del Nido, K. Gauvreau, et al., Preliminary experience 
with porcine intestinal submucosa (CorMatrix) for valve reconstruction in congenital heart 
disease: Histologic evaluation of explanted valves, J. Thorac. Cardiovasc. Surg. (2014). 



Chapter 2  35

[15] C.L. Gilbert, J. Gnanapragasam, R. Benhaggen, W.M. Novick, Novel use of extracellular matrix 
graft for creation of pulmonary valved conduit, World J Pediatr Congenit Heart Surg. 2 (2011) 
495–501. 

[16] R.W. Farndale, D.J. Buttle, A.J. Barrett, Improved quantitation and discrimination of sulphated 
glycosaminoglycans by use of dimethylmethylene blue, Biochim. Biophys. Acta. 883 (1986) 
173–177. 

[17] C.F. Cesarone, C. Bolognesi, L. Santi, Improved microfluorometric DNA determination in 
biological material using 33258 Hoechst, Anal. Biochem. 100 (1979) 188–197.

[18] G. Huszar, J. Maiocco, F. Naftolin, Monitoring of collagen and collagen fragments in 
chromatography of protein mixtures, Anal. Biochem. 105 (1980) 424–429. 

[19] M.A. Padalino, C. Castellani, A. Dedja, M. Fedrigo, V.L. Vida, G. Thiene, et al., Extracellular matrix 
graft for vascular reconstructive surgery: evidence of autologous regeneration of the neoaorta 
in a murine model, European Journal of Cardio-Thoracic Surgery : Official Journal of the 
European Association for Cardio-Thoracic Surgery. 42 (2012) e128–35. 

[20] S. Badylak, S. Meurling, M. Chen, A. Spievack, A. Simmons-Byrd, Resorbable bioscaffold for 
esophageal repair in a dog model, J. Pediatr. Surg. 35 (2000) 1097–1103. 

[21] C.E. Ruiz, M. Iemura, S. Medie, P. Varga, W.G. Van Alstine, S. Mack, et al., Transcatheter placement 
of a low-profile biodegradable pulmonary valve made of small intestinal submucosa: a long-
term study in a swine model, The Journal of Thoracic and Cardiovascular Surgery. 130 (2005) 
477–484. 

[22] S.F. Badylak, T.W. Gilbert, Immune response to biologic scaffold materials, Semin. Immunol. 20 
(2008) 109–116. 

[23] C.A. McDevitt, G.M. Wildey, R.M. Cutrone, Transforming growth factor-beta1 in a sterilized tissue 
derived from the pig small intestine submucosa, J Biomed Mater Res A. 67 (2003) 637–640. 

[24] J. Hodde, A. Janis, M. Hiles, Effects of sterilization on an extracellular matrix scaffold: part II. 
Bioactivity and matrix interaction, J Mater Sci Mater Med. 18 (2007) 545–550. 

[25] R.G. Matheny, M.L. Hutchison, P.E. Dryden, M.D. Hiles, C.J. Shaar, Porcine small intestine 
submucosa as a pulmonary valve leaflet substitute, J. Heart Valve Dis. 9 (2000) 769–774.

[26] A.M. Fallon, T.T. Goodchild, J.L. Cox, R.G. Matheny, In vivo remodeling potential of a novel 
bioprosthetic tricuspid valve in an ovine model, J. Thorac. Cardiovasc. Surg. 148 (2014) 333–340.
e1. 

[27] R.G. Witt, G. Raff, J. Van Gundy, M. Rodgers-Ohlau, M.-S. Si, Short-term experience of porcine 
small intestinal submucosa patches in paediatric cardiovascular surgery, European Journal 
of Cardio-Thoracic Surgery : Official Journal of the European Association for Cardio-Thoracic 
Surgery. 44 (2013) 72–76. 

[28] F.G. Scholl, M.M. Boucek, K.-C. Chan, L. Valdes-Cruz, R. Perryman, Preliminary experience with 
cardiac reconstruction using decellularized porcine extracellular matrix scaffold: human 
applications in congenital heart disease, World J Pediatr Congenit Heart Surg. 1 (2010) 132–136. 



36  In Situ Cardiovascular Tissue engineering

[29] A. Quarti, S. Nardone, M. Colaneri, G. Santoro, M. Pozzi, Preliminary experience in the use of 
an extracellular matrix to repair congenital heart diseases, Interact Cardiovasc Thorac Surg. 13 
(2011) 569–572. 

[30] L. Shi, V. Ronfard, Biochemical and biomechanical characterization of porcine small intestinal 
submucosa (SIS): a mini review, Int J Burns Trauma. 3 (2013) 173–179.

[31] P. Simon, M.T. Kasimir, G. Seebacher, G. Weigel, R. Ullrich, U. Salzer-Muhar, et al., Early failure of 
the tissue engineered porcine heart valve SYNERGRAFT® in pediatric patients, European Journal 
of Cardio-Thoracic Surgery : Official Journal of the European Association for Cardio-Thoracic 
Surgery. 23 (2003) 1002–1006. 



Chapter 3  37

Small animal shielded aortic interposition 
graft model for cardiovascular translational 
and regeneration research

CHAPTER 3

SUBMITTED

Hanna Talacua MD

Jan Willem van Rijswijk MSc

Aryan Vink MD PhD

Anthal I.P.M. Smit PhD

Carlijn V.C. Bouten PhD

Jolanda Kluin MD PhD



38  In Situ Cardiovascular Tissue engineering

ABSTRACT 

Preclinical in vivo research remains a major challenge for cardiovascular translational 
and regeneration research, as transanastomotic and transmural in-growth of cells 
from neighboring tissue occurs abundantly in animal models, but sparsely in man. 
This protocol describes a new method for in vivo research of cardiovascular prostheses 
(e.g. scaffolds for in situ tissue engineering of small diameter vessels) that resembles 
the human situation. By shielding aortic interposition grafts in rats with Gore-Tex, in-
growth from adjacent tissue is prevented. This enables us to study circulating cells as 
the predominant pathway of cellularization and neotissue formation, without being 
obscured by the default rodent-specific mechanisms of ingrowth from neighboring 
tissues.8 At specific time points implanted materials can be collected and analyzed. 
This protocol includes the methodology for implanting, explanting composite grafts. 
Since novel cardiovascular prostheses are needed, this protocol is of great value for 
testing novel regenerative biomaterials for tissue engineering of cardiovascular 
tissues. 

INTRODUCTION

Vascular interposition grafts are commonly used in cardiovascular tissue engineering 
to investigate synthetic scaffolds or decellularized grafts with regard to cell adherence 
and subsequent in vivo tissue formation. Scaffolds can induce endogenous tissue 
formation by modulating the host inflammatory response, influence cell recruitment, 
cell fate and tissue development in situ [1,2]. This approach has been adopted by 
many research groups in order to address the increasing clinical demand for improved 
vascular substitutes. Animal studies have demonstrated colonization and remodeling 
of biodegradable synthetic interposition grafts into fully functional neo-arteries in vivo 
[3-8]. Nevertheless, the mechanisms underlying this functional regeneration remain 
elusive. These grafts are commonly implanted as interposition grafts and rodent 
models are often the animal model of choice [9], mainly due to practical convenience 
rather than science-based arguments. Transanastomotic and transmural ingrowth of 
endothelial- and smooth muscle cells appears to be the main source of tissue forming 
cells in (small) animal models [10]. In the human situation however, transanastomotic 
neotissue formation is typically restricted to the immediate perianastomotic region 
which makes transanastomotic endothelialization clinically less relevant. We 
emphasize the important contribution of circulating cells in the regenerative process 
in humans [11]. To translate preclinical results to human conditions, it is essential to 
mimic human circumstances in the (small) animal model. 
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We developed a new rat model based on the traditional abdominal aortic interposition 
graft. This new protocol provides a more relevant platform to study the regeneration 
process in a preclinical setting as we block the transanastomotic and the transmural 
migration of cells into the graft using a Gore-Tex sheet, which serves as a barrier 
for cellular infiltration from neighboring tissues (Figure 1). This enables us to study 
circulating cells as the predominant pathway of cellularization and neotissue 
formation, without being obscured by the default rodent-specific mechanisms 
of ingrowth from neighboring tissues. Gore-Tex is a synthetic fluoropolymer with 
attractive characteristics: it is chemically inert, watertight and non-absorbable. 
As graft material, we used highly porous electrospun poly(e-caprolactone) (PCL), 
representing a well-studied graft material [9], known to accommodate the ingrowth 
and differentiation of cells and neotissue formation (Figure 2). To validate the model, 
a sex-mismatch experiment was performed in which sections of male rat aorta were 
sutured proximally and distally to the abdominal aortic interposition graft in female 
rats, either shielded or unshielded with Gore-Tex (Figure 3, adapted from Talacua et al 
2015). Sections were analyzed for the presence of Y-chromosome using fluorescence in 

Figure 1 Illustrations and microscopy images of graft implantation – Illustrations of the aorta 
before (A), after transection (B), after implantation of the graft (C) and directly after removing the 
vascular clamps (D). Images after transection (E), after implantation (F), addition of the Gore-Tex 
sheet (G) and after removal of the vascular clamps (H). 
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situ hybridization (FISH). In the unshielded control group, the average fraction of male 
cells detected in the graft was ± 40%, forming a gradient inward from the immediate 
perianastomotic region towards the center of the graft. In contrast, in the shielded test 
group, the fraction of male cells detected in the graft was severely decreased, with just 
± 10% of the cells in the graft being of male origin, demonstrating the effectiveness 
of the Gore-Tex shielding in preventing transanastomotic and transmural ingrowth.

APPLICATION OF THE MODEL

We have used the model for our in situ tissue engineering research. In situ tissue 
engineering aims at in vivo neo-tissue formation by using an implantable cell-
free biodegradable scaffold. The in vivo behavior of implanted scaffolds depends 
on numerous design parameters of the bare scaffold, including the material and 
microstructural properties, incorporation of bioactive factors as well as the scaffold 
degradation rates. Bioactive components such as cells from different origin, growth 
factors or cytokines can be incorporated in the scaffold to control the recruitment 
of circulating cells, cellular differentiation and neo-tissue formation. Our group 
has used the shielded interposition graft model to evaluate the effect of various 
bioactive molecules, either incorporated as whole protein or via supramolecular 

Figure 2 Scanning electron microscopy (SEM) – analysis shows the dense microstructure of 
Gore-Tex, in contrast to a highly porous PCL-based graft. Average fiber diameter of 10 µm. 



Chapter 3  41

Figure 3 Efficacy of transanastomotic and transmural isolation – Schematic representation of 
the graft composition and the results of the fluorescent in situ hybridization analysis for the 
unshielded (A) and shielded (B) group. Blue lines indicate the approximate locations of the 
analyzed sections. Red staining indicates the presence of Y-chromosome; cell nuclei are in blue 
(DAPI). Quantification of the staining reveals that transanastomotic cell ingrowth of male cells 
into the graft is effectively blocked in the shielded group, while male cells are homogeneously 
distributed in the unshielded group. (Adapted from Talacua et al 2015) [12].
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peptide-functionalization, on regeneration of small caliber vessels [12-14]. Specific 
cell adherence, cellular infiltration, tissue formation and scaffold degradation were 
evaluated using descriptive and (semi)quantitative histology, immunohistochemistry 
(IHC), FISH, scanning electron microscopy (SEM), quantitative polymerase chain 
reaction (qPCR) and gel permeation chromatography (GPC).
This protocol is not only applicable to in situ tissue engineering research but to tissue 
engineering research in general with degradable and non-degradable materials. 
Moreover, it is also relevant for all vascular prosthetic research, as vascular graft failure 
due to intimal hyperplasia and ongoing surface thrombogenicity is widely investigated 
with the use of interposition grafts in small animal models.

ADVANTAGES AND LIMITATIONS

Key advantages
 – The main advantage of shielded aortic interposition grafts is the predominant 

recruitment of blood-derived cells into the scaffold by blocking in-growth from 
neighboring tissue, thereby mimicking graft repopulation as seen in the human 
situation. 

 – The implantation can be performed in all rats. Different ages and breeding can be 
used depending on the research question.

 – A large variety of grafts can be implanted, also in combination with growth factors 
or cytokines.

 – The protocol is relatively inexpensive and quick to perform.

Limitations
 – Grafts with the diameter as we used in rats cannot be implanted in mice. Shielding 

grafts of a smaller caliber may be technically challenging.
 – Experience shows that there is a learning curve. Initial operating time was 3 hours, 

compared to 1,5 hours after 50 operations.

EXPERIMENTAL DESIGN 

Graft manufacturing. The composite vascular tubes are constructed from the material 
of interest (in our case porous electrospun poly(ε-caprolactone) (PCL) and dense 
Gore-Tex. To ensure reproducibility of the experiment, uniform electrospun PCL grafts 
should be prepared in such a way that fiber thickness, wall thickness and length of 
the graft is constant. To avoid transanastomotic migration of cells, a Gore-Tex sheet is 
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anastomosed proximally and distally to the graft. To avoid transmural ingrowth, the 
adventitial site of the graft is enclosed by a Gore-Tex sheet over the entire length of 
the graft. 
Surgical procedure. The procedure should only be performed when anesthesia is 
sufficient. The graft is implanted infrarenally in the abdominal aorta of rats. Ligation of 
the abdominal aorta can be performed when the graft is ready for implantation. Take 
into account that when seeded grafts are used, a burst release of the seeded molecule 
will take place [12]. For a slow release system, chemical incorporation of the molecule 
into the polymer can be considered [13] It is critical that animals from the same strain, 
sex and age are chosen in the test and control group. Mostly male animals are used 
because females might influence the outcome with hormonal swings. The ischemic 
time of the hind limbs should not be longer than 45 minutes. Therefore, the aortic 
clamp time must be no more than 45 minutes. The total procedure will take between 
1.5 - 2 hours. Termination takes place at predetermined time points, depending on the 
research questions. At termination blood can be isolated and the graft explanted and 
fixed as needed.
(Immuno)histochemistry. Note that there is a wide range of analysis are possible, 
but only immunohistochemistry is descriped in this protocol. Pre-embedding in 
agar, is a crucial step when working with highly porous synthetic biomaterials such 
as electrospun PCL-based grafts, before embedding in paraffin. Agar protects the 
polymer and the newly formed tissue during processing. Poor embedding may 
lead to graft deterioration and failure to perform adequate analysis. For (immuno)
histochemical analysis, the explanted samples are sectioned at a thickness of 4 µm, 
followed by routine staining protocols for selected antibodies. Explants are quantified 
using ImageJ and analyzed using GraphPad Prism statistical software.

MATERIALS

Reagents
 – Sprague Dawley rats, 250-300 gram, purchased from Harlan Laboratory. 

!CRITICAL Animals of the same strain, age and sex are recommended unless the 
experiment is designed to detect the variation between these parameters. All 
animal studies must be reviewed and approved by the national and institutional 
animal care and use committees. This protocol has been approved by the University 
of Utrecht Committee of Use and Care of Animals for use by the author

 – 70-100% Ethanol 
 – Isoflo (100% w/w 250 ml, Abbott)
 – Jodiumtinctuur (2% ; Eurovet, Animal Health BV)
 – Sterile saline solution (0.9% (w/v %) NaCl in distilled water; Braun)
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 – Temgesic (0.3mg/ ml; RB Pharmaceuticals limited)
 – Oculentum simplex sterile PCH (TEVA Haarlem) 
 – 10 % neutral buffered formalin 

!CAUTION Formalin is a carcinogen. All work with this solution must be done in a 
chemical fume hood 

 – 1% (w/v) agar (Eurogentec; EP003015). 
 – Mayer’s hematoxylin and eosin 
 – Elastin van Gieson (Klinipath; Duiven, The Netherlands)
 – 0.1% (w/v) Sirius red F3B (Gurr BDH, 34149) in saturated picric acid solution
 – Polyclonal Rabbit Anti-Myeloperoxidase (DAKO, A398)
 – Monoclonal Mouse Anti-CD68 (ED1; Serotec, MCA341GA)
 – Monoclonal Mouse Anti-α Smooth Muscle Actin (1A4; Sigma, A2547)
 – Polyclonal Rabbit Anti-Von Willebrand Factor (DAKO, A0082)
 – Antibody dilution: PBS/BSA/Azide
 – Antigen retrieval: Citrate, EDTA, pepsin
 – Lab Vision Ultra V block (Thermo Scientific, TA-125-UB). 
 – BrightVision Goat-anti-Mouse AP (Immunologic, DPVM110AP)
 – BrightVision Goat-anti-Mouse HRP (Immunologic, DPVM110HRP)
 – BrightVision Goat-anti-Rabbit HRP (Immunologic, DPVR110HRP)
 – Liquid Permanent Red Substrate-Chromogen (DAKO, K0640) 
 – 3,3’-Diaminobenzidine Substrate-Chromogen (Sigma, 32750-25G-F) 
 – Agar tablets Agatabs (0,5g/tablet; Eurogentec, EP 003015)
 – 1x Tris-acetate-EDTA buffer (TAE) (1% w/v)

EQUIPMENT

 – Gore-Tex (Gore® preclude® pericardial membrane, 1PCM001)
 – !CRITICAL The pore size of Gore-Tex is essential, with an inter-nodal distance < 1um. 
 – Electrospun poly(ε-caprolactone) tubes (Xeltis Eindhoven, The Netherlands)

!CRITICAL Grafts with a length of 1,5 cm and diameter of 2 mm can be implanted in 
rats that weigh between 250-350 gr.

 – Surgical blades (size 10; Swann-Morton, Sheffield, UK)
 – Introduction cage
 – Razor
 – Dissecting microscope (e.g. Leica)
 – Light source for stereomicroscope (e.g. Nikon)
 – Suture materials (Ethilon 10-0 BV-4, Vicryl 3-0 FS-2, Vicryl 4-0 FS-2S)
 – 2 x Syringe (BD 1 mL Syringe with slip Tip, Fisher Scientific BD 329654)
 – 4 x 25 G needle 
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 – Timer
 – Metzenbaum Fino scissors, straight
 – Micro-spring scissors (Straight; Krijnen Medical Innovations B.V.)
 – Forceps 
 – Microsurgery forceps
 – Micro-retractor (Krijnen Medical Innovations B.V.)  

This retractor is custom made. On request retractors are made by this company.
 – Micro-vascular clamps 
 – Clamps applying forceps
 – Cotton-swab
 – Latex sterile gloves
 – Warmed pads
 – Blood collection tube (Vacutainer)
 – Microwave 700W
 – Erlenmeyer (250 ml)
 – Plastic Disposable Base Molds, 1x1x 0.5 cm
 – Pasteur pipette
 – Nylon biopsy bag
 – Tissue processing cassette 
 – Nikon Eclipse E800 microscope with a Nikon DXM1200 digital camera 
 – Nikon ACT-1 software version 2.70 (Nikon Netherlands, Lijnden, Netherlands) 
 – Leica surgical microscope 
 – ImageJ software (NIH, Bethesda, Maryland, USA)
 – GraphPad Prism (San Diego, California, USA)
 – The microsurgical equipment listed above represents our preference, but other 

set-ups are equally likely to be effective.

PROCEDURE

Preparation of the graft. TIMING 40 minutes
1. Cut 2 Gore-Tex strips (4 mm x 10 mm).
2. Slide the electrospun poly(ε-caprolactone) (PCL) tube around a syringe needle. 

?TROUBLE SHOOTING 
3. While using the surgical microscope, make an anastomosis of the Gore-Tex strip 

and the proximal end of the electrospun PCL tube using 8-10 interrupted sutures, 
Ethilon 10-0 BV-4. 

4. Close the Gore-Tex strip connected proximally to the electrospun PCL tube using 
two mattress sutures, Ethilon 10-0 BV-4. 
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5. Create the second anastomosis between the distal end of the electrospun graft 
and the Gore-Tex strip in the same way using 8-10 interrupted sutures, Ethilon 
10-0 BV-4 (Figure 1).

6. Close the Gore-Tex strip connected distally to the electrospun PCL tube using two 
mattress sutures, Ethilon 10-0 BV-4.
PAUSE POINT After step 6, the composed tube consisting of PCL and Gore-Tex can 
be stored under sterile conditions. 
?TROUBLE SHOOTING 

Surgical procedure TIMING 1.5 hours
7. Anesthetize the rat with isoflurane gas in an introduction cage.
8. After the rat is fully anesthetized take the rat out of the introduction cage and 

shave the abdomen of the rat. Then, lay the rat in supine position under the 
operation microscope. Front and rear limps are fixed on the operating table.

9. Sterilize the shaved abdomen of the rat and make a midline incision. 
!CRITICAL STEP Check the depth of anaesthesia before making the incision by 
checking the reflexes in the hind limps. Monitor the depth of anaesthesia by 
checking the respiratory rate of the rat.

10.  Lateralize the abdominal viscera using a micro-retractor for exposure of the 
abdominal aorta and the inferior caval vene. 

11.  Retract the intestines superiorly using cotton-swabs and cover with wet gauze.
12.  Retract the reproductive organs (testis, epididymis and seminal vesicles) 

inferiorly and cover with wet gauze.
!CRITICAL STEP Wet the intestines and reproductive organs with NaCl, every 15 
minutes during the procedure.
?TROUBLE SHOOTING 

13. Divide the avascular mesentery of the sigmoid colon using a micro-forceps.
14. Pass a strip of wet gauze under the sigmoid colon and use this to retract the colon 

to the left side of the abdomen.
15. Expose the abdominal aorta and the inferior caval vene between the renal vessels 

and the iliac bifurcation using cotton-swabs.
16. Separate the abdominal aorta from the inferior caval vene and surrounding tissue 

with micro-surgical spring scissors.  
?TROUBLE SHOOTING 

17. To prevent backflow it is possible to ligate one or two lumbar vessels originating 
from the exposed aorta using 10-0 sutures. This procedure has not caused either 
limb paresis or reduced survival in our hands. Ligation of these vessels is also 
possible with thicker sutures. 
?TROUBLE SHOOTING 
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18. Occlude the exposed abdominal aorta between the renal arteries and the aortic 
bifurcation with micro-vascular clamps. 

19. Transect the aorta and flush the ends of the aorta. Check if the scaffold fits 
between the retracted distal and proximal ends of the aorta.
!CRITICAL STEP The distance between both ends of the aorta should be nearly the 
same size as the length of the scaffold. 

20. Place the interposition graft between both ends of the abdominal aorta. 
21. Make two anastomoses in an end-to-end fashion using 10-0 interrupted sutures, 

Ethilon 10-0 BV-4. Two stay sutures at three and nine o’clock at both the proximal 
and distal ends facilitates this step. 

22. Complete the ventral side of both end-to-end anastomoses using interrupted 
sutures, Ethilon 10-0 BV-4. Placement of the first suture at 12 o’clock facilitates this 
step.

23. To approach the dorsal side of the anastomosis, flip over the micro-vascular 
clamps. 

24. Complete the dorsal side of the anastomosis with interrupted sutures, Ethilon 
10-0 BV-4.
!CRITICAL STEP In total 8-10 interrupted sutures are needed. The sutures should be 
evenly distributed and the edge distance should be kept constant. 

25. Flip the micro-vascular clamps back to the original position.
26. Fill the aorta retrograde with blood by temporarily releasing the distal clamp. 

Wait for 30 seconds for the primary coagulation to close small holes.
27. Inspect the anastomotic sites for bleeding by temporary release of the proximal 

clamp. After hemostasis, release the proximal clamp. 
!CRITICAL STEP Vascular clamp time should not exceed 45 minutes. 
?TROUBLE SHOOTING 

28. Confirm pulsatile flow distal to the graft.
29. Wrap a Gore-Tex sheet around the graft creating a barrier between the graft and 

surrounding tissue. Fixate the sheet with interrupted sutures, Ethilon 10-0 BV-4, 
onto the Gore-Tex sheet proximally and distally to the graft. 

30. Reposition the reproductive organs and the intestine to the abdominal cavity.
31. Close the viscera using a running Vicryl 3-0 suture.
32. Give buprenorphine intraperitoneally.
33. Close the abdomen intracutaneously using a running Vicryl 4-0 suture. 

? TROUBLE SHOOTING 
34. Place the rat in a cage on a warming pad to recover. Assess the rats for hind limb 

paralysis or acute graft thrombosis.
?TROUBLE SHOOTING 
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Explantation of the graft TIMING 30 minutes
35. At the day of explantation, anesthetize the rat with isoflurane.
36. Perform a midline re-laparotomy.
37. Lateralize the abdominal viscera using a micro-retractor for exposure of the 

abdominal aorta and the inferior caval vene. 
38. Retract the intestines superiorly using cotton-swabs and cover with wet gauze.
39. Retract the reproductive organs inferiorly and cover with wet gauze.
40. Divide the avascular mesentery of the sigmoid colon using a micro-forceps.
41. Pass a strip of wet gauze under the sigmoid colon and use this to retract the colon 

to the left side of the abdomen.
42. Expose the abdominal aorta and the inferior caval vene between the renal vessels 

and the iliac bifurcation using cotton-swabs.
43. Open the Gore-Tex sheet which is wrapped around the graft. 
44. Insert a 25G needle on a 2 ml syringe in the aorta. Collect the blood in a 

vacutainer.
45. Harvest the implanted graft.
46. Rinse the graft with physiological salt solution. 
47. Place specimens in fixative.

!CRITICAL STEP samples should be fixed immediately after removal in order to 
maintain tissue morphology. The explanted graft should be fixed at least 24 hours 
in formalin.

Pre-embedding in Agar TIMING 15 minutes
48. Dissolve 2 agar tablets in 100 ml 1x TAE buffer (1% w/v) in a glass Erlenmeyer.
49. Wait approximately 10 minutes for the tablets to dissolve.
50. Heat the mixture in a microwave for 2 minutes at 700W.

!CRITICAL STEP Swirl the Erlenmeyer after one minute to mix the agar with the TAE 
and continue heating for another minute. 

51. Let the agar cool down to 60° Celsius.
!CRITICAL STEP Melting point of PCL is 60 degrees. To prevent damage to the 
explant the temperature of agar should be below 60 degrees. 

52. Take a plastic mold and fill the mold with a layer of agar with a Pasteur pipette.
53. Remove the explanted tube from formalin and place the graft in the mold with 

agar.
!CRITICAL STEP Try to remove the remaining air from the tube and make sure the 
tube is floating free from the bottom and is covered by a layer of agar. 

54. Wait until the agar is solidified. 
55. Press the agar with the graft out of the mold and place into a small nylon biopsy 

bag.
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56. Close fold and place the biopsy bag with the graft in agar in a tissue processing 
cassette.

57. Place cassette in 4% formalin until tissue processing.
!CRITICAL STEP Steps 56 – 66 are of major importance for processing synthetic 
(PCL based) biomaterials. Agar preserves morphology and facilitates microtome 
sectioning.

Staining and immunochemical assessment 
58. Embed the harvest graft/agar composition in paraffin. 
59. Section the harvested tube transversely, cut 4 µm sections.

!CRITICAL STEP Cut until you are in the PCL based graft, i.e. you have a complete 
circle of PCL. 

60. Stain sections with HE, PSR and Verhoeff-Van Gieson.
61. Stain sections with IHC using antibodies of choice. See Table 1 for the antibodies 

used use in our set-up.
62. Use the HE stained sections to assess cellularity. Photograph the sections using a 

microscope Nikon E800 or similar microscope. 
63. Photomicrographs were obtained using ACT-1 software. Each slide is studied 

under high-power magnification (high power field (hpf ), 40x object lens). 
64. Count the total number of cells in 4 area’s (Figure 4) using Cell Counter in ImageJ. 

Other imaging software might be sufficient. 

Cell type Primary antibody Dilution AR Block Secondairy antibody Chromogen

Neutrophils Rabbit anti-MPO 1:2000 Citrate Ultra V Poly HRP anti-rabbit DAB

Pan- Mφ Mouse anti-CD68 1:400 Citrate - Poly HRP anti-mouse DAB

M1- Mφ Rabbit anti-CCR7 1:15.000 Citrate NGS Poly HRP anti-rabbit DAB

M2- Mφ Mouse anti-CD163 1:75 Pepsine - Poly HRP anti-mouse DAB

SMC Mouse anti-αSMA 1:32.000 - NGS Poly AP anti-mouse LPR

EC Rabbit anti-vWF 1:1600 EDTA - Poly HRP anti-rabbit DAB

Table 1 – Antibodies used for immunohistochemistry 

AR, Antigen retrieval; αSMA, alpha-smooth muscle actin; EC, Endothelial cells; Mφ, Macrophages; 
MPO, myeloperoxidase; NGS, Normal Goat Serum; vWF, Von Willebrand Factor. Sections are blocked 
for endogenous peroxidase when a HRP-conjugated secondary antibody are used.
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65. Calculate the mean cellularity using the following formula:

Cellularity = 
 
!CRITICAL STEP Two observers should assess cellularity. All observers should be 
blinded to the treatment protocol.

?TROUBLE SHOOTING

Trouble shooting information can be found in Table 2.

TIMING

Steps 1-6, preparation of the graft: 40 min
Steps 7-18, surgical procedure; up to occlusion of aorta: 40 min
Steps 19-33, surgical procedure; graft implantation: 50 min
Step 34, animal recovery: 4-6 h
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60| Stain sections with HE, PSR and Verhoeff-Van Gieson. 

61| Stain sections with IHC using antibodies of choice. See Table 1 for the antibodies used 

use in our set-up. 

62| Use the HE stained sections to assess cellularity. Photograph the sections using a 

microscope Nikon E800 or similar microscope.  

63| Photomicrographs were obtained using ACT-1 software. Each slide is studied under high-

power magnification (high power field (hpf), 40x object lens).  

64| Count the total number of cells in 4 area’s (Figure 4) using Cell Counter in ImageJ. Other 

imaging software might be sufficient. 

65| Calculate the mean cellularity using the following formula: 

 Cellularity = !"#! !!!"#! !!!"#! !!!"#! !
!

 

 !CRITICAL STEP Two observers should assess cellularity. All observers should be 

blinded to the treatment protocol. 

 

? Trouble shooting 

Trouble shooting information can be found in Table 2. 

 

Timing 

Steps 1-6, preparation of the graft: 40 min 

Steps 7-18, surgical procedure; up to occlusion of aorta: 40 min 

Steps 19-33, surgical procedure; graft implantation: 50 min 

Step 34, animal recovery: 4-6 h 

Steps 35–47, explantation of the graft: 30 min 

Steps 48-57, pre-embedding in Agar: 15 min 

Steps 58-65, (immuno) histochemical staining and analysis; per staining: 6-9 h 

Table 2 – Troubleshooting table 

Step Problem Possible reason Solution

2 Nonuniformaly sized tubes Unevenly produced Cut tubes with the same length

12 Urinary bladder obstruct 
the operative view

The urinary bladder is full 
with urine

Bladder should be emptied with gentle 
pressure 

15-16 Bleeding occurred 
during preparation of the 
abdominal aorta

Injury of small vessels or 
lumbar vessel

Compression with a cotton swab

17 The aorta continues to be 
filled with blood

Loose ligation of 
the lumbar vessel or 
Insufficient placement of 
the vascular clamps

Renew ligation of the lumbar vessel or 
Replace the vascular clamp

27 Bleeding at the anastomotic 
sites following release of 
the proximal clamp

Inadequate anastomosis Oozing: Replace the proximal clamp 
and wait one minute or compress with a 
cotton-swab
Active bleeding: place additional sutures

33 The blood loss is severe 
during operation

Injury of small vessels or 
inadequate anastomosis

2 ml saline solution can be injected 
intraperitoneal or subcutaneously 

34 Difficulty waking up from 
anaesthesia

To high isoflurane rates Give extra oxygen 
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Steps 35–47, explantation of the graft: 30 min
Steps 48-57, pre-embedding in Agar: 15 min
Steps 58-65, (immuno) histochemical staining and analysis; per staining: 6-9 h

ANTICIPATED RESULTS

After a training period of ±15 operations, the success rate, defined as survival with 
patent graft, for shielded interposition grafts in our hands is 100%. All animals survived 
to the pre-specified endpoint (maximum 3 months). If this protocol is implemented 
properly, the model is highly reproducible and explants are quantifiable. We have 
previously published the validation of the animal model, which shows that 90% of the 
adhered cells originates from the circulation. The local hemodynamics are unaffected 

Figure 4 Histological evaluation – Implanted grafts show similarities to the native rat aorta after 
84 days. Collagen content in grafts without MCP-1 (A), grafts with MCP-1 (B), and in a native rat 
aorta (C). Collagen (PSR staining, confocal microscopy) in grafts without MCP-1 (D), grafts with 
MCP-1 (E), and in a native rat aorta (F). Elastin in grafts without MCP-1 (G), grafts with MCP-1 (H), 
and in a native rat aorta (I). Endothelial cell (EC) lining (von Willebrand factor) in grafts without 
MCP-1 (J), grafts with MCP-1 (K), and native rat aorta (L). Collagen alignment was significantly 
higher in the +MCP-1 group after 84 days (21 ± 2.9 vs. 11.9 ± 1.7 area fraction) (M). Smooth 
muscle cell lining in the graft (N) and native aorta (O). Scale bars represent 500 µm (A–C), 100 
µm (D–F), 500 µm (N), 200 µm (O), and 20 µm (G–L). Arrows indicate elastin fibers (H). #p < 0.001. 
(adapted from Talacua et al 2015) [12].
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in our model, unlike models employing a loop-graft to achieve transanastomotic 
isolation [15].
The tissue formed in the scaffold can be analyzed in several ways e.g. (semi)quantitative 
histology, immunohistochemistry (IHC), FISH, scanning electron microscopy (SEM), 
quantitative polymerase chain reaction (qPCR) and gel permeation chromatography 
(GPC). Results of immunohistochemistry are shown in Figure 4. 

CONCLUSION

Our shielded vascular graft model is the first small-animal model that effectively 
hampers both transmural and transanastomotic cell ingrowth, which is the default 
pathway in small animals. This enables us to investigate specifically the influx of 
circulating cells and subsequent tissue formation in a manner that resembles the 
human situation. In contrast, in currently used research models transanastomotic and 
transmural ingrowth of mature endothelial cells and myofibroblasts is the main source 
of neotissue formation, which is in humans restricted to the immediate perianastomotic 
region. The new shielded model has proven a reliable means of investigating vascular 
graft behavior in vivo. Scaffolds designed for tissue engineering purposes, as well as 
other small-diameter vascular grafts prostheses can be examined before making the 
translation to the clinic. 
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ABSTRACT

Inflammation is a natural phase of the wound healing response, which can be 
harnessed for the in situ tissue engineering of small-diameter blood vessels using 
instructive, bioresorbable synthetic grafts. This process is dependent on colonization 
of the graft by host circulating cells and subsequent matrix formation. Typically, 
vascular regeneration in small animals is governed by transanastomotic cell ingrowth. 
However, this process is very rare in humans and, hence, less relevant for clinical 
translation. Therefore, a novel rat model was developed, in which cell ingrowth from 
the adjacent tissue is inhibited using Gore-Tex sheathing. Using this model, our aim 
here was to prove that functional blood vessels can be formed in situ via the host 
inflammatory response, specifically by blood-borne cells. The model was validated by 
implanting sex-mismatched aortic segments on either anastomoses of an electrospun 
poly(e-caprolactone) (PCL) graft, filled with fibrin gel, into the rat abdominal aorta. 
Fluorescent in situ hybridization analysis revealed that after 1 and 3 months in vivo, 
over 90% of infiltrating cells originated from the bloodstream, confirming the effective 
shielding of transanastomotic cell ingrowth. Using the validated model, PCL/fibrin 
grafts were implanted, either or not loaded with Monocyte Chemotactic Protein-1 
(MCP-1), and cell infiltration and tissue development was investigated at various key 
time points in the healing cascade. A phased healing response was observed, initiated 
by a rapid influx of inflammatory cells, mediated by the local release of MCP-1. After 
three months in vivo, the grafts consisted of a medial layer with smooth muscle cells 
in an oriented collagen matrix, an intimal layer with elastin fibers, and confluent 
endothelium. This study proves the regenerative potential of cells in the circulatory 
system in the setting of in situ vascular tissue engineering.

INTRODUCTION

There is a clear clinical demand for suitable artificial small-diameter (Ø < 6 mm) 
blood vessels, in particular for lower-limb peripheral artery disease with an overall 
prevalence estimated to be in the range of 3-10% [1,2]. Current artificial small-
caliber vessels have poor patency rates compared to their living counterparts, which 
is inherently due to their non-adaptive constitution. Tissue engineering has been 
proposed to overcome these shortcomings by delivering living small-diameter grafts 
[3,4]. However, traditional tissue engineering approaches comprise lengthy and costly 
in vitro procedures. In situ tissue engineering is emerging as a promising alternative, 
in which an acellular bioresorbable synthetic graft is implanted, allowing the body 
to populate the scaffold with host cells and develop extracellular matrix while the 
scaffold is degraded [5] This approach is built on the notion that inflammation is not 
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merely a detrimental response to biomaterials, but when harnessed properly, can be 
exploited to induce a natural regenerative response [6-8]. By omitting time-consuming 
cell-expansion and bioreactor phases, this method can deliver cost-effective, off-the-
shelf available grafts [6]. 
Recent studies following the in situ tissue engineering principle have demonstrated 
colonization and subsequent remodeling of a biodegradable synthetic graft into 
functional neoarteries in various animal models [6-13]. However, the cellular and 
molecular mechanisms underlying this functional regeneration remain elusive [4,14]. 
An inflammation-mediated response has been suggested, comprising an initial rapid 
recruitment of immune cells to the scaffold, followed by an influx of tissue cells that 
remodel the graft into a native-like artery [15]. Monocyte Chemotactic Protein-1 (MCP-
1) has been identified as one of the key mediators in this process, and local release 
of exogenous MCP-1 from a biodegradable scaffolds was shown to enhance de novo 
tissue formation [15]. 
To translate preclinical results to human application, it is essential to recognize 
and predict regenerative processes (cell colonization and tissue development) 
representative for the human situation. From previous small-animal studies 
employing degradable and non-degradable grafts, it is clear that transmural 
migration is a predominant source of macrophages as well as a-mooth mucle actin 
(α-SMA)-expressing cells in rodents [16-18]. Furthermore, transanastomotic ingrowth 
of mature endothelial cells (EC) and smooth muscle cells (SMC) was identified as the 
predominant source of tissue cells in the rodent model [19]. However, given the fact 
that transanastomotic endothelialization in humans is restricted to the immediate 
perianastomotic region, the question arises how predictive these model-dependent 
processes are for the clinical situation, especially considering that vascular prostheses 
for humans often require extensive anatomic lengths [20,21] Moreover, this suggests 
that physiological remodeling of a graft in human is heavily dependent on the 
contribution of circulating cells. Therefore, our aim was to prove that functional blood 
vessels can be formed in situ via the host inflammatory response solely by circulating 
cells. To isolate the role of blood-borne cells in the regenerative process, we employed 
a more predictive rat model, in which the graft is isolated from surrounding tissues, 
both transmurally and transanastomotically. To preclude cell ingrowth from the 
adjacent tissue, highly porous electrospun poly(ε-caprolactone) (PCL) tubes were 
shielded by impenetrable Gore-Tex sheet material on both anastomoses as well as 
enclosing the adventitial side of the PCL scaffold over the entire length. To enhance 
rapid cell recruitment from the circulation, we incorporated fast-releasing MCP-1 into 
our scaffold using fibrin gel. Grafts were implanted as abdominal aortic interposition 
grafts in rats and were explanted at different time points in the remodeling cascade. 
We hypothesized that (i) extracellular matrix-producing cells can be recruited from the 
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circulation, and that (ii) increased early monocyte recruitment to the graft by MCP-1 
has a positive effect on long-term tissue remodeling and regeneration.

MATERIALS AND METHODS

Experimental animals
Seventy-six healthy Sprague Dawley rats, 250-300 gram were used, purchased from 
Harlan Laboratories. Each animal was fed ad libitum and was housed in groups in an 
environment maintained at room temperature for 24 hours a day and with a light: dark 
cycle of 12:12 hours. Two studies were performed; Study 1 was dedicated to validate 
the model, and Study 2 was dedicated to investigate the effect of MCP-1 in the scaffold. 
In Study 1, Gore-Tex shielded grafts (n=12) were compared to grafts without shielding 
(n=12) (Figure 1A-C). To study general cell infiltration in both groups over time, grafts 
were explanted at 1 day (n=2), 3 days (n=2), 1 week (n=2), 2 weeks (n=2) and 3 months 
(n=4). To specifically study the efficacy of the model in transanastomotic shielding, a 
sex-mismatch experiment was performed, in which sections of male rat aorta were 
interpositioned proximally and distally to the graft in female rats, either shielded or 
unshielded with Gore-Tex (n=12 per group). These grafts were explanted after 1 or 
3 months (n=3 per group, per time point) for fluorescent in situ hybridization (FISH) 
analysis. 
Study 2 was dedicated to study the effect of MCP-1, comparing fibrin-seeded grafts 
with incorporated MCP-1 (n=20) versus fibrin-seeded controls (n=20). All grafts in this 
study group were shielded with Gore-Tex. Grafts were explanted at 1 day, 3 days, 1 
week, 2 weeks and 3 months (n=4 per time point). All procedures were performed in 
accordance with and approved by the Institutional Animal Care and Use Committee of 
the University of Utrecht, the Netherlands. 

Scaffold fabrication
Electrospun poly(ε-caprolactone) (PCL) tubular scaffolds were manufactured and 
provided by Xeltis BV. In brief, PCL (Purasorb; Purac Biochem) was dissolved in 
chloroform at 20% (w/w), and driven through a horizontally fixed nozzle at high 
voltage (15 kV) toward a grounded rotating cylindrical copper target (Ø 2 mm) at 15 
cm distance. The resulting tube diameter, wall thickness and average fiber diameter 
were determined with scanning electron microscopy (SEM; Quanta 600F, Fei). The 
materials were sterilized by gamma irradiation. Before implantation, the PCL tube was 
cut to size and the vessel wall was impregnated with fibrin gel (5 U/ml thrombin + 5 
mg/ml fibrinogen (Sigma)). Depending on the test group, MCP-1 (4 µg/ml; Chemicon) 
was added to the fibrin solution. To measure the release rate of the MCP-1 from 
the graft, a cumulative leakage experiment was performed in vitro. For this, MCP-
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1-loaded scaffold samples were incubated in culture medium (RPMI-1640, Sigma), 
supplemented with 10% (v/v) fetal bovine serum (FBS Gold, PAA Laboratories) over 
a period of 7 days. At each time point (0, 0.75, 1.5, 3, 8, 24, 48, 72, 120, 168 hours), 
all supernatant was collected, replaced with fresh medium, and samples were stored 
at -80 °C until further analysis. MCP-1 content was determined cumulatively using a 
human ELISA kit, according to manufacturer’s protocol (RayBiotech) (n=3).

Surgical procedure
Prior to implantation, graft composites were prepared depending on study group. To 
shield the electrospun grafts, an end-to-end anastomosis was made to a 4x10 mm2 
impenetrable Gore-Tex strip (Preclude Pericardial Membrane; Gore Medical) using 
10-0 interrupted sutures, distally and proximally of the electrospun tube. Additionally, 
Gore-Tex was wrapped around the PCL in samples creating an impenetrable outer 
layer (Figure 1A-C). For the FISH experiments, sex-mismatched segments of aorta were 
interpositioned on the proximal and distal anastomosis between the native aorta 
and the graft (Control group, n=3 per time point; Figure 1D) or Gore-Tex (Test group, 
n=3 per time point; Figure 1E). Animals were anesthetized using Isoflurane gas. Once 
adequate anesthesia was achieved, a midline laparotomy was performed and the 

Figure 1 Implantation procedure and experimental groups – (A) Camera microscopy images 
of the graft implantation, with in bright white the Gore-Tex sheet. The aorta before (i), after 
transsection (ii), after implantation of the graft (iii), and directly after removing the vascular 
clamps (iv). (B-E) Schematic representation of the experimental groups in Study 1, with the 
shielded grafts (C) versus unshielded control (B), and the sex-mismatched shielded graft (E) 
versus the unshielded control (D).
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abdominal viscera were lateralized for exposure of the abdominal aorta and the inferior 
vena cava. After separation of the aorta from the inferior vena cava and surrounding 
tissue, the segment of the abdominal aorta between the renal arteries and the aortic 
bifurcation was occluded with microvascular clamps. The aorta was transected and 
the graft composite was introduced with end-to-end anastomosis performed at both 
the proximal and distal ends using interrupted sutures. After removing the vascular 
clamps, the pulsatile flow was confirmed in the aorta distal to the graft (Figure 1A). The 
abdomen was closed in two layers. Immediately after implantation, all scaffolds were 
exposed to arterial hemodynamic conditions. There was no heparin administration 
during or after surgery. Animals recovered on warmed pads to promote blood flow 
through the grafts. Before rats returned to their cages, they were assessed for evidence 
of hind limb paralysis or acute graft thrombosis. Post-operative Buprenorphine was 
given intraperitoneal.
At termination, animals were anaesthetized using Isoflurane. Tubes were dissected free 
from surrounding tissue. The Gore-tex on the outer layer was opened the PCL graft was 
carefully explanted. All explants were examined with immunohistochemistry. In Study 
2, two explants per time point were additionally analyzed with qPCR to determine 
the expression of genes involved in the inflammatory response. Furthermore, blood 
samples were collected and analyzed with ELISA to determine systemic protein levels 
of MCP-1 in the blood serum (Supplementary Data).

Immunohistochemistry
Explants were fixed in formalin 10% before pre-embedding in 1% (w/v) agar 
(Eurogentec), followed by embedding in paraffin. Consecutive 4 µm sections 
were stained with Mayer’s hematoxylin and eosin (H&E), Verhoeff van Gieson and 
0.1% (w/v) Sirius red F3B (Gurr BDH) in saturated picric acid solution, respectively. 
Immunohistochemical stainings were performed on 4 µm sections after 
deparaffinization and dehydration. Sections were stained for myeloperoxidase (MPO; 
Dako, A398, 1:2000), CD68 (Serotec, MCA341GA, 1:400) CD163 (Serotec, MCA342GA, 
1:75), CCR7 (Cell Applications, CG1678, 1:15000), CD34 (R&D Systems, AF4117, 1:100), 
alpha-smooth muscle actin (α-SMA; Sigma, A2547, 1:32000), and Von Willebrand 
Factor (vWF; Dako, A0082, 1:1600). All antibodies were diluted in PBS/BSA/Azide. 
Following deparaffinization, antigen retrieval was performed in citrate (For CD68, 
CCR7, and MPO), pepsin (CD163), or EDTA (vWF), before blocking with 10% normal 
goat serum (α-SMA and CCR7) or Ultra V block (MPO; Thermo Scientific). Sections were 
blocked for endogenous peroxidase when a HRP-conjugated secondary antibody was 
used. Appropriate BrightVision signal amplification was used for labeling of primary 
antibody binding sites: Poly AP anti-mouse for α-SMA, poly HRP anti-mouse (CD68 
and CD163), and poly HRP anti-rabbit (CCR7, MPO, and vWF) (Immunologic). Slides 
were subsequently incubated with liquid permanent red substrate-chromogen (Dako) 
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or diaminobenzidine substrate-chromogen (Sigma) and counterstained with Mayer’s 
hematoxylin. Slides were dehydrated in alcohol changes and coverslipped using 
pertex. Double-label immunohistochemistry for α-SMA and vWF was performed after 
EDTA-antigen retrieval by incubating sections for 1 hour at room temperature with a 
mix of 1:32,000 mouse anti- α-SMA and 1:1600 rabbit anti-vWF antibodies. The sections 
were then incubated with anti-mouse Alexa Fluor 488 and anti-rabbit Alexa Fluor 555 
conjugated secondary antibodies (Invitrogen, 1:200) for 30 minutes. Cell nuclei were 
counterstained with DAPI.

Quantitative histologic and immunohistological analysis
Two investigators, who were blinded to the investigated groups and the time point of 
explantation, independently conducted analysis. Sections were photographed using 
a Nikon E800 microscope with ACT-1 software. Wall thickness and lumen diameter 
were measured manually under 2x objective lens. Wall thickness was measured 
in 2 sections of each graft and in 4 locations per section. The lumen diameter was 
measured in 2 sections of each graft and in 2 directions per section. Cellularity was 
studied under high-power magnification (high-power field (hpf ), 40x objective lens; 
area comprising 0.034 mm2), with cell sizes being comparable between groups. The 
total number of cells in 4 random hpf areas per PCL tube was manually counted using 
ImageJ software. Quantification of aligned collagen was performed with picrosirius 
red stains and circularly polarized light. Stained sections were digitally photographed 
and converted into gray-value images and regions of interest (ROI) were drawn lining 
the graft. The average gray value per ROI was calculated using ImageJ software. A 
quantitative analysis of the immunopositive cells of each stained slide was performed 
at 4 random hpfs. The portion of area staining positively for the marker within the 4 
hpfs was counted and summed for each image. The mean of the sums for 4 high power 
images was then calculated for each sample. Area of positive staining was measured 
as a percentage of the total from binarised images.

Fluorescent in situ hybridization (FISH)
To identify X- and Y-chromosomes, FISH was performed on fresh sectioned paraffin 
sections using Rat idetect Chr X FISH Probe Green and Chr Y FISH Paint Probe Red 
(ID Labs, IDRF1067 and IDRR1070, respectively). Following deparaffinization, slides 
were pretreated with 0.2N HCl for 20 min at room temperature, citrate buffer (pH 6.0) 
for 20 min at 100 °C, and digested with 0.1% proteinase K for 10 min at 37 °C. After 
dehydration in graded ethanol, 7.5 µl of probe mixture was added. Sections were then 
denatured for 5 min at 69 °C, cooled on ice for 5 min, and hybridized overnight at 37 °C 
in a ThermoBrite. The next day, slides were washed in 0.4x SSC/0.3% NP-40 at 73 °C, 2x 
SSC/0.1% NP-40 at room temperature, and 2x SSC for 2, 1, and 5 min, respectively. After 
washing, the sections were counterstained with DAPI, dehydrated and mounted in 
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Vectashield (Vectorlabs, H-1000). To quantification the FISH results, at least 30 images 
per sample were analyzed by two investigators, blinded to the experimental group, 
sample location and time of implantation.

Statistical analysis 
Statistical differences were determined using two-way ANOVA with Bonferroni post-
tests to compare the means per time point using GraphPad Prism software. P < 0.05 
was considered statistically significant.

RESULTS

Grafts are constructed from porous electrospun PCL and dense 
Gore-Tex
SEM analysis showed the dense microstructure of the Gore-Tex, with an internodal 
distance < 1µm. In contrast, the PCL graft was highly porous with interconnected 
pores and an average fiber diameter of 9 µm (range 8.4 to 9.7 µm) (Figure 2A, B). The 
inner diameter of the graft was approximately 2 mm with an average wall thickness 
of 275 µm (range 210 to 340 µm). Grafts were seeded with a fibrin gel with or without 

Figure 2 Graft composition – Schematic representation of the MCP-1-loaded graft (A) with 
scanning electron microscopy images (B) showing a transsection (i) and the luminal surface of 
the Gore-Tex (ii), the Gore-Tex anastomosed to the PCL (iii), and the transsection (iv) and luminal 
surface of the porous PCL scaffold (v). (C) MCP-1 release curve as determined in vitro. Scale bars 
represent 500 µm (i & v), 40 µm (ii & iv) and 100 µm (iii). 
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MCP-1. In vitro leakage experiments revealed a burst-release of MCP-1 within the first 
three hours, after which the release gradually leveled off (Figure 2C). 

Gore-Tex shielding led to a significant reduction of cell ingrowth 
from neighbouring tissues
All grafts remained patent and there were no signs of stenosis or thrombosis in all 
groups studied. Lumen diameter and wall thickness remained constant throughout 
the whole study (1.8 mm ± 0.1 and 385 µm ± 108 respectively), with no signs of 
intimal hyperplasia or aneurysms. Macroscopically, granulation tissue was seen on the 
adventitial side of Gore-Tex sleeves (Figure 3A, B, D, E). No cell infiltration into the dense 
adventitial sleeve was detected at any time point. Adventitial Gore-Tex shielding led 
to a significant reduction in total cellularity at all intervals compared to unshielded 
controls, with the largest difference at day 1 and day 14 (Figure 3C). 
For the FISH experiments, sections were taken from five different locations in the graft 
as well as the native (female) aorta and the implanted male segment (as indicated in 
Figure 4) and analyzed for the presence of Y-chromosome using FISH. In the Control 
group, the average fraction of male cells detected in the graft was 37.4 ± 12.1% and 43.1 
± 9.8% after 1 and 3 months, respectively. Moreover, after 3 months of implantation, 
the distribution of male cells was homogenous throughout all sections of the control 
group, with an average of 44.1 ± 14.5% (Figure 4A). In contrast, in the Test group, the 
fraction of male cells detected in the graft was severely limited, with an average of 
9.4 ± 3.2% and 10.1 ± 7.7% after 1 and 3 months, respectively. There were no marked 
differences between the different locations in the graft (Figure 4B). After 3 months, 
the native (female) aorta contained on average 38.1 ± 9.3% male cells in this group, 

Figure 3 Efficacy of transmural isolation – Scaffold cellularity of the shielded (A, D) versus 
non-shielded grafts. (B, E). Cellularity decreased significantly in the grafts shielded with Gore-Tex 
when compared to the control group (98 ± 6 cells per high power field (hpf ) vs 137 ± 17 cells per 
hpf, P= 0.03 at 84 days), with the largest differences at day 1 (9 ± 4 cells per hpf vs 103 ± 12 cells 
per hpf ) and day 14 (82 ± 6 cells per hpf vs 163 ± 15 cells per hpf ) (C).
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Figure 4 Efficacy of transanastomotic isolation – Schematic representation of the graft 
composition and the results of the FISH analysis for the unshielded ‘Control’ (A) and shielded 
‘Test’ (B) group. Blue lines indicate the approximate locations of the analyzed sections. Red 
staining indicates the presence of Y-chromosome, cell nuclei are in blue (DAPI). Quantification of 
the staining reveals that transanastomotic cell ingrowth of male cells into the graft is effectively 
blocked in the Test group, while male cells are homogeneously distributed in the Control group.
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indicating a comparable migration of male cells to unshielded tissues as compared 
to the control group. These results demonstrate effective isolation of the graft using 
Gore-Tex sheathing in this rat model, both transmurally and transanastomotically.

Figure 5 Infiltration of immune cells – Histological evaluation on transverse sections of the 
center part of the PCL grafts (C), without and with MCP-1, explanted at days 1, 3, 7, 14 and 84 
(A,B). The MCP-1 group displayed an immediate peak in overall graft cellularity at day 1 with 
significantly more cells compared to the control group (127 ± 40 vs 4 ± 2 per hpf ) (D). The 
percentage of CD68+ macrophages rapidly increased in the first 2 weeks, with a significantly 
higher concentration in the MCP-1 group compared to the control group at day 7 (33.2 ± 4.7 vs 
15.3 ± 2.7 per hpf ) and day 84 (14.9 ± 0.2 vs 5.6 ± 4.1 per hpf ). PCL fibers are visible in white. Scale 
bars represent 20 μm. # p<0.001, * p<0.05.
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MCP-1 recruits immune cells in early inflammatory phase
Cells penetrated immediately after implantation through the entire thickness of 
the PCL in all grafts (Figure 5A-C). Directly after implantation, mainly neutrophilic 
granulocytes infiltrated all grafts, with a significant increase in overall cell infiltration 
in the MCP-1 group compared to the control group at day 1 (Figure 5D). There was a 
marked increase in CD68+ macrophage infiltrates in the MCP-1 and control group up 
to day 7 and day 14, respectively, with an even distribution throughout the graft. At 
day 7, the concentration of macrophages was significantly higher in the MCP-1 group 
compared to the control group. After the first 2 weeks, macrophage numbers gradually 

Figure 6 Infiltration of tissue cells – Histological evaluation of transsections of the center 
part of the grafts demonstrates an increase in CD34+ cells over time in both groups, with a 
significantly elevated CD34+ expression in the MCP-1 group at day 84 (0.5 ± 0.1 vs 0.2 ± 0.01 per 
hpf ) (A,B). First α-SMA expression was detected at day 7 in both groups, forming an organized 
medial layer at 3 months follow-up (C). (D) High magnification images of α-SMA expression at 
day 14, revealing α-SMA+ cells aligned with the PCL fibers, visible in white. Scale bars represent 
50 μm (A,C) and 20 μm (D). # p<0.001.
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decreased in both groups with a significantly higher macrophage concentration in 
the MCP-1 group after 3 months (Figure 5E). In both groups macrophage giant cells 
were seen. Macrophage subtypes were characterized by CCR7 (M1) and CD163 (M2) 
expression. Surprisingly, CD163+ cells were detected very sparsely (< 1%). CCR7 
expression was detected, but only a small fraction of the CCR7 staining double stained 
positive for the pan-macrophage marker CD68. 

Initial MCP-1 release results in enhanced tissue formation in 
healing phase
A progressive increase in CD34+ cells was observed in both groups, with no significant 
differences between groups up to day 14 (Figure 6A, B). At day 84, the expression of 

Figure 7 Tissue organization – Implanted grafts show similarities to the native rat aorta after 84 
days. Collagen (PSR staining, polarized light) content in grafts without MCP-1 (A), grafts with MCP-
1 (B) and in a native rat aorta (C). Collagen (PSR staining, confocal microscopy) in grafts without 
MCP-1 (D), grafts with MCP-1 (E) and in a native rat aorta (F). Elastin in grafts without MCP-1 (G), 
grafts with MCP-1 (H) and in a native rat aorta (I). Endothelial cell lining (von Willebrand Factor) 
in grafts without MCP-1 (J), grafts with MCP-1 (K), and native rat aorta (L). Collagen alignment 
was significantly higher in the +MCP-1 group after 84 days (21 ± 2.9 vs 11.9 ±1.7 Area fraction per 
hpf ) (M). Smooth mucle cell lining in the graft (N) and native aorta (O). Scale bars represent 500 
μm (A-C), 100 μm (D-F), 500 μm (N), 200 μm (O), and 20 μm (G-L). # p<0.001.
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CD34 was significantly higher in the MCP-1 group compared to the control group. 
For α-SMA expression, no significant differences were detected between groups for 
all time points (Figure 6C, D). In both groups, the first α-SMA+ cells were detected 
at day 7. After 3 months, the myofibroblast population formed a circumferentially 
oriented neointima layer of SMC under an endothelium in both groups (Figure 6C). 
vWF staining revealed no significant differences between groups, with first evidence 
of EC in the grafts at day 7 in both groups. Small patches of vWF-expressing cells lined 
the lumen, growing more confluent through week 2, before reaching a fully confluent 
monolayer at 3 months (Figure 6J-L). This was similar in both the MCP-1 and the control 
group. At day 14, the first signs of collagen fibers were detected in both groups. After 3 
months, circumferentially orientated bundles of collagen fibers were found lining the 
endothelial and outer layers of the graft, with more loose fibers towards the center of 
the wall (Figure 7A-F). Aligned collagen was markedly increased after 3 months in both 
groups, with a significantly higher expression of aligned collagen in the MCP-1 group 
compared to the control group (Figure 7M). In the MCP-1 group, first signs of elastin 
were seen in the Verhoeff van Giesson-stained slides in 3 out of 4 rats after 84 days. In 
the control group only 1 out of 4 rats stained positive (Figure 7G-I).

Myofibroblasts do not originate from endothelial-to-mesenchymal 
transdifferentiation
All explants were analyzed for occurrence of endothelial-to-mesenchymal 
transdifferentiation (endoMT) using immunofluorescent double-staining of vWF and 
α-SMA. No co-localization of vWF and α-SMA was detected in any of the explants of all 

Figure 8 EndoMT analysis – Recruited endothelial cells did not undergo endothelial-to-
messenchymal (EndoMT) transdifferentiation. Representative images at 14 (A) and 84 days (B) 
of immunofluorescent double-staining of vWF (red) and αSMA (green) with cell nuclei in blue 
(DAPI). Rare co-localization of vWF and αSMA was detected (A, inset).
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time points, apart from a single cell showing co-localization of vWF and α-SMA at the 
14-days time point, indicating possible endoMT (Figure 8). 

DISCUSSION

In situ tissue engineering of vascular grafts using synthetic scaffolds could deliver 
an off-the-shelve alternative to current vascular prostheses. In the context of clinical 
translation, we aimed to achieve an early attraction of circulating cells into a graft 
releasing MCP-1, using a novel rat model that prevents transanastomotic pannus 
overgrowth, as well as periadventitial ingrowth. Our results demonstrate that (i) 
extracellular matrix-producing cells can be recruited from the circulation, and that (ii) 
increased early monocyte recruitment to the graft by MCP-1 has a positive effect on long-
term tissue remodeling and regeneration. Grafts underwent extensive cellularization 
by blood-derived cells followed by tissue formation throughout the entire PCL graft, 
with all grafts remaining patent up to 3 months follow-up, without signs of aneurysms 
or intimal hyperplasia. Driven by early MCP-1 release, our remodeled synthetic graft 
showed several similarities to the native aorta after 3 months in vivo; the intimal layer 
with EC lining the lumen, with early signs of a developing elastic lamina, and a medial 
layer consisting of SMC in an aligned collagen matrix. 
Ingrowth of host cells into vascular implants in rodent models is typically dominated 
by two mechanisms: transmural (mainly macrophages and α-SMA-expressing cells) 
and transanastomotic infiltration (EC and SMC) [16-19]. The infiltration of cells via 
these routes is typically rapid and progressive and may obscure any contribution of 
fallout healing when using these animal models. However, the consistent observation 
that transanastomotic cell ingrowth, in particular, is limited in humans, makes that 
such rodent models may have limited predictive value for the clinical outcome, 
and the importance of a transanastomotic isolation model has been advocated 
previously [20,21]. Moreover, since recruitment of blood-derived cells represents a 
valuable target for colonization of acellular grafts, this study was specifically aimed 
at isolating the role of circulating cells in the regenerative process (fallout healing) 
of a degradable vascular graft from transmural and transanastomotic events. The 
impermeable circumferential Gore-Tex sheathing as applied in the current study 
effectively isolated the periadventitial foreign body response from the porous PCL 
graft, preventing the excessive infiltration of α-SMA+ cells. In addition, we constrained 
progressive transanastomotic overgrowth using dense anastomotic Gore-Tex patches. 
Gore-Tex is a type of expanded polytetrafluoroethylene (ePTFE), which has been used 
extensively in vivo for several decades. When employed as vascular grafts, varying 
endothelial outgrowth rates have been reported, ranging from virtually absent up to 
as high as 0.2 mm/day, dependent on the model and materials used [22,23]. Recently, 
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a vascular loop-graft model was proposed to overcome the limited space in the 
infra-renal rat aorta, employing lengthy ePTFE segments to shield transanastomotic 
ingrowth [21]. However, cell overgrowth on Gore-Tex substrates is known to be highly 
dependent on the microstructure of the material used. Golden et al. demonstrated 
pore size-dependent healing of ePTFE grafts in a baboon model, and they suggest 
a sharp threshold of pore size (intermodal distance between 30 and 60 µm) below 
which healing is abrogated in this animal model [24]. Based on these reports, we 
opted for a type of Gore-Tex with extremely low porosity (internodal distance < 1µm), 
which has shown to hamper tissue integration as it does not facilitate cell adhesion 
on its surface [25]. Consequently, this would provide a sufficient barrier to isolate the 
porous PCL graft from the native artery, even over a small distance. The FISH analysis of 
sex-mismatched implants confirms that the Gore-Tex shielding effectively hampered 
transanastomotic ingrowth in our model, despite the limited width of the barriers. To 
the best of our knowledge, this is the first small-animal model to effectively hamper 
both transmural and transanastomotic cell ingrowth in order to study purely the 
role of circulating cells, which is important for clinical translation and personalized 
application, for example via pre-operative boosting of specific cell populations in the 
circulatory system.
The most obvious contribution of circulatory cells to the regenerative process is 
attributed to peripheral immune cells. It is well-recognized that monocytes and 
macrophages are the predominant effector cells mediating wound healing and repair 
in response to injury or infection [8,26,27]. Monocyte and macrophage trafficking was 
shown to be dependent on MCP-1 and its primary receptor CCR2 [28,29]. Exogenous 
MCP-1 delivery has been shown to increase monocyte/macrophage recruitment and 
induce angiogenesis [30]. Moreover, the use of MCP-1 in our scaffolds was motivated 
by previous findings demonstrating an enhanced secretion of MCP-1 by bone marrow-
derived mononuclear cells when in interaction with immune cells [15,31]. MCP-1 is 
a potent chemoattractant of various types of immune cells and, consequently, the 
burst-release of MCP-1 in the present study resulted in an increased early influx of 
leukocytes. This was also reflected in gene expression data (Supplementary Figure S2), 
leading to improved tissue formation in the later stage. Prolonged upregulation of 
MCP-1 has been related to systemic complications, such as fibrosis and atherosclerosis 
[32]. Therefore, we opted for a rapid release of MCP-1 from our scaffold to induce a 
favorable initial cellular response. The MCP-1 dose was determined from previous 
in vitro experiments [33]. No systemic upregulation of MCP-1 was detected in the 
peripheral blood of the rats despite peak measurements at day 1 (Supplementary 
Figure S1). 
Macrophage function during inflammation and healing is governed by polarization 
state [33]. Unexpectedly, we detected only very sparse expression of CD163, a 
typical surface marker for the M2 macrophage type that was reported in previous 
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findings [9,14]. However, on gene level, we did observe indications which suggest 
a shift in macrophage polarization in response to MCP-1 (Supplementary Figure 
S2). Additionally, peripheral-derived macrophages have been shown to acquire 
myofibroblast-like characteristics during the foreign body response in rodents (34,35). 
The observed absence of coexpression of vWF and α-SMA, suggests that the process 
of endoMT was virtually absent during the in vivo timeframe of the current study, 
implicating that the vast majority of α-SMA+ myofibroblasts did not originate from 
recruited EC via endoMT. Taking into account that transmural and transanastomotic 
infiltration of mature SMC was hampered, combined with the apparent absence of 
endoMT, it is plausible that the infiltrating blood-derived α-SMA+ cells descent directly 
from transdifferentiated macrophages. 
In addition to peripheral leukocytes, circulating progenitor cells may contribute to 
vascular regeneration in terms of endothelialization as well as extracellular matrix 
production. Blood stream-derived cellularization of vascular grafts was proven in dogs, 
represented by patchy endothelial coverage with underlying α-SMA+ SMC [36,37]. 
Immunohistochemical characterization of infiltrated cells in our grafts demonstrates 
an increasing presence of CD34+ cells over time, with a significant upregulation in 
the MCP-1 group. CD34 is expressed by various circulating progenitor populations, 
including fibrocytes, which can differentiate into mature myofibroblasts upon activation 
by transforming growth factor-β and via cross-talk with macrophages [38,39]. On gene 
level, this coincided with a trend in upregulation of Stromal cell-Derived Factor-1a 
(SDF-1α), which is a known attractant for CD34+ progenitor cells [40] (Supplementary 
Figure S2). MCP-1 has been shown to mobilize angiogenic monocytes [41,42], which 
may be responsible for the increased SDF-1α expression and secondary recruitment 
of progenitors. The burst-release of exogenous MCP-1 in the present study led to a 
remarkable effect on downstream events up to 3 months later, ignited by an increased 
early influx of leukocytes. Although the exact chain-of-events between the early and 
late-term observations in this study remains to be clarified, our results suggest that 
MCP-1-recruited monocytes/macrophages have a dual role; indirectly by creating a 
biochemical milieu favorable for attraction of secondary progenitor cells, and directly 
via possible contribution of macrophage-to-myofibroblast transdifferentiation.
The rat model used in this study enables us to study the colonization of grafts by 
circulating cells, which is particularly relevant for the human situation. However, 
for clinical translation, it should be considered that the populations of specific cell 
types in the blood stream (e.g. monocyte subsets, progenitor cells) is highly variable 
between patients. Normal biological patient-to-patient variability, as well as age and 
comorbidities will result in dissimilarities in the immunological and regenerative 
competence between patients [44-46]. The use of the current methodology in a 
diseased animal model, in combination with mechanistic studies in human in vitro 
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models will be a valuable contribution to the understanding of the regenerative 
potential of circulating cells in various clinical settings. 
In conclusion, the results of the current study prove the in situ regenerative potential 
of circulating cells in rats. In these conditions, relevant for the human situation, a short 
local burst of exogenous MCP-1 led to improved, or at least accelerated neotissue 
formation and organization, with a layered structure of intimal endothelium and a 
medial layer of SMC in an oriented collagen matrix with elastin fibers. These findings 
represent a valuable contribution in the clinical translation towards the development 
of safe and effective synthetic grafts for in situ tissue engineering. 
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ABSTRACT

In an in-situ approach towards tissue engineered cardiovascular replacement grafts, 
cell-free scaffolds are implanted that engage in endogenous tissue formation. Bioactive 
molecules can be incorporated into such grafts to facilitate cellular recruitment. 
Stromal cell derived factor 1α (SDF-1α) is a powerful chemoattractant of lymphocytes, 
monocytes and progenitor cells and plays an important role in cellular signaling and 
tissue repair. Short SDF-1α-peptides derived from its receptor-activating domain are 
capable of activating the SDF-1α–specific receptor CXCR4. Here, we show that SDF-
1α-derived peptides can be chemically modified with a supramolecular four-fold 
hydrogen bonding ureido-pyrimidinone (UPy) moiety, that allows for the convenient 
incorporation of the UPy-SDF-1α-derived peptides into a UPy-modified polymer 
scaffold. We hypothesized that a UPy-modified material bioactivated with these 
UPy-SDF-1α-derived peptides can retain and stimulate circulating cells in an anti-
inflammatory, pro-tissue formation signaling environment. First, the early recruitment 
of human peripheral blood mononuclear cells to the scaffolds was analyzed in vitro 
in a custom-made mesofluidic device applying physiological pulsatile fluid flow. 
Preferential adhesion of lymphocytes with reduced expression of inflammatory factors 
TNFα, MCP-1 and lymphocyte activation marker CD25 was found in the bioactivated 
scaffolds, indicating a reduction in inflammatory signaling. As a proof of concept, in-
vivo implantation of the bioactivated scaffolds as rat abdominal aorta interposition 
grafts showed increased cellularity by CD68+ cells after 7 days. These results indicate 
that a completely synthetic, cell-free biomaterial can attract and stimulate specific 
leukocyte populations through supramolecular incorporation of short bioactive SDF-
1α derived peptides. 

INTRODUCTION

Replacement of small diameter blood vessels relies mainly on autologous tissue, 
which is often limited by availability and requires invasive harvesting. Common non-
living prostheses for vascular structures have considerable drawbacks such as high 
risk of occlusion, lack of growth potential, the consequent need for re-operation in 
pediatric patients, and life-long anti-coagulation therapy [1]. In an in-situ tissue 
engineering approach, synthetic scaffolds are implanted that provide the necessary 
mechanical support. Ideally, scaffold material will contain bioactive molecules 
capable of instructing cells of the recipient to migrate into the graft and stimulate 
the development of living, growing tissue [2]. Molecules involved in cellular adhesion 
have largely been the focus to be introduced in synthetic materials [3]. Chemokines 
play a considerable role in the process of tissue repair by attracting progenitor cells 
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but also by modulating the inflammatory environment. Therefore, immobilization 
of chemokines on synthetic grafts may simultaneously allow for both specific cell 
retention and subsequent stimulation of cellular development [2]. Stromal cell derived 
factor 1 alpha (SDF-1α) is a potent chemoattractant of lymphocytes [4], monocytes 
and progenitor cells but not neutrophils [5]. It is important for the homing of bone-
marrow resident stem cells [6], and plays a central role in tissue repair signaling [5]. 
Importantly, following implantation the systemic response to a cell-free vascular graft 
material involves the influx of immune cells. The nature and amount of these cells 
can be influenced by SDF-1α [7]. Short SDF-1α-peptides that are homologous to the 
receptor-activating domain of the full protein, have been shown to improve damage 
repair after local delivery in ischemic tissue [8]. This indicates that short peptide 
sequences, which are synthetically more accessible compared to full-length proteins, 
are capable of retaining specific SDF-1α activity. Maintaining a stable local gradient 
of SDF-1α and avoiding a burst release of bioactive molecules after implantation 
has been shown to further improve the retention of progenitor cells under fluid flow 
conditions [9]. In addition to inducing cellular mobilization as a soluble factor, SDF-1α 
is an important anchoring molecule for progenitor cells in bone marrow stroma [10] as 
well as a homing beacon bound to the ECM in the vicinity of tissue damage, guiding 
the migration of cells towards the site of repair [11]. Therefore an approach to anchor 
the SDF-1α protein to a scaffold material may be advantageous for biological signaling 
at the site of graft implantation.
In this study we apply a synthetic cell-free scaffold based on the supramolecular 
modification of poly(L-lactic acid caprolactone) (PLLCL) functionalized with quadruple 
hydrogen bonding ureido-pyrimidinone (UPy) units [12], with SDF-1α-derived peptide 
sequences also modified with these UPy-moieties, in order to facilitate the early 
cellularization of a vascular graft [2]. The base material consists of PLLCL prepolymers 
modified with UPy-moieties in the main chain yielding a chain-extended UPy-PLLCL 
(or CE-UPy-PLLCL) polymer (Figure 1) [13]. To prevent rapid proteolytic degradation of 
the SDF-1α-derived peptides, we abolished the cleavage sites for the enzymes MMP2 
and CD26, which are capable of abrogating the SDF-1α signal and are abundant in 
an inflammatory environment [8,14]. The second valine in the natural sequence was 
substituted with a serine residue, leading to two peptide sequences: SKPVSLSYR and 
SKPVVLSYR, i.e. the proteolytically resistant and non-resistant peptides, respectively 
(after UPy-modification UPy-SDF-1α(R) and UPy-SDF-1α(NR), respectively). The 
material was processed into fibrous scaffolds by electrospinning. Using a previously 
developed mesofluidic device [15] applying a physiological pulsatile fluid flow of 
medium-suspended human peripheral blood mononuclear cells (PBMCs) the homing 
of cells into the scaffolds functionalized with short SDF-1α peptides was analyzed. As a 
proof-of-concept to investigate the in vivo specific recruitment of circulating cells, we 
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implanted electrospun tubular scaffolds in a abdominal aorta interposition graft rat 
model and analyzed the cellular influx after 24 hours and 7 days. 

MATERIALS AND METHODS

Synthesis of UPy-peptide materials
Synthesis of the SDF-1α peptides 
The synthesis of the investigated peptides is described in the supplemental files (See 
supplemental Materials & Methods). 

Synthesis of CE-UPy-PLLCLa
The CE-UPy-PLLCL polymer was obtained using the same procedure as described 
for polymer 2 described in [13] (chain-extended UPy-poly[2-methyl–1,3-propylene 
adipate) in which the poly[2-methyl–1,3-propylene adipate diol is replaced with 
poly(L-lactic acid caprolactone) diol (purchased from SyMO-Chem BV) with a Mn of 
1 kDa. The CE-UPy-PLLCL polymer was obtained as an elastic solid after two times 
precipitation in methanol from chloroform. GPC (in chloroform based on polystyrene 
standards): Mn = 10.5 kg/mol, Mw = 15.2 kg/mol. DSC (1st heating run at 20 °C/min): 
Tg = -3 °C, Tm = 97 °C J/g with a corresponding enthalpy change of ΔHm= 0.78 J/g.

Electrospinning
Electrospinning was used to produce fibrous tubular grafts. Three different conditions 
were investigated; i.e. I) CE-UPy-PLLCL + UPy-SDF-α(R), II) CE-UPy-PLLCL + UPy-SDF-
1α(NR), and III) CE-UPy-PLLCL without peptides (control) (Figure 1). CE-UPy-PLLCL and 
either the UPy-SDF-1α(R) peptide or the UPy-SDF-1α(NR) peptide, were dissolved in 
a mixture of chloroform (CHCl3): hexafluoroisopropanol (HFIP) (85:15 v/v) at a final 
concentration of 1.1 mol% UPy-peptideand a 15% w/v polymer solution Prior to 
electrospinning, 5 mL of this solution was prepared on the same day. The polymer 
solution was stirred for 2 hours on a magnetic stirrer at 200-250 rpm at room 
temperature. 
Fibrous meshes and vascular grafts were electrospun using a climate controlled 
electrospinning apparatus (IME Technology, Geldrop, NL). The polymer solution was 
delivered to a metallic needle with a syringe pump connected with 19G capillary. One 
end of the power supply was connected to the metallic needle and other end to the 
target. Meshes were spun at 12 kV, using a feed rate of 0.050 mL per minute and a tip-
to-target distance of 18 cm. Micrometer thick fibers were deposited on a grounded 
needle (10 cm in length) with an internal diameter of 18 mm that rotated at 100 rpm. 
Vascular grafts were spun in a similar manner to the meshes with the exception of the 
following parameters; a voltage of 20 kV with a feed rate of 0.025 mL per minute, at 
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a tip-to-target distance of 20 cm and collection on a rotating target with an internal 
diameter of 2.1 mm, yielding a tube-like scaffold. All grafts were spun under controlled 
temperature of 23 °C and relative humidity of 25%. After complete removal of residual 
solvent by overnight drying in vacuo, the scaffolds were removed from the collector 
needle by wetting the scaffold in milliQ water for 1 minute, gently loosening the 
scaffold from the target, followed by an additional 2 minutes in milliQ water before 
completely removing the graft. Subsequently, the excess of solvent and water was 
removed by drying in vacuo at 21°C for 24 hours. 

SEM analysis 
In order to study the fibrous morphology and the exact fiber dimensions of the scaffolds 
scanning electron microscopy imaging using FEI Quanta 600 and Xt Microscope 
Control software was performed. Samples of comparable size and thickness were 
fixed on a metal stub using adhesive conductive carbon tape, and imaged under 
high vacuum (<1.3 0-4 mbar) conditions. Secondary electrons were detected with an 
accelerating voltage of 1-2 kV and a working distance of 10 mm.

Samples (containing cells) from the pulsatile flow bioreactor experiments were fixed 
in 1.5% glutaraldehyde for 24 hours before being washed with PBS and dehydrated in 
a graded alcohol series, and imaged with SEM as described above. 

Figure 1 Chemical structures of used peptides and polymers – A: Chain-extended UPy-poly[L-
lactide-co-caprolactone] (CE-UPy-PLLCL) prepolymer (Mn,PLLCL = 1 kDa)) B: UPy-SDF-1α(NR) 
(MW = 1918 Da); C: UPy-SDF-1α(R) (MW = 1930 Da).
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Cell culture, migration and adhesion assays
PBMC isolation
The study conforms to the principles outlined in the Declaration of Helsinki [28]. 
For migration assays, adhesion assays and culture experiments peripheral blood 
was collected via a specific department for blood donation for scientific purposes 
(minidonordienst, University Medical Center Utrecht, the Netherlands). For analyses 
performed in the pulsatile-flow bioreactor buffy coats were obtained from Sanquin 
Blood Supply (Sanquin, Amsterdam, the Netherlands). PBMCs were isolated using Ficol 
Paque PLUS (Cat. #17-1440-02, GE healthcare Life Sciences, Diegem, Belgium) density 
gradient centrifugation according to the manufacturer’s protocol and resuspended in 
DMEM for the adhesion and migration assays or RPMI for the bioreactor. Culture media 
were supplemented with 10% fetal calf serum (FCS) and 1% penicillin/streptomycin 
except for the migration experiments, which were performed without FCS. 

Migration assay
Migration assays were performed in a Boyden transwell chamber with 5 μm pores 
(Cat# 3421, Corning, Lowell, Massachusetts, USA). One million PBMCs were applied 
to the upper chamber in serum-free medium and allowed to migrate to the bottom 
compartment, which contained either full-length SDF-1α (cat#167300-28A-B, 
Peprotech), or one of the following peptide sequences: SKPVVLSYR, GGSKPVVLSYR, 
SKPVSLSYR or GGSKPVSLSYR. The assay was performed for 4 h at 37 °C. Results were 
compared to the migration of PBMCs in the absence of the SDF-1α-derived peptides 
in serum free medium. A specific CXCR4 (the SDF-1α receptor) inhibitor AMD3100 
(50 μM) was incubated with the PBMCs in serum free medium for 30 minutes before 
the cells were transferred to the migration chamber. After migration the cells in the 
lower compartment were collected, including cells adhering to the bottom of the 
membrane, which were rinsed off, and re-suspended and counted after 1:1 dilution in 
trypan blue (cat# 15250-061, Life Technologies) using a hematocytometer. 

Adhesion assay
Adhesion assays were performed on dropcast films of CE-UPy-PLLCL containing 1.1 
mol% of UPy-SDF-1α(R) peptide or UPy-SDF-1α(NR) peptide, and compared to pristine 
UPy-PLLCL substrates. The dropcast films were by casting 5 w/v% polymer/peptide 
solution in HFIP onto 15 mm round glass coverslips and left to dry for 24 hours followed 
by additional incubation at 40 °C in vacuo to remove residual solvent. One million 
PBMCs were seeded on the polymer films in DMEM supplemented with 10% FCS 
and 1% penicillin/streptomycin for 30 minutes before being rinsed with phosphate 
buffered saline (PBS). Cells were fixed using 4% paraformaldehyde/PBS and stained 
using 4’,6-diamidino-2-phenylindole (DAPI). Cell numbers were quantified per 400x 
magnified field.
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Cell recruitment in a mesofluidic device by electrospun scaffolds
Cell recruitment under pulsatile flow conditions was analyzed using a mesofluidic 
device connected to an Ibidi flow system [15]. Electrospun sheets were prepared 
from CE-UPy-PLLCL with UPy-SDF-1α(R) peptide or UPy-SDF-1α(NR) peptide, and 
compared to pristine CE-UPy-PLLCL. In order to achieve a physiologically relevant 
cell concentration, 5 07 PBMCs were resuspended in 10 mL medium for each flow-
chamber. A dual syringe-pump created a unidirectional flow by applying continuous 
pressure at 120 mmHg. A pulsatile flow was created by intermittent mechanical 
pinching of the inlet tube. Electrospun meshes (10x15 mm) where placed in a custom 
designed chamber, allowing flow to pass underneath the material. After 2 or 14 hours 
the circulation was stopped and the electrospun material was collected along with the 
non-adhering cells in the medium. 

In vivo evaluation of peptide-containing electrospun grafts
All procedures were approved by the institutional Animal Care and Use Committee 
of the University of Utrecht, the Netherlands. Eighteen healthy male Sprague 
Dawley rats (350-450 gram), purchased from Charles River Laboratories received an 
electrospun aortic interposition graft. Rats were divided in three groups: the first 
group received a graft composed from CE-UPy-PLLCL material with UPy-SDF-1α(R) 
peptide, the second group received the same graft but with UPy-SDF-1α(NR) peptide, 
and the third group served as a control group receiving scaffolds of pristine CE-UPy-
PLLCL (n=6 per group). Grafts were explanted at day 1 (n=9) or day 7 (n=9). To inhibit 
transmural and transanastomotic ingrowth of cells within the first week, all grafts were 
shielded with Gore-Tex®: Distally and proximally of each electrospun graft an end-to-
end anastomosis was made to a 4x10 mm2 impenetrable Gore-Tex strip (Preclude 
Pericardial Membrane; Gore Medical). In addition to shielding the anastomoses, Gore-
Tex was also wrapped around the grafts creating a barrier for cells migrating from the 
adjacent tissue. Animals were anaesthetized using isoflurane gas. Explants were cut in 
half and fixed in 10% formalin for immunohistochemistry and Trizol for qPCR. 

Immunohistochemistry
In vitro samples were fixed in 3.7% formaldehyde/PBS and blocked in PBS/BSA 2% 
for 1 hour, after which primary antibodies against CD3 and CD14 (Serotec) were 
incubated for 1 hour at room temperature. Secondary antibodies (goat anti rabbit-
cy5, goat anti mouse AF568) were incubated for 1 hour at room temperature shielded 
from the light. Nuclei were stained with DAPI for 10 minutes in the dark. Confocal 
microscopy (Zeiss LSM700) was used to image the cells. Cell numbers were quantified 
per 40x magnification. For in vivo samples, before pre-embedding in 1% (w/v) 
agar (Eurogentec), explants were fixed in 10% formalin followed by embedding in 
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paraffin. Consecutive 4 µm sections were stained with Mayer’s hematoxylin and eosin 
(H&E). Immunohistochemical stainings were performed after deparaffinization and 
dehydration. Sections were stained for CD3, CD68, CD34 and aSMA. Investigators were 
blinded to the experimental groups and the time point of explantation. Photographs 
were taken using a Nikon E800 microscope with ACT-1 software. Cellularity was 
studied under high-power magnification (high-power field, 40x objective lens; area 
comprising 0.034 mm2). Using ImageJ software, the total number of cells in 4 random 
hpf areas per graft was manually counted. Area of positive staining was measured as a 
percentage of the total from binarised images.

qPCR
Total RNA was extracted using Trizol according to the manufacturer’s protocol (TRIzol, 
cat#10296-010, Invitrogen, Life Technologies Europe BV, Bleiswijk, the Netherlands). 
The electrospun mesh was homogenized in Trizol using a Precellys 24 tissue 
homogenizer (Precellys, Bertin Technologies, Aix-en Provence, France). cDNA was 
synthesized using iScript according to the manufacturer’s protocol (iScript, Cat#170-
8891, Bio-Rad, Hercules, California, United States). qPCR was analyzed using the delta-
delta CT method, normalized to P0 expression.

Statistics
Data are presented as mean ± standard deviation. Statistical analysis was performed 
using one-way analysis of variance (ANOVA) with post-hoc Tukey or post-hoc Dunnett 
test, student’s T test and Mann-Whitney test where appropriate. P value <0.05 was 
considered statistically significant. 

RESULTS

Synthetic SDF-1α-derived peptides are biologically active through CXCR4 and are resistant 
to proteolytic degradation by MMP2
The ability of the SDF-1α-derived peptides to induce receptor-mediated migration 
was analyzed to confirm biological activity though the SDF-1α-CXCR4 axis. In a Boyden 
chamber migration assay both SDF-1α(R) and SDF-1α(NR) peptides induced significant 
migration of PBMCs compared to the non-peptide control condition and to a similar 
degree to full-length SDF-1α. Pre-incubation of PBMCs with the CXCR4-specific 
antagonist AMD-3100 significantly reduced the number of migrating cells (Figure 2A). 
This indicates that the short peptides retain their receptor-mediated SDF-1α activity. 
Sensitivity to proteolytic degradation by matrix metalloproteinases was studied via 
incubation of GGSKPVSLSYR and GGSKPVVLSYR peptides in the presence of MMP-2. 
MMP-2 is known to selectively hydrolyze the peptide bond between the serine and 



Chapter 5  85

valine residues within the SDF peptide, yielding a LSYR-peptide fragment with a typical 
molecular weight of 537.3 Da. LC-MS analysis of the GGSKPVSLSYR-peptide revealed a 
distinct peak in the chromatogram after proteolytic degradation, corresponding to the 
LSYR-fragment at 537.3 Da, which was not observed prior to incubation with MMP-2. 
The LSYR-fragment was also found after exposure of the GGSKPVVLSYR to MMP-2, but 
at levels close to the detection limit of the LC-MS apparatus, and therefore considered 
non-significant (Supplemental Figure 1). 
The adhesion of PBMCs to films modified with the UPy-SDF-1α-derived peptides was 
studied by culturing the cells for 30 minutes on these materials. On films containing 
the UPy-SDF-1α(R) peptides significantly more PBMCs were adhered (Figure 2B) 
compared to pristine CE-UPy-PLLCL.The UPy-SDF-1α(NR) peptides showed a similar 
trend for more adhered PBMCs though no statistical significance was found (Figure 
2B). Together these results demonstrate that substitution of the serine residue with a 
valine indeed abolished rapid proteolytic degradation of the SDF-1α-derived peptides, 
and that the peptides retained their activity after incorporation into UPy-PLLCL. 

Electrospun fibers functionalized with UPy-SDF-1α(R) peptides or UPy-SDF-1α(NR) 
peptides retain lymphocytes under pulsatile flow conditions in vitro and reduce 
inflammatory protein expression.
SEM analysis of the electrospun meshed showed a fiber diameter of 2.3 µm (± 0.3µm) for 
both peptide materials and 3.2 µm (±0.4 µm) for control CE-UPy-PLLCL (Supplemental 

Figure 2 – A: Migration assay. Specific CXCR4 inhibition by incubating cells with the specific 
receptor antagonist AMD3100 abrogates migration to UPy-SDF-1α(NR) and UPy-SDF-1α(R) 
peptides similarly to full length (FL) SDF-1α. N=3. B: Adhesion assay. Cells were allowed to adhere 
to UPy-PLLCL surfaces modified with UPy-SDF-1α(NR), UPy-SDF-1α(R), or to the pristine polymer 
surface (CE-UPy-PLLCL). Nuclei were counted per high-power field. CE-UPy-PLLCL with UPy-SDF-
1α(R) adhered significantly more PBMCs. P=0.007, N=6.
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Figure 2), which enables cells to migrate into the mesh [16]. Electrospun meshes were 
exposed to a physiological concentration of 5x10⁶ cells/mL of PBMCs in a custom-
designed bioreactor under an unidirectional pulsatile flow [15]. Both the CE-UPy-
PLLCL/UPy-SDF-1α(R) peptide scaffold and pristine material, analyzed by SEM, showed 
cellular adhesion throughout the fibers (Figure 3). The cells appeared flattened and 
well-adhered with some cells showing a round morphology. Confocal microscopy on 
the lymphocyte marker CD3 and the monocyte marker CD14 shows that the adhering 
cells after 2 hours of flow were predominantly lymphocytes and monocytes with no 
significant differences between materials (supplemental Figure 3). After 14 hours of 
flow, however, markedly more CD3+ lymphocytes and less CD14+ monocytes were 
found in both UPy-SDF-1α(R) peptide and UPy-SDF-1α(NR) peptide materials (Figure 
4), indicating a specific retention of lymphocytes by the peptides after 14 hours. 
After 2 hours of flow, analysis by qPCR showed a significantly higher expression of 
CD3 (a lymphocyte marker) and CD8 (a cytotoxic t-cell marker) in the UPy-SDF-
1α(R) modified material indicating an initial predominance of cytotoxic t-cells 
(supplemental Figure 3). This pattern changed after 14 hours when there was a 
significantly higher expression of CD4 (a t-helper cell marker) while the expression 
of CD8 was lower. At this time point a trend for higher expression of CD3 in peptide 
materials was found, consistent with the immunohistological stainings. This implies an 
enhanced recruitment of t-helper cells (Figure 4) in peptide-functionalized scaffolds. 

Figure 3 – SEM of electrospun meshes after 14 hours of exposure to PBMCs under pulsatile flow 
in vitro. Cells adhere to the fibers.
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Figure 4 – A: Significantly more CD3+ cells were found in electrospun meshes after 14 hours 
of exposure to human PBMCs under pulsatile flow in vitro and B: Significantly less CD14+ cells 
were found in both peptide containing materials. N=4 C: Representative images from confocal 
microscopy. Red: CD14 Green: CD3 and Blue: nuclei/fibers (background). D: Gene expression 
in adhering cells after 14 hours in pulsatile flow. qPCR of cells adhered to electrospun meshes 
after 14 hours in pulsatile flow conditions. There was a significantly higher expression of CD4+ 
and and a trend for more CXCR4 in peptide-functionalized materials, and significantly lower 
expression of CD25, MCP-1 and TNF. No expression of CD68 was detected.
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In addition, we found significantly lower expression of the inflammatory proteins 
MCP-1 and TNFα in peptide material after 14 hours but not after 2 hours. Concordantly 
the expression of the lymphocyte activation marker CD25 was significantly lowered 
at this time point. ELISA performed on the circulating medium showed no significant 
differences between protein concentrations of anti-inflammatory protein IL10 and 
pro-inflammatory protein TNFα after 14 hours (supplemental Figure 4).

UPy-SDF-1α peptides increase cellularization in electrospun vascular grafts in vivo
Electrospun tubular scaffolds were implanted into interposition grafts in rat abdominal 
aortas and explanted for histological analysis after 24 hours and 7 days. After 24 hours, 
predominantly granulocytes and macrophages had infiltrated the scaffold, based on 
cell morphology. After 7 days cellularity had increased to 89 ± 15 cells per (high power 
field) hpf in material with UPy-SDF-1α(NR) and 88 ± 6 cells per hpf in material with 
UPy-SDF-1α(R) while the control group showed 51 ± 12 cells per hpf. This increased 
cellularity was significant at day 7 in material with UPy-SDF-1α(NR) (p = 0.03) and 
material with UPy-SDF-1α(R) (p = 0.02) compared to the control group (Figure 5). At 
this time point the cells were predominantly present in deeper layers of both peptide 

Figure 5 – A; In vivo cellularization. Peptide-functionalized materials show deeper cellular 
penetration through the graft after 7 days while control material shows cellularization remains 
close to the lumen (bottom of picture). Cellularity and CD68+ cells in graft material after 1 and 
7 days of implantation into rat abdominal aorta interposition grafts. Cellularity and CD68+ cell 
count is significantly raised in both peptide-functionalized materials after 7 days. 
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materials while control material showed most cells near the luminal side indicating 
that the peptides influenced cell migration (Figure 5). For this in vivo analysis CD68 
was used as a macrophage marker. The amount of CD68+ cells was also significantly 
higher at day 7 in UPy-SDF-1α(NR) material compared to the control group (p = 0.02) 
(Figure 5), having increased to 2.53% ± 0.53% in material with UPy-SDF-1α(NR) and 
2.35 % ± 1.15% in material with UPy-SDF-1α(R) compared to 0.07% ± 0.01 % in the 
control group. No CD3+ cells were detected by immunohistochemistry. There was a 
trend for higher number of CD34 and αSMA positive cells in both peptide-containing 
materials after 7 days, though no significant differences were found (supplemental 
Figure 5). 

DISCUSSION 

Previous efforts to use biofunctionalized synthetic materials for vascular grafting have 
mostly focused on ECM derived peptides such as RGD to enhance cellular adhesion 
[17]. Considering their ability to simultaneously attract and stimulate targeted cell 
populations chemokines may provide more specific biological activity. We report, 
for the first time, that the supramolecular bioactivation of a fully synthetic material 
using short peptides based on the chemokine SDF-1α can attract and stimulate cells 
into a cell-free vascular replacement graft scaffold. The supramolecular mix-and-
match approach combined with electrospinning enables control over the structural 
and biochemical properties of the graft, which can greatly influence cellular influx 
and behavior [18-20]. Electrospinning yields fibrous mesh scaffolds that form a 
3-dimensional microenvironment of microfibers that allow cellular infiltration 
throughout the graft [16]. We used a supramolecular approach to modify these 
electrospun fibers with bioactive molecules using UPy-moieties [12]. This surface 
presentation of the peptides facilitated the binding to the receptor CXCR4 and mimics 
the in vivo interaction of matrix-bound chemokines with cells in tissue damage repair 
[2]. In our in vitro analyses, specific retention of human PBMCs due to the peptides 
becomes apparent after 14 hours. In addition, expression was significantly lowered for 
the inflammatory proteins MCP-1 and TNFα after 14 hours, which indicates that the 
presence of the peptides reduces inflammatory signaling by the adhering cells in an 
early stage of cellular influx. Consistent with the chemoattractive function of SDF-1α in 
vivo, after 7 days of implantation of scaffolds in an abdominal aorta interposition graft, 
the distribution of the infiltrating cells within the graft material was more homogenous 
with deeper penetration in scaffolds containing UPy-SDF-1α(R) peptides or UPy-SDF-
1α(NR) peptides compared to control material. The additional penetration of cells 
seen in the peptide-containing materials may be due to the production of signaling 
proteins by the adhering cells induced by interaction through the CXCR4-SDF-1α 
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axis. In contrast, cell retention due to a generic immune response and hemodynamic 
pressure was restricted to the luminal side of the graft in material without peptides. 
Furthermore, the higher number of CD68+ cells and reduced number of lymphocytes 
found in-vivo differs from the higher number of lymphocytes found early timepoints 
in-vitro. It is likely that the early retention of lymphocytes found in vitro influenced the 
subsequent attraction of additional monocytes in our in vivo model, which contains a 
replenishing immune system in contrast with the in vitro model. 

Flameng et al. recently showed that pre-existing, decellularized heart valves coated 
with fibronectin and full length SDF-1α protein developed fully recellularized vascular 
tissue in vivo after 5 months in sheep, due to the presentation of the full length SDF-
1α protein by fibronectin [7]. This further illustrates that mimicking the molecular 
dynamics of chemokines is of great potential in tissue engineering strategies. 
Molecular re-design of the SDF-1α protein has previously improved applicability in 
tissue damage repair applications, but not yet tissue engineering. Enhancing the 
interaction between cells and chemokines by influencing molecular presentation is 
a promising approach to bio-activating materials. By fusing SDF-1α to a glycoprotein 
VI (GPVI)-domain, which binds to collagen, Ziegler et al. were able to increase the 
localization of intravenously injected recombinant protein to the site of myocardial 
infarction [21]. Schesny et al. exploited the resulting enhanced matrix-binding to 
incorporate it into poly(ethylene glycol) based hydrogels as a delivery tool to treat 
ischemic cardiovascular disease [22]. While the above-mentioned research focuses on 
damage repair in pre-existing living tissues, our data shows, for the first time, that SDF-
1α-derived peptides are also of great potential in enhancing developing new tissue in 
fully synthetic cell-free grafts.

In cell-free grafts, early cellularization is pivotal for neotissue formation [23]. A 
systemic response to implanted foreign material involves early invasion by monocytes, 
lymphocytes and progenitor cells from the circulation. In vivo, these cells dictate the 
inflammatory signaling environment of tissue regeneration [24,25], among others 
influencing the polarization of macrophage subtypes [26,27], which is an important 
step in the progression to a pro-tissue repair phase. There is evidence that one of 
the mechanisms in which SDF-1α induces tissue repair is through influencing the 
development of CD68 monocytes towards a pro-tissue formation phenotype [7]. The 
differentiation of monocytes into macrophages is an important step in the regulation 
of tissue development and remodeling, and is greatly influenced by signaling factors 
produced by cells in the microenvironment. In particular, alternatively activated 
macrophages, or M2 macrophages, have been associated with improved tissue 
formation in tissue engineered implanted constructs [28,29]. There is evidence that 
SDF-1α can induce the polarization of monocytes towards an M2 phenotype [30,31]. 
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Our in vivo data show that short-term implantation of UPy-SDF-1α(R) peptide or UPy-
SDF-1α(NR) peptide materials in an abdominal aorta interposition graft in rat increased 
cellularity by CD68+ monocytes after 7 days, indicating that the early signaling 
environment triggered by the peptides directly influences subsequent cellularization. 

In an inflammatory environment the presence of the enzymes MMP2 and CD26 are an 
important limiting factor of the longevity of the wild-type SDF-1α protein [8,14,32,33]. 
For this reason resistance to enzymatic degradation is highly desirable to promote 
cellular infiltration and ultimately neotissue formation over a longer period of time. 
Longer implantation time points will help to investigate the potentially prolonged 
activity of UPy-SDF-1α(R) peptides in vivo. Though we found no significant advantage 
of resistant peptides over non-resistant peptides in our early in vivo time point 
analyses, our in vitro data consistently shows a stronger effect of UPy-SDF-1α(R) over 
UPy-SDF-1α(NR). 

Our results provide a first step towards in situ cardiovascular tissue engineering 
by combining electrospinning with the advantages of supramolecular chemistry, 
through non-covalent functionalization of scaffold material with short peptides based 
on SDF-1α. Our data show that we have achieved bio-instructive scaffold materials 
that can enhance the cellularization of implanted vascular replacement grafts. Due to 
the fully synthetic approach and the versatility of the supramolecular introduction of 
bioactive molecules, we propose that our approach is highly translatable to diverse 
cardiovascular clinical applications.



92  In Situ Cardiovascular Tissue engineering

REFERENCES

[1] Kurobe H, Maxfield MW, Breuer CK, Shinoka T. Concise review: tissue-engineered vascular grafts 
for cardiac surgery: past, present, and future. Stem Cells Transl Med 2012;1:566–71. 

[2] Muylaert DEP, Fledderus JO, Bouten CVC, Dankers PYW, Verhaar MC. Combining tissue 
repair and tissue engineering; bioactivating implantable cell-free vascular scaffolds. Heart 
2014;100:1825–30. 

[3] Chong DST, Lindsey B, Dalby MJ, Gadegaard N, Seifalian AM, Hamilton G. Luminal surface 
engineering, “micro and nanopatterning”: potential for self endothelialising vascular grafts? Eur 
J Vasc Endovasc Surg 2014;47:566–76. 

[4] Dürr C, Pfeifer D, Claus R, Schmitt-Graeff A, Gerlach UV, Graeser R, et al. CXCL12 mediates 
immunosuppression in the lymphoma microenvironment after allogeneic transplantation of 
hematopoietic cells. Cancer Research 2010;70:10170–81. 

[5] Bleul CC, Fuhlbrigge RC, Casasnovas JM, Aiuti A, Springer TA. A highly efficacious lymphocyte 
chemoattractant, stromal cell-derived factor 1 (SDF-1). J Exp Med 1996;184:1101–9.

[6] Hidalgo A, Sanz-Rodríguez F, Rodríguez-Fernández JL, Albella B, Blaya C, Wright N, et al. 
Chemokine stromal cell-derived factor-1alpha modulates VLA-4 integrin-dependent adhesion 
to fibronectin and VCAM-1 on bone marrow hematopoietic progenitor cells. Exp Hematol 
2001;29:345–55.

[7] Flameng W, De Visscher G, Mesure L, Hermans H, Jashari R, Meuris B. Coating with fibronectin 
and stromal cell-derived factor-1α of decellularized homografts used for right ventricular 
outflow tract reconstruction eliminates immune response-related degeneration. The Journal of 
Thoracic and Cardiovascular Surgery 2014;147:1398–1404.e2. 

[8] Segers VFM, Tokunou T, Higgins LJ, MacGillivray C, Gannon J, Lee RT. Local delivery of protease-
resistant stromal cell derived factor-1 for stem cell recruitment after myocardial infarction. 
Circulation 2007;116:1683–92. 

[9] Yu J, Wang A, Tang Z, Henry J, Li-Ping Lee B, Zhu Y, et al. The effect of stromal cell-derived factor-
1α/heparin coating of biodegradable vascular grafts on the recruitment of both endothelial 
and smooth muscle progenitor cells for accelerated regeneration. Biomaterials 2012;33:8062–
74

[10] Sugiyama T, Kohara H, Noda M, Nagasawa T. Maintenance of the hematopoietic stem cell 
pool by CXCL12-CXCR4 chemokine signaling in bone marrow stromal cell niches. Immunity 
2006;25:977–88. 

[11] Muylaert DEP, Muylaert DE, Fledderus JO, Fledderus JO, Bouten CVC, Bouten CV, et al. 
Combining tissue repair and tissue engineering; bioactivating implantable cell-free vascular 
scaffolds. Heart 2014;100:1825–30. 

[12] Sijbesma RP, Beijer FH, Brunsveld L, Folmer BJ, Hirschberg JH, Lange RF, et al. Reversible 
polymers formed from self-complementary monomers using quadruple hydrogen bonding. 
Science 1997;278:1601–4.



Chapter 5  93

[13] Söntjens SHM, Renken RAE, van Gemert GML, Engels TAP, Bosman AW, Janssen HM, et al. 
Thermoplastic Elastomers Based on Strong and Well-Defined Hydrogen-Bonding Interactions. 
Macromolecules 2008;41:5703–8. 

[14] Segers VFM, Revin V, Wu W, Qiu H, Yan Z, Lee RT, et al. Protease-resistant stromal cell-derived 
factor-1 for the treatment of experimental peripheral artery disease. Circulation 2011;123:1306–
15. 

[15] Smits AIPM, Driessen-Mol A, Bouten CVC, Baaijens FPT. A Mesofluidics-Based Test Platform 
for Systematic Development of Scaffolds for In Situ Cardiovascular Tissue Engineering. Tissue 
Engineering Part C: Methods 2012;18:475–85. 

[16] Balguid A, Mol A, van Marion MH, Bank RA, Bouten CVC, Baaijens FPT. Tailoring fiber diameter 
in electrospun poly(epsilon-caprolactone) scaffolds for optimal cellular infiltration in 
cardiovascular tissue engineering. Tissue Eng Part A 2009;15:437–44. 

[17] Dankers PYW, Harmsen MC, Brouwer LA, van Luyn MJA, Meijer EW. A modular and 
supramolecular approach to bioactive scaffolds for tissue engineering. Nature Materials 
2005;4:568–74. 

[18] Huang NF, Li S. Regulation of the matrix microenvironment for stem cell engineering and 
regenerative medicine. Ann Biomed Eng 2011;39:1201–14. 

[19] Pu J, Yuan F, Li S, Komvopoulos K. Electrospun bilayer fibrous scaffolds for enhanced cell 
infiltration and vascularization in vivo. Acta Biomaterialia 2015;13:131–41. 

[20] Sengupta D, Waldman SD, Li S. From in vitro to in situ tissue engineering. Ann Biomed Eng 
2014;42:1537–45. 

[21] Ziegler M, Elvers M, Baumer Y, Leder C, Ochmann C, Schönberger T, et al. The bispecific SDF1-
GPVI fusion protein preserves myocardial function after transient ischemia in mice. Circulation 
2012;125:685–96. 

[22] Schesny MK, Monaghan M, Bindermann AH, Freund D, Seifert M, Eble JA, et al. Preserved 
bioactivity and tunable release of a SDF1-GPVI bi-specific protein using photo-crosslinked 
PEGda hydrogels. Biomaterials 2014;35:7180–7. 

[23] Franz S, Rammelt S, Scharnweber D, Simon JC. Immune responses to implants - a review of the 
implications for the design of immunomodulatory biomaterials. Biomaterials 2011;32:6692–
709. 

[24] Netelenbos T, Zuijderduijn S, Van Den Born J, Kessler FL, Zweegman S, Huijgens PC, et al. 
Proteoglycans guide SDF-1-induced migration of hematopoietic progenitor cells. J Leukoc Biol 
2002;72:353–62.

[25] Chen L, Mehta ND, Zhao Y, DiPietro LA. Absence of CD4 or CD8 lymphocytes changes 
infiltration of inflammatory cells and profiles of cytokine expression in skin wounds, but does 
not impair healing. Exp Dermatol 2014;23:189–94. 

[26] Weidenbusch M, Anders H-J. Tissue microenvironments define and get reinforced by 
macrophage phenotypes in homeostasis or during inflammation, repair and fibrosis. J Innate 
Immun 2012;4:463–77. 



94  In Situ Cardiovascular Tissue engineering

[27] Sica A, Mantovani A. Macrophage plasticity and polarization: in vivo veritas. J Clin Invest 
2012;122:787–95. 

[28] Brown BN, Londono R, Tottey S, Zhang L, Kukla KA, Wolf MT, et al. Macrophage phenotype as a 
predictor of constructive remodeling following the implantation of biologically derived surgical 
mesh materials. Acta Biomaterialia 2012;8:978–87. 

[29] Wang Z, Cui Y, Wang J, Yang X, Wu Y, Wang K, et al. The effect of thick fibers and large pores 
of electrospun poly(ε-caprolactone) vascular grafts on macrophage polarization and arterial 
regeneration. Biomaterials 2014;35:5700–10. 

[30] Sanchez-Martin L, Estecha A, Samaniego R, Sanchez-Ramon S, Vega MA, Sanchez-Mateos P. The 
chemokine CXCL12 regulates monocyte-macrophage differentiation and RUNX3 expression. 
Blood 2011;117:88–97. 

[31] Brenner C, Franz WM, Kühlenthal S, Kuschnerus K, Remm F, Gross L, et al. DPP-4 inhibition 
ameliorates atherosclerosis by priming monocytes into M2 macrophages. International Journal 
of Cardiology 2015;199:163–9. 

[32] Zaruba M-M, Theiss HD, Vallaster M, Mehl U, Brunner S, David R, et al. Synergy between CD26/
DPP-IV Inhibition and G-CSF Improves Cardiac Function after Acute Myocardial Infarction. Cell 
Stem Cell 2009;4:313–23. 

[33] McQuibban GA, Butler GS, Gong JH, Bendall L, Power C, Clark-Lewis I, et al. Matrix 
metalloproteinase activity inactivates the CXC chemokine stromal cell-derived factor-1. J Biol 
Chem 2001;276:43503–8. 



Chapter 6  95

Development of non-cell adhesive vascular 
grafts using supramolecular building blocks

CHAPTER 6

PUBLISHED: MACROMOLECULAR 
BIOSCIENCE

Geert C. van Almen PhD

Hanna Talacua MD

Bastiaan D. Ippel MSc

Björne B. Mollet PhD

Mellany Ramaekers PhD

Marc Simonet MSc

Anthal I.P.M. Smits PhD

Carlijn V.C. Bouten PhD

Jolanda Kluin MD PhD

Patricia Y.W. Dankers PhD PhD



96  In Situ Cardiovascular Tissue engineering

ABSTRACT

Cell-free approaches to in situ tissue engineering require materials that are 
mechanically stable and are able to control cell-adhesive behavior upon implantation. 
Here, we report the development of mechanically stable grafts with non-cell adhesive 
properties via a mix-and-match approach using ureido-pyrimidinone (UPy)-modified 
supramolecular polymers. Cell adhesion was prevented in vitro through mixing of 
end-functionalized or chain-extended UPy-polycaprolactone (UPy-PCL or CE-UPy-
PCL, respectively) with end-functionalized UPy-poly(ethylene glycol) (UPy-PEG) at 
a ratio of 90:10. Further characterization revealed intimate mixing behavior of UPy-
PCL with UPy-PEG, but poor mechanical properties, whereas CE-UPy-PCL scaffolds 
were mechanically stable. As a proof-of-concept for the use of non-cell adhesive 
supramolecular materials in vivo, electrospun vascular scaffolds were applied in an 
aortic interposition rat model, showing reduced cell infiltration in the presence of 
only 10% of UPy-PEG. Together, these results provide the first steps towards advanced 
supramolecular biomaterials for in situ vascular tissue engineering with control over 
selective cell capturing. 

INTRODUCTION 

The growing clinical need for vascular substitutes boosts the research in the area 
of vascular tissue engineering. For small caliber vascular bypass grafts, autologous 
arteries and veins are the golden standard. [1] Since they are often not available or 
suitable due to the diseased state of the vessel wall, the development of synthetic 
grafts composed of poly(tetrafluoro ethylene) (PTFE) and poly(ethylene terephthalate) 
(Dacron) gained a lot of attention. However, a major limitation of these synthetic 
grafts when used as small caliber bypass grafts, is their low patency due to intimal 
hyperplasia leading to occlusion of the graft. [2] Rapid endothelialization of the 
graft surface has been proven to reduce intimal hyperplasia. [3,4] Unfortunately, 
endothelialization of the graft in vitro prior to implantation is time-consuming and 
costly, and therefore mutually exclusive with the increasing demand for ‘off-the-shelf’ 
solutions to treat acute vascular injuries. This has marked a shift from the classical 
tissue engineering strategy, which typically requires long culturing protocols in vitro, 
[5] via the implantation of pre-seeded vascular scaffolds in vivo, [6] towards an off-
the-shelf approach using cell-free grafts that guide blood vessel formation in situ. [7]
In order to be applied successfully as a supporting scaffold for in situ vascular tissue 
engineering a biomaterial should be indistinguishable from the body, become fully 
resorbed after implantation, and interact with the biological environment to facilitate 
tissue regeneration. [8] Hence, the scaffold should be mechanically stable and 
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provide cell-specific cues to attract and capture the required cell type, and direct their 
proliferative and migratory behavior. To this end most biomaterials are designed in 
order to closely mimic the native extracellular matrix (ECM) that provides structural 
support to the tissue and forms an environmental “niche” that determines cell fate. 
[9–11] This inspired researchers to design biomaterials consisting of biopolymers 
such as collagen, fibronectin or chitosan, and the application of decellularized 
vascular constructs (reviewed in [12]). These scaffolds provide the proper biological 
environment and matrix organization, but often lack the appropriate mechanical 
properties, and show batch to batch differences. Importantly, cross-linking strategies 
to improve mechanical performance often require cytotoxic conditions limiting 
a viable interaction with cells in these grafts, and therefore their widespread use in 
the clinic (reviewed in [12]). Synthetic materials on the other hand can be tuned with 
respect to degradation kinetics and physical properties, but are sometimes conflicting 
with biocompatibility and cause undesired cellular responses that limit their patency 
and vessel formation in vivo. One strategy to enhance cell-material interactions is 
biofunctionalization of the synthetic graft via immobilization of ECM-derived peptide 
sequences at the surface. Possibly the most featured peptide sequence is Arg-Gly-
Asp (RGD), but also fibronectin-derived Pro-His-Ser-Arg-Asn (PHSRN) and Arg-Glu-
Asp-Val (REDV), collagen-derived Asp-Gly-Glu-Ala (DGEA), and laminin-related Ile-
Lys-Val-Ala-Val (IKVAV) and Tyr-Ile-Gly-Ser-Arg (YIGSR) recognition sequences have 
been incorporated into synthetic vascular scaffolds to improve graft patency [13,14] 
(reviewed in [4]). These approaches aim at inducing rapid endothelialization by 
promoting adhesion of endothelial cells and progenitor cells. Although promising 
results have been obtained, intimal hyperplasia leading to occlusion of the graft is 
often reported as a significant complication on the long term. It is posed that intimal 
hyperplasia is caused by random adhesion and migration of non-endothelial cell types 
within the graft. [15] This is not surprising, given the fact that in reality endothelial 
and circulating progenitor cells compete with various other cell types in vivo. [15] It is 
for this reason that we hypothesize that in order to fully guide the tissue engineering 
process via the recruitment of specific cell populations, we first need a non-cell 
adhesive surface to prevent immediate occlusion of the scaffold with various other 
cell types during the first phases after implantation.  
Non-cell adhesive behavior can be introduced via poly(ethylene glycol) (PEG), which 
is the most commonly used polymer to reduce cell-adhesion on biomaterial surfaces 
and has successfully been applied in vivo. [16,17] An additional advantage of PEG as 
synthetic molecule for in vivo application is its high biocompatibility resulting from 
its hydrophilic nature. [18–20] However, simply blending of non-adhesive molecules 
into the bulk may result in unstable substrates due to phase separation within the 
material ultimately causing loss of non-adhesive surface properties in time. [21] To 
overcome this problem peptide- and PEG-linker molecules are covalently immobilized 
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at the surface, which requires tedious synthetic procedures. [20] Therefore a simple 
method that enables the combination of different components to obtain a solid, 
mechanically stable, biomaterial without the need of complex preparation techniques 
is highly desirable. Supramolecular chemistry is proposed to be eminently suitable for 
the development of such controllable biomaterials, because various supramolecular 
modules can be mixed-and-matched to combine their specific properties into a single 
material. This provides a simple but powerful means to develop tunable materials 
that fulfill all requirements a biomaterial demands, based on its intended application. 
Strategies that combine multiple supramolecular units to introduce specific 
functionalities to a biomaterial are reported, but mainly involve hydrogel systems. 
[22–27] Unfortunately, their low mechanical strength make hydrogels unfavorable for 
application as a stand-alone vascular graft.
The objective of this study is to explore a modular strategy towards the development 
of a non-cell adhesive, mechanically stable material for application in vivo. To this end 
ureido-pyrimidinone (UPy)-modified. [28] polymers were created consisting of end-
modified bifunctional UPy-polycaprolactone (UPy-PCL) [29] and UPy-poly(ethylene 
glycol) (UPy-PEG), [29] and of chain-extended UPy-polycaprolactone (CE-UPy-PCL) 
[30] in which the UPy-moieties are part of the main chain (Figure 1). These UPy-groups 
are self-complementary hydrogen bonding units that are able to dimerize via four 
hydrogen bonds. [28] The reversible nature of these UPy-UPy dimers gives the material 
its dynamic properties, and importantly, enables blending of UPy-functionalized 
polymers according to a mix-and-match principle.
First a material screening approach was applied to establish the optimal ratio of UPy-PCL 
or CE-UPy-PCL to UPy-PEG that yielded a surface that sufficiently prevented adhesion 
of endothelial cells and fibroblast in vitro. [31] To this end the well-defined UPy-PCL, 
which is known to form nanofibrous structures via stacking of dimerized UPy-units and 
adjacent urea functionalities, was intimately mixed with UPy-PEG at different weight 
ratios. [32,33] In a similar manner UPy-PEG was blended with CE-UPy-PCL, that was 
proposed to be mechanically more stable, but features less well-defined nanostructures 
due to the presence of a cyclic spacer that alters the dimerization behavior between 
UPy-moieties. [34,35] The morphology and wettability of the different surfaces where 
characterized using atomic force microscopy and water contact angle measurements, 
respectively. Subsequently, the non-cell adhesive conditions of UPy-PCL and CE-
UPy-PCL with UPy-PEG where used to create two-dimensional fibrous meshes via 
electrospinning, and their mechanical performance was measured. Ultimately, as a 
proof-of-concept that non-cell adhesive supramolecular materials can be used in vivo, 
electrospun scaffolds of the mechanically strong CE-UPy-PCL were applied as vascular 
grafts in an aortic interposition model in rats followed by determination of the cellular 
ingrowth in the scaffolds at 4 and 48 h after implantation. [36]
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EXPERIMENTAL SECTION 

Supramolecular UPy-polymers
Ureido-pyrimidinone (UPy) modifi ed poly(caprolactone) (PCL) and poly(ethylene 
glycol) (PEG) polymers was used (Figure 1). Commercially available PCL-diol (2000 
g/mol) was end-functionalized or chain-extended as described previously, to obtain 
end-functionalized UPy-polycaprolactone (UPy-PCL) [29] and chain-extended UPy-
polycaprolactone (CE-UPy-PCL), [30,34] respectively. UPy-PEG was obtained via end-
functionalization of PEG (2000 g/mol) as described. [29] 

Preparation of non-cell adhesive surfaces
Drop cast supramolecular UPy-polymer surfaces were obtained via mixing of UPy-
modifi ed PCL polymers with UPy-PEG at diff erent weight ratios. CE-UPy-PCL and 
UPy-PCL were dissolved in hexafl uoroisopropanol (HFIP) (Acros Organics) (10% w/v 
solution) by stirring at room temperature for 16-24 hours. In order to fi nd the optimal 
UPy-PCL to UPy-PEG ratio UPy-PEG was added to UPy-PCL and CE-UPy-PCL at a w/w 
ratio of 95:5, 90:10, 85:15, 80:20 and 75:25 (end-functionalized or chain-extended UPy-
PCL:UPy-PEG). Each fi lm contained 5 mg UPy-polymer and was cast from a volume of 
50 µL 10% w/v polymer solution and dried overnight at room temperature followed by 
an additional 24 hours in vacuo at 40 °C. Substrates for were cast in an 8-well chamber 
slide (BD) for screening studies to identify the optimal UPy-polymer ratio, or on 13 
mm round glass coverslips (Menzel Glaser) for quantifi cation of adhered cell numbers. 
Prior to cell seeding all substrates were UV-sterilized for 30-60 minutes. Samples for 
infrared spectroscopy and water contact angle measurements were cast on 15 mm 
round glass cover slips (Menzel Glaser). Substrates for atomic force microcopy (AFM) 
were prepared in a similar manner and cast onto 15 mm round glass cover slips from 1 
mg per mL polymer solutions in HFIP. 

Figure 1 – Supramolecular UPy-modifi ed PCL en PEG polymers. The self-complementary UPy-
moiety was coupled to prepolymers of PCL (2000 g/mol) and PEG (2000 g/mol) to obtain end-
functionalized UPy-PCL (top), chain-extended CE-UPy-PCL (middle), and end-functionalized 
UPy-PEG (bottom).
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Cell adhesion studies in vitro
Human umbilical vein endothelial cells (HUVEC) and mouse fibroblasts (NIH/3T3) 
were seeded on the polymer surfaces to identify non-cell adhesive conditions 
in vitro. Cell studies were performed at a density of 3-3.5×104 cells per cm2 under 
standard culturing conditions at 37 °C and 5% CO2. HUVEC were obtained from 
Lonza and cultured according to the manufacturer’s protocol; i.e. in EGM-2 medium 
supplemented with the required growth factors and antibiotics (EGM-2 Single 
Quots Bullitkit). 3T3 fibroblasts were cultured in Dulbecco’s Modified Eagle Medium 
(DMEM), supplemented with 10% v/v fetal bovine serum (FBS) and 1% v/v penicillin 
and streptomycin (Invitrogen). In order to examine stability of the films and non-cell 
adhesive responses to a range of UPy-polymer blends containing varying amounts 
of UPy-PEG (0-25% w/w UPy-PEG) phase contrast images were made at 4 and 24 
hours after seeding, using a Zeiss Axiovert40C microscope equipped with a Canon 
PowerShot A650IS digital camera. Next, the number of adhering cells was evaluated 
and quantified for the polymer substrates that showed non-cell adhesive behavior 
and remained stable under culturing conditions. To this end, cytoskeletal actin fibers 
were stained with phalloidin 1, 3, and 7 days after seeding. HUVEC and NIH/3T3 
fibroblasts were fixed for 15 minutes with 3.7% formaldehyde solution in phosphate 
buffered saline (PBS) at room temperature. After additional washing with PBS, cells 
were permeabilized and blocked for aspecific binding with 0.1% Triton X-100 and 4% 
normal horse serum in PBS, followed by incubation with Phalloidin Atto-488 (Sigma-
Aldrich, dilution 1:500 in PBS) for 30 minutes at room temperature. Cell nuclei were 
counterstained with 4’-6-diamidino-2-phenylindole (DAPI) (Invitrogen). Samples were 
mounted with Mowiol (Sigma) and analyzed with a Zeiss Axiovert 200M microscope and 
AxioVision software for quantification, and with two-photon confocal laser scanning 
microscopy (Zeiss LSM510 META NLO) and ZEN software for qualitative analysis. Cell 
nuclei were counted using MatLab (MathWorks, R2013b) to determine the number 
of adhered cells on the different polymer substrates. Three separate surfaces of each 
UPy-polymer blend were analyzed. The cell number of each individual substrate was 
determined from five different regions on that surface. 

Atomic force microscopy
The morphology of the non-cell adhesive surfaces containing either end-functionalized 
or chain extended UPy-PCL mixed with 10% UPy-PEG, was studied using AFM, and 
compared to that of films cast from pristine UPy-PCL, CE-UPy-PCL, or UPy-PEG. AFM 
measurements were performed on a Digital Instrument Multimode Nanoscopy IV 
using PPP-NCHR-50 silicon cantilever tips in tapping mode at a scan rate of 1 Hz. After 
substrate preparation drop cast polymer surfaces were stored at room temperature 
under standard laboratory conditions for 1 week before AFM analysis was performed. 
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Infrared spectroscopy
Infrared (IR) spectra of end-functionalized and chain-extended UPy-PCL:UPy-PEG 
blends were recorded on a Fourier transformed infrared spectrometer (Perkin Elmer 
Spectrum Two, with a Universal ATR sampling Accessory and diamond crystal) in the 
range of 1400-1000 cm-1 at a resolution of 4 cm-1. 

Water contact angle measurements
Water contact angle measurements were performed on an OCA30 contact angle 
system from DataPhysics in combination with SCA20 software to examine the 
wettability of the UPy-polymer surfaces. Water droplets with a volume of 5 µL were 
applied at a dosing rate of 1 µL per minute to UPy-PCL and CE-UPy-PCL substrates with 
increasing percentages of UPy-PEG. Contact angles were determined at the polymer-
air-water interface after 60 seconds. Three a samples were measured per condition 
and presented as the mean ± standard error of the mean (SEM)

Erosion of UPy-PEG: release experiments
The erosion of UPy-PEG from UPy-PCL:UPy-PEG, and CE-UPy-PCL:UPy-PEG mixtures 
(weight ratio of 90:10), was determined in an aqueous environment. Drop cast films 
with a total polymer content of 5 mg were prepared from 10% w/v polymer solutions in 
HFIP, similar to the surfaces used for the in vitro cell adhesion studies, and subsequently 
exposed to 1 mL of water at 37 °C for 24 hours. Dissolution of UPy-PEG from the bulk 
into the aqueous phase was determined by measuring the UV-absorbance of the UPy-
moiety at 220 nm on a Varian Cary 50 Scan UV-visible Spectrophotometer. A dilution 
series ranging from 2 µg/mL to 100 µg/mL of UPy-PEG was prepared, and confirmed 
a linear correlation between the concentration of UPy-PEG and the UV-absorbance. 
Next, samples were diluted accordingly, and the UPy-PEG concentration was deducted 
from the measured UV-absorbance with respect to the applied dilution factor. 

Preparation of electrospun meshes
Meshes with approximately 1-5 µm thick fibers were electrospun from end-
functionalized and chain-extended UPy-PCL polymers with and without UPy-PEG 
using an in-house build electrospin setup. UPy-PCL meshes were prepared from 15% 
w/w polymer solution in HFIP. To create the mixed scaffold UPy-PEG was mixed with 
UPy-PCL in a 90:10 w/w ratio (UPy-PCL:UPy-PEG) and electrospun from a 25% w/w 
polymer solution in HFIP. Both polymer solutions were electrospun at 18.5 kV, using 
a feed-rate of 0.020 mL per minute and a tip-to-target distance of 12 cm. CE-UPy-PCL 
polymers were dissolved in a mixture of dichloromethane (DCM) and ethanol (EtOH) 
(volume ratio 3:1) to a 10% w/w polymer solution. In a similar manner UPy-PEG was 
mixed with CE-UPy-PCL in a 90:10 w/w ratio (CE-UPy-PCL:UPy-PEG) and dissolved 
in DCM/EtOH (10% w/w polymer solution). CE-UPy-PCL and CE-UPy-PCL:UPy-PEG 
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materials were spun at 12 kV, using a feed-rate of 0.025 mL per minute and a tip-to-
target distance of 15 cm. Fibers were deposited on a static, grounded collector plate 
that was covered with a polyethylene film to enable facile removal of the electrospun 
scaffold. Subsequently the scaffolds were dried in vacuo at 40 °C for 16-24 hours to 
remove residual solvent. Scaffold morphology was examined with scanning electron 
microscopy imaging using a FEI Quanta 600 and Xt Microscope Control software. 
Samples of comparable size and thickness were fixed on a metal stub using adhesive 
conductive carbon tape, and imaged under high vacuum (<1.3×10-4 mbar) conditions. 
Secondary electrons were detected with an accelerating voltage of 1-2 kV and a 
working distance of 10 mm.

Mechanical characterization of electrospun meshes
Mechanical performance of the UPy-PCL and CE-UPy-PCL scaffolds with and without 
UPy-PEG was measured using a Biotester biaxial tensile tester (CellScale Biomaterial 
Testing) in air at room temperature. Local strains were determined using particle 
tracking of randomly applied graphite spots. Prior to tensile testing 7×7 mm samples 
were preconditioned with 10 cycles of 10% uniaxial strain in x- and y-direction 
sequentially, followed by similar straining conditions in biaxial direction and 60 
seconds recovery between the straining protocols. After preconditioning, the Young’s 
moduli in both x- and y-direction were determined from uniaxial tensile tests up to 
10% strain, followed by equibiaxial straining at 25% to determine the yield point, 
and study the isotropic behavior of electrospun scaffolds. The Young’s moduli were 
determined from the linear elastic region of the stress-strain curves, using the local 
strains.

Electrospinning of tubular grafts
Tubular scaffolds of CE-UPy-PCL and CE-UPy-PCL:UPy-PEG (mixed at weight ratio of 
90:10) were prepared from 15% w/w polymer solutions in a mixture of dichloromethane 
(DCM) and ethanol (EtOH) (volume ratio 3:1). All scaffolds were electrospun in a climate-
controlled electrospinnnig cabinet (IME Technology, Geldrop, the Netherlands) 
equipped with a 14G nozzle and target rod (2×100 mm) rotating at 100 rpm to obtain 
a tube-like vascular graft with an internal diameter of 2 mm. CE-UPy-PCL and CE-UPy-
PCL:UPy-PEG grafts were electrospun at 18 kV and 15 kV, respectively. The polymer 
solution feed-rate was 0.010 mL per minute and the tip-to-target distance was 15 cm. 
Electrospinning conditions were controlled at a temperature of 23 °C and 35% relative 
humidity. The fibrous nature and fiber diameter of the tubular scaffolds were examined 
with scanning electron microscopy (SEM) as described in the previous section.
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Non-cell adhesive behavior of CE-UPy-PCL:UPy-PEG scaffold 
materials in vivo
In order to study the biocompatibility and non-cell adhesive behavior in vivo, 
electrospun tubular grafts from CE-UPy-PCL with and without UPy-PEG were 
implanted, and evaluated in a vascular interposition model in rats. [36] All animal 
studies were approved by the Institutional Animal Research Committee and conform 
to the guidelines for the use of laboratory animals as formulated by the Dutch law 
on care and use of experimental animals. Prior to surgery all rats were sedated with 
2% isoflurane and received buprenorphine as post-operatively analgesia. Scaffolds 
of CE-UPy-PCL with 10% w/w UPy-PEG were placed in the abdominal aorta between 
the renal arteries and the aortic bifurcation. Control animals received a vascular graft 
consisting of pristine CE-UPy-PCL. n=4 per group were evaluated. A Gore-Tex® sheet 
separated the scaffold from the adjacent vasculature and surrounding tissues to 
inhibit the influx of non-circulating cells. Cellular infiltration and scaffold morphology 
were examined 4 and 48 hours after implantation and compared to CE-UPy-PCL 
control grafts. Immediately after explantation, grafts were rinsed with sodium chloride 
solution and fixed in 10% formalin for 24 hours, followed by pre-embedding in 1% 
(w/v) agar (Eurogentec). Paraffin embedded grafts were cut into 4 µm thick cross-
sections and immunohistochemically stained with primary antibodies against CD68 
(Serotec, MCA341GA, dilution 1:400) and myeloperoxidase (MPO) (Dako, A398, dilution 
1:2000), followed by 2 hours incubation with the secondary antibodies poly-HRP-
conjugated anti-mouse (Immunologic) to detect CD68 and poly-HRP-conjugated anti-
rabbit (Immunologic) for MPO detection. The number of cells residing in the scaffold 
was quantified from hematoxylin and eosin (HE) stained tissue sections. Additionally, 
the number of MPO positive granulocytes and CD68+ macrophages was examined 
to determine the inflammatory response. For histochemical analyses 4 representative 
areas were examined per tissue section at 400× magnification and quantified using 
ImageJ software.

Statistical analysis
Data are presented as mean and standard error of the mean (SEM). Student t-test 
was performed using GraphPad Prism software to compare experimental groups. A 
difference with a p value less than 0.05 was considered statistically significant. 

RESULTS AND DISCUSSION

Identification of non-cell adhesive conditions in vitro
By functionalization of PCL and PEG with UPy-units this study aimed at developing 
non-cell adhesive surfaces for cells by simple mixing of these two UPy-polymers (Figure 
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1). It was proposed that both polymers intimately mix because of the presence of the 
UPy-units in both polymers. In order to determine the optimal UPy-modified PCL:UPy-
PEG ratio that prevented cell adhesion, UPy-PEG and one of each UPy-modified PCL 
polymer were mixed at various weight ratios; i.e. 95:5, 90:10, 85:15, 80:20, and 75:25 
for either UPy-PCL or CE-UPy-PCL to UPy-PEG. Phase contrast microscopy showed 
impaired cell adhesion of HUVEC and 3T3 fibroblasts to UPy-PCL and CE-UPy-PCL 
substrates containing 10% w/w UPy-PEG within the first 4 to 24 hours after seeding. 
(Supplemental Figure 1 and 2). Moreover, increasing the UPy-PEG content to 15% w/w 
or 20% w/w did not seem to further suppress cell adhesion, and at 25% w/w of UPy-
PEG large clusters of aggregated non-adhered cells were observed in both UPy-PCL 
and CE-UPy-PCL films (Supplemental Figure 1 and 2). Note that the opaqueness of the 
CE-UPy-PCL films limits the analysis of cell adhesive behavior on these surfaces from 
phase contrast images (Supplemental Figure 1 and 2). Importantly, we also observed 
large holes in the films containing 20% w/w or more UPy-PEG within 24 hours, 
especially for CE-UPy-PCL:UPy-PEG mixtures. This implies that the presence of UPy-
PEG in the CE-UPy-PCL films affected their stability by causing disintegration of the 
films at higher percentages of UPy-PEG in aqueous environment (Supplemental Figure 
1). Therefore, it is proposed that the optimal non-cell adhesive surface comprises of 

UPy-PCL UPy-PCL:
UPy-PEG

CE-UPy-PCL CE-UPy-PCL:
UPy-PEG

HUVEC

1 day 148 ± 11 0017 ± 5* 192 ± 33 099 ± 26$

3 days 158 ± 20 0059 ± 7* 155 ± 19 216 ± 23

7 days 346 ± 87 126 ± 9 286 ± 25 444 ± 81

fibroblast

1 day 413 ± 44 0015 ± 8* 365 ± 75 042 ± 3#

3 days n.d. 006 ± 2 n.d. n.d.

7 days n.d. 030 ± 5 n.d. n.d.

The number of adhered HUVEC and 3T3 fibroblasts was determined at five different locations per 
substrate. After three days, fibroblasts entered a super-confluent stage on UPy-PCL, CE-UPy-PCL, 
and CE-UPy-PCL:UPy-PEG and formed a dense multilayer for which the cell number could not 
be quantified reliebly and was therefore indicated as not determined (n.d.). N=3 substrates per 
condition. Data are presented as mean ± S.E.M. cells/mm2. *P ≤ 0.05 vs UPy-PCL; #P ≤ 0.05 vs CE-UPy-
PCL; and $P = 0.1 vs CE-UPy-PCL

Table 1 – Cell adhesion of HUVEC and 3T3 fibroblasts to UPy-modified PCL substrates with and 
without UPy-PEG 
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the lowest percentage of UPy-PEG which still suffi  ciently prevents cell adhesion, but 
renders a stable material, which was considered at a 90:10 w/w ratio of UPy-modifi ed 
PCL:UPy-PEG. In order to investigate whether these substrates maintain their non-cell 
adhesive properties over the course of one week, cell adhesion was determined 1, 
3, and 7 days after seeding. After one day the number of adhered HUVEC and 3T3 
fi broblasts on UPy-PEG containing surfaces was reduced compared to substrates 
of UPy-PCL and CE-UPy-PCL alone (Table 1). Additional actin-phalloidin staining 
revealed the formation of multiple actin-fi bers in HUVEC and 3T3 fi broblasts grown 
on pristine UPy-PCL and CE-UPy-PCL, whereas the few HUVEC and 3T3 fi broblasts that 
remained at the fi lms containing UPy-PEG lack the formation of these fi bers (Figure 2 
and 3). Instead, cells grown on UPy-PEG modifi ed surfaces show impaired cytoskeletal 
organization and the formation of multiple actin-rich lamellopodia, which hallmarks 
non-adhered cells (Figure 2 and 3). Importantly, this non-cell adhesive behavior was 
maintained after 3 and 7 days for UPy-PCL:UPy-PEG, but not for CE-UPy-PCL:UPy-
PEG. After 3 and 7 days the number of residing HUVEC was not signifi cantly diff erent 

Figure 2 – Characterization of cytoskeletal actin organization. Fluorescent actin phalloidin 
staining of human umbilical vein endothelial cells (HUVEC) 1, 3, and 7 days after seeding on UPy-
PCL and CE-UPy-PCL drop cast fi lms. UPy-PCL:UPy-PEG and CE-UPy-PCL:UPy-PEG were prepared 
at a weight ratio of 90:10. Scale bars represent 50 µm.
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between pristine CE-UPy-PCL and CE-UPy-PCL:UPy-PEG (Table 1). This indicates that 
CE-UPy-PCL:UPy-PEG loses its non-cell adhesive properties within the fi rst 3 days. This 
might be related to the disintegration of these substrates after incorporation of UPy-
PEG, whereas the UPy-PCL:UPy-PEG blend shows stable non-cell adhesive behavior 
over the course of 7 days. Moreover, these eff ects were even more pronounced for 
3T3 fi broblasts, that showed a rapid increase in cell number between day 1 and day 3 
resulting in the formation of a dense multilayer of fi broblasts on UPy-PCL, CE-UPy-PCL 
and CE-UPy-PCL:UPy-PEG, but not on UPy-PEG modifi ed UPy-PCL surfaces (Figure 3). 
The overgrowth of 3T3 fi broblasts observed after 3 and 7 days is related to the lack of 
contact inhibition in this cell type and impeded a reliable quantitative analysis of the 
number of adhered cells (Table 1). 
Considering the above, it is concluded that simple mixing of UPy-modifi ed PCL 
polymers with UPy-PEG at a ratio of 90:10 (UPy-PCL:UPy-PEG) is feasible to create 
stable surfaces that prevent initial cell adhesion within the fi rst 24 hours in vitro. 
However the long-term non-cell adhesive eff ects of the UPy-polymer blends seem to 

Figure 3 – Characterization of cytoskeletal actin organization. Fluorescent actin phalloidin 
staining of 3T3 fi broblasts 1, 3, and 7 days after seeding on UPy-PCL and CE-UPy-PCL drop cast 
fi lms. UPy-PCL:UPy-PEG and CE-UPy-PCL:UPy-PEG were prepared at a weight ratio of 90:10. Scale 
bars represent 50 µm.
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depend on the nature of the UPy-modifi ed PCL polymer; i.e. a mixture of UPy-PEG with 
the well-defi ned end-functionalized UPy-PCL showed a prolonged non-cell adhesive 
eff ect as compared to a polymer blend comprising the less well-defi ned CE-UPy-PCL. 
Nevertheless, these fi ndings are in line with other studies that also reported non-cell 
adhesive behavior after grafting of PEG onto a surface in vitro [37,38] or as a stent 
surface coating to prevent unwanted cell-material interactions after implantation. 
[39,40]
Alternatively, block copolymers that comprise a PEG segment allow easy processing 
into fi brous substrates. The fi rst study to address this problem was performed by 
Grafahrend et al. who demonstrated non-cell adhesive properties of electrospun 
fi brous substrates that were created from a block copolymer of poly(ethylene glycol)-
block-poly(ε-caprolactone). [41] They also showed that introduction of a amphiphilic 
macromolecule based on star-shaped poly(ethylene oxide) into poly(D,L-lactide-
co-glycolide) meshes suppressed cell material interactions in vitro due to increased 
hydrophilicity of the electrospun fi bers. [42] Furthermore, supramolecular host-guest 
chemistry based on cyclodextrin-adamantane complexes has recently been shown 
to be suitable to fi ne-tune the cell-adhesive properties of a PCL substrate in vitro by 
simple adjusting the complexation ratio of adamantane-functionalized PEG to the 
cyclodextrin immobilized surface. [43]

Figure 4 – (A) Atomic force microscopy phase images of pristine UPy-PCL, CE-UPy-PCL and 
UPy-PEG drop cast surfaces, and of both UPy-modifi ed PCL polymers mixed with 10% UPy-PEG. 
Scale bars represent 500 nm (B) Erosion of UPy-PEG from UPy-modifi ed PCL:UPy-PEG drop cast 
substrates in water after 24 hours. Erosion of UPy-PEG is presented relative to the bulk (5 mg 
of total UPy-polymer was used per drop cast). Data are presented as mean ± S.E.M. All UPy-
modifi ed PCL:UPy-PEG surfaces were prepared at a weight ratio of 90:10.
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Characterization of supramolecular UPy-polymer surfaces
After identification of the optimal UPy-PCL or CE-UPy-PCL to UPy-PEG ratio (90:10) 
that prevented cell adhesion in vitro, the morphology of these non-cell adhesive 
surfaces was characterized. AFM micrographs of UPy-PCL and UPy-PEG showed 
nanofibrous structures which are composed of UPy-dimers that are stacked in the 
lateral direction via π-π interactions and additional hydrogen bonding between 
the urea groups (Figure 4a, height images are presented in Supplemental Figure 3). 
[33,44] Similar nanofibrous structures were observed upon mixing of UPy-PCL with 
10% UPy-PEG suggesting that both UPy-polymers are supramolecularly mixed (Figure 
4a). On the contrary, the surface of CE-UPy-PCL films was characterized by large 
PCL crystalline domains, lacking a fibrous morphology (Figure 4a). This implied that 
the UPy-moieties did not assemble into nanofibers. It is proposed that in this case 
inter- and intramolecular UPy-dimerization occurred that resulted in the formation of 
less well-defined small aggregates that were not visible with AFM. This is proposed 
to be due to the cyclic isophorone spacer and the ability of PCL to crystallize. [35] 
Importantly, upon introduction of UPy-PEG in CE-UPy-PCL small nanofibers were 
observed (Figure 4a). This showed that either UPy-PEG induced fiber formation in CE-
UPy-PCL by co-assembly, or that both UPy-polymers phase separated, and UPy-PEG 
thereby assembled in nanofibers that became visible at the surface. This data suggests 
that UPy-PCL and UPy-PEG can be supramolecularly mixed, whereas CE-UPy-PCL and 
UPy-PEG are less well mixed. 
The presence of UPy-PEG is determined with infrared spectroscopy showing that the 
ratio of the C-O vibrations at 1108 cm-1 and 1160 cm-1, of the ether versus ester groups, 
respectively, changes upon increasing the UPy-PEG content in both UPy-PCL and CE-
UPy-PCL (Supplemental Figure 4). This confirms the presence of UPy-PEG in both 
UPy-modified PCL polymer mixtures. Water contact angle measurements showed the 
presence of UPy-PEG at the surface by demonstrating enhanced wettability of UPy-
PCL and CE-UPy-PCL substrates when mixed with different percentages of UPy-PEG. 
Similar contact angles of 67.0±0.4° and 67.1±0.2° were obtained for the pristine UPy-
PCL and CE-UPy-PCL surfaces, respectively (Table 2). Gradually increasing the UPy-PEG 
content from 5% to 25% in end-functionalized UPy-PCL films coincided with a stepwise 
decrease in the contact angle from 52.7±0.2° to 38.9±1.1°, respectively (Table 2). The 
hydrophilic behavior of CE-UPy-PCL:UPy-PEG surfaces was characterized by a dramatic 
lowering of the contact angle upon mixing with 5% and 10% UPy-PEG, to 27.4±0.5° and 
22.2±0.6°, respectively. Increasing the UPy-PEG content to 15% or higher did not result 
in a further reduction of the contact angle (Table 2). Interestingly, surfaces comprised 
of UPy-PEG alone demonstrated a contact angle of 35.0°±1.0 which is higher than the 
contact angles reported for CE-UPy-PCL:UPy-PEG blends (Table 2). On the contrary, 
increasing the UPy-PEG content in the end-functionalized UPy-PCL materials also 
reduced the contact angles, but never below the angle reported for UPy-PEG alone 
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(Table 2). These differences in wettability between both UPy-modified PCL polymers 
after mixing with UPy-PEG are in line with the distinct morphologies of UPy-PCL and 
CE-UPy-PCL observed with AFM, and support the notion that incorporation of UPy-
PEG in the chain-extended material is different than in the end-functionalized UPy-
PCL materials.

Erosion of UPy-PEG from the surface
Cell studies showed a marked difference between UPy-PCL:UPy-PEG and CE-UPy-
PCL:UPy-PEG materials in the ability to maintain their non-cell adhesive behavior over 
time. In order to study whether the differences in morphology and wettability between 
UPy-PCL and CE-UPy-PCL affects the retention of the highly water-soluble UPy-PEG in 
the material, erosion of UPy-PEG from the bulk was examined. Importantly, UPy-PCL 
and CE-UPy-PCL are insoluble in water, indicating that the observed UV-absorbance 
correlated to dissolution of UPy-PEG (Supplemental Figure 5a-c). Importantly, less 
than 1% w/w of the total UPy-PCL:UPy-PEG material was lost due to erosion, whereas 
CE-UPy-PCL:UPy-PEG mixtures demonstrated a loss of 5.6% w/w of UPy-polymer 
(Figure 4b). Considered that UPy-modified PCL polymers are insoluble in an aqueous 
environment and films comprised of pristine UPy-PEG dissolved completely (Figure 

Water contact angle [θ] in degrees [°]a)

UPy-PCL CE-UPy-PCL

UPy-modified PCL 67.0 ± 0.4 67.1 ± 0.2

UPy-modified PCL:UPy-PEG (ratio)

95:5 52.7 ± 0.2 27.4 ± 0.5

90:10 48.0 ± 0.5 22.2 ± 0.6

85:15 41.9 ± 0.8 18.9 ± 1.0

80:20 42.6 ± 0.4 21.3 ± 0.9

75:25 38.9 ± 1.1 21.7 ± 0.8

UPy-PEG 35.0 ± 1.0

a) Contact angles are indicated as the mean angle of three different locations on a drop cast polymer 
film and the standard error of the mean. Contact angles are measured after 60 seconds. Table of 
contents entry

Table 2. Contact angle (θ) at the air-water-material interface of UPy-modified PCL:UPy-PEG 
surfaces
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4b and Supplemental Figure 5d), these data indicated that less than 6% of the total 
UPy-PEG content eroded from the UPy-PCL:UPy-PEG surface, whereas more than 56% 
of the UPy-PEG polymer was lost within 24 hours when mixed with CE-UPy-PCL (Figure 
4b). These results show that UPy-PEG is not fully retained in the material when blended 
with the chain-extended system presented here, and imply that possible phase 
separation of the two UPy-polymers contributes to dissolution of UPy-PEG from the 
surface. Mixing-and-matching of end-functionalized UPy-polymers on the other hand 
diminished erosion of UPy-PEG as a result of the intimate mixing with UPy-PCL. These 
results are in line with our cell studies showing loss of non-cell adhesive properties in 
CE-UPy-PCL:UPy-PEG substrates after 1 day. Moreover, the enhanced erosion of UPy-
PEG from CE-UPy-PCL:UPy-PEG surfaces, supports the notion that the differences in 
morphology and wettability between both UPy-modified PCL polymers after blending 
with UPy-PEG affect the performance as a non-cell adhesive material.

Mechanical performance of electrospun UPy-modified PCL:UPy-
PEG scaffolds
Successful application of a material for in situ vascular tissue engineering requires 
a fibrous scaffold that provides sufficient mechanical support after implantation. 
Therefore both pristine UPy-modified PCL polymers, and the non-cell adhesive 
mixtures identified in vitro were processed into fibrous meshes. Electrospun meshes 
of UPy-PCL and CE-UPy-PCL had a fiber diameter of 0.2-1.1 μm and 2.6-4.5 μm, 
respectively (Supplemental Figure 6a and Figure 5a, respectively). Importantly, fiber 
dimensions were not significantly changed upon mixing with 10% UPy-PEG (0.4-1.3 μm 
in mixtures with UPy-PCL, and 0.9-3.6 μm in mixtures with CE-UPy-PCL) as compared 
to meshes comprised of either pristine UPy-PCL or CE-UPy-PCL (Supplemental Figure 
6b and Figure 5b, respectively). Mechanical properties of the electrospun UPy-PCL 
and CE-UPy-PCL materials were determined via biaxial tensile testing of meshes with 
comparable size and thickness, and revealed a marked difference in the mechanical 
performance of the two UPy-polymers (Figure 5a and Supplemental Figure 6c). 
Electrospun UPy-PCL ruptured before tensile stress was applied, and therefore could 
not be measured, indicating that end-functionalized UPy-PCL materials are too brittle 
to be applied as vascular graft (Supplemental Figure 6c and d). CE-UPy-PCL meshes 
on the other hand demonstrated good mechanical properties compared to the end-
functionalized UPy-PCL scaffolds (Figure 5a and b). The Young’s modulus of CE-UPy-
PCL meshes in x- and y-direction was 11.9 MPa and 12.3 MPa, respectively, and the 
obtained yield stress was 0.6 MPa in both directions, illustrating the isotropic behavior 
of the scaffold (Supplemental Table 1). Importantly, addition of UPy-PEG to the chain-
extended material did not significantly change the mechanical performance of the 
scaffold (Figure 5b and Supplemental Table 1). These results demonstrate the poor 
mechanical properties of end-functionalized UPy-PCL meshes, and therefore favor the 
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mechanically well-performing CE-UPy-PCL material for load-bearing applications in 
vivo, such as a vascular scaff old.

Non-cell adhesive behavior of tubular grafts in vivo
Cell adhesion studies demonstrated non-cell adhesive behavior of UPy-PEG modifi ed 
materials towards HUVEC and 3T3 fi broblasts during the fi rst 24 hours in vitro. For 
application as a graft material for in situ tissue engineering it is highly desirable 
to prevent immediate population of the scaff old with non-endothelial cell types 
that compete with endothelial progenitor cells in the circulation during the acute 
phase after implantation. Moreover, it is postulated that adverse remodeling that 
leads to fi brosis and stenosis of the graft can be prevented by carefully guiding the 
immediate-early cellular response that forms the basis of the formation of functional 
endothelialized autologous vascular tissue. [15] In order to validate the application of 
our supramolecular materials in vivo, electrospun CE-UPy-PCL tubular scaff olds were 
made, and the non-cell adhesive properties of these UPy-PEG-modifi ed materials 
were examined during the fi rst phases after implantation. To this end, vascular grafts 

Figure 5 – Biaxial tensile testing of electrospun (A) CE-UPy-PCL and (B) CE-UPy-PCL:UPy-PEG and 
representative SEM images of the electrospun scaff olds (A and B, insert; scale bars represent 5 
µm). Stress-strain curves represent the average of n=4 scaff olds per condition. (C) SEM images of 
the inside (lumen) and outside of electrospun vascular grafts (top) from CE-UPy-PCL and CE-UPy-
PCL:UPy-PEG (ratio 90:10). Scale bars respresent 50 µm. 
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Figure 6 – (A) Cross sectional slices of HE stained vascular grafts after implantation for 4 and 
48 hours. Scale bars represent 500 µm. (B) Representative images of HE stained (top) and 
immunohistochemical MPO (middle) and CD68 (bottom) stained tissue sections. Scale bars 
represent 20 µm. (C) Histological analysis showed reduced cellularity in CE-UPy-PCL:UPy-PEG 
vascular grafts. Quantitative analysis of the area of (D) MPO positive granulocytes and (E) CD68+ 
macrophages relative to the total tissue area. Bar graphs represent infi ltrating cell number 
quantifi ed from 4 representative high power fi elds (hpf ) per tissue section analyzed at 400× 
magnifi cation. Data are presented as mean ± S.E.M.
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were made of the CE-UPy-PCL material and implanted as an interposition graft in 
the abdominal aorta of a rat for 4 and 48 hours. [36] Vascular grafts with an internal 
diameter of 2 millimeter were electrospun from CE-UPy-PCL and compared to non-cell 
adhesive scaffolds containing 10% UPy-PEG (Figure 5c). Electrospun vascular scaffolds 
were obtained with a fiber diameter ranging from 7.0 to 11.0 μm in CE-UPy-PCL grafts, 
and 3.9 to 7.0 μm in the UPy-PEG containing scaffolds (Figure 5c). Importantly, CE-
UPy-PCL and CE-UPy-PCL:UPy-PEG grafts demonstrated non-fused, micrometer 
thick fibers on the inner (luminal) and outer side of the scaffold, indicating an open 
fibrous structure that is preferred for vascular tissue engineering in situ (Figure 
5c). Implantation of the vascular grafts was performed successfully and all animals 
survived during the course of the study. Importantly, the scaffold provided sufficient 
strength for suturing and leak-free connection to the adjacent aortic ends, and no 
clinical signs of distant thromboemboli, such as a lowered temperature and decreased 
strength in de hind limbs, were observed upon implantation of the grafts. Macroscopic 
examination of the vascular grafts 4 and 48 hours after implantation revealed reduced 
clot formation in the presence of UPy-PEG (Figure 6a). Moreover, histological analysis 
showed significant reduction in cellularity in UPy-PEG containing grafts compared to 
pristine CE-UPy-PCL (Figure 6b and c), indicating enhanced non-cell adhesive behavior 
in the presence of UPy-PEG. In order to study whether the increased cellularity in 
CE-UPy-PCL scaffolds was related to an enhanced acute inflammatory response 
triggered by the material, the number of infiltrating granulocytes and macrophages 
was determined by immunohistochemical staining for their cell specific markers MPO 
and CD68, respectively. Quantitative analysis showed a trend towards an increased 
number of MPO and CD68 positive cells in grafts that lacked UPy-PEG, but this did 
not reach significance. Together with the low grade inflammatory response seen in 
non-cell adhesive grafts these results imply that an enhanced early immune response, 
characterized by granulocytes and macrophages, did not contribute to the higher 
cellularity observed in CE-UPy-PCL (Figure 6b, d and e). Importantly, these results are 
in line with our findings in vitro, and showed that mixing of CE-UPy-PCL with UPy-PEG 
also reduced cell adhesion in a vascular graft in vivo. Thereby, this study for the first 
time proofs the concept of a modular approach using supramolecular UPy-modified 
polymers to create a mechanically stable, non-cell adhesive biomaterial that can be 
applied in vivo by simple mixing of UPy-PEG with CE-UPy-PCL. 
After gaining control over mechanical performance and non-specific cell adhesion 
within cell-free vascular grafts, as shown in this study, incorporation of a third, 
bioactive component into our currently still non-cell adhesive supramolecular 
material is a prerequisite to ultimately enable specific bioactivation of our vascular 
scaffold. Application of the modular approach might contribute to such advanced 
biomaterials via integration of different functionalities through mixing-and-matching 
of supramolecular UPy-polymers. Importantly, previous studies from our group have 
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proven the concept of bioactivating UPy-polymer materials through the introduction 
of UPy-functionalized ECM-peptides. [29,32,45]

CONCLUSIONS

This proof-of-concept study demonstrates that a modular approach using 
supramolecular UPy-molecules provides a powerful, but simple approach to create 
non-cell adhesive scaffolds with good mechanical properties, that can be applied in 
vivo. Incorporation of a third, bioactive component that adds control over cell-specific 
material interactions is subject to current studies and opens new avenues for the 
development of advanced bioactive materials for in situ vascular tissue engineering 
in the future.
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ABSTRACT

The ultimate goal of in situ tissue engineering (TE) is an autologous tissue engineered 
substitute, which is able to grow and remodel. The implant for in situ TE should be 
biocompatible, non-thrombogenic and biodegradable. In this study we have monitored 
the in vivo degradation of synthetic vascular graft implants by using computed 
tomography (CT) scanning, while we have also investigated neo-tissue formation and 
scaffold degradation by examining explants. A modular radiopaque biomaterial was 
designed and prepared by mixing a polycaprolactone polymer modified with bisurea 
groups (PCL2000-U4U) with a novel iodinated CT contrast agent (CA) also modified with 
bisurea groups (I-U4U). Iodinated scaffolds were electrospun from a solution containing 
PCL2000-U4U and I-U4U, while reference scaffolds were spun from PCL2000-U4U only. 
Twenty-four rats received an aortic interposition graft with or without iodinated CA 
(n=12 for both test and control group). The grafts were explanted at different time 
points (t = 1 day, 2 weeks and 1 month; n=4 per group) to examine tissue formation 
by (immuno)histochemistry and to assess scaffold degradation with GPC analysis. CT 
images of implanted grafts were made before implantation (t=0) and at all three time 
points prior to termination. The iodinated grafts were clearly visible using CT, whereas 
the reference blanks were not. Over time a decrease in iodide volume and density 
was seen, while implant biodegradation was observed in explants. Histology showed 
a phased tissue formation in the examined 1-month period with comparable cellular 
content and tissue formation for both examined groups. The presented approach 
and study indicate that the biodegradation of synthetic implants for in situ TE can be 
followed non-invasively using CT. The developed CA did not appear to affect the tissue 
formation process needed for in situ TE.

INTRODUCTION 

In situ tissue engineering (TE) represents a promising new therapeutic option for 
cardiovascular diseases and has been suggested to overcome shortcomings of currently 
used prostheses. [1-3] A cell-free scaffold is implanted, and in vivo cell repopulation is 
intended. Cells differentiate at the implantation site where subsequently neo-tissue is 
formed in vivo. [4-6] While neo-tissue is formed, the scaffold degrades, and ultimately 
a native autologous substitute remains. [7] In situ TE approaches place high demands 
on the properties of the scaffold implant. The scaffold should be a highly porous, 
non-thrombogenic and biodegradable matrix, so that a 3D template is provided 
for cell adhesion, cell differentiation and tissue generation. [8] Initially, the implant 
should be able to bear all the mechanical loads and strains placed upon it, and over 
time the scaffold should degrade and disappear. Degradation of the scaffold is a key 
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element for in situ tissue engineering, as there has to be a balance between in vivo 
tissue formation and scaffold degradation. If the scaffold degrades before sufficient 
load bearing tissue is formed, failure of the scaffold implant occurs with disastrous 
consequences. Accordingly, it is important to image and monitor the degradation of 
implanted biomaterials. 
Currently, the scope of non-invasive imaging in tissue engineering is mainly focused 
on tracking cells, on characterizing tissue response and on monitoring the function or 
patency of implants. [9-11] When considering solid organic material implants that may 
be suitable for in situ cardiovascular TE, i.e. disregarding hydrogels or mineral materials, 
there are few reports on the direct in vivo visualization of the degradation of the implant 
itself. Recently, collagen scaffolds labeled with ultrasmall superparamagnetic iron 
oxide (USPIO) nanoparticles have been studied and implanted subcutaneously [12] and 
polyvinylidene fluoride (PVDF)-based textile fibers combined with USPIOs have been 
surgically implanted into sheep as arteriovenous shunts after a bioreactor cultivation 
step. [13] Both systems could be imaged with MRI, but for the collagen scaffolds no 
degradation was observed, and for the PVDF-USPIO scaffolds no degradation is to be 
expected, as PVDF is non-biodegradable. Various researchers have been successful 
in imaging the in vivo degradation of polyester [14-16], polyurethane-urea [17,18] or 
collagen [19] scaffold implant materials, and have mainly used ultrasound elasticity 
imaging (UEI), but also ultrasound shear wave imaging (USWI), photoacoustic imaging 
and microscopy (PAI and PAM) and near-infrared fluorescence (NIRF) imaging. These 
techniques are all very valuable, but also have drawbacks. For instance, UEI imaging 
requires that physical compression can be easily applied to the areas of interest, and 
NIRF imaging has a limited penetration depth.
In this study we have chosen widely applied computed tomography (CT) as the non-
invasive imaging technique to monitor implant degradation. CT contrast agents 
(CAs) are always based on high-Z (heavy) elements such as iodine or barium, and are 
commonly used clinically. Water soluble iodinated CAs are applied intravascularly 
to acquire arterial and venous angiograms, and also oil based CAs (e.g. Lipiodol) 
are known, [20-22] but neither of these CAs are suitable for monitoring implant 
degradation in vivo, as both types of CA presumably give a fast leakage out of the 
biomaterial implant. 
A variety of radiopaque polymeric CAs for various uses have been developed and 
reported. [23] For instance, highly radiopaque salts or elements can be mixed-
in with polymers, but this approach will have the disadvantage that materials 
become inhomogeneous and may suffer from deteriorated mechanical properties. 
Furthermore, most radiopaque salts or elements do not biodegrade, and remain in the 
body after implantation. In other approaches, iodo-atoms are covalently attached to 
the polymer chain, for example by developing radiopaque monomers or by capping 
or post-modification of prepared polymers. Reported materials include, polyether 
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polyurethanes, [24] poly(meth)acrylates, [25-27] biodegradable polycarbonates, 
[28,29] polyanhydrides, [30] hydrogel polyesters, [31] and poly(ester-urethane)
s. [32] Aldenhoff et al. have reported that the 4-iodo benzoate CA groups that they 
have incorporated in their polymethacrylates are stable except when exposed to 
g-irradiation. [33] None of the above polymers are both biodegradable as well as 
elastomeric (rubber-like) at 37 °C.
In our approach to develop materials for cardiovascular in situ TE applications, we have 
selected synthetic elastomers as interesting candidates. These materials are relatively 
soft and are well-known to retain their shape while enduring strain and stress, which 
features are common to and required for most cardiovascular tissue. Because of their 
synthetic nature, the properties of synthetic elastomers can be tuned to meet specific 
requirements. We have chosen a reported polycaprolactone with butylene bisurea 
groups in the main chain as the base biomaterial for our studies (PCL2000-U4U, see 
Figure 1, and the SI). This polyester is an elastomeric, semi-crystalline, non-cytotoxic and 
biodegradable material, and it can be processed by electrospinning. [34] Furthermore, 
we have designed and prepared a novel CT CA that also has a butylene bisurea group 
in its structure (I-U4U, see Figure 1, and the SI). Supramolecular hydrogen bonding 
interactions between the matching U4U bisurea groups incorporate the CT contrast 
agent non-covalently into the biomaterial, thereby creating a modular radiopaque 
biomaterial. In a similar modular fashion, biomaterials with added function have been 
developed by combining biomaterials and peptides, where both these components 
contained the supramolecularly interacting bisurea (U4U) or ureido-pyrimidinone 
(UPy) group. [35-38]
Accordingly, we have assembled radiopaque scaffolds by electrospinning the 
previously reported PCL2000-U4U elastomeric biomaterial together with the newly 
introduced I-U4U CT contrast agent (Figure 1). The porous scaffolds have been studied 
by scanning electron microscopy (SEM) and differential scanning calorimetry (DSC), 
have been tested with respect to their cytotoxicity, and have been implanted as aortic 
interposition grafts in rats. Degradation of the implants has been monitored non-
invasively by CT scanning, while explantation of the grafts up to one month allowed 
the investigation of in vivo matrix formation by (immuno)histochemistry. Scaffold 
degradation has been assessed by examining the synthetic material that could be 
recovered from the explant grafts.

MATERIALS AND METHODS

The I-U4U contrast agent and the PCL2000-U4U elastomer
The synthesis of the I-U4U contrast agent is fully described in the Supplementary 
Information (SI) section. Details on the preparation of the PCL2000-U4U elastomeric 
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biomaterial can be found there also, as well as details on methods that have been used 
to characterize PCL2000-U4U.

Fabrication of aortic interposition grafts by electrospinning
Three type of scaffold grafts with iodide contents of 0 w/w%, 11.4 w/w% and 15.2 
w/w%, respectively, were prepared by electrospinning. 

Solutions for electrospinning. A first solution was prepared by dissolving PCL2000-U4U 
at a concentration of 12.5 w/w% in chloroform/methanol (1 wt% methanol), while for 
a second solution PCL2000-U4U and I-U4U were dissolved in the same solvent mixture 
at a concentration of 12.5 w/w% and 4.8 w/w%, respectively. A third solution was 
12.5 w/w% in PCL2000-U4U and 7.3 w/w% in I-U4U. These weight percentages are all 
weight of material per weight of solution.

Fabrication of the scaffold grafts. The three solutions (see above) were sealed in 
a container and were magnetically stirred for 4 hours at room temperature so that 
homogeneous dissolution of PCL2000-U4U with or without I-U4U was ensured. Next, 
scaffolds were fabricated by electrospinning of the polymeric solutions (using IME 
Technologies electrospinning equipment). The electrospun fibers were collected on a 
rotating cylindrical mandrel target that was 2.1 mm diameter in size to form a highly 
porous cylindrical object (tube). For all experiments, a flow rate of 25 µL/min was 
used. The solution was driven through a horizontally fixed nozzle, and towards the 
grounded rotating cylindrical collector that was held at a distance of 10 cm. A potential 
difference of 14 kV was applied between the nozzle and the target. During spinning, 
the temperature and humidity were kept constant at 23˚C and 30%, respectively. 
Finally, the prepared tubes (Figure 1) were dismounted from the mandrel and were 
cut into the scaffolds that could be used for implantation.

Sterilization. The electrospun tubes were treated with 70% ethanol by spraying and 
were then left to dry.

Characterization of the electrospun scaffolds
DSC. Samples of the electrospun scaffolds with iodide contents of 0 w/w%, 11.4 w/w% 
and 15.2 w/w%, as well as a neat I-U4U sample were analyzed by differential scanning 
calorimetry (DSC) using a TA Q-2000 machine. Melting transitions (Tm) were assessed 
in the first heating run (10 °C/min) and were reported by their temperature peak, while 
glass transitions (Tg) were recorded in the second heating run (40 °C/min).

SEM. A scanning electron microscope (SEM, Quanta 600F) was used to observe the 
porous structure of the fabricated scaffolds with 0 w/w% and 11.4 w/w% iodide 
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content. SEM images were obtained before and after sterilization of the scaff olds 
(Figure 2). Prior to SEM analysis, the samples were mounted onto a holder and were 
sputtered with gold using a cressington sputter coater. SEM images were taken at 
diff erent magnifi cations using a 2KV beam. The obtained images were analyzed with 

Figure 1 – Schematic representation of the study. The polycaprolactone based elastomeric 
biomaterial PCL2000-U4U and the contrast agent I-U4U interact via bisurea (U4U) hydrogen 
bonding interactions (blue boxes), whereby iodinated species (purple circles) get incorporated 
into the modular radiopaque biomaterial. Simply mixing both components in the desired ratio 
in solution followed by electrospinning produces small caliber vascular grafts (photo). The in situ 
TE scaff olds are implanted as aortic interposition grafts in rats and are visualized and monitored 
in time using CT.)
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ImageJ software to assess the diameter of electrospun fibers and the wall thickness of 
the tubes.

Porosity. Multiple scaffold samples were weighed accurately, and the volumes of these 
electrospun scaffolds were assessed by measuring the outer diameter and the length 
of the scaffold by employing a digital caliper. The inner diameter of the scaffold was 
equal to the size of the mandrel (2.1 mm). The densities of the bulk materials were 
estimated by assuming a density of 1.15 g/mL for PCL2000-U4U (PCL itself has a density 
of 1.15 g/mL), and of 1.53 g/mL for I-U4U. This density estimation for I-U4U is based 
on the relative molecular weights of I-U4U (i.e. 922 Dalton), and of a corresponding 
and hypothetical molecule with one methyl and two ethyl groups instead of three 
iodide groups (i.e. 615 Dalton) that is assumed to have a similar molecular volume to 
that of I-U4U. Finally, the density of this hypothetical molecule is estimated at 1.02 
g/mL (dicyclohexyl-urea has a density of 1.02 g/mL). Given the measured weights 
and volumes of the scaffolds, and the estimated densities of the materials, one can 
(roughly) calculate the porosities of the scaffolds.

Water exposure leak test. Samples of the electrospun scaffold with 15.2 w/w% iodide 
content were immersed and incubated in water (5 mg samples in 5 mL water) at room 
temperature for a prolonged time. At several time points (0, 2, 4, 8, 16, 36, 72 and 
170 days) a sample of material was dried and measured with 1H NMR in CDCl3 using 
DMF as internal standard (Varian 400MHz NMR). The samples were also analyzed 
by GPC (Varian/Polymer Laboratories PL-GPC 50, equipped with a Shodex GPC KD-
804 column, using DMF with 0.1% LiBr as the eluent, operated at 50 °C). At the end 
of the experiment the supernatant water was examined with HPLC-PDA/MS, which 
apparatus was a Shimadzu LC-10 AD VP series LC coupled to a photo diode array (PDA) 
detector (Finnigan Surveyor PDA Plus detector, Thermo Electron corporation) and an 
ion-trap detector (LCQ Fleet, Thermo Scientific). Analyses were executed at 298 K using 
an Alltech Alltima HP C18 3μ column using an injection volume of 2 μL, a flow rate of 
0.2 mL min-1 and a MeCN in H2O gradient (from 5% to 100% MeCN, where both MeCN 
and H2O contain 0.1% formic acid).

Cytotoxicity test. The electrospun scaffolds (0, 11.5 and 15.2 w/w%) were incubated 
in complete culture medium (DMEM from Gibco, supplemented with 10 v/v% fetal 
bovine serum (FBS) and 1 v/v% PenStrep) at 37 °C and 5% CO2. Samples were extracted 
for twenty-four hours in a weight per volume ratio of 20 mg scaffold per mL complete 
medium. 3T3 mouse fibroblasts were seeded at a density a 5×103 cells per well in a 
96-well plate and were maintained for twenty-four hours under standard culturing 
conditions until cells were grown to 50% confluence. Next, the medium was removed 
and 3T3 fibroblasts were cultured for an additional twenty-four hours in the presence 
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of 100 µL of the filtered extract. Cells exposed to complete medium supplemented 
with 1 v/v% Triton-X 100 served as an internal control for cytotoxic conditions (data 
not shown). The cytotoxicity was determined using a MTT cytotoxicity assay. Briefly, 
thiazolyl blue tetrazolium bromide (MTT) (from Sigma) was dissolved in phosphate 
buffered saline to a concentration of 5 mg/mL, filtered and further diluted in complete 
medium to a final concentration of 1 mg/mL. The extract medium was removed and 
replaced with 50 µL of the MTT/culture medium. Fibroblasts were incubated for two 
hours under standard culturing conditions before the MTT solution was removed 
and replaced with 100 µL of isopropanol (acidified with 0.04 M HCl) until all formazan 
crystals dissolved. Subsequently, the absorbance was measured at 570 nm (650 nm 
reference wavelength) on a Tecan Safire microplate reader. Cell viability is presented 
relative to that of 3T3 fibroblasts that were maintained in untreated culture medium 
during the course of the study, where this reference is set at 100% cell viability (Figure 
3).

Implantation and explantation of the electrospun scaffolds
Animals. Twenty-four healthy male Sprague Dawley rats (300-400 gram), purchased 
from Charles River Laboratories, were housed in groups of 3 and were fed ad libitum. 
The environment was maintained at room temperature for 24 hours with a light-dark 
cycle of 12-12 hours. Rats were divided in two groups, where the test group (n=12) 
received an aortic interposition graft composed of PCL2000-U4U and I-U4U (iodide 
content 11.4 w/w%), while the control group (n=12) received an aortic interposition 
graft solely consisting of PCL2000-U4U (iodide content 0 w/w%). Grafts were explanted 
at day 1 (n=8), day 14 (n=8) and after 1 month (n=8). The institutional Animal Care and 
Use Committee of the University of Utrecht, the Netherlands, approved all procedures. 
Preparation of the interposition grafts. To prevent transmural and transanastomotic 
ingrowth of cells, all grafts were shielded with Gore-Tex®. [5] An end-to-end anastomosis 
was made to a 4x10 mm² impenetrable Gore-Tex strip (Preclude Pericardial Membrane; 
Gore Medical) using interrupted sutures (10-0 Ethilon, BV-4), distally and proximally 
of the electrospun tube. Additionally, Gore-Tex was wrapped around the electrospun 
tube creating an impenetrable outer layer.

Surgical procedure. Animals were anesthetized using Isoflurane gas. A midline 
laparotomy was performed and the abdominal viscera were lateralized for exposure of 
the inferior vena cava and the abdominal aorta. After separation of the aorta from the 
inferior vena cava, the segment of the abdominal aorta between the renal arteries and 
the aortic bifurcation was occluded with microvascular clamps. After transection of the 
aorta the scaffold, including the Gore-tex strips, was introduced with a proximal and 
distal end-to-end anastomosis using interrupted sutures (10-0 Ethilon, BV-4). Pulsatile 
flow distally to the graft in the aorta was confirmed after removal of the vascular 
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clamps. All scaffolds were immediately exposed to arterial hemodynamic conditions. 
The abdomen was closed in two layers (3-0 Vicryl FS-2). There was no heparin 
administration during or after surgery. Buprenorphine was given intraperitoneally as 
postoperative analgesic. Before rats returned to their cages, they were assessed for 
evidence of acute graft thrombosis or hind limb paralysis.

Termination and explantation. Prior to termination, animals were anaesthetized using 
a KXA-mix consisting of ketamine/hydrochloride (Narketan, 100 mg/mL), xylazine 
(Sedamun, 20 mg/mL) and atropine (Atropinesulfate PCH, 1 mg/mL). Rats received 
0.2 mL/100 gram KXA-mix intraperitoneally. An abbocath was introduced in the 
left jugular vein or tail vein, so that non ionic blood pool contrast agent could be 
administered during CT scanning. After the CT scan was made, the graft was carefully 
explanted. Explants were fixed in 4% formalin for immunohistochemistry. Explants 
used for subsequent GPC analysis were treated with undiluted Clorox® solution (a 
5.25% aqueous sodium hypochlorite NaOCl solution) for 20 minutes, which was 
sufficient for the removal of integrated tissue. Thereafter these explants were rinsed 
with PBS and were left to dry. [39]

Gel permeation chromatography (GPC). The PCL2000-U4U reference material as well as 
recovered synthetic materials from the Clorox treated explants (ca. 0.5 to 1 mg amount 
per sample) were dissolved in 0.75 mL DMF with 0.1% LiBr. The solutions were filtered 
over a 0.2 μm syringe filter, and were analyzed in duplicate (2 separate injections) on 
a Varian/Polymer Laboratories PL-GPC 50 operated at 50 °C, equipped with a Shodex 
GPC KD-804 column, and using DMF with 0.1% LiBr as the eluent. Accordingly, the 
number averaged (Mn) and weight averaged (Mw) molecular weights as well as the 
molecular weight distributions (dispersities D = Mw/Mn) relative to PEG standards 
were determined. See Table 1 for results. Standard deviations of the Mw-values for the 
individual animals are given (from the duplicate measurements). The averaged Mw-
values at every time point are also given, including the standard deviations on these 
averages.

CT scanning
Procedure. CT acquisitions were performed on a 256-slice CT scanner, (iCT, Philips 
Healthcare, Best, The Netherlands). The scan range included the entire body of the 
animal. Exposure parameters were 120 kV tube voltage and 500 mAs effective tube 
current. First, imaging was done without the use of arterial contrast agent (Figures 
4A, 4B, 4D and Figures 5A-C). Subsequently, all animals were injected iodinated non 
ionic contrast agent at a flow rate of 0.2 mL/sec (Ultravist 300 mg/mL, iopromide, 
Bayer Healthcare, Tarrytown New York) through the left jugular vein or the tail vein 
(Figures 4C and 4E). The images enhanced with arterial contrast agent were used to 
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assess graft patency. Image acquisition was started after an 8 or 15 seconds delay. 
Images were reconstructed at 0.9 mm slice thickness with a 0.45 mm increment and 
were transferred to a dedicated workstation. 

Volume and length measurements. Using the non-contrast enhanced images (Figures 
5A-C), the volume and the length of the PCL2000-U4U with I-U4U grafts were 
calculated. First 3D volume rendered images were generated using a custom image 
filter that included all voxels with a Hounsfield unit (HU) value higher than 175 HU. 
Using electronic tools the graft was digitally excised and its volume measured (Figure 
5D).

Density measurements. On standard non-contrast enhanced axial images, a circular 
region of interest (ROI) following the outer boundary of the graft was placed on the 
graft at 3 levels in its proximal, middle and distal part. The mean signal intensity and 
standard deviation of signal intensities in the ROI were measured (Figure 5E).

Histology
Immunohistochemistry. Explants were fixed in formalin 4% before pre-embedding in 
1% agar (Eurogentec), followed by embedding in paraffin. Consecutive 4 µm sections 
were stained with hematoxylin and eosin (HE) (Figure 6 A-L) for basic morphology and 
with Picrosirius red (PSR) for detection of collagen (Figure 6 S-X). Immunohistochemical 
stains to detect macrophages were performed after antigen retrieval in citrate buffer 
using a monoclonal mouse anti-CD68 antibody (Serotec, MCA341GA, 1:400) (Figure 6 
M-R).

Quantitative histologic and immunohistological analysis. Two investigators, who were 
blinded to the investigated groups and the time point of explantation, independently 
conducted the analyses. Sections were photographed using a Nikon E800 microscope 
with ACT-1 software. For the measurement of the mean wall thickness and the mean 
lumen diameter, each slide was studied under a 2x objective lens. The cellularity 
was studied under high-power magnification (high-power field (hpf ), 40x objective 
lens; area comprising 0.034 mm2). The total number of cells in 4 random hpf areas 
per PCL2000-U4U tube (with or without I-U4U) was manually counted using ImageJ 
software (Figure 6Y).

Quantification of collagen content was performed with PSR stains and circularly 
polarized light. Stained sections were digitally photographed and areas positive for 
collagen were marked and binarised. The positive areas were measured as a percentage 
of the total surface (Figure 6AA). A quantitative analysis of the immunopositive cells 
(CD68) of each stained slide was performed at 4 random hpf fields. The area of positive 
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cells was measured within 4 hpf images as a percentage of the total from binarised 
images. The mean for 4 high power images was then calculated for each sample 
(Figure 6Z).

Statistical analysis
Numerical data are presented as the mean ± standard deviation. Statistical differences 
were determined using a student’s T test or a Mann-Whitney test for non-parametric 
data, using Prism (GraphPad Software). Kruskal-Wallis test was used to measure 
statistical differences in scaffold density. P < 0.05 was considered statistically 
significant. Linear regression analysis was performed to compare slopes. 

RESULTS

The I-U4U contrast agent and the PCL2000-U4U elastomer
In Scheme 1, the synthesis of the I-U4U bisurea contrast agent (CA) is shown. 2-Ethyl-
1-hexylamine was reacted with butane diisocyanate to prepare the mono-urea 
intermediate 1, that was isolated as an oil. The activated building block 2 was prepared 
from 2,3,5-triiodo-benzoic acid in two steps according to a reported procedure. [40] 
The cyclic and branched aminol 3, that is in fact a mixture of isomers, was amine 
protected with a Boc-group and was thereafter connected to the benzoyl pyridinium 
chloride 2 to prepare the ester building block 5, which intermediate was isolated in a 
65% yield after column chromatography. Deprotection of the Boc group using TFA in 
dichloromethane gave the TFA-salt product of 6, that was coupled to isocyanate 1 to 
arrive at the CT-CA end product I-U4U. After purification I-U4U was isolated in a 35% 
yield. I-U4U was soluble in organic solvents such as for example chloroform, enabling 
its processing via electrospinning. Full experimental details on the synthesis of I-U4U 
can be found in the Supplementary Information. 
The PCL2000-U4U material base material was prepared successfully, with NMR data 
matching those from literature, [34] and with recorded molecular weights being 
sufficiently high (Mw = 63.4, Mn = 31.7; D = 2.0 kDa). The bulk material showed similar 
mechanical properties to those reported, as tensile tests on cast films gave a Young’s 
modulus of E = 15.9 ± 0.4 MPa, a strength at break (and UTS) of s-break = 27 ± 3 MPa, a 
strain at break of e-break = 1001 ± 98% and a tensile toughness of UT = 154 ± 21 MPa.

Preparation and characterization of the electrospun scaffolds. 
Fabrication of the interposition scaffold grafts. Radiopaque vascular grafts were 
prepared by incorporating contrast agent I-U4U into the PCL2000-U4U biomaterial, 
simply by mixing these two components in solution with subsequent electrospinning. 
Reference PCL2000-U4U grafts without I-U4U were also prepared. Grafts with inner 
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diameters that match those of native aortas of rats were prepared (2.1 mm). The 
scaff old materials were designed and fabricated to contain 0 w/w%, 27.7 w/w% and 
36.9 w/w% I-U4U, respectively, corresponding to scaff old grafts with 0 w/w%, 11.4 
w/w% and 15.2 w/w% iodide contents, respectively. Molar ratios between the bisurea 
groups of I-U4U and PCL2000-U4U in the two modular biomaterials thus were ca. 1:1 
and ca. 8:5, respectively. 

Scaff old morphology. The wall thickness of the scaff olds was in the 0.3 ± 0.1 mm range, 
as determined by SEM. The fi ber structure and the orientation in the electrospun 

Figure 2 – SEM images of scaff olds electrospun from chloroform/methanol (1 wt% methanol). 
All pictures show the outer surfaces of the scaff old tubes. Reference PLC2000-U4U grafts without 
iodide (A and B), and iodinated PLC2000-U4U / I-U4U grafts with 11.4 w/w% iodide (C and D), 
before (A and C) and after (B and D) sterilization with ethanol/water. The full lengths of the white 
bars represent 400 micrometer (for overviews) and 100 micrometer (for insets), respectively.
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scaff olds was also studied using SEM. Figure 2 shows the outer surfaces of the scaff olds. 
The scaff olds were porous, with the PCL2000-U4U reference material showing a more 
homogeneous structure of fi bers and open spaces, with clustered fi bers being less 
abundant than in the iodinated PCL2000-U4U / I-U4U material. For both the reference 
and the iodinated scaff olds, fi bers on the inner surfaces of the grafts showed a more 
fl attened appearance (not pictured) as compared to the fi bers seen at the outer 
surfaces. The mean fi ber diameter in the reference PCL2000-U4U scaff olds was 4.5 ± 0.5 
µm, while the electrospun PCL2000-U4U grafts containing 11.4% iodide showed fi ber 
diameters of 4 ± 1 µm. Sterilization did not appear to infl uence the overall structure. 
The calculated porosities of the scaff olds with 0 w/w%, 11.4 w/w% and 15.2 w/w% 
iodide contents were about 65%, 62% and 66%, respectively.

Material morphology by DSC. Thermal analysis using DSC was performed to investigate 
the morphology of the modular materials. The reference PCL2000-U4U scaff old 
showed a weak and broad melting transition at 54 °C (DH = 1.2 J/g) for the crystalline 
PCL domains, and another broad melting transition at 119 °C (DH = 11.6 J/g) for the 
melting of the U4U bisurea aggregates. A glass transition at -56 °C was recorded for 
the amorphous phase of this material. The PCL2000-U4U / I-U4U iodinated biomaterial 
scaff olds with 11.4 w/w% and 15.2 w/w% iodide displayed broad and weak melts at 
54 °C (DH = 1.0 J/g) and 56 °C (DH = 1.4 J/g), respectively, melting transitions for the 
U4U stacks at lowered temperatures of 104 °C (DH = 9.1 J/g) and 105 °C (DH = 6.5 J/g), 

Figure 3 – Cell viabilities as determined using an MTT assay, where 3T3 fi broblasts have been 
exposed to complete medium after extraction in the presence of PCL2000-U4U (1), PCL2000-U4U 
/ I-U4U (11.4 w/w%) (2) and PCL2000-U4U / I-U4U (15.2 w/w%) (3). The cell viability is presented 
relative to the cell survival observed for fi broblasts that were maintained in untreated medium 
(untreated). This reference cell survival is set at 100%.
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respectively, and glass transitions (Tg) at -56 °C and -57 °C, respectively. The neat and 
solid I-U4U contrast agent itself showed a weak and broad melting transition at 53 °C 
(DH = 4.0 J/g).

Water exposure leak test. Incubation in water of the radiopaque scaff old containing the 
highest amount of iodide (15.2 w/w% content), at room temperature and over a period 
of 170 days, did not change the composition of the material as assessed by 1H NMR 
analysis on dried scaff old samples. The molecular weight of the PCL2000-U4U material 
also remained constant over the 170 day testing period. The water that was exposed 
to the iodinated scaff old remained clear over time and did not contain any solutes that 
could be traced back to PLC2000-U4U or I-U4U, as assessed by HPLC-PDA/MS.
Cytotoxicity test. None of the investigated scaff old grafts showed cytotoxic eff ects, 
indicated by the MTT-assay using 3T3 fi broblasts (Figure 3). Particularly, addition 
of I-U4U, either 11.4 or 15.2 w/w%, did not appear to cause an adverse eff ect on 
the observed cell viability. Exposure of cells to medium supplemented with 1 v/v% 
Triton-X 100 was used as an internal control for maximal cytotoxicity and showed no 
cell survival as expected (data not shown). 

Figure 4 – CT images of the aortic interposition grafts in rats, 1 day after implantation. (A) 
Overview; aortic interposition graft composed of PCL2000-U4U and I-U4U (11.4 w/w% iodide). 
Control PCL2000-U4U graft (B and C) and test PCL2000-U4U / I-U4U graft (D and E), before (B and 
D) and after (C and E) administration of arterial CT contrast agent (iopromide, “Ultravist”). 
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Implantation and CT scanning
The iodinated scaff olds with the lowest iodide content of 11.4 w/w% were selected 
for implantations. Of the 24 animals, 2 animals did not survive due to intra-operative 
bleeding near the Goretex – electrospun tube anastomosis. The mean operation time 
was 1 hour and 26 minutes with a mean vascular clamp time of 39 minutes. Post-
operative complications did not occur for the 22 surviving animals, with no signs of 
infections or hind-limp paralysis.
The iodinated grafts with 11.4 w/w% iodide were clearly visible on CT images. At day 
1, a high density signal was seen (Figures 4A, 4D-E). Grafts had a mean length of 6.4 
mm, and a mean diameter of 3.6 mm. The Goretex at the proximal and distal side of 
the electrospun tube and the Goretex wrapped around the whole graft could not be 
assessed on the CT images. Because of the similar radiopacity of PCL2000-U4U and 
soft tissue, the control grafts without iodide were not visible on CT images (Figure 4B), 
only its lumen could be evaluated on contrast enhanced scans (Figure 4C). All grafts 
were patent (Figures 4C, 4E). 
CT images as recorded in time clearly showed that the contrast disappears (Figures 5A-
C), especially when comparing the image at day 1 with that at day 30. The measured 

Figure 5 – CT images, volumes and densities of implanted aortic interposition grafts over time. 
Sagittal images 1 day (A), 14 days (B) and 30 days (C) post implantation. (D) Volumes measured on 
CT images showing a signifi cant decrease after 30 days (p=0.035) relative to t=0. (E) Densities as 
measured on axial images, at t=1 day, t=14 days and t=30 days, and at proximal (P), mid (M) and 
distal (D) sections in the graft. The wider standard deviations seen at day 14 after implantation 
indicate more inhomogeneous densities. 
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CT contrast volume of the implanted grafts decreased significantly in time (Figure 
5D), as before implantation the iodinated grafts had a volume of 6.01 mm3, while 
at day 30 a volume of 2.56 mm3 ± 1.67 mm3 was recorded (p=0.035). Intermediate 
points seemed to display a decrease in average value (5.16 mm3 ± 1.9 mm3 at 1 day 
and 4.3 mm3 ± 1.1 mm3 at day 14), but values were not precise enough to deduce a 
significant decrease at these time points. The CT contrast density of the scaffold was 
quantified by measuring Hounsfield units (HU) on axial images (Figure 5E), and over 
time an inhomogeneous decrease of this density was observed. The mean density at 
day 30 was significantly lower when compared to those at day 1 (p <0,001) and day 
14 (p<0,001). Furthermore, standard deviations increased with the largest deviations 
seen at t = 14 days. No particles containing iodide were detected elsewhere in the 
body.

Implant degradation analysis
The PCL2000-U4U material recovered from explants was analyzed by GPC (Table 1). In 
multiple cases, and especially for explants that had been implanted for 30 days, the 
synthetic implant material had degraded and no material could be traced. In these 
cases, obviously, no GPC analyses could be conducted. After 1 day, 8 out of 8 explant 
samples gave recovered material that could be analyzed, while after 14 days 5 out of 6 
explant samples, and after 30 days, (only) 3 out of 8 explants gave recovered synthetic 
material for analysis. Derived from the limited available molecular weight data, it 
seems that the PCL2000-U4U material that remains lowers in molecular weight in time, 
where this drop is significant when implanted material is compared to material prior 
to implantation. 

(Immuno)histochemical analysis
The explanted grafts showed no stenosis or thrombosis in the HE stains (Figures 7A-
F). One month after implantation grafts had dilated. The mean diameter increased 
somewhat over time with 2.09 ± 0.09 mm and 2.20 ± 0.46 mm at day 1, 2.56 ± 0.12 
mm and 2.33 ± 0.47 mm at day 14 and 2.81 ± 0.62 mm and 2.88 ± 0.25 mm at day 30, 
for the implants in the I-U4U test group and the non I-U4U control group, respectively. 
The wall thickness of the implanted scaffolds did not change over time. At day 1, wall 
thicknesses of 0.29 mm ± 0.03 mm and 0.27 ± 0.03 mm were seen in the test group 
and in the control group, respectively. At day 14, thicknesses of 0.21 ± 0.06 mm were 
observed in the test group and of 0.26 ± 0.07 mm in the control group. Finally, after 
30 days a wall thickness was measured of 0.22 ± 0.04 mm in the test group and of 0.21 
± 0.05 mm in the control group. According to the above, dimensions of the implants 
altered in the same fashion for both groups over time. Furthermore, in the control 
group and the test group, cells penetrated and spread immediately after implantation 
into and over the entire thickness of the graft. At day 1 a limited number of cells had 
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infi ltrated the graft (10 ± 12 cells per hpf in the test group and 2 ± 1 cells per hpf in 
the control group) (Figure 6G-H). This number increased to 60 ± 12 cells per hpf at 
day 14 (Figure 6I) and 90 ± 20 cells per hpf at day 30 in the test group (Figure 6K). In 
the control group this number increased to 93 ±19 cells per hpf at day 14 (Figure 6J) 
and 112.6 ± 22.36 cells per hpf at day 30 (Figure 6L). Over 30 days the amount of cells 
increased signifi cantly in both the test group (p=0.03) and the control group (p=0.03). 
The amount of cells in the test group compared to that in the control group did not 
signifi cantly diff er at each time point. (Figure 6Y).
Cellular infi ltrate consisted at day 1 mainly of neutrophilic granulocytes. In a second 
healing phase CD68 positive cells (macrophages) infi ltrated the graft. At day 1 a positive 
area fraction was seen of 0.03% ± 0.03% in the test group (Figure 6M) compared to 

Figure 6 – Histology of explanted grafts. At day 1, iodinated PLC2000-U4U / I-U4U test group 
grafts (A,G,M,S) and non-iodinated PLC2000-U4U control group grafts (B,H,N,T). At day 14, grafts 
with I-U4U (C,I,O,U) and without I-U4U (D,J,P,V). After 30 days, grafts with I-U4U (E,K,Q,W) and 
without I-U4U (F,L,R,X). Applied are HE staining (A-L), CD68 for macrophages (M-R) and PSR for 
collagen (S-X). Cellularity at diff erent time points (Y) as measured per hpf for the test group with 
I-U4U (circles) and for the control group without I-U4U (squares). Area fraction CD68 positive cells 
(Z) as a function of time for the test (circles) and control (squares) group grafts. Matrix formation 
in the test and control group grafts as quantifi ed with collagen measurements after 30 days (a). 
Figures (Y), (Z) and (a) show no signifi cant diff erences between test and control groups. Black 
bars indicate 300 mm (A-F), 20 mm (G-R) and 50 mm (S-X).
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0.17% ± 0.02% in the control group (Figure 6N). At day 14 an area fraction of 1.51 
% ± 0.57% in de test group (Figure 6O) compared to 0.88 % ± 0.63 % in the control 
group was seen (Figure 6P). This area increased further to 2.76 % ± 1.41 % and 2.02% 
± 0.75 % at day 30 in respectively the test (Figure 6Q) and the control group (Figure 
6R). A significant increase in CD68 positive cells was seen from day 1 to day 30 in both 
the test group and the control group (p=0.02 for both groups). The area fraction did 
not differ significantly for the test group as compared to the control group at all time 
points (Figure 6Z). The amount of collagen produced at day 30 was similar in both 
groups with an area fraction of 1.26 % ± 1.03 % in the test group compared to 1.15 % 
± 0.63 % in the control group (p=0.85).
Finally, the histology data indicate that degradation of the implanted synthetic material 
has occurred in time, although in an indirect and qualitative fashion. When comparing 
panels K/L with panels G/H and I/J (HE staining, Figure 6), or panels Q/R with panels 
M/N and O/P (CD68 staining Figure 6), one observes far less white areas in the K/L 
and Q/R panels that represent explants as recorded after 30 days of implantation. The 
white areas in panels G-J and M-P most presumably indicate spots where implanted 
scaffold material had been situated, and these have largely disappeared in K/L and 
Q/R. 

DISCUSSION

We have developed a new CT-imaging contrast agent (I-U4U, 41 w/w% iodide content) 
that can be used for monitoring the degradation of cardiovascular substitutes used 
in in situ tissue engineering. I-U4U is decorated with an ester moiety to increase its 
possibilities for in vivo degradation, and has branching groups on either side of the U4U 
bisurea moiety making it sufficiently soluble to enable its processing from solution, 
notably for electrospinning purposes. I-U4U has been supramolecularly mixed-and-
matched with PCL2000-U4U so as to create a modular radiopaque biomaterial. The 
PCL2000-U4U component is an elastomeric and tough material (E = ca. 16 MPa; UT 
= ca. 154 MPa; e-break = ca. 1000%), which type of soft materials can be considered 
for cardiovascular TE next to frequently applied hard, brittle and non-elastic materials 
(e.g. PLA, PCL). For comparison, PCL is used in TE [41] and shows an E-modulus of 250 
to 450 MPa [42] and an e-break of ca. 80%. [43] 
Examining the morphology of the modular PCL2000-U4U / I-U4U materials using 
DSC has shown that the two components are intimately mixed in the U4U hard 
phase of the segmented thermoplastic elastomer (TPE) material. This can be derived 
from the observation that the melting transition of the U4U stacks in the hard phase 
changes from 119 °C for PCL2000-U4U to 105 °C for PCL2000-U4U with added I-U4U. 
Apparently, the U4U units of both components interact with each other and together 
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form a heterogeneous U4U hard phase. In contrast, the glass transition of the material 
(Tg) does not change upon I-U4U addition, as it remains at ca. -56 °C, indicating that 
the I-U4U material does not mix into the PCL amorphous soft phase. Similar findings 
have been reported in a previous material morphology study on comparable modular 
TPE materials based on PCL1250-U4U. For these materials, the U4U hard phase was 
shown to consist of nanofibers ca. 5 nm in diameter. [36] 
We have selected PCL2000-U4U / I-U4U scaffolds with an iodide content of 11.4 w/w% 
for the in vivo imaging and implantation studies. First, because it has been assessed 
that radiopacity in bulk materials is sufficient at iodide contents of at least 3-5 w/w%, 
[33] and given the porosities of the prepared electrospun scaffolds (ca. 60-65%), the 
11.4 w/w% scaffolds should be suitable with contents of ca. 4.0 to 4.6 w/v%. Second, 
preliminary CT imaging tests showed that scaffolds with the iodide content of 11.4 
w/w% were indeed clearly visible.
The addition of I-U4U to PCL2000-U4U did not influence the cytotoxicity of the 
material nor the cellular behavior within matrices of the material. Our results 
demonstrate that electrospun grafts of the test group (PCL2000-U4U with added 
I-U4U) and the control group (only PCL2000-U4U) are non-cytotoxic, and give a similar 
cellular adherence, infiltration and differentiation. Also the collagen production in 
these electrospun matrices is comparable. In both groups the amount of cells and 
the amount of collagen increased over time. Gross morphology seen on HE stained 
slides showed initial adherence of neutrophilic granulocytes, followed by an influx 
of macrophages (confirmed with CD68 staining). In time, more myofibroblasts were 
seen which subsequently resulted in production of collagen after one month, which 
was confirmed with PSR staining. These results are comparable to other histological 
findings in in situ tissue engineering studies where colonization and subsequent 
remodeling of a biodegradable synthetic graft into neoarteries has been investigated. 
[44-47] For our vascular implants, no differences in the measured wall thicknesses of 
the grafts of the test group and control group were observed. A trend towards an 
increase in graft diameter was monitored for both groups, implying that the grafts had 
not retained their original shape, and had dilated. 
The in vivo scaffold degradation could be imaged and monitored non-invasively with 
CT scanning for the PCL2000-U4U / I-U4U test group. Both the imaging volume and 
density decreased significantly from day 1 to 30, while the density changed from a 
homogeneous to an inhomogeneous signal. Consequently, I-U4U material disappears 
from the implantation site and is eroded and/or degraded over the 30 day period. 
Apart from the imaging signal at the implantation site, no other CT signals were 
observed in the rest of the body, so that breakdown of the I-U4U did not appear to 
result in accumulation of contrast at another specific site. However, the exact fate of 
the I-U4U material has not particularly been investigated in this study. 
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Obviously, the reference PCL2000-U4U grafts were not seen by CT-imaging, and 
CT-imaging of the modular PCL2000-U4U / I-U4U implants only registered material 
that contained iodine atoms. Therefore, scaffold degradation was also assessed by 
examining recovered synthetic material from explant samples. Here, it was observed 
that after 1 day of implantation, all explant samples contained synthetic PCL2000-
U4U material, while after 30 days of implantation no synthetic scaffold material was 
traced for the majority of the explants. Furthermore, PCL2000-U4U showed some 
loss in molecular weight over time. These scaffold degradation results qualitatively 
correspond with the observed decrease in CT imaging signal in time: the loss in CT-
contrast coincides with a loss of PCL2000-U4U material in the explants. Apparently, 
I-U4U and PCL2000-U4U co-degrade and/or co-erode. To demonstrate a precise 
quantitative correlation between scaffold volume and density on CT-images on one 
hand and scaffold degradation on the other, however, and to thereby investigate 
if PCL2000-U4U and I-U4U erode and degrade at (exactly) the same rate, studies 
involving more animals or studies involving larger grafts using larger animal models 
should be performed. 
The results of this study furthermore show that the degradation of PCL2000-U4U as 
a porous vascular graft, i.e. in the constant presence of blood and with the constant 
action of strains, occurs within the time frame of about one month. In contrast, 
when PCL2000-U4U was investigated as subcutaneous implants in rats, the material 
remained present for a longer time, up to at least the last investigated time point (42 
days), albeit that the implant was a solid thin film (400 micrometer) and not a porous 
film. [34]
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CONCLUSION

Our results demonstrate that electrospun and implanted PCL2000-U4U scaffold 
grafts with modularly added I-U4U contrast agent are clearly visible on CT images. 
Volume and density of the grafts can be measured and monitored conveniently. In 
time, particularly after 30 days of implantation, we see a decrease in density on CT 
images, where this decrease qualitatively corresponds to and is in concord with the 
scaffold degradation that is assessed by independently performed examinations on 
explant samples. The added I-U4U contrast agent does not seem to influence or affect 
tissue formation, as cells adhere to scaffolds and subsequent matrix is formed and this 
proceeds in a similar fashion as observed for reference PCL2000-U4U scaffolds.
Consequently, the newly introduced biodegradable contrast agent I-U4U is quite 
promising for use in the in vivo visualisation of tissue engineering scaffolds, particularly 
in the direct monitoring of implant degradation. This study furthermore shows that 
innovative biodegradable radiopaque materials can be designed and prepared by 
modularly combining base biomaterials (e.g. PCL2000-U4U) with supramolecularly 
matching CT contrast agents (e.g. I-U4U). The supramolecular interactions result in 
biomaterials with intimately mixed components that in vivo co-erode and co-degrade. 
Accordingly, this supramolecular approach may serve as a suitable alternative to or 
improvement of methods that are currently used to create solid radiopaque (bio)
materials for CT, e.g. by preparation of inhomogeneous material/salt mixtures, or by 
material post-modification or capping approaches.
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ABSTRACT 

For in-situ tissue engineering of heart valves, scaffolds with appropriate biomechanical 
and spatial structures are required to assure and enable immediate functionality, 
durability and cellular infiltration. By choosing a fatigue resistant material and by 
adapting a proven valve design, this study demonstrates that electrospun heart 
valves are promising for in-situ tissue engineering. A sterile supramolecular polymer 
(PCL2kU4Un) was compared to poly(ε-caprolactone) (PCL) as material for in-situ 
tissue engineering of heart valves. Materials were electrospun and characterized 
with Scanning Electron Microscopy (SEM) and durability tests by fatigue testing 
at 10% elongation up to 3 million cycles. The hemodynamic performance and the 
functionality of corresponding electrospun valves were measured in a pulse duplicator 
under elevated pulmonary pressures (50/25 mmHg) and aortic pressures (120/80 
mmHg) at a cardiac output of 5 l/min and heart rate of 70 bpm for 20 hours. The 
most promising electrospun heart valve prostheses were implanted in a sheep model 
replacing the pulmonary valve (n=10). In-vivo results showed immediate functionality 
of the implanted prostheses, as well as cellular infiltration with subsequent collagen 
production up to 5 weeks. However due to too fast degradation of the scaffold, the 
valves failed after 4 to 5 weeks. Despite the required improvement of the degradation 
characteristics of the polymeric valve, this study shows that in-situ tissue engineering 
of heart valves by electrospun polymeric scaffolds is a promising approach toward a 
living heart valve prosthesis. 

INTRODUCTION

Heart valve disease is a major health problem causing significant morbidity and 
mortality worldwide. To treat the rising numbers of patients, mechanical and 
biological prostheses remain the grafts of choice. Although heart valve replacement 
generally results in enhanced survival and quality of life, these prostheses have serious 
drawbacks that limit their long-term efficacy [1]. Bioprosthetic valves have a limited 
durability due to tissue degeneration and calcification and the quantity of allograft 
is limited. While mechanical valves can last for a life time and are readily available, 
they required life-long anti-coagulation therapy [2,3]. In-situ tissue engineering aims 
at the development of a clinically and economically attractive new generation of heart 
valve prostheses, who are available off-the-shelf and aid to overcome the limitations 
of currently used prostheses [4,5]. 
In-situ tissue-engineered heart valves are formed in-vivo. An implanted bare scaffold 
has to function as a valve directly after implantation accompanied by carrying the 
hemodynamic loading. Meanwhile, the implanted scaffold is supposed to act as a 
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template for circulating cells to adhere, differentiate, and subsequently form neo-tissue. 
After neo-tissue is formed, the scaffold degrades and a heart valve originated from 
native host cells remains. For in-situ tissue engineering of heart valves, optimization of 
scaffold materials is required with respect to their mechanical properties, their ability 
to guide tissue regeneration in combination with their degradation rate. All these 
properties are tunable when selecting a synthetic polymer as basic material [6]. 
Electrospinning is reported to be one of the most promising methods to produce 
scaffolds for in-situ tissue engineering [7–9]. Electrospinning offers a broad freedom 
in scaffold design with respect to material choice, fiber diameter, fiber alignment and 
porosities, all influencing e.g. mechanical and degradation properties of the scaffold 
[10,11]. Attractive features of electrospinning are the possibility to directly fabricate 
three-dimensional structures like heart valves [12–14] and the ability to add bioactive 
cues such as peptides and proteins, e.g. growth factors [15]. With electrospinning, 
tailor-made scaffolds suitable for in-situ tissue engineering of heart valves can be 
designed. 
In this study, we compared the feasibility and suitability of two electrospun PCL-
based scaffolds for in-situ tissue engineering of heart valves. Pure PCL was selected 
because of its wide use in tissue engineering research [16] and because studies with 
electrospun PCL heart valve scaffolds have already been reported [14,17]. The second 
material tested was PCL-bisurea (PCL2kU4Un) a PCL based elastomeric polymer. It’s 
supramolecular chemistry involving its U4U-groups allows tuning of the mechanical 
properties and introduction of bioactive cues into the material [18,19]. Both PCL and 
PCL2kU4Un were characterized in-vitro before and after sterilization to take into 
account that sterilization of synthetic materials may change their properties [16,20]. 
The most promising valve was implanted as pulmonary valve replacement (n=10) to 
investigate initial functionality, cellular ingrowth with subsequent collagen formation 
and degradation of the synthetic polymer.

MATERIALS AND METHODS 

Scaffold production and characterization

Valve production and sterilization
All scaffolds were electrospun in an EC-CLI climate-controlled electrospinning cabinet 
(IME Technology, Geldrop, NL) equipped with a 14G nozzle and a distance of 15 cm 
between nozzle and the target drum (29×100 mm) rotating at 100 rpm. Medical grade 
poly(ε-caprolactone) (Purasorb PC12 Gorinchem, The Netherlands) was dissolved 
in chloroform (purris p.a. stabilized with amylene, Sigma Aldrich) to a 20% (w/w) 
concentration, spun for 60 min at 23°C and 50% relative humidity at a flow rate of 25 µl/
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min and a voltage of 16 kV. PCL2kU4Un (SyMO-Chem B.V. Eindhoven, The Netherlands) 
was dissolved in a mixture of chloroform and methanol (1% (w/w) of methanol) to a 
12.5% (w/w) concentration, spun for 200 min at 23°C and 30% relative humidity at a 
flow rate of 25 µl/min and a voltage of 14 kV. A coaxial jacket of chloroform-saturated air 
prevented the nozzle exit from clogging by suppressing excessive solvent evaporation 
[21]. After spinning, the electrospun scaffolds were dried overnight under vacuum at 
room temperature to remove residual solvents. 
The electrospun PCL and PCL2kU4Un valves were shaped out of a 40*29 mm 
electrospun tube adapting the style of a Carpentier-Edwards PERIMOUNT Aortic 
Heart Valve (Edwards Lifesciences Corporation, USA). For in-vitro testing, the tubes 
were sutured into shape in a 30 mm wide nitinol stent and using a stainless steel 
reinforcement ring on the inside to support the structure.
The electrospun samples and electrospun heart valve scaffolds were sterilized by 
gamma irradiation (Synergy Health Ede, Netherlands) at a minimum dose of 25 kGy up 
to a maximum of 33 kGy.

Structural and intrinsic properties of the valve scaffolds
Electrospun scaffolds were characterized using scanning electron microscopy (SEM; 
Inspect F, FEI, Eindhoven, The Netherlands) at a voltage of 1 kV. The fiber diameters 
of electrospun PCL (sterile and non-sterile) and electrospun PCL2kU4Un, (sterile and 
non-sterile) were determined from scanning electron micrographs, measuring a 
minimum of 20 fibers each. 
The molecular weight of both materials was analyzed before and after gamma 
sterilization by gel permeation chromatography (GPC) in tetrahydrofurane on a 
Shimadzu LC-10ADVP system with a Shimadzu RID-10A refractive index detector, a 
Shimadzu SPD-M10AVP UV-Vis detector at 270 nm, and a combination of a PLgel 5-μm 
mixed-C and a PLgel 5-μm mixed-D column in series. All reported molecular weights 
are relative to polystyrene standards.

Mechanical and fatigue properties of the valve scaffolds
The mechanical properties of the electrospun PCL and PCL2kU4Un scaffolds were 
measured before and after sterilization on 5 strips each (5*25 mm) at room temperature 
on a Zwick tensile tester (Model Z010, Germany) at a crosshead speed of 100%/min and 
a sample gauge length of 10 mm. The Young’s-modulus was measured between 0 and 
5% elongation from the obtained stress-strain curve. Yield strength was determined at 
the end of the linear stress-strain response and the ultimate tensile strength (UTS) was 
defined as the peak stress value. 
Fatigue properties were measured on a Bose LM1 Test Bench system (Friedrichsdorf, 
Germany) in water at 37 °C. All samples were conditioned for 24 h in 37°C water prior 
to the test. Elongation was set to 10% with a sample gauge length of 10 mm and a 
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frequency of 2 respectively 10 Hz up to 3 million cycles. Fatigue failure was defined at 
the cycle where the stress response dropped below 10% of the original stress response 
at the beginning of the test. PCL scaffolds were tested prior and after sterilization at 2 
and 10Hz, on 5 strips (5*25 mm) each. PCL2kU4Un scaffolds were tested at 10 Hz on 3 
strips (5*25 mm) prior to sterilization and 5 strips (5*25 mm) after γ-sterilization. 

In-vitro valve performance
The hemodynamic performance and functionality of the sterilized electrospun PCL 
and PCL2kU4Un valves were assessed in a custom build pulse duplicator [22] for 
20 h at a simulated cardiac output of 5 l/min and heart rate of 70 bpm (Hemolab, 
Eindhoven, The Netherlands) under pulmonary and aortic pressures in 0.9% saline at 
37°C. To compensate for a systematic leakage along the stent and to add an additional 
safety margin for in-vivo use, valves were tested at elevated pulmonary pressures 
(50/25 mmHg rather than the normal 35/15 mmHg). For these tests, the pressure 
regime in the pulse duplicator was tuned with a polyurethane valve dummy to meet 
elevated pulmonary conditions. To reach the 120/80 mmHg for the aortic conditions, 
tuning was performed on the PCL2kU4Un valve. Performance of the tested valves 
was visualized with a high-speed video camera (Motion-Scope M-5, IDT, Lommel 
Belgium) after 20 min and 20 h, and by measuring occurring flows and pressures every 
2 hours. Recorded mean pressure, cardiac output, effective orifice area (AEO, obtained 
by measuring images taken with the high speed camera) are averaged values from 
measurements taken over a period of 20 seconds. 

In-vivo valve performance 

Valve preparation and implantation
Because of the smaller diameter of the pulmonary artery in sheep, the diameter of the 
electrospun PCL2kU4Un heart valve scaffolds was adjusted to 21 mm as compared 
to the diameter used in the in-vitro tests. Additionally, in accordance with heart valve 
prosthesis used in open heart valve surgery, the nitinol stent was removed. To increase 
cellular infiltration, scaffolds were immersed with a fibrin solution, consisting of sterile 
filtered (0.2 µm) bovine fibrinogen and bovine thrombin dissolved in DMEM Advanced 
(Gibco; 12491-015), supplemented with 10% FBS and 1% penicillin-streptomycin.
10 valves were implanted as pulmonary valve replacements. Sheep (63.8±5.3 kg) were 
placed on cardiopulmonary bypass (jugular vein to carotid artery) using an 18 French 
arterial cannula (Edwards Life science) for carotid access and a 27 French venous 
cannula (Biomedics) for Jugular cannulation. A left-sided anterolateral thoracotomy 
(7-10 cm) at the third or fourth intercostal space was performed (exact position was 
determined pre-operatively by echocardiography). A length incision in the pulmonary 
artery was made and the valve cusps of the native pulmonary valve were excised. The 
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prosthesis was implanted using 5-0 prolene continuous suture. With careful de-airing 
the pulmonary artery was closed using 5-0 prolene continuous suture. After weaning 
from the extracorporal circulation, valve function and hemodynamics were assessed 
with epicardial echocardiography. All animal procedures were approved by the UMC 
Utrecht Animal Care Ethics Committee and were in agreement with the current Dutch 
law on animal experiments.

Valve explantation and characterization
After a follow-up period of 2 (n=2), 3 (n=2), 4 (n=4) or 5 (n=2) weeks, valves were 
explanted. Prior to termination an epicardial echocardiography was made to assess 
valve performance. Explants were evaluated on fiber morphology, mechanical behavior 
and molecular weight. Where not stated otherwise, same analytical protocols were 
used as prior to implantation. Additionally, after explantation histological stainings 
were performed to investigate cellular infiltration and neo-tissue formation.
After gross inspection, the valve was freed from the reinforcement ring. Valve leaflets 
were transected longitudinally through the midline of the leaflet. From every valve 
one leaflet was used for (immuno)histochemistry. Sections were fixed in formalin 10% 
(v/v) before pre-embedding in 1% (w/v) agar (Eurogentec) and embedding in paraffin. 
Four-micrometer sections were stained with Mayer’s hematoxylin and eosin (HE) and 
Sirius red F3B (Gurr BDH, 34149) in saturated picric acid solution. Immunohistochemical 
stainings were performed after deparaffinization and dehydration. Sections were 
stained for alpha-smooth muscle actin for myofibroblasts and smooth muscle cells 
(1:32.000 anti-α-SMA, Sigma A2547). Antibodies were diluted in PBS/BSA/Azide. After 
deparaffinization, the primary antibody was added for 1 hour at room temperature. 
Slides were subsequently incubated with poly-AP goat anti-mouse IgG (Brightvision, 
DPVM110AP) for 30 min at room temperature. Binding of the secondary antibody 
was visualized with liquid permanent red reagent. For quantative analyses, two 
investigators who were blinded for time point of explantation, conducted quantative 
analysis. Sections were photographed (NikonE800 microscope with ACT-1 software) 
and on the HE stained slides, cellularity was studied under a 20x magnification and a 
high power magnification (high power field (hpf ), 40x objective lens). Per valve leaflet 
the total number of 4 areas were manually counted using ImageJ software. The amount 
of collagen was analyzed with a picosirius red staining and polarized light. The area of 
collagen on photographed sections were digitally converted into binary images. The 
average grey area of 4 hpfs was calculated and normalized to the total tissue area in 
each section. The mean of the measured fields was calculated for each sample. 
The mechanical properties of the explanted tissues were performed on sample strips of 
15*3 mm at 100%/min and a sample gauge length of 10 mm. Due to early degradation 
not every valve leaflet could be used for mechanical analysis, resulting in n=1 valve 
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after 2 weeks, n=2 after 3 weeks, n=4 after 4 weeks and n=1 after 5 weeks. Per valve 1 
to 3 samples were analyzed and averaged per valve. 
To record the molecular weight, samples of the valves were treated with Clorox to 
remove the cells and the remaining PCL2kU4Un material was analyzed by GPC.

Statistical analysis
Histological and mechanical data are presented as averages and their standard 
deviations (SD). Statistical analyses on the mechanical data prior to the implantation 
were performed using an unpaired t-test using Graphpad Prism. Differences were 
considered significant for p values <0.05. 
Statistical analyses for changes over time in cellularity, collagen content, and 
mechanical properties were performed with linear regression (Gaussian distribution 
assumed). Changes in cardiac output and mean pressure during functionality testing 
were analyzed with a non-linear regression (one-phase decay model) and linear 
regression when non-linear regression could not fit (Gaussian distribution assumed). 
A decrease of 0-10% was considered not relevant.

RESULTS

Scaffold production and characterization

Scaffold production and sterilization
All electrospun scaffolds had a thickness of 0.45 to 0.6 mm. The thickness of the 
implanted PCL2kU4Un valves was 0.55 to 0.60 mm. For practical reasons, the valves 
tested in the pulse duplicator had an inner diameter of 29 mm and were sutured into 
a stent (Figure 1d). For the in-vivo studies, the valve dimensions were adapted to an 

Figure 1 – The valve scaffold from a macroscopic and microscopic view. a and b) scanning 
electron microscope pictures of nonsterile electrospun scaffolds a) PCL and b) PCL2kU4Un c) 
schematic of the stainless steel reinforcement structure d) photograph of a PCL2kU4Un valve for 
in-vitro testing with an inner diameter of 29 mm  e) Photograph of a PCL2kU4Un valve for in-vivo 
testing with an inner diameter of 21 mm.
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inner diameter of 21 mm (Figure 1e). The stainless steel reinforcement ring (Figure 1c) 
was scaled accordingly and no stent was used. 

Structural and intrinsic properties
The SEM pictures in (Figure 1a and b) showed that electrospinning with the selected 
parameters resulted in scaffolds with a random fiber distribution. The average fiber 
diameters prior to sterilization were: 5.2±0.5 µm for PCL2kU4Un and 11.0±0.9 µm 
for PCL scaffolds. γ-Sterilization did not change the fiber diameter (5.1±0.5 µm for 
PCL2kU4Un and 10.5±0.8 µm for PCL). 
For the PCL the average molecular weight dropped from 103 kDa to 79 kDa due to 
γ-sterilization. PCL2kU4Un showed a similar change in average molecular weight due 
to γ-radiation from 76 to 60 kDa (Table 1).

Mechanical and fatigue properties
The spun meshes were mechanically characterized before and after γ-sterilization 
(Table 1). Non-sterile PCL and PCL2kU4Un scaffolds have distinct different mechanical 
properties. PCL2kU4Un has an approximate 13 times lower Young’s-Modulus compared 
to PCL. Additionally, with a yield point of nearly 20% vs. 3% for PCL, PCL2kU4Un is 
also supposed to withstand repeated strains better than PCL. γ-Sterilization had no 
significant effect on these mechanical properties. The sterilization had most influence 
on elongation at ultimate tensile strength (UTS). For PCL scaffolds the elongation 
at UTS drops significantly from 343±53% to 235±6% after sterilization (p< 0.01). In 
comparison, γ-sterilization did not significantly alter the elongation at UTS of the 
PCL2kU4Un scaffolds. 

Table 1 – Overview on the mechanical properties and molecular weight of PCL and PCL2kU4Un 
prior and after γ-sterilization (-S). ** = p<0.01 

Youngs 
Modulus
[MPa]

Yield 
strength
[MPa]

Elongation 
at yield
[%]

Tensile 
strength
[MPa]

Elongation 
at UTS
[%]

Molecular 
weight Mw
[kDa]

PCL 9.8±0.7 0.35±0.02 3.2±0.1 1.13±0.09 343±53** 103

PCL γ -S 10.2±1.2 0.35±0.02 3.7±0.3 0.99±0.05 235±6** 79

PCL2kU4Un 0.73±0.01 0.14±0.02 19.6±2.3 1.66±0.07 966±85 76

PCL2kU4Un γ -S 0.81±0.02 0.15±0.02 19.6±2.2 1.42±0.11 880±140 60
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The durability of electrospun materials was tested with a fatigue test at 10% 
elongation for up to 3 million cycles. The 10% elongation was adapted from local 
valve strain deformation calculated by Kortsmit et al. [23] most bioreactors try to 
mimic physiological flow and operate with a preset transvalvular pressure applied to 
the tissue. The induced deformations are unknown and can vary during culturing as 
a consequence of changing mechanical properties of the engineered construct. Real-
time measurement and control of local tissue strains are desired to systematically 
study the effects of mechanical loading on tissue development and, consequently, 
to design an optimal conditioning protocol. In this study, a method is presented to 
assess local tissue strains in heart valve leaflets during culturing. We hypothesize 
that local tissue strains can be determined from volumetric deformation. Volumetric 
deformation is defined as the amount of fluid displaced by the deformed heart valve 
leaflets in a stented configuration, and is measured, non-invasively, using a flow sensor. 
A numerical model is employed to relate volumetric deformation to local tissue strains 
in various regions of the leaflets (e.g. belly and commissures. To reduce the measuring 
time, we assessed the difference in fatigue behavior between the test frequencies of 
10 Hz vs. the more physiological 2 Hz.

There was no significant difference in the fatigue behavior between 2 and 10 Hz 
measurement frequency for the non-sterile PCL scaffolds. The stress response at 
10% strain of the PCL scaffolds decreased with both frequencies in a similar matter 
(Figure 2a). Also with both protocols tested, the scaffolds failed after a similar amount 

Figure 2 – Comparison of the measured fatigue resistance: a) stress response at 10% strain at 
cycle 10, 100 and 100 for the non-sterile and sterilized PCL and PCL2kU4Un scaffolds, including 
the values measured with the 2 Hz protocol for the PCL scaffolds b) the amount of cycles, where 
the stress response at 10% strain dropped below 10% of its original value.
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of cycles (Figure 2b). The non-sterilized PCL scaffolds loosing 90% of their original 
strength after 4.9*104±2.0*104 cycles with 2 Hz and after 5.1*104±0.9*104 cycles 
with the 10 Hz measuring frequency. With 0.8*104±0.2*104 cycles for the 10 Hz vs. 
1.1*104±0.3*104 for the 2 Hz measurement frequency, the γ-sterilized PCL scaffolds 
fail significantly faster at 10 Hz. At both measurement frequencies, the γ-sterilized 
scaffolds fail significantly faster than the not sterilized scaffolds (p<0.005 for 2 Hz and 
p<0.0001 for 10 Hz). 
PCL2kU4Un scaffolds were only tested with 10 Hz, since they did not show any signs 
of failing for the 3 million cycles tested. The PCL2kU4Un measurement curves with 
the non-sterilized PCL2kU4Un at 10 Hz overlay with the sterilized fatigue curves 
shown in Figure 3 (not included for the clarity of the Figure), thus γ-sterilization did 
not influence the PCL2kU4Un, material fatigue behavior. Additionally PCL2kU4Un 
samples had also a more constant stress response at 10% strain compared to PCL. 
After 3 million cycles, PCL2kU4Un scaffolds still had two-third of their original strength, 
whereas all PCL scaffolds lost more than two-third of their original strength already 
after 1000 cycles (Figure 2b). When compared to PCL scaffolds, PCL2kU4Un scaffolds 
not only maintained their mechanical properties over the tested cycles better, they 
also required ~5 times less force to be stretched to 10% elongation.

In-vitro hemodynamic behavior
Valves made from PCL could not withstand elevated pulmonary conditions and 
started to disintegrate already in the first hours. After 2 hours, the cardiac output over 
the valve decreased from 3 to 2 l/min and the mean pressure dropped from 15 to 10 
mmHg (Figure 4a and b). Along with the destruction of the leaflets after 20 h, the 

Figure 3 – Comparison of fatigue resistance on sterile and non-sterile electrospun PCL and 
PCL2kU4Un, scaffolds. All curves are averaged and measured at 37°C in H2O and 10Hz; the 
fine lines depict the standard deviation. The curve for the sterile and non-sterile PCL2kU4Un, 
scaffolds overlay each other, hence only the sterile curves is depicted. 
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PCL valve showed a significant decrease in cardiac output (60%) and mean pressure 
(62%) (p<0.01). With 1.7 cm2 at the beginning to 1.6 cm2 after 20 hours, the calculated 
effective orifice area (AEO) remained stable. Due to this fast failure, the PCL valves were 
not tested at aortic pressures. In contrast to PCL scaffolds, the cardiac output at 50/25 
and 120/80 mmHg of the valves electrospun from PCL2kU4Un showed no significant 
changes and maintained stable at 3 l/min. The mean pressure at both conditions 
had a significant, but not relevant decrease (8% for 50/25 and 6% for 120/80 mmHg). 
PCL2kU4Un valves showed no signs of failure, a complete opening and closure of the 
valve leaflets and no prolapse after 20 h of testing (see Figure 4c and d). The AEO at 
50/25 mmHg changed from 2.6 to 2.2 cm2, with 2.1 cm2 at the beginning to 2.2 cm2 

Figure 4 – In-vitro valve performance; Hemodynamic behavior in the pulse duplicator; a) mean 
pressure and b) flow on PCL and PCL2kU4Un valves over a 20 h test period at elevated pulmonary 
and aortic conditions. c and d) Pictures made with a high-speed camera of the hemodynamic 
behavior of the PCL2kU4Un valve. c) opening and closing behavior of the PCL2kU4Un valve 
design at elevated pulmonary condition (50/25 mmHg) after 20 hours of testing; d) open and 
closing behavior of the PCL2kU4Un valve design after elevated pulmonary condition (50/25 
mmHg) and aortic condition (120/80 mmHg), each condition tested for 20 hours. 
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after 20 hours the AEO at 120/80 mmHg remained stable. Notably a value well above 
the minimum requirements for aortic valve prostheses according to ANSI/AAMI ISO 
5840:2005 Cardiovascular Implants – Cardiac Valve Prostheses of 1.6 cm2.

In-situ valve performance  

Valve preparation and implantation
The PCL2kU4Un valve was selected for implantation in sheep, since this heart valve 
showed promising in-vitro hemodynamic results. All implantations were successful. 
The total bypass time was 51.2±8.1 minutes. At implantation the echocardiographic 
evaluation of the valves showed an adequate function of all implanted heart valves. 
All leaflets moved properly without any signs of stenosis. There was no regurgitation 
in one case and mild regurgitation (grade I) in 9 cases. 

Valve explantation and characterization
One animal died 4 weeks post implantation due to graft failure. At 2 (n=2) and 3 
weeks (n=2) follow-up, the function of all heart valve scaffolds was adequate, showing 
regurgitation grade I without any sign of stenosis. After 4 (n=4) and 5 weeks (n=2) 
follow-up an increase in regurgitation was seen to grade III-IV in all cases. 
Two weeks after implantation, macroscopic inspection of the two explanted valves 
showed intact pliant valve cusps (Figure 5a). Three weeks post implantation (Figure 
5b), some weak spots were observed in the belly of the cusps in all cases. After 4 weeks 
(Figure 5c), holes appeared and after 5 weeks (Figure 5d) valve leaflets were torn apart. 
Macroscopically, there was no valve with signs of thrombus formation, cusp fusion, or 
cusp thickening.
Infiltration of mainly neutrophils and monocytes were seen throughout the entire 
leaflet cross section with HE staining on the two valves explanted two weeks after 
implantation (Figure 6a). Additionally a few macrophages were observed. Cells were 
mainly located at the basis of the valve cusps, lining the electrospun scaffold (Figure 
6d). Myofibroblast were seen with subsequently collagen production (Figure 6e). With 

Figure 5 Macroscopic outcome of the implants (a) 2 weeks (b) 3 weeks (c) 4 weeks and (d) 5 
weeks post implantation. 
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a PSR staining, collagen fibers were seen mainly around the reinforcement ring of the 
scaffold as well as a small amount of collagen in the tip of the leaflet (Figure 6b).
Small strips of the explants at 2, 3, 4 and 5 weeks were tested for their mechanical 
properties. Evaluated over the period of the 5 weeks, the Young’s modulus decreased 
significant (P<0.05). The moduli of all the explants were about half of the original 
values of the sterilized scaffolds (Figure 7a) with its lowest after 3 weeks in-vivo before 
then gradually increase again up to 5 weeks. In contrast to the Young’s modulus, UTS 
did not change significant during the 5 week period. 
The elongation at UTS on the other hand decreased strongly (p<0.0001). Already after 
2 weeks in-vivo, the construct showed a reduction of elongation at UTS with a loss of 
more than 50% of its original strength. After 3 weeks of implantation, the elongation 
at UTS remained stable at around 150% strain. 

Figure 6 – Histology (a) HE stained cells infiltrate the entire scaffold (b) PSR staining for collagen, 
with the collagen formation near the reinforcement ring. (c) HE staining cells lining the scaffold 
and cells infiltrate the scaffold. (d) aSMA staining for myofibrolasts in red (e) PSR staining for 
collagen. (f ) Number of cells in the scaffold per 20x magnification including cells lining the 
scaffold and cells infiltrating the scaffold. (g) Number of cells infiltrated the scaffold per hpf (40x 
magnification) (e) Mean amount of collagen. Statistically no differences were found.
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The molecular weight of the PCL2kU4Un scaffold material dropped from 76 to 60 
kDa after γ-sterilization. During implantation over the next 5 weeks, there was no 
significant change in the molecular weight of the scaffold 

Figure 7 Overview on the mechanical properties of explanted samples and molecular weights 
of the recovered PCL2kU4Un. Data for the sterilized PCL2kU4Un scaffolds are also shown (t=0) 
a) Young’s modulus b) Ultimate tensile strength c) Elongation at Ultimate tensile strength and b) 
molecular weight. 
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DISCUSSION

Selection of appropriate materials and valve design is pivotal for long-term 
functionality of scaffolds suitable for in-situ heart valve tissue engineering. The 
mechanical properties and durability of the materials are crucial. The material should 
be flexible, have a low Young’s modulus to match native valve leaflet properties as 
close as possible, but still has to be stiff enough to avoid prolapse during diastole. The 
latter can also be avoided by adaptations to the valve design, e.g. by selection of larger 
coaptation areas. 
It is vital that the material of choice maintains its durability and functionality after 
sterilization, since the sterilization processes may affect the properties of the 
polymers. Heat and ethylene oxide are widely used sterilization methods. For PCL 
and PCL2kU4Un, ethylene oxide can function as a plasticizer [16], which makes this 
method unsuitable for our electrospun scaffolds. Also heat-related processes are 
inappropriate here since they reach temperatures above the melting point of the used 
polymer. Due to its wide acceptance in the clinic, γ-sterilization was the sterilization 
method of choice in this study. The effect of γ-sterilization can be best seen in the 
~20% drop of the molecular weight caused by chain scissions in both the PCL scaffolds 
and PCL2kU4Un scaffold material. These chain scissions reduced the elongation at 
ultimate tensile strength for both materials, but the remaining elongation is still high 
enough for the dedicated purpose. The Young’s modulus and tensile strength were not 
affected by the γ-sterilization process. 
To test durability within a reasonable timespan, fatigue testing of electrospun PCL and 
PCL2kU4Un was performed at 10 Hz, a frequency about 5 times higher than the heart 
rate of an active person. Increasing the frequency results in faster measurements, but 
generally also in a decrease of the measured fatigue resistance [24,25]. This behavior 
was also confirmed in this study on the γ-sterilized PCL scaffolds. The difference can be 
explained by the faster straining rate at 10 Hz, which induces more stress to the material 
that can lead to a faster breaking of the scaffold. Despites the sterilized PCL scaffolds 
fail faster with 10 Hz, to mirror the in-vivo behavior of 1 to 3 Hz, the 10 Hz protocol is 
acceptable to be able to perform measurements in less amount of time. Electrospun 
PCL samples lasted for up to 50’000 cycles at 10% elongation. After γ-sterilization the 
fatigue resistance was reduced to ~10’000 cycles. At a heart rate of 70 bpm this would 
correlate to a valve functionality of less than 2.5 hours. This behavior was confirmed in 
the pulse duplicator. The valves prepared from PCL started to disintegrate in the first 
hour when tested under elevated pulmonary conditions. This emphasized the role of 
in-vitro testing prior to in-vivo valve implantation. 
In contrast, the PCL2kU4Un showed no signs of failure over 3 million cycles at 10% 
elongation and this functionality was maintained after sterilization. The promising 
fatigue properties of PCL2kU4Un correlated with the in-vitro hemodynamic valve 
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performance. All tested PCL2kU4Un valves endured elevated pulmonary condition for 
20 hours without any signs of damage and stable read-outs. For future testing, the 
design of the pulse duplicator test setup should be adapted by e.g. suturing the valve 
into a sealed valve conduit to stop the leakage alongside the stent. This would allow 
to measure with pulmonary and aortic conditions rather than to compensate for the 
leakage with increasing the pressure regime. 
One PCL2kU4Un valve was consecutively tested at increased pressure regimes, toward 
simulating aortic conditions for another 40 h. Remarkably, the valve was still fully 
functional after these 60 h with no signs of prolapse or deterioration. Opening and 
closing behavior was excellent. Because of good in-vivo performance the PCL2kU4Un 
valve was selected for further in-vivo evaluation. 
Cell ingrowth is crucial for viability and, therewith, long-term functionality of the valve. 
In-vivo Electrospun scaffolds often do not allow sufficient cell ingrowth due to small 
pore sizes, mostly corresponding to sub-micrometer or small micrometer sized fibers 
[26, 27]. There are means to allow sufficient cell ingrowth even with sub-micrometer 
fibers, by e.g. including pore templates or sacrificial fibers [11, 28, 29]. However, all 
these techniques reduce the mechanical integrity of the scaffold. Our approach was 
to increase the fiber diameter to enable cell infiltration [27]. Previous findings have 
shown that the scaffold can function as a sieve, keeping cells on the scaffold surface, 
and that cell migration into the scaffold does not occur in time. Because fiber diameter 
is directly related to the pore size of an electrospun scaffold, the objective of this 
study was to systematically evaluate how cell delivery can be optimized by tailoring 
the fiber diameter of electrospun poly(ε-caprolactone). Selecting the electrospinning 
parameters to obtain fibers with a diameter of 5 µm, allowed cells to migrate into 
and proliferate within the electrospun scaffolds when implanted as pulmonary valve 
into sheep. The fibrous valvular scaffolds provided sufficient stability to carry initial 
mechanical loading. Additionally, the scaffolds were fibrous and porous enough for 
cells to adhere and migrate into the scaffold. First neo-tissue formation was seen after 
2 weeks which is an important finding for in-situ tissue engineering. It is crucial that the 
degradation behavior of the material matches the rate of tissue formation. In this study, 
there was a misbalance between tissue formation and scaffold degradation resulting 
in graft failure within 5 weeks after implantation. SEM pictures (see the supplementary 
data) on the explants after 4 and 5 weeks showed holes and microcracks indicating 
that failure of the PCL2kU4Un scaffolds may be more due to local degradation, erosion 
and disappearance rather than loss of polymer molecular weight in the whole scaffold 
with subsequent loss of mechanical properties and function. 
Initially, the valves implanted in this study performed very well, they carried initial 
mechanical loads, cells adhered to the scaffold and tissue was produced. For future 
applications, long term durability of the scaffold should be adjusted by changing 
the degradation rate of the scaffold. The synthetic nature of the PCL2kU4Un material 
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allows for adapting to these challenges, as the molecular features of the material can 
be tuned and tailored. Future studies will have to focus on the balance between the 
degradation of the synthetic polymer and the formation of tissue in the valve implant. 
Finally, to enable minimal invasive surgery and also for a future pediatric application, 
the inner reinforcement ring should be removed or replaced by a degradable material.

CONCLUSION

While PCL is widely use in tissue engineering and has FDA approved applications, it 
is not suitable for in-situ valve tissue engineering due to its inferior fatigue resistance. 
In contrast, the fatigue resistant mechanical properties of the PCL2kU4Un material 
are an important step forward in developing in-situ tissue engineered heart valves. 
In-vitro testing is of great importance prior to in-vivo implantation; however, it cannot 
predict erosion/degradation in an in-vivo situation at the longer term. This study 
shows that, despite that the long-term in-vivo durability of the polymeric valve has to 
be improved, our selected electrospun PCL2kU4Un valve designs are promising for in-
situ tissue engineering of heart valves. They showed initial functionality with cellular 
infiltration and subsequent tissue formation, proven, to our best knowledge for the 
first time, the feasibility of in-situ heart valve tissue engineering with an electrospun 
synthetic polymer. 
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ABSTRACT

The creation of a living heart valve is a much-wanted alternative for current valve 
prostheses that suffer from limited durability and thromboembolic complications. 
Current tissue-engineering strategies to create such valves, however, require the use 
of human- or animal-derived donor tissue, or cells for in vitro culture. Here, we propose 
and demonstrate proof-of-concept of a fully synthetic approach, in which a cell-free, 
slow-degrading implant transforms into a living heart valve inside the heart. We 
designed a fibrous valvular scaffold, fabricated from a novel supramolecular elastomer 
that enables endogenous cells to enter and produce matrix. Orthotopic implantations 
as pulmonary valve in sheep demonstrate sustained functionality up to 12 months, 
while the implant is gradually replaced by a layered, collagen and elastic matrix in pace 
with cell-driven polymer resorption. Transapical implantations with 6 months follow-
up show similar outcomes. These results offer new perspectives for endogenous heart 
valve replacement starting from a readily-available synthetic graft. 

INTRODUCTION

Current heart valve prostheses have serious drawbacks, such as thromboembolic 
complications or calcification-induced limited durability [1–3]. Most importantly, 
current prosthetic valves, including cryopreserved donor valves, are non-living 
structures that do not adapt to functional demand changes, which inherently 
limits their durability in comparison to a viable valve replacement (i.e. a pulmonary 
homograft) [4]. As a result, pediatric patients in particular are faced with a lifelong 
risk of valve-related morbidity and up to 50% reduction in life expectancy [5]. The 
creation of living, tissue engineered heart valves that can last a lifetime is believed 
to overcome these limitations [6,7]. Classical heart valve tissue engineering (TE) in 
which cells are harvested, expanded in vitro, seeded on a rapidly-degrading scaffold 
and conditioned in a bioreactor for several weeks to ensure fast matrix production 
that can withstand hemodynamic forces, has been explored for over 20 years [8–13]
the native pulmonary leaflets were resected, and the valve constructs were implanted 
into 6 lambs (weight 19+/-2.8 kg. Yet, translation to the clinic has proven difficult. 
This is mainly due to the complexity of the procedure and suboptimal long-term in 
vivo performance – the prevalent issue being valve leaflet retraction by the seeded 
cells [11–13]1’-dioctadecyl-3,3,3’ 3’-tetramethylindo-carbocyanine perchlorate (Di-
1. To reduce these drawbacks, in situ heart valve TE has emerged to create living 
valves at the site of destination inside the heart. In this approach, a malfunctioning 
valve is replaced by a cell-free scaffold that gradually transforms into a living valve 
by recruiting endogenous cells and using the body as a “bioreactor”. Recent studies 
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employing the in situ heart valve TE principle have shown compelling results using 
decellularized biological scaffolds, such as small intestine submucosa [14,15] or de 
novo engineered extracellular matrices [12,16,17]. However, these approaches do not 
negate the need for a (engineered) biological starter matrix and offer limited control 
over scaffold properties. 

Here we propose and demonstrate proof of concept of in situ heart valve TE starting 
from a cell-free bioresorbable micro-porous synthetic scaffold as a novel concept in 
heart valve replacement therapy (Figure 1A). Compared to other TE approaches, this 
approach offers off-the-shelf availability at substantially reduced costs and logistic 
complexity by omitting any tissue culture or tissue preparation [18,19]. In addition, 
synthetic materials offer high control of scaffold design and manufacturing, including 
the modulation of scaffold properties (e.g. resorption rate, biophysical properties) 
to induce functional, healthy regeneration [20,21]. Last, but not least, regulatory 
complexity is drastically reduced because the synthetic scaffolds can be considered as 
medical device at the time of implantation. While this concept has been demonstrated 
for tissue engineered vascular grafts [22–24], synthetic material-based in situ heart 
valve TE poses more complex challenges, related to the valvular geometry and the 
complex dynamic opening and closing of the valve. The scaffold should not only 
withstand hemodynamic loading immediately upon implantation, but also maintain 
stable valve function with time and during scaffold resorption and neo tissue 
formation. To our opinion, safe clinical use requires that scaffold resorption should be 
mainly cell driven, meaning that the scaffold will only degrade, and thus lose strength 
and durability, when sufficient extracellular matrix has been synthesized by the cells 
to taken over mechanical functionality. 

For the development of the valvular scaffold, we considered the relevant design 
criteria over multiple length-scales (Figure 1B-D). At the molecular level, we employed 
a custom-developed bioresorbable supramolecular elastomer, based on bis-urea-
modified polycarbonate (PC-BU). Using electrospinning, this material was processed 
into microporous scaffolds with fiber diameters and pore sizes optimized to advocate 
homogenous cell colonization and regenerative remodeling of the scaffold [24–26]. 
To characterize the cell driven mechanisms of scaffold resorption, scaffolds were 
subjected to accelerated hydrolysis and oxidative in vitro resorption tests. On the 
macroscopic scale, we developed a crown-shaped polyether ether ketone (PEEK) 
reinforcement ring to stabilize valve geometry. Prior to implantation, the polymer 
was seeded with fast-degrading fibrin gel in analogy with our previous in vitro heart 
valve TE approaches [27,28]. Function of the resulting valvular device was tested in 
accordance with ISO 5840; in vitro using a pulsatile test system, and subsequently in 
vivo as pulmonary valve replacement during long-term follow-up in an ovine model. 
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Following a successful in vivo pilot of 2 months follow-up (n=1), we monitored valve 
function, cell recruitment, neo-tissue formation, in vivo scaffold resorption and 
mechanical properties of explanted valves up to 6 (n=5) and 12 (n=4) months follow-
up. Finally, as an outlook towards minimally invasive implantation, the feasibility of 
combining this technology with transcatheter delivery was assessed, with up to 6 
months follow-up (n=5). 

Figure 1 The acellular synthetic valve transforms into a living valve in situ, while maintaining 
functionality – (A) Schematic representation of the hypothesized phased process of 
regeneration, mirroring the wound healing cascade, moving form an acellular synthetic graft 
into an autologous living valve. (B) The valve is composed of an electrospun polycarbonate 
bisurea (PC-BU) sutured onto a reinforcement crown. (C) Scanning electron microscopy image 
of the fibrous microstructure of the valve. Scale bar, 50 µm. (D) The strictly segmented sequence 
controlled molecular structure of PC-BU (p is on average approximately 16-17). (E) Movie stills 
of an in vitro valve functionality test demonstrating excellent closure and opening behavior, 
in accordance with ISO 5840 criteria. (F) Transforming valves maintain good functionality over 
the 12 month implantation period with coapting leaflets and central regurgitation grade 1, as 
assessed by echocardiography. (G) Gross appearance of the valve in situ, demonstrating thin, 
pliable tissue leaflets after 12 months in vivo. 
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MATERIALS AND METHODS 

Material synthesis & characterization

Material synthesis
PC-BU was developed and synthesized in-house in an analogous fashion to the 
preparation of the polycaprolactone bis-urea biomaterial as reported by Wisse et 
al. [29,30], by replacing the amine functional polycaprolactone used by Wisse et al. 
with amine functional polycarbonate in the chain extension polymerization reaction 
with butylene diisocyanate. The resulting biomaterial has a novel molecular structure 
with uniform and strictly segmented poly-n-hexylcarbonate soft blocks and butylene 
bis-urea hard blocks. The polycarbonate soft block has a number average molecular 
weight of approximately 2.5 kDa and alternates with the hard block. Every hard block 
along the polymer chain is the same and is a butylene bis-urea group. Accordingly, PC-
BU has a sequence-controlled macromolecular structure. 

Infrared Spectroscopy
The PC-BU material was analyzed by attenuated total reflectance Fourier transformed 
infrared (ATR-FTIR) spectroscopy as measured on a Spectrum Two IR spectrometer 
(Perkin Elmer). ATR-FTIR analysis revealed a major resonance at 1741 cm-1 for the 
carbonate groups, and further resonances at 3325, 1619 and 1577 cm-1 for the urea 
groups. These three wavelength positions are indicative of strongly hydrogen bonded 
ureas [31].

Differential Scanning Calorimetry
Thermal analysis was done on the neat PC-BU material by differential scanning 
calorimetry (DSC) using a Q2000 machine (TA Instruments). Melting (Tm) and glass 
(Tg) transition temperatures were measured from the melt, i.e. after the sample 
had first been brought to the isotropic state, in the second or ensuing heating runs. 
Heating scan rates of 10 °C/min and 40 °C/min were used for Tm and Tg assessment, 
respectively. The Tm was determined by the peak temperature, while the Tg was given 
by the inflection point in the thermogram. 

Uniaxial tensile testing
The bulk mechanical properties of the PC-BU base material were determined by 
performing uniaxial stress-strain tensile tests on dog-bone shaped solid samples 
(length = 22 mm, width = 5 mm, thickness = 0.30 ± 0.04 mm) as prepared and 
punched from chloroform/methanol (v/v 3:1) solution cast films. The tensile tests were 
executed at room temperature, using a crosshead speed of 20 mm/min. Measured 
stresses (s) and strains (e) were engineering stresses and strains. Tensile testing of the 
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PC-BU showed a stress-strain curve with a monotonous increase of stress, without 
displaying a distinct yield point (syield). Therefore, the strength at break (sbreak) was 
also the ultimate tensile strength (UTS), which was determined to be 39.8 ± 1.6 MPa 
at a maximum strain at break (ebreak) of 952 ± 21%. The tensile toughness (or UT; as 
determined by the area under the stress-strain curve) was determined to be 190 ± 9 
MPa, with a Young’s modulus (E; as determined between 0.25% and 2.5% strain) of 11.2 
± 0.2 MPa. Reported values represent the average ± standard deviation (n=3).

Valve fabrication

Electrospinning
The valves were manufactured by suturing an electrospun tube of PC-BU on a polyether 
ether ketone (PEEK) supporting stent. For electrospinning, the PC-BU polymer was 
dissolved in solvents and stirred overnight. Following complete dissolution, the 
polymers were electrospun in a climate controlled electrospinning apparatus (IME 
Technologies). The polymer solution was delivered at a constant flow rate to a metal 
capillary connected to a high-voltage power supply. A grounded rotating mandrel was 
used as a collector. As the polymer jet accelerated towards the collector, the solvent 
evaporated and a charged polymer fiber was deposited on the rotating target in the 
form of a non-woven mesh. Fiber morphology and diameter were evaluated by SEM 
(Phenom World Phenom Pro, Fibermetric® software). Scaffold thickness was measured 
with a digital thickness gauge (Mitutoyo SGM). 

Support stent
The stent’s design was generated using computer-aided design software (Autodesk 
Inventor). The crown-like structure of the stent consisted of a ring with three individual 
posts and measured 20 mm in outer diameter. The ring connecting the three posts 
contained small holes (Æ 0.8 mm) for suturing. Stents were made out of a solid piece 
of PEEK by using computer controlled milling technology. Valves were fabricated by 
suturing the electrospun PC-BU tubes onto the stent by using 6-0 prolene sutures 
(Ethicon, Johnson & Johnson Medical). Valves were sterilized by Ethylene Oxide 
sterilization (Synergy Health). 

Fibrin coating
Prior to implantation, valves were coated with fibrin. Valves were placed in 70% 
ethanol (VWR) for 1 minute, washed three times with phosphate buffered saline (PBS; 
Sigma), and placed in culture medium overnight, consisting of advanced Dulbecco’s 
Modified Eagle Medium (DMEM; Gibco), supplemented with 10% lamb serum (Gibco), 
1% L-Glutamine (Lonza), and 1% penicillin/streptomycin (Lonza), further referred 
to as standard medium. Prior to fibrin coating, the medium was aspirated from the 
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scaffold. For fibrin gel formation, sterile bovine fibrinogen solution, with 10 mg actual 
protein/mL medium (Sigma), was added to sterile bovine thrombin solution, with 
a concentration of 10 IU thrombin/mL medium (Sigma). A total volume of 100 µL 
fibrin per 100 mm3 scaffold was used. Coated valves were placed in an incubator for 
15 minutes to allow for fibrin polymerization, followed by the addition of standard 
medium. Coated valves were stored at 37 °C until implantation.

Hydrodynamic in vitro functionality assessment
One valve was used for in vitro valve functionality assessment. The valve was placed 
inside a silicon annulus of 21 mm inner diameter and positioned into a hydrodynamic 
pulsatile test system (HDT-500, BDC laboratories) containing a physiologic saline 
solution at 37°C. The valve was subjected to physiological pulmonary conditions (rate 
of 72 beats per minute, stroke volume of 70 mL, maximum diastolic pressure difference 
of 25 mmHg) for one hour. Flow and pressures were measured via an ultrasonic flow 
module (TS410, Transonic Systems) and pressure sensors (BDC-TP, BDC Laboratories), 
respectively. Data was collected for 3 seconds at 5 kHz and functionality was assessed 
from an average over 10 cardiac cycles by using StatysTM software (BDC Laboratories) 
to determine cardiac output (CO), effective orifice area (AEO) and regurgitation 
fraction (RF), as well as stroke, leakage and closing volume. Slow-motion movies were 
recorded to assess opening and closure behavior of the valve, as well as leaflet motion 
(G15 Powershot, Canon). 

After pulsatile functionality assessment, the silicon annulus containing the valve was 
positioned into a valve durability tester (VDT-3600i, BDC Laboratories) containing a 
physiologic saline solution at 37 °C. The valve was subjected to pulmonary conditions 
for one million cycles, before it was subjected to aortic conditions until failure. Slow-
motion movies were recorded to assess opening and closure behavior of the valve, as 
well as leaflet motion (G15 Powershot, Canon).

Sheep studies 

Animals
Approval for the animal studies was obtained by the University Medical Center Utrecht 
Animal Care Ethics committee and are in agreement with the current Dutch law on 
animal experiments. Ten female swifter sheep (mean weight 67.8 kg, mean age 2.8 
years) underwent pulmonary valve replacement. Follow-up was 2 months (n = 1), 6 
months (n = 5), and 12 months (n = 4). 
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Anesthesia
Buprenorphine (5 mcg/hr patch; Bu Trans, Mundipharma DC) and Diazepam (10 mg 
orally; Diazepam CF, Centrafarm) was given as pre-medication, one day prior to 
pulmonary valve replacement. On the day of surgery, ketamin/hydrochlorin (10 mg/kg 
IM; Narketan 10, Vétoquinol) and Midazolam (0,4 mg/kg IM; Midazolam Actavis 5 mg/
ml, Actavis) was given as a pre-anesthetic. Propofol was used as induction anesthesia 
(2-4 mg/kg; Propofol 20mg/ml, Fresenius Kabi) and Propofol (4-7 mg/kg; Propofol 
20mg/ml, Fresenius Kabi) and Sufenta forte (5 µg/kg; Sufentanil-Hameln, 50mcg/ml, 
Hameln) was given to maintain anesthesia during surgery. Furthermore, prophylactic 
Amiodarone (150 mg; Cordarone 50 mg/ml, Sanofi-Aventis) was given intravenously 
to prevent arrhythmias. Furosemide (2 dd 20 mg; Furosemide 20 PHC, Pharmachemie 
BV) and Flunixinemeglumine (1 dd 0.02 ml/kg; Cronyxin, 50mg/ml, Dechra) was given 
during the first three days post-operatively. Animals received life-long Ascal (1 dd 80 
mg orally; Ratiopharm).

Pulmonary valve replacement
During surgery animals were monitored in terms of ECG, arterial blood pressure, 
capnography, and temperature. Animals were placed in the right lateral position. 
Heparin was administered intravenously. Animals were placed on cardiopulmonary 
bypass. For arterial access, an 18 Fr arterial cannula (Edwards Lifescienes) was placed 
in the left arotid artery. A 27 Fr venous cannula (Biomedics) was placed in the left 
jugular vein. A left-sided anterolateral thoracotomy was performed in the third or 
fourth intercostal space. The pericardium was opened and a length incision in the 
pulmonary artery was made distally from the native pulmonary valve. The cusps of the 
native pulmonary valve were excised. The cell-free biodegradable heart valve device 
was implanted using continuous sutures (5-0 Prolene C1). After careful de-airing the 
pulmonary artery was closed in a continuous fashion (5-0 Prolene C1). After weaning 
from extracorporeal circulation an epicardial echocardiography using a Philips iE33 
echocardiography machine was made to assess valve function. Protamine was 
administered intravenously and the cannulas were removed. A chest tube was placed 
in the left thoracic cavity and the wound was closed in layers.

In vivo valve function and explantation
Anesthetic protocol during explantation was similar to implantation. A mid-
sternotomie was performed and afterwards an epicardial echocardiography using 
a Philips iE33 echocardiography machine was performed to assess in vivo valve 
performance. Additionally, invasive pressure measurements were conducted in the 
right ventricle outflow tract and pulmonary artery. Thereafter, the heart, liver, spleen 
and lungs were explanted and the animals exsanguinated. The implanted valves 
were explanted from the heart. After macroscopic inspection of the organs and the 
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explanted valve prosthesis, the valve was carefully freed from the PEEK reinforcement 
ring. The peripheral organs were transected and the valve leaflets were transected 
following a standard cutting protocol (Figure S1).

Explant evaluation 

Histology
Prior to embedding in paraffin, samples were fixated in 10% formalin and embedded 
in agar gel to prevent damage to the polymeric fibers during the paraffin-embedding 
protocol. Peripheral organs were embedded without agar. Stainings were performed 
on longitudinal 4 µm serial sections after deparaffinization in xylene and rehydration 
in a graded series of ethanol. Sections were stained with Weigert’s Hematoxylin and 
Eosin (H&E) to assess gross morphology, Masson’s Trichrome (Sigma-Aldrich) to assess 
extracellular matrix, Rusell-Movat Pentachrome (American MasterTech) to assess 
tissue composition, Picrosirius Red (Sirius red F3B, Sigma, in saturated aqueous picric 
acid, Fluka) to assess collagen, Resorcin-Fuchsin (Weigert’s Elastica van Gieson, Merck) 
to assess elastic fibers, and Alizarin Red (Sigma) to assess calcium deposits.

Immunohistochemistry
Following deparaffinization, antigen retrieval was performed in a 96 °C water bath 
for 20 minutes in either a modified citrate buffer (pH 6.1; DAKO). Enzymatic antigen 
retrieval (for Elastin, Fibrillin-1 and Fibrillin-2 antibodies) was performed with pepsin 
(0.05% in 10 mM HCl; Sigma) for 12 minutes at 37 °C. Depending on the antibody 
used this was followed by a permeabilization step with 0.5% Triton-X100 (Merck) in 
PBS (Sigma). Blocking was performed by incubating slides in 1% non-fat dry milk, 1% 
BSA and 2% normal goat serum (Invitrogen) at room temperature for 2 hrs. Primary 
antibodies were prepared at the desired concentrations in 1:10 diluted blocking buffer 
and were applied overnight at 4 °C. The primary antibodies used were (antibodies were 
purchased from Abcam unless indicated otherwise): mouse anti-Vimentin (1:1200), 
rabbit anti-α-SMA (1:600), rabbit anti-von Willebrand (1:1200), mouse anti-Elastin 
(1:200), rabbit anti-Collagen I (1:200), mouse anti-Fibrillin-1 (1:200; biotinylated), 
rabbit anti-Fibrillin-2 (1:200; Sigma), mouse anti-CD45 (1:200; AbD Serotec), and rabbit 
anti-iNOS (1:200). All washing steps were done with 0.05% Tween-20 (Merck) in PBS or 
0.05% Tween-20 in TBS. 
Alkaline phosphatase-labeled (AP; Abcam) secondary antibodies were used in a 1:500 
dilution. AP activity was visualized with SIGMA FAST™ BCIP/NBT (5-Bromo-4-chloro-
3-indol yl phosphate/Nitro blue tetrazolium; pH 9.5, Sigma). Counterstaining was 
performed with Nuclear Fast Red (Sigma). For immunofluorescence, Alexa 488/555/647 
or Strepavidin-Alexa 555 for biotinylated primary antibodies were used as the labels. 
Cell nuclei were stained with 4’,6-diamidino-2-phenylindole (DAPI). Incubations with 
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the secondary antibody only were included as negative controls. Stained slides were 
dehydrated and mounted in Entellan (Merck) or Mowiol (Calbiochem). Tile scans and 
pictures were recorded with a Zeiss Axio Observer Z1 microscope or a Zeiss Axiovert 
fluorescence microscope using Zeiss ZEN software.

Biochemical analysis
The tissue composition of explants was quantified in terms of DNA, glycosaminoglycan 
(GAG), hydroxyproline (HYP), and elastin. For this, samples were incubated overnight 
at 60 °C in a digestion buffer with papain (Sigma). After digestion, the GAG content 
was measured using a modification of the assay as previously described by Farndale 
et al. [32], with shark chondroitin sulfate (Sigma) as a reference. The total amount 
of DNA in the samples was quantified using the Hoechst dye method [33] with a 
reference curve prepared from calf thymus DNA (Sigma). The hydroxyproline (HYP) 
quantity was determined as a measure of collagen content, following the methods 
described by Huszar et al. [34] with trans-4-hydroxyproline (Sigma) as the reference. 
Elastin content was determined using the Fastin Elastin assay (Biocolor) according to 
the manufacturer’s protocol. 

Scanning Electron Microscopy (SEM)
Samples were analyzed by SEM to visualize coverage of the scaffold with neotissue 
and to visualize the degree of degradation of scaffold fibers. To assess neotissue 
coverage and endothelialization of the implanted scaffolds, samples were fixed in 
glutaraldehyde and dehydrated in a graded ethanol series, starting from 50% to 100% 
in 5 to 20% increments. The ethanol was then allowed to evaporate, and samples were 
gold-sputtered for visualization. To visualize morphology and degree of degradation 
of the scaffold fibers, neotissue was removed by incubation of the explant with 4.6% 
sodium hypochlorite (clorox) for 15 minutes at room temperature and washing twice 
in purified water. The samples, either glutaraldehyde-fixed or clorox-treated, were 
analyzed by SEM (Quanta 600F, FEI). 

Biaxial tensile tests
Mechanical properties of a non-implanted control scaffold, the explants, and native 
control valves were analyzed by using a biaxial tensile tester (BioTester, 1.5 N load 
cell; CellScale) in combination with LabJoy software (V8.01, CellScale). Two square 
samples (6 x 6 mm2) per valve were symmetrically cut from the belly region. Sample 
thickness was measured at 3 random locations using an electronic caliper (CD-15CPX, 
Mitutoyo) and averaged. The samples were stretched equibiaxially in the radial and 
circumferential direction up to 30% strain, at a strain rate of 100% per minute. After 
stretching, the samples recovered to 0% strain at a strain rate of 100% per minute, 
followed by a rest cycle of 54 seconds. Prior to measuring the final stresses, samples 
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were preconditioned with 5 of these cycles. A high-order polynomial curve was fitted 
through each individual data set in both the radial and circumferential direction. 

Statistical analysis
Given the limited sample size, the data could not be tested for Gaussian distribution. 
Therefore, we used non-parametric tests for statistical analysis. To compare the average 
values for DNA, GAG and HYP between the 6- and 12-months explants and the native 
pulmonary valve, the data was tested using a Kruskal-Wallis test with Dunn’s Multiple 
Comparison post-hoc test (n = 5 for 6 months, n = 4 for 12 months and native). For the 
elastin content, the native pulmonary valve (with n = 1) was not included in statistical 
analysis and the 6- and 12-months explants were compared via Mann-Whitney test. 

RESULTS

From biomaterial to a functional valvular device
The employed PC-BU biomaterial has uniform and strictly segmented poly-n-
hexylcarbonate soft blocks and butylene bis-urea hard blocks (Figure 1D). Infrared 
spectroscopy and differential scanning calorimetry analyses confirmed the phase-
separated morphology that is typical for thermoplastic elastomers, with a ‘soft’ 
amorphous phase (Tg = -40 °C) and a ‘hard’ crystalline phase with strongly hydrogen-
bonded bis-urea groups (Tm = 138 °C). Tensile tests demonstrates that the material is 
elastomeric and tough (toughness UT of 190 ± 9 MPa), but also relatively soft (Young’s 
modulus E of 11.2 ± 0.2 MPa).

The material was processed using electrospinning and resulting meshes were 
characterized with scanning electron microscopy (SEM; Figure 1C). The fiber diameter 
and pore size (fiber Æ 4.04 ± 0.25 µm; porosity 78-81 %) were optimized to enable 
circulating and tissue cells to enter the scaffold. The use of microfibers and, consequently, 
a large pore size is stimulatory for cellular infiltration, endogenous matrix production, 
and regenerative remodeling [24–26]impeded cell ingrowth has been reported in 
electrospun scaffolds. Previous findings have shown that the scaffold can function as 
a sieve, keeping cells on the scaffold surface, and that cell migration into the scaffold 
does not occur in time. Because fiber diameter is directly related to the pore size of an 
electrospun scaffold, the objective of this study was to systematically evaluate how cell 
delivery can be optimized by tailoring the fiber diameter of electrospun poly(epsilon-
caprolactone. Accelerated in vitro degradation tests showed that electrospun PC-BU 
meshes are prone to both hydrolysis and oxidation, although PC-BU is less affected by 
oxidative degradation when compared to polyester-based supramolecular materials 
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[35] (Supplemental Dataset 1). Finally, PC-BU is non-cytotoxic as determined via MTT 
metabolic assay. 

Valves were manufactured by shaping and suturing electrospun PC-BU tubes onto a 
crown-shaped PEEK reinforcement ring (Figure 1B). Function of the resulting valvular 
device was tested in accordance with ISO 5840; in vitro using a pulsatile test system 
under elevated pulmonary pressures (50/25 mmHg) and aortic pressures (120/80 
mmHg) at a cardiac output of 5 L/min and heart rate of 70 bpm for 20 hours. The 
valve showed good opening and closure behavior (Figure 1E). Cardiac output, 
effective orifice area, and regurgitation fraction met ISO 5840 criteria for cardiac valve 
prostheses (5.34 L/min, 1.99 cm2, and 4.35 %, respectively; Table S1).

Long-term in vivo testing demonstrates well-functioning valves 
We implanted the valves in the pulmonary position in sheep with 2 months (n=1, pilot), 
6 months (n=5) and 12 (n=4) months follow-up. At termination, all valves showed good 
functionality with only mild central regurgitation (grade 1) and no stenosis (Figure 1F), 
with the exception of one of the 12-month explants (regurgitation grade 3). Invasive 
pressure measurements showed no gradient across the valves. None of the animals 
showed any clinical signs of valve failure (e.g. murmur, dyspnea or ascites) during the 
complete follow-up period. 

Macroscopically, all explanted valves showed pliable valve leaflets (Figure 1G and 
Figure S2). In two of the 12-month explants, a small irregularity was observed at the 
free edge of one of the cusps, which did not affect functionality. One valve showed 
mild retraction of all cusps, leading to grade 3 regurgitation (Valve 12.4 in Fig S2). 
This particular valve had displayed minor delamination of the polymeric leaflets 
prior to implantation, which, although not anticipated, may have compromised the 
in vivo behavior of this valve. Pathological calcification, an important drawback of 
current bioprosthetic valve prostheses, was absent in all of the implanted valves, as 
assessed by careful visual inspection of the explants by the surgeons. Furthermore, 
no thromboembolic complications were observed and full autopsy revealed no 
peripheral emboli (e.g. in lung tissue), a common issue for current valve prostheses.

Scaffolds undergo extensive colonization by valvular interstitial-
like cells and progressive endothelialization. 
On the cellular level, the process of in situ transformation from a synthetic scaffold to 
a living heart valve is induced by the initial inflammatory response to the implanted 
biomaterial [19,20,23]. CD45 and inducible nitric oxide synthase (iNOS) stainings indicate 
a role for circulatory immune cells, such as monocytes (Figure S3). Correspondingly, 
macrophages and neutrophilic granulocytes infiltrated abundantly throughout the 



Chapter 9  175

porous microstructure of the scaffold, including the leaflet tip, already after 2 months. 
This was more pronounced in the 6-months explants and decreased from 6 to 12 months 
(Figure 2A-D and Fig S4). In addition, cells adhered onto the scaffold, forming a layer of neo- 
tissue, first on the pulmonary surface of the leaflet, and after 12 months also on the 
ventricularis side. To assess cell phenotype, vimentin and a-smooth muscle actin (α-SMA) 
expression was evaluated, being markers for the native valve interstitial cells (VICs) in 
a quiescent or activated state, respectively [36]. Pronounced vimentin expression was 
observed dispersed throughout the scaffold in both the 6- and 12-months explants 
(Figure 2E,F). In contrast, α-SMA positive cells localized at the leaflet base and belly, 
predominantly in the neo-tissue that had formed on the pulmonary side of the valve 
at 6 months follow-up. Importantly, after 12 months, α-SMA expression in the leaflet 
was strongly dampened while vimentin expression remained abundant (Figure 2E,F), 
suggesting a transition into a more mature, quiescent VIC-like phenotype resembling 
native leaflets [36]. 

Figure 2 Extensive in situ colonization of valves by host cells – (A,B) Explanted valves were 
cut longitudinally to obtain transections of the valve leaflets with orientation as indicated. (C,D) 
Valves were extensively colonized by host cells, infiltrating throughout the fibrous synthetic 
scaffold, as apparent in Hematoxylin and Eosin (H&E) staining. (E,F) Cells displayed a valvular 
interstitial cell (VIC)-like phenotype with vimentin (green) and α-Smooth Muscle Actin (α-SMA; 
red) expression. α-SMA expression in the leaflet was strongly dampened after 12 months of 
implantation, indicative of mature VIC-like cells. Scale bars C-F: 1mm (tile scans) and 200 µm 
(insets). 
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Figure 3 Progressive in situ endothelialization of the valves – (A,B) von Willebrand Factor 
(vWF) staining of the explants after 6 months (left panel) and 12 months (right panel) in vivo.  
Displayed are representative sections of the pulmonary and ventricular surface (top and bottom 
row, respectively), in regions near the leaflet base and the tip. Remnant scaffold fibers are visible 
in white. Scale bars, 100 µm. (C,D) Scanning electron microscopy (SEM) analysis demonstrates 
progressive coverage of the scaffold surface. Displayed are representative overview images of 
the valve leaflets (middle row; scale bars, 1 mm), and details of regions near the leaflet base and 
near the tip of the pulmonary (top row) and ventricular surface (bottom row). Scale bars details, 
100 µm. 
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Figure 4 Cell-driven neotissue formation and scaffold resorption – (A-F) Histological analysis 
of the explants after 6 and 12 months showing longitudinal transections of the valve leaflet. 
From top-to-bottom: Masson’s Trichrome stain (MTC; connective tissue in blue, cell nuclei in 
purple and cytoplasm in red), Rusell-Movat Pentachrome stain (collagen in yellow, cell nuclei 
in dark red, elastin fibers in black, muscle tissue in red, and glycosaminoglycans in blue-green; 
remnant scaffold is visible in dark purple-blue), and Picrosirius Red stain (collagen in red). Scale 
bars, 1 mm; scale bar insets, 500 µm. (G) Biochemical composition of the explanted leaflets, in 
terms of DNA, glycosaminoglycans (GAG), hydroxyproline (HYP), and elastin. Data represent 
mean ± standard error of the mean, with n = 5 for 6 months, n = 4 for 12 months, and n = 4 for 
native (DNA, GAG, HYP) or n = 1 for native (elastin). The native elastin (n = 1) was not included 
in statistical analysis. * P < 0.05. (H,I) Representative scanning electron microscopy (SEM) images 
of 6-month explants. Before SEM, the tissue was removed by sodium hypochlorite treatment 
in order to expose the degrading scaffold fibers. Images shown are from a cell-poor region in 
which fibers remained intact (H) and a cell-rich region in which fibers were clearly affected by 
cell-driven resorption (I). Scale bars, 50 µm. (J) Biaxial tensile tests on the PC-BU valve leaflet prior 
to implantation and on the 6- and 12-months explants, in comparison with the native leaflet (in 
red). Data represent mean ± standard error of the mean, with n = 1 for PC-BU, n = 5 for 6 months, 
and n = 2 for 12 months.
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Figure 5 Elastic fiber formation – (A) Elastica van Gieson (EvG) staining of the 6- and 12 months 
explants. Images are merged tile scans. Connective tissue appears in pink and elastin fibers in 
dark purple. (B) Immunofluorescent staining of Elastin protein (ELN; green), Fibrillin-1 (FBN1; red) 
and cell nuclei (DAPI; blue) for the 2, 6, and 12 months explants. Colocalization of Elastin and 
Fibrillin-1 appears in yellow. Displayed are merged tile scans. (C,D) Elastin fibers in the native 
sheep pulmonary leaflet and a detail of the 12-months explant. Displayed are immunofluorescent 
images of Elastin (ELN; green), Fibrillin-1 (FBN1; red), Fibrillin-2 (FBN2; white), with a merged 
overlay image, and EvG staining. Expression of dark purple elastin fibers in the EvG staining on 
the ventricular surface of the 12-months explant corresponds to colocalization of ELN, FBN1, 
and FBN2 in the merged immunofluorescent image, similar to the native leaflet (indicated by 
triangles). p and v indicate the pulmonary and ventricular side of the leaflet, respectively. Scale 
bars, 200 µm (C) and 100 µm (D).
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Extensive endothelialization was evident from von Willebrand Factor (vWF) staining and 
SEM analysis (Figure 3A-D). After 6 months, a progressive coverage of the pulmonary 
surface of the leaflet was observed, while on the ventricular surface, marked areas are 
visible in which the scaffold remained exposed, in particular near the leaflet tip. At 12 
months follow-up, endothelialization had developed into a fully confluent endothelial 
layer on the pulmonary surface and a near-confluent endothelium on the ventricular 
surface, with localized uncovered regions. 

Native-like neo-tissue development is accompanied by gradual 
cell-driven scaffold resorption and functional mechanical behavior
Analogous to the cell colonization, profound valve remodeling was seen at the 
tissue level (Figure 4A-F). At 12 months follow-up, the tissue was composed of DNA, 
glycosaminoglycans (GAGs), collagen, and elastin at concentrations comparable to 
the native pulmonary leaflet (Figure 4G). Moreover, a mature collagen organization 
was evident. Expression of the elastin protein strongly co-localized with collagen 
expression. To assess whether the deposited elastin was incorporated into a functional 
fibrillar elastic matrix, co-staining of elastin with the matrix-forming proteins elastic 
matrix-forming proteins fibrillin-1 and fibrillin-2 was performed [37]. Localized co-
expression of elastin and fibrillins was detected in the 12-months explants at both 
sides of the leaflet, indicative of the presence of elastic fibers, confirmed by Elastica 
van Gieson staining (Figure 5A-D). 

Analysis of the remaining polymer scaffold displayed a modest decrease in molecular 
weight. Removal of tissue using sodium hypochlorite treatment showed that fibers 
that had been covered in tissue displayed clear signs of resorption, illustrated by 
cleaved fibers as well as surface erosion (Figure 4I). Less-cellularized regions of 
scaffold, on the other hand, exhibited intact fibers without any signs of resorption 
(Figure 4H). Histological analysis revealed that, after 12 months, the PC-BU had 
specifically disappeared from the section at the base of the leaflet, a section in which 
cells are relatively abundant (Figure 4B, D, F). This tissue-dependent resorption was 
also reflected in the mechanical behavior of the explants (Figure 4J). Starting from 
an almost linear elastic material behavior of the PC-BU starter matrix, the explanted 
valves displayed a more tissue-like non-linear elastic behavior, albeit with a higher 
stiffness compared to the native pulmonary valve. In line with the absence of 
macroscopic pathological calcification, Alizarin Red staining displayed no expression 
in the 6-months explants and two of the 12-months explants, and only very sparse 
spots in the other two 12-months explants were detected, localized near the leaflet 
base (Figure S5).



180  In Situ Cardiovascular Tissue engineering

DISCUSSION

Cell-free in situ TE is an emerging concept in the quest for developing living, adaptive 
heart valve prostheses that can last a lifetime. The starter matrix, or scaffold, can either 
be of natural origin, such as in the case of decellularized tissue engineered heart 
valves [12,16,17,38], or of synthetic origin, as was applied in the present pioneering 
study of synthetic material-based in situ engineered heart valves. Our philosophy to 
use synthetic scaffolds is based on cost-effectiveness and high control over scaffold 
properties, which is paramount for valve functionality and the triggering of an 
appropriate regenerative response. This approach of material-based in situ TE has 
shown great potential when used as blood vessel replacement. Various studies have 
demonstrated successful preclinical application [22,23] with an endothelial cell (EC, 
leading to the first clinical trials as large replacement conduits in the low pressure 
circulation [39,40]. However, translation of these promising results in blood vessels 
to application as heart valve replacement is all but trivial, due to the stringent 
hemodynamic loading regime to which the heart valves are continuously exposed 
[18] either aimed at development of the valve substitute in vitro or at the use of the 
regenerative potential of the body (in situ. Here we provide, for the first time, proof-
of-concept of successful in situ TE of a pulmonary valve up to 12 months follow-up in 
sheep, starting from a synthetic supramolecular valvular scaffold. The here presented 
valves demonstrate several pivotal accomplishments: (1) transition to quiescent VIC-
like cells, thus preventing leaflet retraction; (2) mature tissue with a native-like layer of 
collagen on the pulmonary side and, most notably, elastic matrix formation; and (3) 
absence of pathological calcification and chronic inflammation, the main risk factor for 
bioprosthetic heart valve prostheses, up to 12 months follow-up. 

Supramolecular chemistry is eminently suitable to achieve multifunctional scaffolds. 
By simply mixing and matching different building blocks that are non-covalently 
linked through supramolecular interactions, materials can be fine-tuned with respect 
to mechanical properties or rendered bioactive or bioresponsive with high spatio-
temporal control [41] we show that supramolecular polymers based on quadruple 
hydrogen bonding ureido-pyrimidinone (UPy. The strictly segmented molecular 
definition of PC-BU is not present in other synthetic elastomers that frequently 
have been employed for tissue engineering purposes. For example, poly(carbonate 
urethane)urea (PCUU) or poly(ester urethane)urea (PEUU), as well as the co-polymers 
of these materials (see e.g. Hong et al. [42]) have a range in soft and hard block 
molecular identities. The sequence controlled nature of PC-BU translates into well-
defined thermal and mechanical properties, and has the additional benefit that the 
degradation products of PC-BU will be limited in number and molecular variety. 
Moreover, as the individual macromolecules in PC-BU are very much alike, one may 
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also expect a low distribution in their resorption rates. Accordingly, the resorption 
of PC-BU is expected to have a high level of control. PC-BU is soluble in a range of 
organic solvents and solvent combinations enabling easy solvent processing by e.g. 
electrospinning. Finally, PC-BU is a thermoplastic elastomer that owes its elastomeric 
and tough qualities to the inter-chain supramolecular hydrogen bonding interactions 
between the butylene bis-urea groups. The PC-BU applied for our valvular scaffolds was 
optimized with respect to mechanical properties and resorption rate, but otherwise 
used as a pristine material. Future modifications, such as the inclusion of bioactive 
moieties [43], however, offer various opportunities for more personalized approaches, 
such as may be required for controlling neo-tissue formation in different age groups.
Our data suggest that cellular colonization of the scaffolds in the sheep model 
occurred via two routes: cell recruitment from the circulatory system and tissue in- 
and overgrowth from the valve root, both of which have been described to occur in 
material-based in situ tissue-engineered blood vessels [24,44]. CD45 and inducible 
nitric oxide synthase (iNOS) stainings indicate a role for circulatory immune cells, 
such as monocytes (Figure S3). Concurrently, macrophage presence was evident from 
histological analysis. Rather than trying to avoid an inevitable immunogenic response, 
our philosophy is to make use of and harness the natural foreign body response to 
induce regeneration. Correspondingly, macrophages have been proposed to play 
a pivotal role in the regenerative cascade [45], and their phenotypical state can be 
modulated via the scaffold biophysical properties [46], as well as by the hemodynamic 
loads on the valve [26,47]. A more detailed, antibody-based characterization of 
spatio-temporal macrophage infiltrates in our valves would greatly contribute to 
our understanding of the observed phenomena. However, macrophage behavior is 
subject to large inter-species differences and appropriate phenotypical markers have 
not been described for the ovine model. As such, we excluded CD68 (a human pan-
macrophage marker) and EMR1 (Epidermal growth factor-like module-containing 
Mucin-like hormone Receptor-like1; the human homolog of the murine macrophage 
marker F4/80) as appropriate macrophage markers for the ovine model after careful 
evaluation. Continued investigation into the cellular and molecular mechanisms 
underlying neotissue formation is our next step towards mechanistic understanding 
and will provide insights to adjust regenerative processes via scaffold modifications. 

The newly formed valve tissue demonstrated an increasingly mature organization, 
with presence of collagen, GAGs, and elastin. Most remarkable is the formation of 
mature elastic fibers in the valve leaflet, in the presence of the essential microfibrils 
fibrillin-1 and fibrillin-2 [37,48]. The de novo formation of mature elastic fibers in tissue-
engineered valves has been a major challenge, in particular for in vitro approaches 
[18]either aimed at development of the valve substitute in vitro or at the use of the 
regenerative potential of the body (in situ. The presence of a proper elastic network 
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is essential to long-term functioning of the valve [48,49]. Hence, the development 
of elastic fibers in our valves is of paramount importance and it is exemplary for the 
maturity and functionality of the newly formed tissue. Moreover, similar to the native 
valve, the tissue displays a certain level of layeredness. This is likely to be a direct 
effect of the hemodynamic loads, and in particular the shear stresses on the valve, 
given the pronounced early tissue formation on the fibrosa side, in contrast to the 
ventricular side of the leaflet. Similar to the neo-tissue formation, endothelialization 
of the ventricular surface of the valve leaflet was clearly slower compared to the 
pulmonary surface, suggesting shear stress dependent endothelialization of the 
scaffolds. These results point at a potential role for endothelial-to-mesenchymal 
transformation, as this is known to be shear stress-dependent [50]. At 12 months 
follow-up, endothelialization was near-complete. Importantly, no thromboembolic 
events (a common issue for traditional heart valve prostheses) were observed and 
no emboli were detected in peripheral organs, although the animals were on a mild 
anticoagulation regimen of acetylsalicylic acid. Another key finding is the absence of 
pathological calcification and chronic inflammation. Calcification is one of the main 
complications for any bioprosthetic valve prosthesis. In particular in the sheep model, 
which is the designated animal model for heart valve prostheses given its increased 
tendency for calcification. Absence of calcification, even in the worst-case scenario 
that is the sheep model, may be predictive for successful long-term functionality of 
the valve. However, since our current data does not extend beyond the 12 months 
follow-up and the scaffold resorption had not been complete at this time point, a 
longer term follow-up study is warranted to validate true long-term functionality.

With increasing tissue formation, some valves showed thickening and the development 
of a microvasculature near the leaflet root. Although neovascularization is necessary 
for mature tissue formation, these observations could also be considered a potential 
risk [51]. Yet, decreasing α-SMA expression at 12 months follow-up indicates that 
progressive leaflet thickening beyond this moment is unlikely to occur. Progressive 
leaflet thickening and subsequent retraction is the common mode of failure for tissue-
engineered valves, caused by persistent α-SMA expression of activated myofibroblasts 
[12,52]although lacked complete definition of valve function. Building on prior 
experiments, we sought to define the in vivo changes in structure and function of 
autologous engineered pulmonary valved conduits. METHODS Mesenchymal stem 
cells were isolated from neonatal sheep bone marrow and seeded onto a bioresorbable 
scaffold. After 4 weeks of culture, valved conduits were implanted. Valve function, 
cusp, and conduit dimensions were evaluated at implantation (echocardiography. In 
contrast, the here observed dampening of α-SMA expression with retained vimentin 
expression is indicative of the phenotypical transition from activated VICs to quiescent 
VICs [36], marking a state of tissue homeostasis, essential to long-term functioning of 
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the valve. Albeit requiring further investigation at longer follow-up times, the currently 
achieved state of VIC quiescence is a promising indicator that leaflet retraction will not 
occur upon further resorption of the scaffold. Among the 12-month explants we found 
one valve as an outlier in terms of leaflet remodeling and functionality (pulmonary 
insufficiency grade 3). This reduced function could be attributed to delamination of 
the polymeric starter matrix for this particular valve, which was also observed for one 
of the 6-months valves (Figure S4). Upon explantation, both these valves displayed 
increased α-SMA expression and excessively thick tissue compared to the other valves. 
Although marginal delamination of the scaffold was observed prior to implantation of 
these valves, no in vivo side effects were anticipated. Similar large variations in long-
term in vivo outcome, even in healthy laboratory animals, have recently been reported 
for in situ tissue engineered blood vessels [53]. These observations warrant protocolled 
and standardized procedures for scaffold manufacturing and quality testing. 

Pivotal to our approach is the resorption mechanism of the scaffold. Whereas fast 
resorption has been suggested to be key to successful in situ regeneration of blood 
vessels [22], we pose that the safe regeneration of a functioning heart valve requires 
a more tailored approach. Previous studies attempting in situ TE of heart valves 
using rapidly-degrading polyglycolic acid-based valves resulted in inadequate tissue 
formation and subsequent valve failure [54] marrow stromal cell-based, autologous, 
living tissue engineered heart valves (TEHV. In contrast, here we employed the slow-
resorbable supramolecular elastomer PC-BU. Detailed characterization of the resorption 
mechanisms revealed that this polymer is prone to both oxidative and enzymatic 
resorption, but relatively stable in comparison to polyester-based supramolecular 
materials [35] (Supplemental Dataset 1). In fact, scaffold resorption had not completed 
after 12 months in vivo, and full transformation into an autologous living valve had not 
yet completed. Most importantly, however, resorption was observed to be cell-driven. 
The highly cellularized regions at the leaflet base demonstrated increased and even 
near-complete levels of resorption, while being rich in new tissue. In less cellularized 
regions, such as the leaflet belly, on the other hand, scaffold fibers remained intact. 
This co-localization of tissue formation and scaffold resorption means that tissue 
regeneration is safe: the structural integrity of the valve is warranted at all times. 
Fine-tuning of the resorption rate in relation to the patient target group (e.g. growing 
infants) can be achieved via modification of the material, for example by optional 
mixing-in of bioactive bis-ureas that may regulate degradation properties. 

As with any new technology, several challenges remain to be overcome. Clearly, the 
use of a PEEK supporting ring is still suboptimal and could be replaced by a degrading 
ring or stent for future applications. As an alternative first step, we integrated the 
scaffolds into self-expandable nitinol stents (length 38 mm, outer diameter 28 mm) for 



184  In Situ Cardiovascular Tissue engineering

Figure 6 Feasibility of minimally invasive implantation of the novel PC-BU valve, from in vitro 
to 6 months in vivo – (A) Top view and side photographs of the PC-BU valve sutured on the 
Nitinol stent (Ø = 28mm). (B) Movie stills of the in vitro functionality test demonstrating correct 
valve functionality despite the bending of the central part of the leaflets (arrow). (C) Photographs 
of the valve before and after crimping, with a diameter change from 28 mm to 10 mm. (D) Distal 
view of the valve loaded into the delivery capsule. (E) Implantation angiography with positioning 
of the capsule, valve deployment, and assessment of valve functionality. (F) Echocardiography 
demonstrated instant valve functionality post-delivery, which was then maintained (G) up to 
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minimally invasive transapical delivery (n=5 valves, follow-up up to 6 months). Details 
on the methodology and results are described in Supplemental Dataset 2. In brief, the 
transapical valve delivery was successful in all animals, with sufficient positioning of 
the valves fully excluding the native pulmonary valve (Figure 6). Post-operative and 
intermediate follow-up with transesophageal echocardiography displayed sufficient 
valve function in all animals, with pliable leaflets and excellent coaptation with 
either none or trivial regurgitation. Long-term follow-up at six months displayed a 
maintained excellent valve function with no regurgitation in two animals, while one 
animal presented with a mild to moderate regurgitation (grade 1-2). No stenosis or 
paravalvular leakage was detected throughout the entire study course. Macroscopic 
and immunohistological appearance was in line with the surgical explants at the 
respective time-points (Figure 6). While a more elaborate evaluation is ongoing, these 
results provide a successful initial outlook on the applicability of transapical delivery 
of these novel valves. Another challenge lies in the application of the current valve in 
the aortic position. In vitro functionality in aortic conditions confirmed that the bare 
PC-BU valve is fully functional up to an equivalent of 4 weeks in vivo. This is not taking 
into account the in vivo remodeling and based on predictive numerical models we 
anticipate that regeneration of the valve in aortic conditions would indeed be possible  
[55] since it allows for creating living autologous heart valves that have the potential 
to grow and remodel. However, also this approach still faces a number of challenges. 
One particular problem is regurgitation, caused by cell-mediated tissue retraction 
or the mismatch in geometrical and material properties between tissue-engineered 
heart valves (TEHVs).

In conclusion, this study demonstrates proof-of-concept of the in situ transformation 
of a bioresorbable polymer graft into an autologous pulmonary heart valve in the 
complex hemodynamic environment of the heart. Long-term valve function was good 
and graft remodeling resulted in valvular tissue with an unprecedented maturity and 
stability, towards native organization and mechanical behavior. Compared to other 
in situ valve TE approaches the technology does not require any donor tissue or 
cells and is competitive in terms of costs, logistics and regulation. More importantly, 
the designed supramolecular elastomer offers the potential to strictly control graft 

6 months post implantation, with no signs of regurgitation. Gross appearance of the valve: 
(H) in situ after 6 months, showing good leaflet coaptation, (I) upon harvest, and (J) cut open, 
after removal of the stent. (K) Representative image of the Haematoxylin & Eosin staining of a 
6 months explant shows abundant de novo matrix deposition in the proximal wall and hinge 
area, with collagen also covering the pulmonary side of the leaflet. The scaffold (*) is still visible 
throughout all the implant. The image is a merged tile scan and the insets display local details as 
indicated. Scale bar tile scan, 1 mm; scale bar insets, 100 μm.
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mechanical, degradation and bioactive properties. Herein lies the full potential and 
benefit of the chosen material-driven approach. 
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GENERAL DISCUSSION

In situ tissue engineering is a promising approach towards new cardiovascular 
prosthesis, e.g. heart valve prosthesis, and small caliber vessels. These prostheses may 
overcome drawbacks of currently used approaches, such as graft failure caused by 
deterioration and thrombo-embolism. Furthermore, these methods are available ‘off-
the-shelf’, and may have the ability to grow, and remodel. For in situ tissue engineering, 
decellularized ECM, as well as synthetic grafts are considered as scaffold materials. 

Decellularized ECM versus Synthetic grafts
As detailed in Chapter 2, the role of decellularized tissue is questionable. CorMatrix, 
a decellularized extra cellular matrix from porcine submucosa, is not reliable as heart 
valve prosthesis. Seven out of 20 animals died prematurely, and the valve failures were 
likely caused by an inflammatory response to xenogeneic remnants. Furthermore, well-
functioning valved conduits were observed in only four of the five surviving sheep, 
and three of eight surviving lambs. Markedly, animals with well-functioning valves 
revealed limited signs of tissue remodeling in which a low amount of cells entered 
the scaffold, and limited new tissue formation was observed. These dichotomous 
results were also observed when the Synergraft prosthesis, a decellularized porcine 
heart valve, was implanted. After the positive outcomes observed in animal studies, 
Simon et al implanted the valvular substitutes in four pediatric patients. In less than 
a year, catastrophic failure of the grafts led to three deaths, which were contributed 
to by a strong lymphocyte reaction to the implanted xenogeneic extracellular 
matrix [1]. This result underlines the questionable role of decellularized xenogeneic 
tissues in heart valve tissue engineering. Hence, providing justification for the switch 
from decellularized extracellular matrixes towards synthetic grafts for in situ tissue 
engineering of cardiovascular substitutes. Synthetic grafts are an attractive alternative. 
The use of ureido-pyrimidinone or bis-urea polymer complexes makes it possible to 
supramolecular tune the scaffold. The addition of bioactive molecules can lead to a 
selection in cells that adhere to the scaffold, which subsequently influences tissue 
formation, and scaffold degradation. With electrospinning of these polymers, a graft 
can be manufactured with the optimal pore size for cells to migrate into the scaffold. 
For the optimization of the synthetic scaffold, in vivo models are used before making 
the translation to the clinic. 

Pre-clinical testing of tunable synthetic scaffolds
Next to vascular interposition grafts in rats and mice, in large animals sheep and pig 
models are used most frequently. Other animal models such as non-human primates 
have fewer applications because of socio-ethical limitations [2]. Specifically, pigs are 
useful to assess thrombotic complications [3]. In addition, sheep models are excellent 



Chapter 10  195

for investigating calcification propensity, and there is similar valve physiology with 
similar anatomy, annulus size, and relative slow ingrowth of cells [4]. To test ‘off-the-
shelf’ synthetic scaffolds, two animal models were used in the present research. In a 
newly developed small animal model, specific characteristics of the scaffold can be 
tested, such as bioactivity and degradation rates. Furthermore, the function of small 
caliber vessels can be determined and non-invasive methods to visualize scaffold 
degradation can be assessed. 
Vascular interposition grafts in small and large animals are commonly used and several 
studies have demonstrated colonization and remodeling of biodegradable synthetic 
interposition grafts into fully functional neo-arteries in vivo [5-8] Transanastomotic 
and transmural ingrowth of endothelial and smooth muscle cells appears to be the 
primary source of tissue forming cells in these animal models. [9]However, in human, 
transanastomotic neo-tissue formation is typically restricted to the immediate peri-
anastomotic region, which makes transanastomotic endothelialization clinically less 
relevant [10]. To translate preclinical results to human conditions, a new animal model 
was developed and is presented in Chapter 3. Our shielded vascular graft model is the 
first small-animal model that effectively hampers transmural and transanastomotic cell 
ingrowth. This model enables investigation specifically of the influx of circulating cells, 
and subsequent tissue formation in a manner that resembles the human situation. 
In the present thesis, the sheep model was used for pulmonary valve replacement. 
This model allows assessment of valve function and neo-tissue formation under 
hemodynamic condition, resembling the human situation. Following the ISO 5840 
standard, in vivo studies for the assessment of a valve device need to be performed 
site-specifically in at least 10 animals, with a follow up period of 20 weeks. The valves 
tested, and described in Chapter 9, were implanted for up to one year. 

Influencing cell type selection 
Cell type selection for tissue engineering has been heterogeneous. For example, from 
differentiated cells, such as saphenous vein-derived endothelial and fibroblast cells 
in classic tissue engineering [11], to progenitors, like mesenchymal or endothelial 
progenitor cells for in situ tissue engineering[12].
It appears that scaffolds can induce endogenous tissue formation by modulating 
the host inflammatory response, influence cell recruitment, cell fate, and tissue 
development in situ [13,14]. MCP-1 has been identified as one of the key mediators 
in the process to recruit immune cells to the scaffold, followed by an influx of tissue 
cells to enhance tissue formation towards remodeling into a native-like artery [15]. 
In Chapter 4, it is revealed that monocyte recruitment to the graft by MCP-1 has a 
positive effect on long-term tissue remodeling. The burst release of MCP-1 resulted 
in early influx of monocytes, and lymphocytes. After three months in vivo, the graft 
demonstrated several similarities to the native aorta. An intimal layer with endothelial 
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cells lining the lumen with early signs of a developing elastic lamina, and a medial layer 
consisting of SMC in an aligned collagen matrix was observed. Over time, an increase 
was observed in the presence of CD34+ cells, with a significant up-regulation in the 
MCP-1 group. In addition, various circulating progenitor populations express CD34. 
At the gene level, this result coincided with a trend in up-regulation of Stromal cell-
Derived Factor-1(SDF-1), which is a known attractant for CD34+ progenitor cells [16]. 
MCP-1 mobilizes angiogenic monocytes [17,18], which could be responsible for  the 
increased SDF-1 expression, and secondary recruitment of progenitors. Stromal cell 
derived factor 1α (SDF-1α) is a chemoattractant not only for progenitor cells, but also 
for lymphocytes and monocytes, which plays an important role in cellular signaling and 
tissue repair through the development of CD68 monocytes towards M2 macrophages, 
a pro-tissue formation macrophage phenotype [19-21]. M2 macrophages are 
associated with improved tissue formation in tissue engineered constructs [22,23]. In 
Chapter 5, SDF-1α-derived peptides were chemically modified with a supramolecular 
ureido-pyrimidinone (UPy) moiety that allows for the incorporation of the UPy-SDF-
1α-derived peptides into an UPy-modified polymer scaffold. Short-term implantation 
of UPy-SDF-1α peptide materials increased cellularity by CD68+ monocytes after 
seven days, indicating that the early signaling environment triggered by the peptides 
directly influences cellularization. It is expected that after three months, this process 
leads to a graft with similarities to the native aorta, comparable to the graft implanted 
in Chapter 4. 
Selective cell capturing might accelerate this process, and by reducing cell adhesion 
of unwanted cells, in combination with attracting tissue-forming cells, selective cell 
capturing can be accomplished. The most commonly used polymer to reduce cell-
adhesion is poly(ethyleneglycol) (PEG), which has been successfully applied in vivo 
[23,24]. In the presence of 10% of UPy-PEG, after 4 and 48 hours in vivo, macroscopic 
examination of the vascular grafts revealed reduced clot formation in the presence 
of UPy-PEG. Moreover, there was a significant reduction in the number of cells that 
adhered to the scaffold. Quantitative analysis revealed a trend towards a decreased 
number of myeloperoxidase ( neutrophil granulocytes) and CD68, (monocytes/
macrophages), positive cells in grafts with UPy-PEG, but this did not reach significance 
(Chapter 6). 

Non- invasive visualization of scaffold degradation 
For in situ tissue engineering, there must be a delicate balance between tissue 
formation, and scaffold degradation. Premature degradation of the scaffold leads 
to scaffold failure, a precess described in chapter 8. To monitor scaffold degradation 
non-invasively in vivo, Iodine was added to the scaffold. Chapter 7 demonstrates that 
PCL2000-U4U scaffolds with modularly added I-U4U contrast agent are clearly visible 
on CT images. Volume and density of the grafts can be measured, and monitored non-
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invasively. Importantly, the addition of I-U4U contrast agent did not influence tissue 
formation. 

Valve function
When considering a scaffold, it is crucial that it functions immediately after 
implantation as a functional prosthesis. To test valve function, and in situ tissue 
formation, an electrospun heart valve prosthesis was implanted in the pulmonary 
position in sheep. Valves were functional up to 12 months, and meanwhile, in this 
hemodynamic environment, a layered, collagen and elastic matrix in pace with cell-
driven polymer resorption gradually replaced the implant. Long-term valve function 
was preserved, and graft remodeling towards native organization, and mechanical 
behavior was observed. 

FOCUS FOR FUTURE RESEARCH

Is elastin the missing link? 
Next to collage I and III, some proteoglycans and glycoglycans, elastin is a dominant 
extracellular matrix protein. Collagen provides tensile stiffness, proteoglycans 
contribute to compressibility and, elastin dictates elastic properties. With elastin, 
dynamic tissue creep is prevented by stretching under load and recoiling the original 
configuration after the load is released [25]. Furthermore, in mice elastin knockout 
studies have revealed an essential regulatory function since in absence of extracellular 
elastin, smooth muscle cells proliferate what causes arterial stenosis [26]. To ensure 
mechanical function and to prevent stenosis, incorporation of an elastic component 
is attractive. 
After 12 months, in our heart valve explants formation of mature elastic fibers in 
the presence of microfibrils fibrillin-1 and fibrillin-2 is seen. Despite the promising 
results, elastin available in our explants is relatively low compared to native tissue. 
The formation of functional elastic fibers remains a major challenge in in situ tissue 
engineering. An understanding of the underlying principles in elastin syntheses is 
needed. 
Tropoelastin is synthesized by cells of mesenchymal origin and secreted as a 
tropoelastin monomer into the extracellular space. Tropoelastin is crosslinked and 
organized into fibrillin-rich microfibrils that lead to the formation of elastin fibers 
[27]. Elastogenesis primarily occurs during fetal and neonatal phase and it is absent 
in mature tissues [28] which indicates the challenge of generating elastin rich tissue 
engineered vessels or heart valves. Furthermore there is an effect of mechanical 
stimuli on elastin biosynthesis. In an attemped to promote elastogenesis, sustained 
dynamic stimulation was applied in vitro, to vascular cell-seeded collagen gel scaffolds 
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and synthetic scaffolds. A significant increase in elastin content was seen. [29]. For 
in situ tissue engineering the body functions as a bioreactor where shear stresses 
are applied. In combination with a bioactive scaffold, elastin biosynthesis can be 
promoted. Insights into the structure and behavior of elastin and tropoelastin have 
resulted in elastin-like block polymers and hybrid tropoelastin containg materials with 
great potential. [30,31] 

Patient specific prosthesis
The synthetic tunable grafts make it possible to create a tailor-made cardiovascular 
prosthesis. However, it is challenging to make the translation from one valve for 
everyone to a patient specific heart valve. Cardiovascular diseases are common but 
are subject to epidemiologic heterogeneity, which has consequences on patient 
management. As observed in a healthy subject, bioactivity influences in situ tissue 
formation, and for patients with, for example, a calcified heart valve this process 
may be different. In addition, patient-to-patient variation leads to dissimilarities in 
the regenerative competence. In-vitro and in vivo research in diseased models can 
contribute to the understanding of the effect of age, obesity, diabetic mellitus, or 
hypertension on the regenerative potential of these patient cohorts. Such predictive 
factors for the regenerative potential are desirable. Mapping of responsible cell types, 
and risk factors enables personalized treatment with a prosthesis specifically tuned 
for a patient.

Site-specific prosthesis 
Sites of implantation influence scaffold behavior, and tissue formation. Hemodynamic 
conditions differ in case of a vessel, a pulmonary heart valve or an aortic heart valve. 
Cellular behavior is influenced by hemodynamics, which subsequently influences 
tissue formation, and cell-driven polymer resorption. Which respect to the design 
of the scaffold, the primary challenge lies in tuning the balance between scaffold 
degradation, and tissue formation, while maintaining the function of the implanted 
prosthesis. The ISO standard in which hemodynamics, hematochemical, and 
pathological tests must be included demands a minimal follow up duration of 20 
weeks. For in situ tissue engineering of valves, this duration is insufficient because after 
a year, the valve is not yet fully grown, and the scaffold is not fully degraded, which 
makes the time span in the ISO conditions irrelevant to in situ tissue engineering. In 
vitro, and in vivo methods to study mechanical stimuli combined with biochemical 
stimuli are needed for optimization of scaffold design. In the present thesis, only small 
caliber vessels and pulmonary valves were tested, in rats and sheep respectively. For 
the small caliber vessels, a first translation to a large animal model is be made. Our 
group performed off-pump CABG surgery on pigs where electrospun grafts were 
implanted as an interposition graft in the left arteria thoracica interna. For heart 
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valves, a translation to the aortic position should be made because this is the most 
effected valve. 

From bench to bed side 
Eventually, the step towards the clinic has to be made. However, it is difficult to 
determine the correct timing. Tuning of the graft provides endless possibilities, but 
ultimately, an animal model differs from the human situation. In situ tissue engineering 
has proven to be a potential alternative therapeutic option for replacement of diseased 
cardiovascular tissue. First clinical trials were initiated by Bockeria et al, in which 
electrospun PCL vascular grafts were implanted as part of the Fontan completion 
operation in five children, aged 4 to 12 years. 
One year after surgery data showed anatomical and functional stable grafts without 
device-related adverse events. [32]. These and other clinical experiments will finally 
have to prove if in situ tissue engineering is a viable option in cardiothoracic and 
vascular surgery.
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CHAPTER 4

MCP-1 blood serum levels 
Blood samples were collected at time of explantation to determine MCP-1 protein 
levels in the blood serum. The MCP-1 concentrations were measured using a rat MCP-1 
ELISA kit (RayBiotech), according to the manufacturer’s protocol (n=2 for each time 
point).

Figure S1 Systemic MCP-1 concentrations – No apparent differences in serum levels of MCP-1 
were detected between groups.

Gene expression analysis
Explanted tissue grafts were collected in Trizol (TRIzol, Invitrogen) (n=2 for each 
time point). Samples where homogenized using shakebeads in a Precellys 24 tissue 
homogenizer (Bertin Technologies). Total RNA was isolated using TRIzol isolation 
according to the manufacturer’s protocol. cDNA was synthesized using iScript (Bio-
Rad), according to the manufacturers protocol. qPCR was performed for the genes 
interleukin-23, -12, -10, -2 (IL23, IL12, IL10, IL2, respectively), inducible nitric oxide 
synthase (iNOS), arginase-I (ArgI), MCP-1, and stromal cell-derived factor 1a (SDF-1α), 
using primers listed in Table S1. Data was analyzed using the delta-delta CT method, 
corrected for GAPDH expression. Data was normalized per group on the first time point 
to assess changes in gene expression over time for individual groups. To compare gene 
expression levels between the different groups, the +MCP-1 data was normalized on 
the control group per time point.
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Table S1 – Genes analyzed by qPCR

Gene Function Expressed by Forward Primer Sequence Reverse Primer Sequence

IL23 inflammatory 
response

macrophages, 
dendritic cells

GCTCCTCCAGCCAGAGGATCACC GCCACTGCTGGCTGGGACTC

IL12 inflammatory 
response

macrophages, 
dendritic cells

GCAGCAGCAGTTCCCCTGAGT CCTCGGCAGTTGGGCAGGTG 

IL2 development of 
T-cells

T-cells TAAAACTAAAGGGCTCTGAAAAC TTACTGAGTCATTGTTGAGATGA

IL10 anti-
inflammatory

monocytes, 
macrophages

TTTTAATAAGCTCCAAGACAAAG GTTCAATTTTTCATTTTGAGTGT

iNOS immune defense M1 type 
macrophages

CAGAAGCACAAAGTCACAGA GTCCTTTTCCTCTTTCAGGT

ArgI healing, repair M2 type 
macrophages

CGTGTATCCTCGCTCAGTGG CTGTAGCCACCTGACACAGC

MCP-1 attraction of 
monocytes

monocytes, 
damaged EC

AAGTGACCAGTATGACAGAGAAC TCTACATCTTGCATTTAAGGATT

SDF-1α attraction of 
progenitors

monocytes, 
damaged EC

ATTTTTGTGCACTTTTTATGTTT ACACTACTATGGCTTCTCTTCAA
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Figure S2 Gene expression as determined with qPCR – (A-C) Expression of pro-inflammatory 
(IL23 and IL12) and anti-inflammatory (IL2 and IL10) interleukins in the MCP-1 group (A), 
control group (B), and in direct comparison of the MCP-1 versus control (C). (D-F) Expression 
of macrophage subset markers iNOS (M1 type) and ArgI (M2 type) in the MCP-1 group (D), 
control group (E), and in direct comparison of the MCP-1 versus control (F). (G-I) Expression 
of chemotactic cytokines MCP-1 and SDF-1α in the MCP-1 group (G), control group (H), and in 
direct comparison of the MCP-1 versus control (I). To analyze variations in gene expression levels 
over time, data was normalized on the day 1 data per group. Data represent mean value of 2 
data points (A-B, D-E and G-H). To compare gene expression levels of the MCP-1 group versus the 
control group, the MCP-1 data was normalized on the control group per individual time point. 
Data was plotted on a logarithmic scale with a value of 1 representing the control sample (C, F, I). 
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of macrophage subset markers iNOS (M1 type) and ArgI (M2 type) in the MCP-1 group (D), 
control group (E), and in direct comparison of the MCP-1 versus control (F). (G-I) Expression 
of chemotactic cytokines MCP-1 and SDF-1α in the MCP-1 group (G), control group (H), and in 
direct comparison of the MCP-1 versus control (I). To analyze variations in gene expression levels 
over time, data was normalized on the day 1 data per group. Data represent mean value of 2 
data points (A-B, D-E and G-H). To compare gene expression levels of the MCP-1 group versus the 
control group, the MCP-1 data was normalized on the control group per individual time point. 
Data was plotted on a logarithmic scale with a value of 1 representing the control sample (C, F, I). 

Figure S2 Gene expression as determined with qPCR – (A-C) Expression of pro-inflammatory 
(IL23 and IL12) and anti-inflammatory (IL2 and IL10) interleukins in the MCP-1 group (A), 
control group (B), and in direct comparison of the MCP-1 versus control (C). (D-F) Expression 
of macrophage subset markers iNOS (M1 type) and ArgI (M2 type) in the MCP-1 group (D), 
control group (E), and in direct comparison of the MCP-1 versus control (F). (G-I) Expression 
of chemotactic cytokines MCP-1 and SDF-1α in the MCP-1 group (G), control group (H), and in 
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over time, data was normalized on the day 1 data per group. Data represent mean value of 2 
data points (A-B, D-E and G-H). To compare gene expression levels of the MCP-1 group versus the 
control group, the MCP-1 data was normalized on the control group per individual time point. 
Data was plotted on a logarithmic scale with a value of 1 representing the control sample (C, F, I). 
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CHAPTER 5

Materials & Methods

Synthesis of the SDF-1α peptides 
SDF-1α-derived peptide sequences SKPVVLSYR, GGSKPVVLSYR, SKPVSLSYR and 
GGSKPVSLSYR were synthesized by manual solid phase peptide synthesis (SPPS) using 
Fmoc chemistry. Batches of Rink Amide MBHA resin were set to swell in N-methyl-2-
pyrrolidone (NMP) for an hour, after which the resins were deprotected twice for 5 
minutes with 20% (v/v) piperidine in NMP to remove the Fmoc protection. Subsequently, 
the resins were washed with NMP, and a coupling cocktail was added containing 
the respective amino acid, 2-(1H-benzotriazol-1-yl)-1,1,3,3-tetramethyluronium 
hexafluorophosphate (HBTU) as an activator and N,N-diisopropylethylamine (DIPEA) 
as a base (0.4, 1.6 and 0.4 mmole, respectively) and was agitated for 20 minutes 
to allow full coupling. The resins were washed again with NMP and this cycle of 
deprotection-washing-coupling-washing was repeated for every amino acid in 
the peptide sequences. In the last step, all peptide resins were deprotected to 
remove remaining the N-terminal Fmoc groups. Then,a cleavage cocktail containing 
trifluoroacetic acid (TFA), triisopropylsilane (TIS), 1,2-ethanedithiol (EDT) and water 
(94:2:2:2 v/v) was added and agitated for 4 hours to allow cleavage of the resin and 
protecting groups of the amino acids. The cleaved peptides were precipitated in cold 
diethyl ether, incubated at -20 oC for 15 minutes and centrifuged for 10 minutes at 
20k RPM. Subsequently, the supernatant was removed and the pellet was dissolved 
in water and lyophilized. The peptides were purified using preparative RP-HPLC with 
a gradient of 10-30% acetonitrile in water over 10 minutes, resulting in pure peptides 
with a yield of 55.1% (SKPVVLSYR, 28.9 mg), 37.2% (GGSKPVVLSYR, 21.6 mg), 52.7% 
(SKPVSLSYR, 27.3 mg) and 37.6% (GGSKPVSLSYR, 21.6 mg). 
RPLC-MS: SKPVVLSYR: MWcalc = 1047.2 g/mol, m/zobs = 1047.9 [M+H]+, 524.6 
[M+2H]2+, 350.1 [M+3H]3+. GGSKPVVLSYR: MWcalc = 1161.4 g/mol, m/zobs = 
1162.0 [M+H]+, 581.7 [M+2H]2+ and 388.2 g/mol [M+3H]3+. SKPVSLSYR: MWcalc = 
1035.2 g/mol, m/zobs = 1035.8 [M+H]+, 518.6 [M+2H]2+ and 346.1 g/mol [M+3H]3+. 
GGSKPVSLSYR: MWcalc = 1149.3 g/mol, m/zobs = 1149.9 [M+H]+, 575.7 [M+2H]2+ 
and 384.1 g/mol [M+3H]3+. Both peptides without the two N-terminal glycines were 
included only in the subsequent cell migration assays.

Coupling of succinic anhydride to peptides GGSKPVVLSYR and GGSKPVSLSYR on the resin
The Fmoc-GGSKPVVLSYR-resin and Fmoc-GGSKPVSLSYR-resin (200 μmole each) were 
set to swell in NMP for 1 hour, followed by deprotection (twice, 5 minutes) with 20% 
(v/v) piperidine. The resins were washed with NMP and dimethylformamide (DMF), 
and subsequently, a succinic anhydride (sa) (400 mg, 4 mmole) in pyridine (2 mL, 25 
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mmole) was added to the resin. The reaction mixture was agitated overnight, followed 
by washing with DMF and dichloromethane (DCM). Test cleavage revealed successful 
coupling of the succinic anhydride. RPLC-MS: sa-GGSKPVVLSYR: MWcalc = 1261.5 g/
mol, m/zobs = 1262.0 [M+H]+ and 631.8 g/mol [M+2H]2+. sa-GGSKPVSLSYR: MWcalc 
= 1249.4 g/mol, m/zobs = 1250.0 [M+H]+ and 625.8 g/mol [M+H]2+ .

Coupling of UPy-U-C6-U-C5-OEG5-NH2 to sa-GGSKPVVLSYR and sa-GGSKPVSLSYR on the 
resin
UPy-U-C6-U-C5-OEG5-NH2 was synthesized as previously described[1] and coupled 
(240 mg, 300 μmole) to the acid functionalized peptides on the resins (200 μmole) 
using the coupling reagent PyBOP (208 mg, 400 μmole) and the base DIPEA (3 mL, 2 
mmole) in DMF (4 mL). The mixture was agitated overnight. Then the resin was washed 
with DMF and DCM, and dried. The UPy-peptides were cleaved from the resin and the 
protecting groups were removed, using a cleavage cocktail containing TFA, TIS and 
water (94:2.5:2.5 v/v) for 4 hours. The UPy-peptides were purified using preparative 
RP-HPLC with a gradient of 20-40 % acetonitrile over 10 minutes, resulting in pure UPy-
GGSKPVVLSYR and UPy-GGSKPVSLSYR with a yield of 20.0 (77.4 mg) and 16.3 % (62.5 
mg), respectively. RPLC-MS: UPy-sa-GGSKPVVLSYR: MWcalc = 1931.3 g/mol, m/zobs = 
1931.3 [M+H]+, 966.2 [M+2H]2+ and 644.5 g/mol [M+3H]3+. UPy-sa-GGSKPVSLSYR: 
MWcalc = 1919.2 g/mol, m/zobs = 1919.1 [M+H]+, 960.2 [M+2H]2+ and 640.5 g/mol 
[M+3H]3+. 

Synthesis of CE-UPy-PLLCL
The CE-UPy-PLLCL polymer was obtained using the same procedure as described for 
polymer 2 described in [2] (chain-extended UPy-poly[2-methyl–1,3-propylene adipate) 
in which the poly[2-methyl–1,3-propylene adipate diol is replaced with poly(L-lactic 
acid caprolactone) diol (purchased from SyMO-Chem BV) with a Mn of 1 kDa. The CE-
UPy-PLLCL polymer was obtained as an elastic solid after two times precipitation in 
methanol from chloroform. GPC (in chloroform based on polystyrene standards): Mn 
= 10.5 kg/mol, Mw = 15.2 kg/mol. DSC (1st heating run at 20 °C/min): Tg = -3 °C, Tm = 
97 °C J/g with a corresponding enthalpy change of ΔHm= 0.78 J/g.

Material & Methods belonging to supplemental Figure 1: Enzymatic degradation of SDF-
1α peptides
In order to study proteolytic degradation of both SDF-1α –derived peptides by 
MMP-2, 26 nmol of GGSKPVVLSYR (SDF-1α(R)), and GGSKPVSLSYR (SDF-1α(NR)) were 
incubated with 0.1 mg/mL MMP2 (Calbiochem, #PF025) in a buffer containing 50 mM 
Tris 200 mM sodium chloride, 10 mM calcium chloride, and 10 mM zinc chloride at pH 
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7.4, at 37 °C for two hours. Intact peptides and the cleaved peptide LSYR-fragment 
were detected by LCMS on a C18 column (Acquity UPLC BEH C18, 1.7 µm, 2.1 ★ 50 mm). 
LCMS: GGSKPVVLSYR: m/z (calc.) = 1161.67 Da, m/z (obs) = 1161.68 Da. GGSKPVSLSYR: 
m/z (calc.) = 1149.63 Da, m/z (obs) = 1149.64 Da. LSYR: m/z (calc.) = 537.31 Da, m/z 
(obs) = 537 Da.

[1] Mollet BB, Comellas-Aragones M, Spiering AJH, Söntjens SHM, Meijer EW, Dankers PYW. A 
modular approach to easily processable supramolecular bilayered scaffolds with tailorable 
properties. J Mater Chem B 2014;2:2483–93. doi:10.1039/c3tb21516d.

[2] Söntjens SHM, Renken RAE, van Gemert GML, Engels TAP, Bosman AW, Janssen HM, et al. 
Thermoplastic Elastomers Based on Strong and Well-Defined Hydrogen-Bonding Interactions. 
Macromolecules 2008;41:5703–8. doi:10.1021/ma800744c.
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CHAPTER 6

Figure S1 – Characterization of adhesive behavior of HUVEC on drop cast surfaces after 4 and 24 
hours. Phase contrast images of HUVEC cultured on UPy-PCL (A-F, upper panel) and CE-UPy-PCL 
(G-L, lower panel) mixed at diff erent weight ratios with UPy-PEG. (M) Pristine UPy-PEG substrates 
were unstable and dissolute completely within 24 hours. (N) Cell adhesion on UPy-modifi ed PCL 
substrates was compared to cell behavior on fi bronectin coated glass bottom wells. Scale bars 
represent 100 µm.
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Figure S2 – Characterization of adhesive behavior of 3T3 fi broblasts on drop cast surfaces after 
4 and 24 hours. Phase contrast images of 3T3 fi broblasts cultured on UPy-PCL (A-F, upper panel) 
and CE-UPy-PCL (G-L, lower panel) mixed at diff erent weight ratios with UPy-PEG. (M) Pristine 
UPy-PEG substrates were unstable and dissolute completely within 24 hours. (N) Cell adhesion 
on UPy-modifi ed PCL substrates was compared to cell behavior on fi bronectin coated glass 
bottom wells. Scale bars represent 100 µm.

Figure S3 – Atomic force microscopy height images of pristine UPy-PCL, CE-UPy-PCL and UPy-
PEG drop cast surfaces, and of both UPy-modifi ed PCL polymers mixed with 10% UPy-PEG. Drop 
cast surfaces were examined 1 week after preparation from 1 mg/mL polymer solutions in HFIP. 
Size 1×1 µm. Corresponding phase images are presented in the main text, Figure 3.
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Figure S4 – Infrared spectroscopy of UPy-PCL (A) and CE-UPy-PCL (B) drop cast surfaces mixed 
with UPy-PEG at diff erent weight ratios; i.e. 100:0, 95:5, 90:10, 85:15, 80:20, and 75:25 UPy-
modifi ed PCL to UPy-PEG. Infrared spectroscopy showed that the ratios of the C-O vibrations at 
1108 cm-1 and 1160 cm-1, of the ether versus ester, respectively, changes upon increasing the 
UPy-PEG content in both UPy-PCL and CE-UPy-PCL (from 5% to 25% UPy-PEG), as illustrated in 
the right panel.
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Figure S5 – Erosion of UPy-PEG from UPy-polymer drop cast surfaces. (A) UV-spectrum of UPy-
polymers shows absorbance of UPy-PEG at 220 nm. No absorbance is observed for UPy-PCL and 
CE-UPy-PCL, indicating that these materials do not dissolve in water. The concentration of (B) 
UPy-PCL and (C) CE-UPy-PCL in solution does not correlate with the absorbance at 220 nm. (D) 
The concentration of UPy-PEG in water correlates signifi cantly with the observed absorbance at 
220 nm. All UPy-polymer drop cast surfaces were incubated in 1 mL water for 24 hours at 37°C.
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Figure S6 – Typical SEM images of electrospun scaff olds of (A) UPy-PCL and (B) UPy-PCL:UPy-
PEG (ratio 90:10) that were used to determine the mechanical properties of the scaff old. Stress-
strain curves of (C) UPy-PCL and (D) UPy-PCL:UPy-PEG (ratio 90:10) were determined in x- and 
y-direction. The Young’s modulus and yield stress could not be determined reliably, because of 
rupturing of the scaff olds at low straining intensity. n=4 scaff olds per condition.
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a)Young’s moduli in both x- and y-direction were determined in the linear elastic region of the stress 
strain curve; b)Yield stresses were determined by applying equibiaxial strain up to 25%. n=4 meshes 
per condition. 

Table S1 – Mechanical characterization of electrospun CE-UPy-PCL and CE-UPy-PCL:UPy-PEG 
scaffolds

Young’s Modulusa) 
[MPa]

Yield Stressb)

[MPa]

x-direction y-direction x-direction y-direction

CE-UPy-PCL 11.9 ± 6.8 12.3 ± 4.7 0.6 ±0.3 0.6 ± 0.2

CE-UPy-PCL:UPy-PEG 12.7 ± 2.1 16.6 ± 2.5 0.9 ± 0.1 0.9 ± 0.1
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CHAPTER 7

Materials and methods
All reagents, chemicals, materials, and solvents, including polycaprolactone diol with 
a molecular weight of 2.000 Dalton, 3-aminomethyl-3,5,5-trimethyl-cyclohexanol, 
2-ethylhexylamine, 1,4-diisocyanatobutane and 2,3,5-triiodobenzoic acid, were 
obtained from commercial sources and were used as received. Characterizations of 
prepared compounds and materials were performed by NMR spectroscopy using a 
Varian 400 MHz NMR spectrometer at 298 K, with the chemical shifts being reported in 
ppm downfield from tetramethylsilane (TMS), and using the following abbreviations 
for splitting patterns: s = singlet, t = triplet, q = quartet, m = multiplet, dd = double 
doublet, by ATR-FT-IR using a Perkin-Elmer Spectrum One machine, and by matrix-
assisted laser desorption ionization time-of-flight mass spectrometry (MALDI-TOF MS) 
using a PerSeptive Biosystems Voyager-DE PRO spectrometer applying α-cyano-4-
hydroxycinnamic acid (CHCA) as the matrix. FIA-HRMS (flow injection analysis - high 
resolution mass spectrometry) was performed on the I-U4U contrast agent using a 
Waters Acquity UPLC system equipped with a Xevo G2 Qtof detector, and applying 
Zspray lockspray ionisation. The sample solution (ca. 0.2 mg/mL in chloroform with 
ca. 5 v/v% formic acid) was injected using a volume of 50 microliter. Analytical thin 
layer chromatography (TLC) was performed on Kieselgel F-254 precoated silica plates. 
Normal phase column chromatography was carried out on flash silica gel (40-63 μm 
mesh) or regular silica gel (60-200 μm), both acquired from Screening Devices B.V. 
All reactions were performed in a protective argon atmosphere, unless indicated 
otherwise. 

The synthesis of the contrast agent I-U4U
1-(2-Ethylhexyl)-3-(4-isocyanatobutyl)urea (1). 2-Ethylhexylamine (100 µL, 0.61 mmol) 
was added slowly to a solution of 1,4-diisocyanatobutane (400 µL, 5 eq) in toluene at 
0 ºC. After addition of the amine, the reaction mixture was stirred for another 3 hours, 
while the reaction mixture was allowed to warm to room temperature. The toluene 
was removed and the resulting oil was stirred with n-pentane and decanted three 
times to remove the excess of diisocyanate, affording 186 mg of crude product as a 
thick colorless oil. Due to the hydrolytic lability of this isocyanate, the oil was used 
without further purification in the next step. 1H NMR (CDCl3): d = 5.83 and 5.67 (both 
br.m, 1H), 5.60 and 5.43 (both br.m, 1H), 3.4–2.8 (br.m, 6H), 1.8–1.1 (br.m, 13H), 0.90 
(m, 6H), ppm. IR(ATR): n = 3331, 2975, 2927, 2860, 2264, 1630, 1569, 1463, 1355, 1257 
cm–1. Molecular formula: C14H27N3O.

2,3,5-Triiodobenzoyl pyridinium chloride (2). This compound was prepared according 
to a reported procedure. [1] Briefly, 2,3,5-Triiodobenzoic acid (1 gram, 2 mmol) was 
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dissolved in dichloromethane (5 mL) and was converted to its acid chloride derivative 
by addition of oxalylchloride (0.3 mL, 1.8 eq) and DMF (10 µL), and stirring of the reaction 
mixture for 2 hours at room temperature. The reddish-brown solution was evaporated 
to dryness and was stripped 3 times with toluene to afford the acid chloride as a tan 
solid, albeit still containing solvent remnants. 1H NMR (CDCl3): d = 8.35 (m, 1H), 7.90 
(m, 1H), ppm. 13C NMR (CDCl3): d = 166.3, 150.0, 144.4, 137.1, 114.2, 105.4, 93.7 ppm. 
This solid was redissolved in chloroform (5 mL) and was cooled to 0 ºC with the aid of 
an ice/water bath. To the cooled solution was added pyridine (175 µL, 1.1 eq) to afford 
the 2,3,5-triiodobenzoyl pyridinium chloride as a bright yellow precipitate that was 
used immediately after isolation. Molecular formula: C12H7ClNOI3.

tert-Butyl ((5-hydroxy-1,3,3-trimethylcyclohexyl)methyl)carbamate (4). A solution of 
3-aminomethyl-3,5,5-trimethyl-cyclohexanol (3, 0.25 g, 1.46 mmol; mixture of isomers), 
di-tert-butyl dicarbonate (0.35 g, 1.1 eq) and DIPEA (0.28 mL, 1.1 eq) in isopropanol 
(2.5 mL) was stirred for 18 hours. After pouring the reaction mixture in diethyl ether 
(25 mL), washing the organic phase with water (2 x 10 mL), brine (10 mL), and drying it 
with sodium sulfate, volatiles were evaporated to give crude product that was ca. 75% 
converted according to NMR. The partially Boc-protected material was redissolved in 
isopropanol (4 mL) with TEA (0.3 mL) and di-tert-butyl dicarbonate (0.2 g), and was 
stirred for another 18 hours. The reaction mixture was subsequently diluted with 25 mL 
diethyl ether, washed with water (3 x 10 mL) and brine (10 mL), dried with magnesium 
sulfate and evaporated to afford a thick oil that was fully Boc-protected on the amine 
functionality. The isolated material was used for the subsequent synthetic step without 
further purification. 1H NMR (CDCl3): d = 4.65 and 4.55 (both m., 1H), 4.1–3.8 (multiple 
signals, 2H), 3.35 and 2.9 (both m., 1H), 1.8–0.5 (multiple signals, 25H), ppm. Molecular 
formula: C15H29NO3.

3-(((tert-Butoxycarbonyl)amino)methyl)-3,5,5-trimethylcyclohexyl 2,3,5-triiodobenzoate 
(5). The pyridinium salt precipitate 2 (1.65 mmol) in dichloromethane (6 mL) was 
treated with a solution of 4 (1.46 mmol) in dichloromethane (4 mL) at 0 ºC. The resulting 
mixture was stirred at 0 ºC for 30 minutes and was subsequently allowed to warm 
to room temperature and stirred for another 18 hours. The resulting dispersion was 
diluted with dichloromethane (20 mL), washed with water (2 x 50 mL), 0.1 M aqueous 
HCl (25 mL), 1 M aqueous NaHCO3 (25 mL) and brine (25 mL), dried with magnesium 
sulfate and evaporated to afford crude product. The crude material was dissolved 
in diethyl ether, filtered to remove remaining salts, evaporated, and subsequently 
purified by column chromatography (20 g SiO2, CHCl3, Rf = 0.4) to afford 0.73 g (65%) 
of product 5 (mixture of isomers). 1H NMR (CDCl3): d = 8.29 (m, 1H), 7.67 (m, 1H), 5.35–
5.2 (m, 1H), 4.6 and 4.6 (both br., 1H), 3.45 and 3.3 (both br., 1H), 3.1 and 2.9 (both br., 
1H), 2.1–1.8 (multiple signals, 2H), 1.45 (s, 9H), 1.4–0.8 (multiple signals, 13H), ppm. 
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13C NMR (CDCl3): d = 165.8 and 165.7, 156.3, 148.7 and 148.6, 142.1, 136.9 and 136.8, 
113.4, 106.5, 93.8, 79.4, 72.1 (2x), 54.5, 47.9 and 47.6, 44.4 and 44.1, 40.4 and 40.0, 37.0 
and 36.9, 35.2 and 34.9, 32.5 and 32.3, 29.6, 28.6 and 28.5, 28.0, 23.7 ppm. IR(ATR): 
n = 3396, 2957, 1706, 1520, 1462, 1391, 1365, 1275, 1177 cm–1. Molecular formula: 
C22H30NO4I3.

3-(Aminomethyl)-3,5,5-trimethylcyclohexyl 2,3,5-triiodobenzoate (6). Compound 5 (0.73 
g, 0.97 mmol) was dissolved in a mixture of TFA (6 mL) and dry dichloromethane 
(8 mL) and wa stirred for 2.5 hours under an argon flow. The reaction mixture was 
subsequently evaporated to dryness, stripped with toluene (2x), and dried in vacuo to 
afford 0.6 g of the TFA salt of 6 (80%), which was used without further purification for 
the subsequent synthesis. 1H NMR (CDCl3): d = 8.29 (m, 1H), 8.1-7.8 (br.s, 3H), 7.7 (m, 
1H), 5.3 and 5.2 (both m., 1H), 3.3–2.7 (multiple signals, 2H), 2.2–1.8 (multiple signals, 
2H), 1.6–0.8 (multiple signals, 13H) ppm. IR(ATR): n = 2959, 1679, 1544, 1520, 1397, 
1365, 1275, 1182 cm–1. Molecular formula: C17H22NO2I3.

3-(13-Ethyl-3,10-dioxo-2,4,9,11-tetraazaheptadecyl)-3,5,5-trimethylcyclohexyl 
2,3,5-triiodobenzoate (I-U4U, modular contrast agent). A solution of freshly prepared 
1 (260 mg, 1.2 eq), the TFA salt of 6 (0.6 g, 0.8 mmol) and DIPEA (150 µL, 1.1 eq) in 
dichloromethane (6 mL) was stirred for 18 hours at room temperature. The reaction 
mixture was subsequently evaporated to dryness and the resulting thick oil was 
purified by column chromatography (30 g SiO2, 7.5 % MeOH in CHCl3, Rf = 0.25). The 
resulting product was precipitated from chloroform into diethyl ether and was dried 
in vacuo to afford 0.3 g of product (mixture of isomers). Yield: 35%. 1H NMR (CDCl3): 
d = 8.29 (m, 1H), 7.67 (m, 1H), 5.4–4.8 (multiple signals, 5H), 3.4–2.9 (multiple signals, 
8H), 2.2–0.8 (multiple signals, 34H) ppm. 13C NMR (CDCl3): d = 165.7 and 165.7, 159.4 
and 159.3, 159.2 (2x), 148.5, 142.1 and 142.0, 136.7 and 136.6, 113.3 and 113.2, 106.4, 
93.7, 72.4 and 72.2, 53.9, 47.4 and 47.1, 44.3 and 44.0, 43.3 and 43.2, 40.5 and 40.1, 40.0 
and 39.9, 37.0 and 36.8, 35.1 and 34.7, 32.4 and 32.1, 31.0, 29.7, 28.9, 28.2 and 28.0, 
27.9 and 27.8, 27.7 (2x), 24.1, 23.7, 23.1, 14.1 (2x), 10.9 ppm. IR(ATR): n = 3328, 2955, 
2925, 2859, 1726, 1626, 1567, 1521, 1461, 1379, 1364, 1269, 1182 cm–1. MALDI-TOF-
MS (CHCA matrix): m/z calculated for C31H49N4O4I3: 922.09, found: 922.89 [M+H]+, 
944.96 [M+Na]+, 961.08 [M+K]+. HRMS [M+H]+: Calcd 923.0966, Found 923.0986 (2.2 
ppm). Calculated iodide content for I-U4U: 41.3 w/w%. For reference, iopromide and 
iopamidol, non-ionic iodinated CAs that are commonly used intravascularly, have 
iodide contents of around 48 w/w%, while 2,4,6-tri-iodo-phenol and sodium 2,3,5-tri-
iodo-benzoate have iodide contents of ca. 81% and ca. 73%, respectively.

The synthesis of and applied characterization methods for the PCL2000-U4U elastomer. The 
PCL2000-U4U elastomeric biomaterial was prepared in a four step synthetic procedure 



Supplementary data  219

according to the description in Wisse et al., [2] wherein the PCL2000-U4U biomaterial 
is indicated as ‘polymer 2_2000’, and wherein this material has been assessed in detail 
with respect to its properties. Particularly, its thermal behavior by DSC, its mechanical 
properties by uniaxial tensile tests, and its non-toxicity as measured by cytotoxicity 
and subcutaneous implantation tests have been reported, while water exposure leak 
tests on matching U4U and non-matching U5U azo dyes have been described also. 
The PCL2000-U4U material as prepared and used for this study was molecularly 
characterized by NMR, and its molecular weight (distribution) was determined by 
GPC. For details on equipment and method see the main text ‘Materials and Methods’, 
section ‘Gel permeation chromatography (GPC)’. The mechanical properties of the 
PCL2000-U4U base material were measured by performing uniaxial stress-strain 
tensile tests on dog-bone shaped solid samples (length = 22 mm, width = 5 mm, 
thickness = 0.30 ± 0.04 mm) as prepared from chloroform/methanol (3:1) solution cast 
films. The tests (n = 3) were executed at ambient temperature (about 20 °C), using 
a crosshead speed of 20 mm/min. Stresses and strains are engineering stresses and 
strains. The Young’s modulus (E-modulus; as determined between 0.25% and 2.5% 
strain), the tensile toughness (or UT; as determined by the area under the stress-strain 
curve), and the strength and strain at break (s-break and e-break) were determined. The 
strength at break is also the (ultimate) tensile strength (TS or UTS) as it is the maximum 
of the stress-strain curve.

4. References Supplementary Information
[1] K. Davy, EP0684222B1, date of filling 24-5-1995, date of publication 29-11-1995.

[2] E. Wisse, A. J. H. Spiering, E. N. M. van Leeuwen, R. A. E. Renken, P. Y. W. Dankers, L. A. Brouwer, M. 
J. A. van Luyn, M. C. Harmsen, N. A. J. M. Sommerdijk, E. W. Meijer, Biomacromolecules 2006, 7, 
3385.
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CHAPTER 8

SEM pictures of the explants showing the holes and microcracks in the polymer fibers 
a) explanted after 4 weeks b) explanted after 5 weeks
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CHAPTER 9

Table S1 – In vitro functionality of the PC-BU valve. AEO indicates effective orifice area.

Figure S1 – Schematic of the standard cutting scheme used for explant analysis.

ISO 5480 PC-BU PC-BU

Time point [min] N.A. 0 60

General configuration

Stroke Volume [mL] N.A. 67.09 70.83

Cardiac Output [L/min] 5.0 5.01 5.34

Open configuration

Calculated AEO [cm2] ≥ 0.85 1.84 1.99

Closed configuration

Regurgitation [%] ≤ 10 3.38 4.35

Leakage volume [mL] N.A. 0.33 1.13

Closing volume [mL] N.A. 1.94 1.95
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Figure S2 – Macroscopic appearance of explanted valves after 6 and 12 months in vivo. * indicate 
valves of which the scaffold displayed minor delamination prior to implantation (valves 6.5 and 
12.4).



Supplementary data  223

Figure S3 – CD45 and inducible Nitric Oxide Synthase (iNOS) stainings on the 6- and 12-months 
explants (left and right, respectively). Scale bars insets represent 500 µm.
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Figure S4 – H&E staining showing gross morphology of all explants after 6 and 12 months of 
implantation. * indicate valves of which the scaffold displayed minor delamination prior to 
implantation (valves 6.5 and 12.4).
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Figure S5 – Alizarin Red staining showing no (valves 12.3 and 12.4) or very sparse (valves 12.1 
and 12.2) calcium deposits in the 12-month explants. If any, calcium deposits were detected in 
the base and no calcium was detected in the leaflets.
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Supplementary dataset 1

Accelerated in vitro degradation of electrospun PC-BU scaffolds
Once implanted, degradation of the scaffold material can be accomplished via the 
(enzymatically accelerated) hydrolytic or the oxidative pathway, or a combination 
of both. Depending on the chemical structure of the material, it will be more prone 
to hydrolytic or oxidative degradation. Here, an in vitro study was used to assess the 
degradation properties of the PC-BU material. Electrospun scaffold meshes were either 
exposed to enzymes that catalyze the hydrolytic pathway or to oxidative conditions. 
Degradation properties were analyzed with time by examining the remaining scaffold 
mass, molecular weight, mechanical properties, and fiber diameter. 

Methods 

Scaffold preparation. Scaffolds were fabricated in a climate-controlled electrospinning 
cabinet (IME Technologies) using the conventional electrospinning method. 
Rectangular strips (25 (l) x 5 (w) x 0.44 (t) mm3) were punched out of the electrospun 
scaffold meshes. Initial weight (W0) and thickness of all individual strips were measured 
using a digital balance (XS105, Mettler Toledo) and a digital thickness gauge (SGM, 
Mitutoyo). Prior to incubation for degradation, the meshes were centrifuged at 4500 
rpm in purified water for 5 minutes to remove air bubbles. 
Accelerated in vitro degradation. Strips were incubated at 37°C in 1.5 ml enzyme solution, 
referred to as enzymatic degradation, or in a 4 ml oxidative degradation solution each. 
The enzyme solution consisted of 100 U/mL lipase from Thermomyces lanuginosus 
(Sigma-Aldrich) in PBS. The oxidative solution comprised of 20% hydrogen peroxide 
(Sigma-Aldrich) and 0.1 M cobalt(II) chloride (Sigma-Aldrich) in purified water (pH of 
this solution is 4.5). Hydrogen peroxide and cobalt (II) chloride undergo a Haber-Weiss 
reaction, creating reactive hydroxyl radicals. Incubation times of the scaffolds in lipase 
and oxidative solutions were up to 56 and 67 hours, respectively.
Mass loss. Scaffold strips were removed from the degradation solution, washed three 
times with purified water, dried under vacuum at 37°C for 16 hours and weighed 
(XS105, Mettler Toledo), to assess weight loss due to scaffold degradation. Mass loss 
of the scaffolds (n=4 per group per time point) was determined using the equation: 
W1/W0 × 100%, where W0 is the initial scaffold weight and W1 indicates remaining 
scaffold weight. 
Fiber diameter of scaffold fibers. Average fiber diameters were assessed and determined 
by scanning electron microscope (SEM; Phenomworld) of one sample per group per 
time point. Average fiber diameters were determined by 20 individual measurements 
performed on four SEM images per scaffold strip, using Phenomworld software 
(Fibermetric, Phenom pro suite version 2.0). 
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Mechanical properties. To study the effect of degradation on the mechanical 
properties of the scaffolds, uniaxial tensile tests in longitudinal direction of the strips 
(n=3 per group per time point) were performed. Sample thickness and width were 
measured with a digital thickness gauge (SGM, Mitutoyo) and an electronic caliper 
(Sencys), respectively. Stress-strain curves were obtained (Mecmesin multiTest-i) at an 
elongation rate of 100% per minute and the mechanical test data was averaged per 
group per time point. 
Molecular weight. After tensile testing, one strip per group per time point of each 
material was taken and dissolved in eluent at a concentration of about 1 mg material 
per mL in order to determine the weight averaged molecular weight (Mw) of the 
samples by gel permeation chromatography (GPC) analysis. Prior to injection, the 
sample solutions were filtered over 0.2 micrometer filters to remove minor insolubles. 
GPC was performed on a Varian/Polymer Laboratories PL-GPC 50, employing a Shodex 
GPC KD-804 column and using DMF (Sigma) with 10 mmol/L lithium bromide (Sigma) 
as eluent. The temperature of the equipment was maintained at 50°C. The relative 
or apparent number (Mn) and weight (Mw) averaged molecular weights, as well as 
the molecular weight dispersities D (= Mw/Mn) were determined with respect to 
polyethylene glycol standards. Samples were measured in duplicate and the Mw was 
averaged from this duplicate measurement.

Results

Mass and molecular weight. Minimal mass loss was observed when the material was 
incubated with an enzymatic solution (3.8 ±0.16%), while oxidative degradation did 
not result in mass loss (Figure S6A). The opposite was shown for the change in Mw 
with time (Figure S6B). Mw remained stable when the material was incubated with 
the enzymatic solution. When the scaffold strips were incubated with the oxidative 
solution the strips were severely affected with a loss of 44% after 67 hours. 
Enzymatic degradation resulted in minimal mass loss, while degradation by oxidation 
showed that mass of the material remained stable at all time points. (B) Remaining 
molecular weight of scaffold strips due to different degradation pathways, compared 
to initial molecular weight in percentages. Displayed are the mean values. No decrease 
in molecular weight is observed during enzymatic degradation, while the oxidative 
degradation showed a significant decreased molecular weight. 
Fiber diameter and mechanical properties. The diameter of the scaffold fibers of 
untreated and degraded scaffolds were analyzed by SEM. No change in fiber diameter 
was observed for both the enzymatic and the oxidative degradation pathways (Figure 
S7A). Enzymatic degradation resulted in similar values for the Young’s modulus, while 
both the UTS and strain at break were decreased with 32% and 23% compared to 
the initial values, respectively (Figure S7B-D). When samples were degraded by the 
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oxidative pathway, it was shown that all mechanical parameters were aff ected and 
showed that Young’s modulus, UTS and strain at break decreased with 49%, 32%, 
and 14%, respectively, indicating that the material was prone to both degradation 
pathways. 
In summary, it was observed that the PC-BU material is prone to both degradation 
pathways, although more pronounced for the oxidative degradation pathway. 
Previously, the degradation properties of conventional poly(ε-caprolactone) (PCL) and 
several polyester-based supramolecular materials were assessed using the same in 
vitro accelerated degradation testsS1. When comparing the diff erent supramolecular 
materials, the PC-BU was less aff ected by oxidative degradation compared to the 
polyester-based materials, indicating that the use of PC instead of PCL as the backbone 
material, when both are combined with BU moieties, can be used to tune degradation 
properties. This is in line with research performed by McBane et al. and Christenson 
et al., where PC was also used to improve resistance against oxidative attackS2–4. 
Furthermore, compared to the conventional PCL material, the enzymatic degradation 
of the PC-BU material is reduced.

Figure S6 – (A) Remaining weight of scaff old strips due to diff erent degradation pathways, 
compared to initial weight. Weight values are presented as mean ± standard error of the mean.
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Feasibility of minimally-invasive transapical delivery of PC-BU valves
As an initial assessment of the feasibility of minimally-invasive implantation of the 

novel PC-BU valves, the PC-BU valves were sutured onto a Nitinol stent and delive-

red transapically as pulmonary valve replacements in five adult sheep (n=5; weight 

range of 56.4 ± 3.9 kg), with a planned follow-up of 1 months (n=2) and 6 months 

(n=3).

Methods 

Animals. All animals (n=5) received human care and the study was approved by the 
ethics committee (Veterinäramt, Gesundheitsdirektion, Kanton Zürich ZH_09_2014) in 
compliance with the Guide for the Care and Use of Laboratory Animals, published by 
the National Institutes of Health (NIH publication No. 85-23).
Minimally-invasive transapical valve delivery. In brief, after a right-sided thoracotomy, 
the pericardium was opened and the right ventricle (RV) was exposed for transapical 
access. Felt enforced purse-string sutures (Prolene 3-0) were placed, the RV was 
punctured and a guide wire was placed into the pulmonary artery. Next, the pulmonary 
root was visualized and in parallel the stented valves were crimped and loaded onto a 
custom-made, pressure-based delivery system (OD = 10mm). Thereafter, the delivery 
system was inserted into the RV and advanced into the pulmonary artery. Optimal 
positioning of the valve was defined by angiography and delivery of the valve was 
then performed under fluoroscopic control. Following implantation, the delivery 
device was removed and sufficient positioning and functionality of the valve was 
controlled by instant angiography. Thereafter, the purse-string suture was controlled 
for potential bleeding, before the pericardium and the thoracotomy were closed.
Assessment of in vivo functionality. In vivo functionality was assessed using 
transesophageal echocardiography (TOE) (Philips ie33) immediately after implantation 
and after 1 month (n=5), 3 months (n=3) and 6 months (n=3) postoperatively. Valve 
regurgitation was graded as none (0), trivial (0-1), mild (1), moderate (3), and severe 
(4). Invasive pressure measurements were carried out in the RV outflow tract and 
pulmonary artery to assess for stenosis.
Follow-up and harvest. Anticoagulation therapy (calciparine) was maintained for 30 
days after implantation. The animals were sacrificed and valves were explanted as pre-
defined after 1 month (n=2) and 6 months (n=3). Euthanasia was performed with an 
intra-venous injection of sodium pentobarbital (Dolethal) at the dose of 40 to 50 mg/
kg. Thereafter the hearts were harvested and the valve were excised for post-mortem 
analysis. After harvest, explanted tissues were evaluated macroscopically. Thereafter, 
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representative longitudinal samples were taken including the valve leaflet and the 
lower wall for analyses by (immuno-)histochemistry.
Histology and Immunohistochemistry. Cell infiltration and tissue composition was 
analyzed qualitatively by (immuno-) histology. Formalin-fixed (Fluka, USA) paraffin-
embedded representative pieces of the valves were sliced to 2-5 μm sections. The 
tissue sections were stained by Haematoxylin and Eosin (H&E) for general tissue 
morphology, Elastin van Gieson for detection of collagen and elastic fibers, and Von 
Kossa for identification of calcified deposits. Immunohistochemistry was performed 
using the Ventana Benchmark automated staining system (Ventana Medical Systems, 
USA) and antibodies for α-smooth muscle actin (α-SMA, Ir611; Dako, Denmark), 
vimentin (N1583, Dako, Denmark), and CD31 (ab28364, Abcam, UK). Primary antibodies 
were detected with the Ventana iVIEW DAB detection kit, yielding a brown reaction 
product. Tile scan images were recorded using the Zeiss Mirax Midi microscope (Carl 
Zeriss Microimaging, Germany) and analyzed using Panoramic Viewer (3DHISTECH, 
Hungary).

Results

Transapical valve delivery. Transapical valve delivery was successful in all animals 
(n=5). No perioperative complications or mortality occurred. In all animals sufficient 
positioning of the valves could be achieved fully excluding the native pulmonary 
valve (see Figure 6 main text). All animals made a swift recovery and completed their 
respective follow-up (1 month: n=2; 6 months: n=3) without any complications. 
Valve functionality & follow-up. Post-operative and 1 month follow-up transesophageal 
echocardiography displayed sufficient valve function in all animals (n=5), with pliable 
leaflets and excellent coaptation with none (n=4) or trivial (n=1) regurgitation. No 
stenosis or para-valvular leakage was detected. 
Long-term follow-up at six months displayed a maintained excellent valve function in 
two animals (n=2) showing no regurgitation, while one animal (n=1) presented with a 
mild to moderate regurgitation (grade 1-2). Neither para-valvular leakage nor stenosis 
could be detected, and the mean and max gradients ranged from 1-2 mmHg (average: 
1.33 ± 0.57 mmHg, n=3) and 2-4mmHg (average: 2.66 ± 1.15 mmHg, n=3), respectively.
Post-mortem evaluation. One month after implantation, the valves showed intact 
leaflets and partial integration of the proximal side of the stent with the surrounding 
tissues (Figure S8). At 6 months, all the valves were integrated (Figure 6, main text) and 
they presented pliable and shiny leaflets, with a good coaptation area. No apparent 
sign of retraction were detected, as also confirmed by the excellent valve functionality 
and absence of regurgitation. However, two explants revealed the presence of small 
holes in the central part of the leaflet, close to the free edge (TA-valve 6.2 and TA-
valve 6.3, arrows in Figure S8). A possible cause for the formation of these holes is the 
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incorrect valve design that, without compromising the valve functionality, leads to the 
bending of the central part of the leaflets when the valve is fully open (Figure 6B, main 
text). The location of the hole is, in fact, compatible with the bending detected during 
the in vitro testing. The TA-valve 6.3 also showed a bigger hole in the belly region 
(Figure S8, indicated by asterisk). This animal displayed appropriate functionality on 
echo at 6 months, with trivial regurgitation. After the echo, pressure measurement was 
performed before sacrifice. On harvest, a big hole was detected in one of the leaflet 
which was not in line with valve not in line with the valve functionality as assessed by 
echo analysis, thus suggesting that the hole was most likely caused iatrogenic during 
the pressure measurement.
Histological evaluation showed host cell infiltration already after 1 month (Figure S9). 
Vimentin- and α-SMA-positive cells were abundant in the proximal and hinge area of 
the scaffold. Interestingly, vimentin-positive cells were already visible in the leaflet 
between the fibrin layer (that covers the implanted biomaterial) and the scaffold, 
while only few CD31-positive cells grew on top of the fibrin deposit. At this time point, 
the proximal and hinge part of the valve were covered by neo-tissue, particularly 
on the pulmonary side. Over a period of 6 months, the host cells have completely 
repopulated the implant, with abundant vimentin-positive cells in the proximity 
of the scaffold and α-SMA-positive cells mainly localized in the hinge area and the 
pulmonary side of the leaflet (Figure S10). Endothelial cells covered the implant and 
no signs of fibrin deposition are detected at this time point. The proximal part and the 
hinge area of the valve were covered by de novo ECM and highly vascularized. Neo-
tissue formation was also visible mainly on the pulmonary side of the leaflets. Over 
time, elastin was deposited by the cells, particularly at hinge area (both ventricular and 
pulmonary side) and on the proximal side of the valve. For all the three explants, the 
scaffold remnants were still abundant but they did not induce pathological conditions, 
such as calcification. 
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Figure S8 – Macroscopic appearance of the explanted valves after 1 and 6 months in vivo upon 
minimally invasive implantation. Proximal, distal and open-valve view of the diff erent valves 
explanted at 1 or 6 months. For all the explants, the leafl ets showed good in situ coaptation, in 
agreement with the excellent functionality. After 6 months, two explants revealed the presence 
of small holes in the central part of the leafl et, close to the free edge (arrows), probably caused 
by the suboptimal valve design that, without compromising the valve functionality, leads to the 
bending of the central part of the leafl ets when the valve is fully open. The star (*) in TA-valve 
6.3 indicates a hole most likely caused iatrogenic during the pressure measurement, since the 
animal displayed appropriate functionality on echo at 6 months, with trivial regurgitation.
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Figure S9 – Histological analyses of longitudinal transection of the valve explant after 1 month 
show early host cell infi ltration and collagen deposition. Haematoxylin & Eosin (H&E) shows early 
de novo collagen deposition in particular in the hinge area. The scaff old is still visible through 
all the valve. Elastica Von Gieson (ELVG) indicates the presence of few elastic fi bers (black) in the 
lower wall and a fi brin deposit (*) all over the leafl et. α-smooth muscle actin (α-SMA) positive 
cells are already re-populating the lower wall and hinge area of the implant. Vimentin (Vim) 
positive cells are particularly abundant in the hinge area, but also visible in the leafl et, in the 
proximity of the scaff old. Only few CD31-positive cells are present at this time point. Images are 
merged tile scans and the insets display local details as indicated. Scale bar of the tile scan is 
1mm; scale bar of the insets is 100 μm.
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Figure S10 – Histological analyses of longitudinal transection of the valve explant after 6 months 
confi rm host cell infi ltration and collagen remodelling. Elastica Von Gieson (ELVG) indicates the 
presence of thin elastic fi bers (dark purple-black) in the lower wall and on both ventricular and 
pulmonary side of the hinge area. α-smooth muscle actin (αSMA) positive cells are detected in 
the lower wall and on the pulmonary side of the hinge and leafl et area. Vimentin (Vim) positive 
cells are abundant in the lower wall and hinge area, but visible also in the leafl et, in the proximity 
of scaff old remnants. Endothelial cells (CD31) cover the leafl et surface. Von Kossa (VK) staining 
confi rms the absence of signifi cant calcium deposits (in black). Images are merged tile scans 
and the insets display local details as indicated. Scale bar of the tile scan is 1mm; scale bar of the 
insets is 100 μm.
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SAMENVATTING IN HET NEDERLANDS

Huidige hartklep- en vaatprotheses hebben een aantal nadelen, zoals trombusvorming 
en degeneratie. Daarnaast zijn ze niet in staat om mee te groeien met de patiënt, wat 
deze protheses minder geschikt maakt voor kinderen. Een nieuwe generatie protheses 
wordt ontwikkeld volgens het “in situ tissue engineering” principe.  

Bij “ in situ tissue engineering” wordt een prothese geïmplanteerd die in staat is om 
cellen zich vanuit de bloedbaan te laten binden. De cellen nestelen zich in de prothese 
en gaan daar weefsel produceren. Wanneer er voldoende weefsel gemaakt is om 
zelfstandig te functioneren, breekt de geïmplanteerde prothese af. Het eindresultaat is 
een hartklep of een bloedvat van lichaamseigen materiaal, in staat om mee te groeien 
met de patiënt.

Het materiaal waar de prothese van gemaakt wordt, kan zowel biologisch als 
synthetisch zijn. Hoofdstuk 2 bevat een onderzoek met biologisch materiaal dat 
gemaakt wordt van de dunne darm van varkens. De cellen van het varken worden er 
af gehaald en wat overblijft is een collageenrijk materiaal dat wordt geïmplanteerd als 
hartklep in schapen. Zeven van de 20 dieren overlijden aan hartfalen, waarschijnlijk 
door een inflammatoire reactie op het geïmplanteerde xenogene transplantaat. 
Daarnaast wordt in de hartklepprotheses die wel goed functioneren geen groei van 
nieuw weefsel waargenomen. Synthetische protheses zijn een aantrekkelijk alternatief 
voor  biologische protheses, omdat deze materialen aangepast kunnen worden 
aan de behoefte van de patiënt. Door bijvoorbeeld chemokines toe te voegen aan 
het polymeer, kan worden beïnvloed welke cellen zich wel of juist niet binden aan 
de prothese. Hiernaast kan door het toevoegen van contrast de prothese zichtbaar 
worden gemaakt met de CT-scan.

Om de synthetische materialen te optimaliseren werd een nieuw diermodel ontwikkeld 
dat wordt gepresenteerd in hoofdstuk 3. Een vaatprothese in de abdominale aorta 
wordt geïmplanteerd, waarbij ingroei van naburig weefsel wordt geremd door een 
barrière van Gore-tex aan te brengen. Op deze manier worden vooral cellen vanuit 
de bloedbaan onderzocht, wat overeenkomt met de humane situatie (zie figuur 
1 hoofdstuk 3). In hoofdstuk 4 gebruiken we dit model om synthetisch bloedvat 
gemaakt van poly(ε-caprolacton) (PCL) te implanteren. Het toevoegen van Monocyte 
Chemotatic Protein-1 (MCP-1), een signaaleiwit binnen de vreemdlichaamreactie, 
verbetert de vorming van het nieuwe weefsel door een versterkte aantrekking van 
circulerende immuuncellen. Na 3 maanden wordt de vorming van een nieuw bloedvat 
waargenomen met endotheelcellen, gladde spiercellen, collageen en elastine. Hierbij 
wordt een stijgende trend in de  expressie van SDF-1α waargenomen. SDF-1α is een 
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belangrijke factor binnen weefselherstel en is verantwoordelijk voor het mobiliseren 
van progenitorcellen. Daarnaast is het een attractant voor lymfocyten en monocyten.
Korte peptidesequenties gebaseerd op SDF-1α kunnen worden gesynthetiseerd en 
worden toegevoegd aan het polymeer voor implantatie (hoofdstuk 5). Het toevoegen 
van synthetisch SDF-1α leidt na zeven dagen tot een toename van het aantal 
monocyten dat zich in de prothese nestelt. Dit leidt mogelijk tot een verbeterde 
weefselvorming na drie maanden.
Door specifieke cellen aan te trekken in combinatie met het afstoten van ongewilde, 
kan selectieve celbinding worden bewerkstelligd, wat het proces van weefsel formatie 
kan bevorderen. Toevoeging van poly(ethyleneglycol) (PEG) aan de synthetische 
prothese leidt er toe dat minder cellen zich binde aan de prothese. 

Voor in situ tissue engineering moet er een balans zijn tussen weefselopbouw en 
afbraak van de synthetische prothese. Wanneer de prothese te vroeg afbreekt, leidt 
dit tot het falen van de prothese, wat wordt waargenomen in hoofdstuk 8. Om de 
afbraak van de prothese in beeld te kunnen brengen, wordt er contrast toegevoegd 
aan de prothese. In hoofdstuk 7 worden vaatprotheses met contrast geïmplanteerd. 
Het volume en de densiteit van de prothese wordt waargenomen met de CT-scan. Het 
toevoegen van dit contrast heeft geen invloed op de weefselformatie. 

In voorgaande hoofdstukken wordt met name gekeken naar bloedvaten. Het is voor 
hartklep- tissue- engineering naast het binden van de juiste cellen ook belangrijk, 
dat de prothese direct na implantatie, wanneer er nog geen weefsel is gemaakt, 
kan functioneren als hartklep. In hoofdstuk 9 wordt een synthetische hartklep 
geïmplanteerd in schapen. Direct na implantatie kan deze prothese functioneren als 
een hartklep. Na een jaar is deze klep nog steeds functioneel. Daarnaast zijn cellen zich 
in de prothese gaan nestelen en daar weefsel gaan produceren. Langzaam breekt de 
synthetische prothese af. Dit zijn veelbelovende resultaten. 

In dit onderzoek worden verschillende materialen onderzocht die gebruikt worden 
voor in situ tissue engineering van hartkleppen en bloedvaten. De synthetische 
protheses zijn veel belovend omdat deze op maat gemaakt kunnen worden. De 
synthetische cardiovasculaire protheses kunnen direct na implantatie functioneren 
zoals nodig. Celbinding en weefselformatie kan worden beïnvloed en de prothese 
kan zichtbaar gemaakt worden in het lichaam met behulp van een CT-scan. Deze 
resultaten kunnen gebruikt worden om deze protheses verder te optimaliseren, wat in 
de toekomst kan leiden tot de vertaling naar de kliniek.
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UMC Utrecht heb gehad. 
Prof. Suyker, dank u wel voor de gastvrijheid, zodat ik mijn promotie-traject kon 
afronden. 

Wim Jan van Boven, Antoine Driessen, Dave Koolbergen, Abdullah Kaya, Krishna 
Khargi,  Toon Winkelman, Riccardo Cocchieri, Bram van Wijk, Meike Haverkamp, Lara 
Vos, Marieke van Paridon, overige arts-assistenten, verpleegkundig specialisten, 
verpleegkundigen en ondersteunend personeel op G3zuid, ik kijk uit naar de komende 
jaren in Amsterdam. Dank jullie wel voor het vertrouwen dat jullie geven. 

Gelukkig is er meer dan onderzoek!!

Lieve Linda, onderzoek, kliniek, opleiding, volleybal: wij hebben veel gemeen. Het was 
dan ook meer dan logisch om jou als mijn paranimf te vragen. Ik hoop de komende 
jaren nog veel met je te delen. 

Lieve Claire, ik heb je leren kennen in het eerste jaar van geneeskunde en je bent nog 
steeds één van mijn beste vriendinnen. Dank je wel dat je er altijd voor me bent en wat 
fijn dat je mijn paranimf wilt zijn.

Lieve Laura, dank je wel voor het vormgeven van het boekje, wat had ik zonder jou 
moeten doen?

Altijd fijn dat er mensen van leuke dingen houden: Bram, Margriet, Ferdi, Maaike, 
Farmer, Daan, Nijn, Marijn, Mark, Wouter, Melany, Tom en Pieter. Dank jullie wel voor 
alle afleiding!
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Lieve vriendinnen uit Utrecht en Zaltbommel: Jetske, Linda, Maike, Sofie, Stefanie, 
Loes, Lisa, Anna Maria, Floor, Ilse, Janneke, Lonneke en Marjolijn, fijn dat wij al zo lang 
vriendinnen zijn. 

Lieve Nathalie, wat begon met een opmerking over dat jij niet zou kunnen blokkeren 
en mijn reactie dat we je een kans moesten geven, is uitgegroeid tot een dierbare 
vriendschap. Dank je wel!

Lieve Eline, al 31 jaar ben je mijn beste vriendin. We hebben al zo veel met elkaar 
gedeeld! Dank je wel voor je onvoorwaardelijke vriendschap. 

Lieve families Vos, Van Ling, Van Rijnsoever, Wierstra en Talacua, dank jullie wel voor 
jullie interesse. 

Lieve Ton, Marijke, Mileen en Mark: wat een fijne schoonfamilie! Dank jullie wel voor 
jullie liefde, steun, interesse en vriendschap. 

Lieve Tim, Donna, Ruben, Sanne en Lieve. Ik ben er ontzettend trots op dat ik jullie 
(schoon) zus of tante ben.

Lieve Mama, dank je wel voor alles. Ik laat het niet altijd merken, maar je bent erg 
belangrijk voor mij. Je bent lief, vrolijk en heel erg sterk. Henk, wat fijn dat jij er voor 
mama bent. 

Lieve Papa, dank je wel voor alles wat je hebt gegeven. Ik weet dat je trots op me bent. 
Het is ontzettend moeilijk dat we dit niet met jou kunnen delen. Ik mis je.

Lieve Sam, dank je wel voor je geduld, je vertrouwen en je liefde. Ik hou zo ontzettend 
veel van je!
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Hanna Talacua was born on april 19th, 1985 in Zaltbommel, The Netherlands. After 
graduating from secondary school in 2003 (sg Cambium, Zaltbommel), she enrolled in 
Medical School at the Utrecht University. After obtaining her medical degree in 2010 
she worked as a resident at the department of Cardiothoracic Surgery (University 
Medical Center Utrecht). Due to her growing interest in research and cardiothoracic 
surgery, she joined the research group of prof. dr. L.A. van Herwerden and dr. J. Kluin. In 
a close collaboration with Eindhoven Technical University a new scaffold is developed 
for in situ tissue engineering of heart valves and small caliber vessels. In July 2015 
she started as a resident in Cardiothoracic surgery at the Academic Medical Center in 
Amsterdam under supervision of prof. dr. B.A.J.M. de Mol and dr. W.J. van Boven. The 
initial training in general surgery is currently being conducted at the Diakonessenhuis 
Utrecht under supervision of dr. van T. Dalen.


