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ABSTRACT
One of the main focus of the tissue engineering and regenerative medicine (TERM) field is
the development of biologically active substitutes able to aid the repair, maintain, or improve
the function of tissue or organs. Different three-dimensional (3D) cell-carrying structures have
been explored as extracellular matrix (ECM) analogs for cell-based strategies. Among these,
hydrogels are one of the most popular mainly due to their ability to closely mimic several
features of the native ECM. However, there are still some demands in the TERM field that
hydrogels cannot efficiently overcome alone, as for example in applications where high
strength and stiffness are required. The combination of hydrogels with other structures, like
scaffolds or particles into hybrid systems, emerges as a promising strategy to improve their
biofunctionality.
The main aim of this thesis was to develop a hybrid system by reinforcing a biofunctional
hydrogel with additive manufactured fibrous-based scaffolds. This hybrid scaffold was used
towards skeletal tissue engineering. The hydrogel component was developed by exploring a
polysaccharide (pectin) to obtain hydrogels by internal ionic crosslinking as mesenchymal
stem/stromal cells (hMSCs) carriers. To render the hydrogels as 3D cell supportive and
instructive structures, pectin was modified with a cell-adhesive peptide, and the gelation
parameters were optimized. Pectin hydrogels were proved to support the viability, elongation,
spreading, establishment of intercellular networks and ECM production by hMSCs for at least
14 days. Moreover, they were considerably fragmented after subcutaneous implantation in
mice after 7 days.
Subsequently, the 3D fibrous scaffold component was developed. The impact of the scaffold
properties on hMSCs behavior was explored, more specifically in terms of the effect of the
fibers surface roughness and topography. Poly(ethylene oxide terephthalate)/poly(butylene
terephthalate) (PEOT/PBT) block copolymer filaments produced by wet-spinning can be
obtained with different surface topographical features. The 3D fibrous scaffolds of PEOT/PBT
were fabricated by combining wet-spinning with additive manufacturing (AM), and the impact
of the specific fiber surface features was assessed on hMSCs behavior, using two different
seeding densities. Cells were able to adhere, proliferate, and produce endogenous ECM over
the scaffolds. The effect of surface roughness and topography on hMSCs proliferation and
differentiation was more evident for cells seeded at the lower density. In some cases, the effect
of surface roughness values synergized with that of differentiation inducers, guiding hMSCs
differentiation. In particular, osteogenesis was favored in scaffolds with lower surface
roughness values, while higher values potentiated chondrogenesis.
After the development of both hydrogel and fibrous scaffolds components, they were
combined into a hybrid system to obtain pre-vascularized constructs for bone tissue
i

engineering. Recent works suggest that the co-culture of endothelial cells with osteoprogenitor
cells improves the outcome of such constructs both in vitro and in vivo, mainly due to the
favorable crosstalk between these cell types. Human umbilical vein endothelial cells (hUVECs)
alone or combined with hMSCs (1:1 ratio) were cultured for up to 28 days i) on the scaffolds,
ii) within hydrogels, or iii) within the hybrid system. Results obtained indicated that the 3D
fibrous scaffold provided spatial guidance for both cell types. On its turn, the hydrogel
component acted as ECM-like 3D microenvironment, favoring the stabilization of intercellular
networks. Capillary-like structures could only be established when using co-cultures and within
the hybrid scaffolds. The outcome of the sequential addition of cells to the hybrid system was
also analyzed. The initial seeding of hUVECs on the scaffolds and the later (7 days) addition
of hMSCs embedded within the hydrogels improved the robustness of the hUVECs networks,
both in basal and osteoinductive media. Alkaline phosphatase (ALP) and von Kossa (VK)
stains suggested the differentiation of hMSCs in both culture conditions.
In summary, this thesis focused on the need to enhance the biofunctionality of 3D structures
used in TERM strategies, by combining two main types of supporting structures - hydrogels
and fibrous scaffolds - into a hybrid system. Its functionality was assessed towards the
development of a pre-vascularized bone tissue engineered (TE) construct. The hybrid structure
synergized with the co-culture of hMSCs and hUVECs, improving the biological outcome when
compared to the individual structures alone. The results presented in this thesis highlight how
the fabrication of hybrid structures by converging biomaterials and biofabrication technologies
can improve the biofunctionality of TE constructs.
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RESUMO
Um dos principais pontos de foco da área de engenharia de tecidos e medicina regenerativa
consiste no desenvolvimento de substitutos biologicamente activos, capazes de auxiliar a
reparação, manutenção, ou melhorar a função de tecidos e/ou órgãos. Diferentes tipos de
estruturas tridimensionais (3D) têm sido exploradas como matrizes extracelulares (ECM)
artificiais para suporte de células. Entre estas, as estruturas que possuem as características
mais semelhantes à ECM nativa são os hidrogéis. Porém, existem aplicações com certos
requisitos que os hidrogéis não conseguem cumprir, tal como uma elevada resistência
mecânica. A combinação de hidrogéis com outras estruturas, como scaffolds ou partículas,
surge assim como uma estratégia promissora com vista à melhoria da biofuncionalidade
destes sistemas.
O principal objectivo desta tese foi o desenvolvimento de um sistema híbrido para
engenharia de tecidos de osso através do reforço de um hidrogel biofuncional com scaffolds
fibrosos produzidos através de manufactura-aditiva. Para isso, a produção de hidrogéis de um
polissacárido (pectina) através de gelificação iónica foi optimizada com vista à obtenção de
uma ECM artificial como suporte 3D de células estaminais/estromais mesenquimais humanas
(hMSCs). A pectina foi modificada com um péptido para promover a adesão celular. As hMSCs
cultivadas até 14 dias no interior destas matrizes apresentaram uma elevada taxa de
viabilidade e foram capazes de interagir com a matriz de pectina, estabelecendo redes
intercelulares e produzindo ECM nativa. Para além disso, os hidrogéis de pectina
apresentavam-se consideravelmente degradados após 7 dias de implantação subcutânea em
murganhos.
Subsequentemente foram desenvolvidos os scaffolds fibrosos. Um dos objectivos desta
parte do trabalho foi a análise da resposta de hMSCs às propriedades de superfície das fibras
dos scaffolds. Quando processado através de wet-spinning, os filamentos de copolímero
poli(óxido de etileno teraftalato)/poli(butileno teraftalato) (PEOT/PBT) apresentam diferentes
características de superfície. Os scaffolds 3D de PEOT/PBT foram obtidos através da
combinação de wet-spinning com manufactura aditiva, e o impacto das propriedades dos
filamentos na actividade das hMSCs cultivadas a duas densidades distintas sobre os scaffolds
foi analisado. As células aderiram, proliferaram e produziram ECM endógena sobre os
scaffolds. O efeito da rugosidade e da topografia dos filamentos poliméricos foi mais evidente
para a densidade de cultura inicial mais baixa. Para algumas condições, a diferenciação das
hMSCs foi condicionada pelo efeito conjunto da rugosidade de superfície e dos factores
indutores presentes no meio de cultura. A osteogénese foi favorecida nos scaffolds com
valores de rugosidade mais baixos, enquanto a condrogénese foi potenciada em scaffolds
com valores de rugosidade mais elevados.
iii

Após o desenvolvimento dos dois componentes, estes foram combinados num sistema
híbrido para obter uma estrutura pré-vascularizada para engenharia de tecidos de osso.
Estudos recentes nesta área sugerem que a co-cultura de células endoteliais com células
osteoprogenitoras melhoram os resultados destas estruturas tanto in vitro como in vivo,
principalmente devido aos efeitos recíprocos que se estabelecem entres estes tipos de
células. Células endoteliais da veia do cordão umbilical (hUVECs) foram cultivadas em
monocultura ou em co-cultura com hMSCs (rácio 1:1) até 28 dias i) nos scaffolds, ii) nos
hidrogéis, ou iii) no sistema híbrido desenvolvido. Os resultados obtidos indicaram que os
scaffolds proporcionaram orientação espacial aos dois tipos de células. Por sua vez, a
presença do hidrogel mimetizou a ECM nativa, favorecendo a estabilização das redes
intercelulares. A formação de estruturas similares a capilares foram observadas apenas
aquando da utilização da co-cultura no sistema híbrido. A adição sequencial dos dois tipos de
células

também

foi

estudada.

Estruturas

similares

a

capilares

apresentaram

(qualitativamente) uma melhor robustez e estabilidade na condição correspondente à cultura
inicial de hUVECs nos scaffolds e posterior adição (7 dias) de hMSCs no hidrogel, tanto em
meio basal como osteoindutor. As colorações de fosfatase alcalina e von Kossa sugeriram a
diferenciação osteogénica das hMSCs em ambas as condições de cultura.
Em suma, o trabalho desenvolvido nesta tese focou-se na necessidade de melhoria da
(bio)funcionalidade de estruturas 3D utilizadas em estratégias de engenharia de tecidos e
medicina regenerativa, através da combinação num sistema híbrido de duas das principais
estruturas de suporte utilizadas – hidrogéis e scaffolds fibrosos. A respectiva funcionalidade
foi avaliada através do desenvolvimento de uma estrutura de engenharia de tecidos de osso
pre-vascularizada. As propriedades do sistema híbrido actuaram em sinergia com a co-cultura
de hMSCs e hUVECs, levando à obtenção de melhores resultados. Em comparação com a
utilização das estruturas individuais. Os resultados apresentados nesta tese realçam que o
fabrico de estruturas híbridas, utilizando biomateriais e tecnologias de biofabricação
convergentes, pode levar à melhoria da biofuncionalidade de estruturas de engenharia de
tecidos.
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THESIS AIMS
The development of supporting structures in the TERM field has evolved immensely. The
characteristics of the different types of existing 3D cellular supports, like hydrogels and
scaffolds, can meet part of the requirements of specific applications when used alone. In order
to improve the biofunctionality of 3D supports, the combination of different structures into
hybrid systems, like the reinforcement of hydrogels with scaffolds, particles, and/or fibers,
emerged as a potential approach.
The main aim of this thesis was to develop a hybrid system to be used as supportive 3D
structure for tissue engineering of pre-vascularized bone tissue. The underlying hypothesis
was that, in such a system, the performance of a newly developed 3D cell-supportive and
instructive hydrogel component would be improved through the incorporation of an additive
manufactured fibrous-based scaffold. This was addressed by the following general aims:
(i)

(a) development of a hydrogel component through the biofunctionalization of pectin, a
naturally-derived polysaccharide, to be used as a carrier for hMSCs; and (b)
assessment of its performance as ECM analog;

(ii) (a) development of a fibrous scaffold with filaments containing specific topographical
cues by the controlled spatial deposition of PEOT/PBT block copolymer filaments,
obtained by wet-spinning; and (b) assessment of their influence on hMSCs behavior in
3D;
(iii) (a) development of a 3D hybrid scaffold towards a pre-vascularized construct for bone
TE by reinforcing the cell-carrying pectin-hydrogels with the PEOT/PBT fibrous scaffold
and co-culturing hMSCs and hUVECs within the system; and (b) assessment of the TE
construct biological outcome in vitro.

v
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THESIS OUTLINE
This thesis is organized in five chapters:
Chapter I provides a literature review regarding the use of hybrid 3D matrices in the context
of TERM, focused on the relevance of using hybrid 3D systems as structures that bring
together the features of distinct materials to specifically improve their function.
The main goal of the thesis was to combine the features of hydrogels and additive
manufactured fibrous scaffolds to improve the outcome of hMSCs and hUVECs co-culture
system towards vascularized bone tissue engineering. The experimental work performed
involved three main stages: the development of the hydrogel component (Chapter II), the
development of the fibrous scaffolds (Chapter III), and finally the combination of both into a
hybrid system (Chapter IV).
Chapter II describes the optimization of the hydrogel component, more specifically, the
development of pectin hydrogels via internal ionic crosslinking as 3D cell carriers. First, pectin
was purified, modified with RGD-containing peptide, and finally its gelation kinetics was
optimized towards an adequate cell embedding time-frame. In vitro studies were performed by
embedding hMSCs within the pectin hydrogels and assessing their behavior throughout 14
days of culture. Finally, the in vivo degradation of the pectin hydrogels was assessed by
subcutaneous implantation in mice.
Chapter III regards the development of the additive manufactured scaffolds component.
Previous observations of PEOT/PBT block copolymer filaments obtained by wet-spinning, a
phase separation based technique, showed that these polymer filaments exhibit different
surface topographical features according to the solvent/non-solvent combination used. Due to
the well-known influence of surface topography on cellular behavior, 3D fibrous scaffolds of
PEOT/PBT were developed by combining wet-spinning with AM, and the impact of the specific
fiber surface features on hMSCs behavior was assessed.
Chapter IV reports the combination of the hydrogels and the additive manufactured
scaffolds to obtain 3D hybrid scaffolds, towards the fabrication of pre-vascularized constructs
for vascularized bone tissue engineering. A co-culture system of hMSCs and hUVECs was
used, and the impact of the mechanical reinforcement and internal spatial guidance provided
by the fibrous scaffold component within the hydrogel was assessed in terms of biological
outcome.
Finally, Chapter V includes some concluding remarks and future perspectives, based on
the analysis of the preceding chapters and the field literature.
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ACRONYMS AND ABBREVIATIONS
D

#
2D
3D

two-dimensional
three-dimensional

A

DAH

1,6-diamoniohexane

DAPI

4′,6-diamidino-2-phenylindole
dihydrochloride

DCE

dichloroethane

ddH2O

deionized water

α-ACT

alpha-actinin

DM

degree of methylation

AFSCs

amniotic fluid-derived stem cells

dM

major diameter

ALP

alkaline phosphatase

dm

minor diameter

AM

additive manufacturing

DMEM

Dulbecco's modified Eagle medium

αMEM

α-minimum essential media

DMMB

dimethylmethylene blue

ASCs

adipose-derived stem cells

DNA

deoxyribonucleic acid

AT-ECs

endothelial cells from adipose tissue

DRG

dorsal root ganglia

dsDNA

double-stranded deoxyribonucleic
acid

dx

distance in the xx-axis

B
B2M

beta-2-microglobulin

dy

distance in the yy-axis

BCA

bicinchoninic acid

dz

distance in the zz-axis

BLKpec

non-modified pectin

BM

basic medium

E

BM-MSCs

bone marrow-derived mesenchymal
stem/stromal cells

ECFCs

endothelial colony-forming cells

BSA

bovine serum albumin

ECM

extracellular matrix

ECO

endochondral ossification

C

ECs

endothelial cells

CAL

calcein AM

EDC

1-ethyl-(dimethylaminopropyl)carbodiimide

CB[6]

cucurbit[6]uril

EDTA

thylenediamine tetraacetic acid

CD31

cluster of differentiation 31

EthD-1

ethidium homodimer-1

cDNA

complementary deoxyribonucleic acid

EtOH

ethanol

CHL

anhydrous chloroform

CNS

central nervous system

F

CNTs

carbon nanotubes

F

feed rate

COL I

collagen type I

FBS

fetal bovine serum

COL II

collagen type II

F-ACTIN

filamentous actin

COL IV

collagen type IV

FDA

Food and Drug Administration

COL2A1

collagen type II alpha 1 chain

FDM

fused deposition modeling

CPN

common peroneal nerve

FLT1

fms related tyrosine kinase 1

CT

cycle threshold

FN

fibronectin

CX43

connexin 43

FTIR

Fourier transform infra-red
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M

G
G4RGDSP

(glycine)4-arginine-glycine-aspartic acid-serine-proline

M

mass measurements

GAGs

glycosaminoglycans

mBGn

mesoporous bioactive glass
nanoparticle

GalA

(1-4)-linked-α-D-galacturonic acid

Mc

molecular weight between crosslinks

GDL

D-glucono-δ-lactone

MES

2-(N-morpholino) ethanesulfonic acid

GelMA

gelatin methacryloyl

MHC

myosin heavy chain

GelMAde

gelatin metacrylamide

min

minutes

GelMAte

gelatin methacrylate

MPs

magnetic particles

GNPs

gold nanoparticles

mRNA

messenger ribonucleic acid

GO

graphene oxide

MSCs

mesenchymal stem/stromal cells

GTPases

guanosine triphosphatases

Mw

weight average molecular weight

H

N

hADSC

human adipose-derived stem cells

NFYs

nanofiber yarns

HBSS

Hank´s balanced salt solution

NIPS

non-solvent induced phase separation

hDNFs

human dermal neo-natal fibroblasts

HE

hematoxylin/eosin

O

HG

homogalacturonan

OCN

osteocalcin

HM

high-methoxyl

OM

osteoinductive media

hMSC

human mesenchymal stem/stromal
cell

OPF

oligo(poly(ethylene glycol) fumarate)

hUVECS

human umbilical vein endothelial cells

HyA

hyaluronic acid

P

HyAMA

methacrylated hyaluronic acid

P

porosity

PA

poloxamer 407

PAN

polyacrylonitrile

I
IBSP

integrin binding sialoprotein

PANI

polyaniline

IDA-ITO

interdigitated array - indium tin oxide

Par

partitioning defective

IMO

intramembranous ossification

PBS

phosphate buffered saline

IPN

interpenetrating networks

PBSC

poly(butylene succinate)

iPSCs

induced pluripotent stem cells

PCL

poly(ε-caprolactone)

ISOP

isopropanol

PCR

polymerase chain reaction

ITS

insulin-transferrin-selenium

PDMS

polydimethylsiloxane

PEG

poly(ethylene glycol)

K
KDR

PEGS-M
kinase insert domain receptor

L
LM
LVR

x

low-methoxyl
linear viscoelastic region

PEOT/PBT

methacrylated poly(ethylene glycol)co-poly(glycerol sebacate)
poly(ethylene oxide terephthalate)/
poly(butylene terephthalate)

pen/strep

penicillin/streptomycin

PFA

paraformaldehyde

PGS

poly(glycerol sebacate)

PHBHHx

poly[(R)-3-hydroxybutyrate-co-(R)-3hydroxyhexanoate]

T

P
pHEMA

2-hydroxyethyl methacrylate

T

theoretical porosity

PHMGCL

poly(hydroxymethylglycolide-co-ε-caprolactone)

TBS

tris-buffered saline

PLA

polylactide

TCP

tricalcium phosphate

PLCL

poly(lactide-co-caprolactone)

TE

tissue engineered

PLGA

poly(D,L-lactide-co-glycolide)

TERM

tissue engineering and regenerative
medicine

PLLA

poly(L-lactide)

TGF

transforming growth factor

PM

proliferation medium

TMC

trimethylene carbonate

PNS

peripheral nervous system

Tris

tris(hydroxymethyl)aminomethane

PPF

poly(propylene fumarate)

TSCs

turbinate-derived mesenchymal stem
cells

PTFE

poly(tetrafluoroethylene)

PURpec

purified pectin

Q
qPCR

U
UV

ultraviolet

UVECs

umbilical vein endothelial cells

quantitative polymerase chain
reaction

V
R

vdep

deposition velocity

Ra

arithmetic average roughness

VE-cadherin

vascular endothelial cadherin

RAWpec

raw pectin

VK

von Kossa

RGD

arginine-glycine-aspartic acid

vol%

volume fraction

RGDpec

arginine-glycine-aspartic acid-grafted
purified pectin

VWF

von Willebrand factor

RNA

ribonucleic acid

rpm

rotations per minute

W

RRMS

root mean squared roughness

wt%

RT

room temperature

RUNX2

runt-related transcription factor 2

mass fraction

Z
Z0

initial distance

S
SBP

sugar beet pectin

SEC

size exclusion chromatography

SEM

scanning electron microscopy

SF

silk fibroin

SO/LG

safranin-O/light green

SOX9

SRY-box 9

sPCL

star shaped poy(ε-caprolactone)

SPELA
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CHAPTER I
Introduction

INTRODUCTION
1. NATIVE EXTRACELLULAR MATRIX MIMICRY IN TISSUE ENGINEERING
Extracellular matrix (ECM) refers to the complex and dynamic collection of physiologically
active molecules, including proteins and polysaccharides, secreted and arranged by cells in a
tissue1,2. These have specific biological functions, and some of them assemble into supramolecular structures with highly specialized organization3. Specificities of the different tissues
mainly result from the dynamic biophysical and biochemical interactions between various cell
types and their microenvironment3.
These assemblies are highly dynamic, functioning both as a three-dimensional (3D) support
for the cells and as active participants on controlling their behavior. They possess binding
domains for chemokines and growth factors, establish specific and complex adhesion regions,
and constitute diffusion barriers between cellular layers3. In response to environmental stimuli,
such as biomechanical triggers and hormonal actions, mature ECM can also undergo dynamic
remodeling, which allows the tissue to maintain homeostasis and respond to stress3. This
dynamic reciprocity between cells and ECM includes, for example, the secretion of cellular
products (like proteinases) which modify the ECM, and, on its turn, the growth factors and
specific ligands incorporated in the ECM that act as functional cues, steering the cellular
activity3-5. As referred, this ECM equilibrium can be disrupted, as it happens when tissues are
damaged. However, the human organism has a limited capacity to regenerate and repair
damaged tissues depending, for example, on the damage extent.
Bringing together the principles of life sciences and engineering, the field of tissue
engineering and regenerative medicine (TERM) involves the development of biological
substitutes able to repair, maintain or improve the function of a tissue or an organ6,7. It spans
from basic molecular biology studies in developmental biology to whole organ engineering,
and for TERM strategies to succeed, understanding the basis of tissue morphogenesis and
remodeling is of paramount importance. How the ECM components produced by cells
assemble into macromolecules and then functional 3D structures is essential to perform a
better selection of cells, biomaterials and biomolecules2,3.
Cells are probably the earliest responders whenever a tissue is injured like, for example, in
the case of spontaneous wound-healing in the human body. When there is no external stimuli,
the cells within or surrounding a wound rapidly proliferate and/or actively recruit helpers from
adjacent stroma or remote sites through the vascular network, which in turn induce the
remodeling of the damaged ECM2. Cell-based therapies have emerged as promising TERM
approaches, but current major drawbacks include poor control on the cell delivery and retention
at the injury site8. This turned the attention to the other key player in TERM strategies: the
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ECM. An adequate microenvironment to guide cells towards tissue repair may be provided by
structures9 containing localized biophysical/biochemical cues and degradable components
that carry cells and/or stimulate host cells. The design of tissue engineered (TE) systems gets
inspiration in Nature. Cell responses can be manipulated in predictable ways by combining
different factors known to orchestrate tissue development and remodeling in vivo. Cytokines
(diffusing, immobilized, presented to the cells in form of gradients in space or time), carryingstructure properties (architecture, stiffness), and biophysical factors (hydrodynamic shear,
mechanical stretch, electrical signals) can be presented to cells by using rationally designed
scaffolds and, whenever necessary, bioreactors9. Biomaterial scaffolds designed to mimic
native ECMs, which can be derived from decellularized matrices, be in form of hydrogels, or
synthetic/natural porous structures, allow cells to reside in a 3D environment where they are
surrounded by other cells and/or matrix molecules9.
The main challenge on a proper mimic of the native cellular microenvironment relies on the
fact that cell-ECM interactions, the complexity of their synergistic and antagonistic relationship,
and the spatiotemporal dynamics on tissue development and repair processes are not yet fully
understood10-12. Theoretically, the ideal candidate as a scaffold for TERM applications would
be the natural ECM, which can be harvested from native tissues and subjected to
decellularization processes13. The main advantage of native ECM as scaffolding material is
that it supports and stimulates the formation of more specific tissue and less scar tissue5.
Ideally, the decellularization process must remove all potentially immunogenic components,
while preserving, as much as possible, the original composition and structure of the native
ECM13. Ineffective decellularization processes are commonly associated with intense
inflammatory responses, which can diminish or completely inhibit a proper remodeling
outcome14. It has been shown that tissues from different donors decellularized by similar
protocols presented significantly different ECM compositions after the process11,15,16. Despite
all the advances in the field, the therapeutic use of decellularized native ECM still faces some
challenges in terms of standardization and scaling-up, along with ethical and regulatory
restrictions.
Some drawbacks related to the use of decellularized native ECMs as scaffolding materials
can be overcome by the use of artificial ECMs. These are generally based on 3D structures
made of (i) materials derived from naturally occurring molecules or (ii) synthetic materials
incorporating biomimetic features. When compared to the native ECM, artificial structures are
simpler and easier to be industrially produced at large scales, possess lower batch-to-batch
variation, face less regulatory issues and are easier to manipulate (e.g., tailoring of mechanical
and degradation properties) and process17.
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1.1. Hydrogels
Several types of ECM analogs have been explored along the past years, but the intrinsic
ability of hydrogels to more closely mimic several features of the native ECM made them
emerge as favorite candidates. Hydrogels are 3D networks that can often be assembled under
physiological conditions, which make them ideal structures for cell entrapment. Additionally,
they exhibit high water content and permeability, which facilitates the exchange of metabolites,
gases, and nutrients with the extracellular milieu12. The compliant nature of hydrogels also
allows embedded cells to be presented with adequate viscoelastic microenvironments, whose
properties can be tuned to match those of different types of native tissues.
In the earliest TERM applications, hydrogels were traditionally obtained by the covalent
and/or physical crosslinking of polymer chains, essentially used as passive and inert 3D
supports for embedded cells12. Without proper bioactive cues and biophysical properties, the
interactions of embedded cells with the surrounding environment was compromised. This
negatively affected the cellular activity, endogenous ECM deposition and proper neo-tissue
maturation12,18. However, the hydrogel research field rapidly evolved towards the design of
materials able to promote dynamic interactions between cells and their surroundings in a
controlled way. The properties and complexity of the native ECM, like bioadhesiveness,
proteolytic susceptibility, biochemical cues and temporal dynamics are being progressively
better mimicked12,19-21.
Supported by the increasing knowledge on cell-ECM interactions, hydrogels with optimized
properties have been developed to foster new tissue formation and maturation. For example,
the fate commitment of mesenchymal stem/stromal cells (MSCs) populations correlates with
the rigidity of 3D microenvironments, as matrix stiffness regulates integrin binding and the
reorganization of adhesion ligands22. The stress relaxation, another characteristic of the native
ECM, has been also shown to impact stem cells fate23. By using 3D synthetic matrices with
tunable rate of stress relaxation (independently of the hydrogel initial elastic modulus,
degradation, and cell-adhesion ligands density), Chadhuri and colleagues23 observed that cell
spreading, proliferation, and osteogenic differentiation of MSCs are all enhanced in cells
cultured in gels with faster relaxation. Another 3D ECM network property, the internal
topography, also influences the cellular behavior. Kim et al.24 used protein-coated magnetic
beads to internally control the topography of 3D matrices. By positioning the beads into specific
spatial configurations, they were able to guide the dendritic protrusions of the embedded cells,
independently from the stiffness or material types. As scaffolds, hydrogels should also ideally
degrade at the rate that new tissue forms, and this can occur either by chemical degradation
(typically by the hydrolysis of the polymer chains), or by biological (enzymatic) degradation,
taking advantage of the tissues natural mechanisms25. The mechanisms of degradation can
be used in favor of new tissue formation and, at the same time, on the delivery of molecules.
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For example, a matrix metalloproteinase-sensitive hydrogel can be enzymatically degraded to
allow cellular infiltration, new tissue formation, and locally deliver/present specific
biomolecules26.

1.2. Hydrogels Reinforcement
Hydrogels biofunctionality has been largely improved through the modification of their
network with cell-interactive cues. However, there are still some demands in the field that
hydrogels cannot efficiently overcome alone. For example, in applications where high strength
and stiffness of the 3D supporting structure are required, increasing the polymer/peptide mass
concentration and/or crosslinking density is a logical and straightforward strategy. However,
this may concomitantly affect the diffusion rate of cell metabolites, nutrients and bioactive
factors. Additionally, cells become more spatially confined, which affects their activity and
interaction with the microenvironment, namely with presented ligands, and may thus
compromise the regenerative potential of the system27-29. The combination of hydrogels with
other types of structures can therefore improve their functionality.
This literature review focus on studies that assess the in vitro and/or in vivo
performance of hybrid structures resulting from the combination of hydrogels with
other structures (even if temporarily), and where the hydrogel component acts as main
3D cell support. Studies where the hydrogel served the purpose of a bioactive coating or a
filler30,31 (after lyophilization of the hybrid structure, for example), or where no in vitro/in vivo
studies are presented32-34 were not included.

2. HYDROGEL-BASED HYBRID SYSTEMS
The incorporation of different types of structures within a hydrogel matrix can improve
several features of the 3D system. This section was divided according to the main objective
on combining the hydrogel with other types of structures in the selected literature. In general,
the properties of the hydrogels can be improved by incorporating secondary polymer networks
(via the creation of hybrid networks, interpenetrating networks (IPNs) and semi-IPNs) or by
embedding, for example, micro- and nanoparticles or fibrous structures like additive
manufactured scaffolds or electrospun fibers (Figure 1)35. The type of interaction of the
reinforcing structures with the hydrogel can play a more passive or a more active role,
depending on whether those structures are simply physically embedded within the hydrogel
network36-38, or interact with it by means of, for example, covalent bonding39,40.
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2.1. Structural Reinforcement
As load-bearing tissues are widely studied in the TERM field, mechanical reinforcement is
one of the most explored types of hydrogels function improvement. Several works reported
enhanced mechanical properties, and hence biofunctionality, of hydrogel-based systems
incorporating different types of reinforcing structures, including fibers36,37,39,41-43, particles40,44,
or by using IPNs/semi-IPNs45,46. In this specific case of structural reinforcement, the way that
reinforcing structures interact with the network dictates the way that stresses propagate within
the structure, ultimately influencing the overall mechanical properties. Even if not in direct
contact with cells, the reinforcing structures impact the cellular behavior by the referred stress
propagation47. Cellular activity is largely influenced by the mechanical properties of the 3D
microenvironment48. For example, the fate commitment of stem cells can be influenced by
changing the stiffness of the surrounding 3D matrix49.
The structural reinforcement of the hybrid constructs tends to have a more protective and
supportive role of the hydrogel component, as shown by Kang et al.36 or Daly et al.37. In these
works, poly(ε-caprolactone) (PCL) scaffolds assisted the cell-carrying hydrogels on
withstanding external loading forces and provided long-term structural stability. The hydrogel
could therefore degrade while new bone tissue was being formed and matured. However, the
3D constructs were able to keep their shape due to the presence of the scaffolds. Boere et
al.39 successfully improved the interaction of fibrous scaffolds of the thermoplastic polymer
blend

poly(hydroxymethylglycolide-co-ε-caprolactone)

(pHMGCL/PCL)

with

gelatin

methacrylamide (GelMAde) hydrogel, by functionalizing the pHMGCL/PCL with methacrylate
groups. These could then be covalently grafted to the GelMAde hydrogel by
photopolymerization. This grafting procedure resulted in an improved interface-binding
strength by at least five-fold, and chondrocytes embedded within the constructs were able to
form cartilage-specific matrix both in vitro and in vivo.
Reinforcing agents in the nanoscale may have a more local and direct impact on the
hydrogel network and cellular microenvironment35. Nanomaterials can be integrated within the
hydrogel network and improve their mechanical properties via covalent40 or non-covalent38
interactions with the hydrogel, and between the nanomaterials themselves. Additionally, the
high aspect ratio presented by the majority of used nanomaterials like carbon nanotubes
(CNTs)50, graphene51 or nanoclays, also allow the use of relatively low volume fraction of these
to obtain high fold increases on the viscoelastic properties of the hydrogel52.
Collagen gels have been widely used as 3D cell culture models, but along with other
physicochemical drawbacks, cell-laden collagen gels are substantially contracted by some cell
types, which may hinder practical applications of the cellular constructs. By physically
entrapping mesoporous bioactive glass nanoparticles (mBGn) within collagen gels, El-Fiqi et
al.40 reported the enhancement of their mechanical properties, and a decrease on the cell-
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mediated contraction. In addition, by modifying the same mBGn by surface amination, they
were able to improve the chemical interaction of the mBGn with the collagen fibrils. This further
improved their mechanical properties, practically neutralizing the contraction of the gel by the
cells.

2.2. Spatial Patterning and Guidance
Cells spatially organize in specific patterns and orientations within the majority of tissues,
and several functions heavily rely on cell shape and polarity53-56. The interactions of cells with
their surroundings trigger innumerous signaling processes. For example, the Par (partitioning
defective) complex (composed of Par protein 3, Par protein 6, and atypical protein kinase C)
and associated Rho guanosine-triphosphatase (GTPase) signaling emerged as regulators of
polarity in different functions, including directional migration, basal-apical polarity, and
asymmetric cell division56-59. These processes are intimately related to tissue homeostasis48
and have been studied, mainly in two dimensional (2D) substrates, to improve the design of
synthetic ECMs for TERM applications60-62.
The internal topography of hydrogels can be tuned via different methodologies like, for
example, spatial positioning of bioactive cues or selective removal/reshaping of material from
a bulk gel63-66. The use of reinforcing agents has also been applied for this purpose24,67-69.
McMurtrey67 assessed the behavior of SH-SY5Y neural cells embedded within hydrogels
integrating electrospun PCL nanofibers. Both on 2D and 3D systems, cells aligned with the
direction of the nanofibers. However, on the 3D hybrid system there was a significant neurite
tracking of nanofibers, along with a significantly increased distance over which neurites could
extend. In a more versatile system, Kim et al.24 used protein-coated magnetic particles (MPs)
to form spatially oriented fibrils within different 3D matrices, like Matrigel® or hyaluronic acid
(HyA). They observed that NIH/3T3 fibroblasts and PC12 cells were able to align along the
fibrils, independently of the ECM composition. This suggested that topographical stimuli may
partially override the influence of biochemical cues.

2.3. Stimuli Responsiveness
Hydrogels can be tuned to respond to different (bio)physico-chemical stimuli in a specific
manner, the same way that the native ECM does. Hydrogel responsiveness may be achieved
via incorporation of structures with electrical, optical or thermal conductivity, for example, which
are not intrinsic properties of commonly used polymers70-73. This may enhance the outcomes
of electroactive tissues engineering like muscle and nerve, for example, where the native
ECMs and cells are responsive to such stimuli74,75.
Shin et al.72 developed photocrosslinkable gelatin methacrylate (GelMAte) hydrogels
reinforced with CNTs, which improved both mechanical and electrophysiological properties of
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the GelMAte hydrogels due to the fractal-like networks formed by CNTs. Cardiomyocytes
seeded on the hybrid hydrogels showed three times higher spontaneous synchronous beating
rates and 85% lower excitation threshold, compared to those cultured on pristine GelMAte
hydrogels. Moreover, the obtained centimeter-scale patches were further used to form 3D
biohybrid actuators, which showed controllable linear cyclic contraction/extension, pumping
and swimming actuations. Koppes et al.73 also incorporated CNTs within gels of collagen type
I (COL I) and Matrigel® and assessed the influence of the presence of CNTs combined or not
with electrical stimulation on the activity of dorsal root ganglia (DRG). The neurite outgrowth
increased in the gels incorporating CNTs when compared to the gels alone, and, when
applying electrical stimulation, the observed outgrowth was even more pronounced.

Figure 1. Schematics of the different types of hydrogels reinforcing agents and examples of the resultant properties.
(A) The incorporation of porous scaffolds within cell-laden hydrogels can result in the increase of the hybrid
construct stiffness37,39. At the microscopic level, the generated stiffness gradients propagating from the scaffold
fibers through the hydrogel component (green arrows) may also influence the cellular behavior47. (B) By dispersing
magnetic particles (MPs) within a hydrogel precursor solution, the internal 3D patterning of hydrogels can be tuned
by applying a magnetic field and control the orientation of the MPs. This consequently leads to a specific hydrogel
mesh internal organization during gelation, which can influence cellular spatial orientation24,69. (C) The
responsiveness of hydrogels to external stimuli, like electrical potential, can be tuned by incorporating carbon
nanotubes within the matrix. This can improve the response of embedded cells, which activity is electrosensitive72,73.
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3. TISSUE-SPECIFIC APPLICATIONS
Biomimetic structures that substitute, support and/or guide the regeneration of tissues have
different demands according to the native tissues characteristics. This section highlights the
applications where hybrid 3D constructs have been used the most, namely in load-bearing and
electroconductive tissues engineering, and also a section dedicated to vascularization due to
the transversal relevance of this process in the field. Table 1 summarizes a few more studies
in several tissues.

3.1. Load-bearing tissues
Bone
During skeletogenesis, bone formation occurs by two distinct processes: intramembranous
ossification (IMO) and endochondral ossification (ECO). IMO leads to most of the bones that
constitute the craniofacial skeleton, and it is characterized by the direct differentiation of MSCs
into osteoblasts that produce bone tissue76,77. On its turn, ECO is the embryonic developmental
pathway for long bone formation, allows post-natal bone elongation, and is the process by
which the majority of fractures heal76,77. Here, chondrocytes within the developing limb bud
undergo a coordinated sequence of proliferation and hypertrophy, providing a growing
template for bone formation76,77. Furthermore, the channels present within this cartilaginous
precursor serve as templates for the vascular invasion to enable its maturation into bone
tissue76,77. The bone native ECM can be generally described as a composite matrix of collagen
(organic phase) reinforced with calcium phosphate nanocrystals (mineral phase), arranged in
a highly organized structure25.
One of the main goals of reinforcing hydrogels in bone tissue engineering strategies is to
obtain mechanically improved structures. For example, Heo et al.78 incorporated arginineglycine-aspartic acid (RGD)-grafted gold nanoparticles (GNPs) within GelMAte hydrogels and
further reinforced these with fused deposition modeling (FDM) fibrous scaffolds of polylactide
(PLA) (Figure 2A). The compressive modulus of the hydrogel alone (7.1 ± 1.0 kPa) could be
significantly increased to 402.0 ± 26.9 MPa by using one of the several tested fiber spacings
of the PLA scaffolds, approaching the compressive modulus of the human mandibular bone
(431.0 ± 217.0 MPa). Human adipose-derived stem cells (hADSCs) encapsulated within the
hybrid structures promoted significantly higher gene expression of osteogenic specific factors.
Like in other vascularized tissues, TE constructs used in bone TERM strategies often fail
when implanted, mainly due to avascular necrosis especially at the core76,77,79. 3D fibrous
scaffolds can be used to reinforce the hydrogel component, and, if rationally designed, these
may also improve the nutrient and oxygen diffusion into the structures. By incorporating
microchannels into the constructs, Kang et al.36 (Figure 2B) could overcome the diffusion limit
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Figure 2. Hybrid scaffolds in bone tissue engineering. (A) (i) Adipose-derived stem/stromal cells (ASCs)-laden
gelatin methacrylate (GelMAte) hydrogels reinforced with arginine-glycine-aspartic acid (RGD)-functionalized gold
nanoparticles (RGNPs) and polylactide (PLA) filaments. (ii) Mechanical properties of the hydrogels with and without
reinforcing structures. (iii) Optical images of the alizarin red stained structures containing ASCs after 21 days of
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culture. Red staining indicates calcium deposition (Gel: GelMAte; Gel-GNP: GelMAte incorporating gold
nanoparticles; Gel-RGNP: GelMAte incorporating RGNPs). (B) (i,ii) Illustration of basic patterning of 3D architecture
including multiple cell-laden hydrogels and supporting poly(ε-caprolactone) (PCL) polymer used in the study. (iii)
Virtual dispensing path with the shape of a calvarial bone defect for the 3D printing of a cell-carrying bioink
(gelatin/fibrinogen/hyaluronic acid/glycerol) and PCL/tricalcium phosphate (TCP) supporting structure. (iv, v)
Histological and (vi) immunohistological images of human amniotic fluid-derived stem cells-carrying construct at 5
months after implantation; (iv) hematoxylin & eosin (H&E) staining; (v) modified tetrachrome staining: red, mature
bone; blue, osteoid and lining of lacunae; (vi) von Willebrand immunostaining: red, blood vessel. NB: new bone;
PCL/TCP: remaining scaffold). (C) (i) Study design of mesenchymal stem/stromal cells-carrying RGD-γ-alginate
(bioink) reinforced with PCL scaffolds. (ii) Bioink mechanical properties with and without PCL scaffold. (iii)
Histological sections of all groups after 12 weeks post-implantation: goldners trichrome (red regions: unmineralized
osteoid tissue) and H&E stainings (V: vessel formation, O: osteoid). Images A (i, ii) were adapted from Heo et al.78
with permission (The Royal Society of Chemistry Copyright© 2017). Images B (i - vi) were adapted from Kang et
al.36 with permission (Macmillan Publishers Ltd: Nature Biotechnology Copyright© 2016). Images C (i - iii) were
adapted from Daly et al.37 with permission (John Wiley and Sons Copyright© 2016).

of 100-200 µm for cell survival in engineered tissues. 3D structures were fabricated using a
mixture of PCL/tricalcium phosphate (TCP) and a cell-laden bioink (human amniotic fluidderived stem cells in a gelatin/fibrinogen/HyA/glycerol hydrogel) filaments. These were
deposited in a layer-by-layer fashion, including sacrificial filaments (Pluronic F-127 in a glycerol
solution) to create void microchannels after-printing. Bone maturation in vivo was assessed in
a rat calvarial defect model. After 5 months, newly formed vascularized bone tissue could be
observed throughout the implants, including the central portion, with no necrosis.
As an alternative to the use of IMO in bone tissue regeneration strategies, the mimicry of
ECO has also been used80-82. This involves cellular processes that culminate in the release of
proangiogenic signals from the hypertrophic cartilage precursor. These signals promote
invasion of the hypertrophic cartilage by blood vessels before bone formation. Moreover, using
cartilage rather than bone grafts to promote bone repair is potentially advantageous as
cartilage is physiologically adapted to survive for longer periods of time in avascular
conditions76,77. In a recent in vivo study, Thompson and colleagues83 observed that scaffolds
with embedded chondrogenically primed MSCs supported greater repair of critical-sized bone
defects than osteogenically induced constructs. Consequently, structures that combine ECO
with hybrid scaffolds might improve the outcome of bone tissue regeneration, as suggested by
the work of Daly et al.37 (Figure 2C). In this study, bioprinting was used to engineer an
anatomically accurate, mechanically reinforced, hypertrophic cartilage hybrid structure. PCL
and MSC laden bioink (RGD modified γ-irradiated alginate) filaments were plotted at the same
time, by co-depositing the two types of filaments alongside, in a layer-by-layer fashion. The
reinforcement of the bioink with PCL fibers increased by ≈ 350 fold the construct compressive
modulus, providing the necessary stiffness to implant the immature cartilaginous structures
into load bearing locations. Moreover, endochondral bone formation could be observed in vivo
after 12 weeks of subcutaneous implantation.
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Cartilage
Cartilage is composed by only one cell type – chondrocytes –, which are embedded within
a dense ECM, mainly consisting of proteoglycans and collagen type II (COL II)84,85. There are
three types of cartilage in the body - hyaline or articular cartilage (e.g. joints), fibrocartilage
(e.g., extremities of ligaments and tendons), and elastic cartilage (e.g., ears and nose).
Articular cartilage has been the main focus on the TERM field for cartilage regeneration/repair
as the main cartilaginous defects result from traumatic injuries or degenerative joint
diseases84,85. Although cartilage appears to be a rather simple aneural, avascular and
alymphatic tissue, its complexity lays on its composition and architecture. During the
development of articular cartilage, the spatiotemporal gradient of chondrogenic signaling
factors drives MSCs to condense in structurally different zones86. These zones comprise a
superficial zone for lubrication, a middle/deep zone for compressive strength and to resist
deformation, and a calcified zone through which the load is transmitted to the underlying bony
tissue. Articular cartilage zones have specific combination of physicochemical, biomolecular,
biophysical and cellular factors87.
A synthetic ECM analog for articular cartilage should ideally be able to mimic the zonal
organization of articular cartilage. Most of the studies using synthetic analogs of cartilage ECM
have been performed with hydrogels. In order to match the viscoelastic properties of articular
cartilage, hydrogel stiffness come at the costs of other biological functions. For example, this
can negatively influence the outcome of chondromimetic structures by inducing hypertrophic
differentiation of chondrogenically-induced MSC constructs88. Therefore, reinforcing hydrogels
with other structures can increase the hybrid construct stiffness, while keeping the hydrogel
component with adequate compliance and permeability. The outcomes of recent works support
this hypothesis. Visser et al.42 (Figure 3A) assessed the effect of fiber-reinforced hydrogels in
the production of cartilaginous tissue by chondrocytes. Highly porous PCL (93% porosity)
scaffolds were produced using direct-writing melt-electrospinning to reinforce GelMAde/HyA
hydrogels. The stiffness of the hybrid structures approached that of articular cartilage, while
maintaining a relevant elasticity, and the gene expression data suggested that matrix mRNAs
expression by chondrocytes was significantly upregulated within the hybrid structures.
There are few studies that analyze the independent effect of chemical and physical factors
on the zone-specific chondrogenic differentiation of MSCs. Using a stratified hybrid construct,
Moeinzadeh and colleagues43 (Figure 3B) were able to assess the specific effect of (i) a
physical cue (addition and different orientation of incorporated nanofibers), (ii) a mechanical
cue (zone-specific matrix modulus), and (iii) two biomolecular factors (transforming growth
factor (TGF) β1) and a zone-specific growth factor) on the chondrogenic differentiation of
human MSCs (hMSCs). The hybrid system consisted of poly(DL-lactide) (PLA) electrospun
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Figure 3. Hybrid scaffolds in cartilage tissue engineering. (A) (i) Melt-electrospinning in a direct writing mode
was used to fabricate (ii) poly(ε-caprolactone) (PCL) 3D scaffolds with fibers stacked in a 0-90º orientation (iii) and
fused at the cross-sections. Gelatin methacrylamide (GelMAde) hydrogels were reinforced with PCL scaffolds with
different fiber thicknesses and (iv) stress-strain curves revealed that the hybrid structures closely approached the
curve of native cartilage (yellow). (v) Moduli of scaffolds and scaffold/gel composites as a function of porosity. The
synergistic increase in stiffness was only observed for thin-fiber scaffolds with a high porosity (polymer fraction 27% = porosity 98-93% (highlighted in red)). (iv) Stereomicroscopy image of GelMAde/hyaluronic acid hydrogels
embedding chondrocytes and reinforced with PCL scaffolds at day 1 of culture. (v) Haematoxylin/eosin staining
after 7 days of culture showed that chondrocytes remained within the GelMAde component and retained a round
morphology. (B) Schematic representation of the star acrylate-terminated lactide-chain-extended polyethylene
glycol macromer (SPELA) hydrogels reinforced with poly(DL-lactide) (PLA) electrospun nanofibers to mimic the
superficial, middle, and calcified zones of articular cartilage. The reinforcement of the hydrogel with PLA fibers at
different orientations, the inclusion of hydroxyapatite (HA) nanoparticles to the calcified region, and the culture
conditions influenced the activity of embedded mesenchymal stem/stromal cells (MSC). (TGF-β1: transforming
growth factor β1, BMP-7: bone morphogenetic protein 7, IGF: insulin growth factor, L: lactide segments, Ac: acrylate
group). Images A (i - vii) were adapted from Visser et al.42 with permission (Macmillan Publishers Ltd: Nature
Communications Copyright© 2015). Image B was adapted from Moeinzadeh et al.43 with permission (Elsevier
Copyright© 2016).
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nanofibers reinforcing a star acrylate-terminated lactide-chain-extended polyethylene glycol
macromer (SPELA) hydrogel. This had tunable modulus and degradation time, and was able
to mimic the zonal differences on articular tissue. On the superficial and calcified zones, the
physical cues had a dominating effect on the differentiation of MSCs, specifically the zonespecific matrix modulus. Moreover, the presence of aligned nanofibers on the superficial zone
(parallel to the top of the construct) significantly enhanced the expression of COL II by MSCs.

3.2. Muscle
Skeletal Muscle
The highly organized skeletal muscle tissue is composed by myofibers, nerves, vascular
networks, and extracellular connective tissue. Myoblasts (undifferentiated muscle cells) fuse
together to form elongated and multinucleated structures - the myotubes. These myotubes
mature to form myofibers, the skeletal muscle basic structural unit. Myotubes are supported
by the connective tissue and create bundles aligned in parallel that together constitute the
skeletal muscle tissue. The dense network of blood vessels within the tissue ensure the oxygen
and nutrients supply, while the neuromuscular junctions connect it with the nervous system.
The

impulses

delivered

to

the

electroactive

myofibers

induce

contractility

by

excitation/contraction coupling89,90.
Skeletal muscle tissue has an intrinsic capacity to regenerate mainly via the activation of
satellite cells91,92. These quiescent type of multipotent resident stem cells play a key role in
muscle regeneration and myogenesis, and are also able to keep an undifferentiated population
within the tissue by undergoing self-renewal93. Upon injury, satellite cells are activated,
proliferate, and undergo differentiation into myoblasts. Subsequently, these fuse together to
form the myofibers and integrate into the muscle tissue93-95. Like in other tissues, the extension
and/or severity of the injury limits the formation of new fully functional tissue. In these
scenarios, this process can be stalled by the formation of fibrous scar tissue, which has
different characteristics of the surrounding muscle. Thus, the functional capacity of the
regenerated muscle tissue is limited90,96.
Hybrid 3D constructs have also been used as TERM strategies to better match the native
properties of the muscle tissue. Nanomaterials were incorporated within hydrogel matrices
towards the fabrication of mechanically robust and electrically conductive nanocomposites97.
For example, Ahadian et al.97 (Figure 4A) studied the influence of the incorporation of CNTs
with different spatial configurations within GelMAte hydrogels on the myogenic activity of
skeletal muscle cells. The presence of CNTs within the hydrogels improved their mechanical
properties. The GelMAte with aligned CNT 3D structures presented anisotropic electrical
conductivity when compared to pristine GelMAte hydrogels and GelMAte hydrogels containing
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Figure 4. Hybrid scaffolds in skeletal muscle tissue engineering. (A) (i) Dielectrophoresis was used to align
carbon nanotubes (CNTs) within gelatin methacrylate (GelMAte) hydrogels (IDA-ITO electrodes: interdigitated array
- indium tin oxide electrodes). (ii) Schematic representation of the procedure used to produce and electrically
stimulate C2C12 cells. (B) (i) Designed fiber bundle structure for muscle organization. PCL pillars (green) were
used to maintain the structure and to induce the compaction phenomenon for cell alignment. (ii) The motion program
for the 3D printing of the muscle construct indicate the dispensing paths of PCL, bioink (cell-laden
gelatin/fibrinogen/hyaluronic acid/glycerol hydrogel), and sacrificial material (green, white and blue, respectively).
(iii) 3D patterning outcome of designed muscle organization (left) before and (right) after removing the sacrificial
material (Pluronic F-127). (iv) Live/dead staining of cells in the fiber structure indicating high cell viability after
printing. (v) The immunofluorescent staining for myosin heavy chain (MHC) of the bioprinted muscle organization
after 7 days of differentiation indicated that myoblasts aligned along the longitudinal direction of the fibers structure.
(vi) Schematic diagram of the ectopic implantation of the bioprinted muscle construct. (vii) The bioprinted muscle
construct was subcutaneously implanted with the dissected common peroneal nerve (CPN) inserted into it. (viii)
The harvested implants after 2 weeks of implantation showed the presence of organized muscle fibers within the
implanted construct, as confirmed by immunostaining using skeletal muscle markers (desmin). (ix) The functional
assessment of bioprinted muscle constructs after 4 weeks of implantation (*p < 0.05) indicated that implanted
muscle constructs responded to electrical stimulation to an extent consistent with immature, developing muscle
(positive control: the normal gastrocnemius muscle; negative control: the gluteus muscle after dissected CPN).
Images A (i, ii) were adapted from Ahadian et al.97 (Creative Commons license). Images B (i - ix) were reproduced
and/or adapted from Kang et al.36 with permission (Macmillan Publishers Ltd: Nature Biotechnology Copyright©
2016).
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randomly distributed CNTs. Cells cultured on GelMAte-aligned CNT hydrogels yielded a higher
number of functional myofibers than cells cultured on hydrogels with randomly distributed
CNTs and horizontally aligned CNTs. Additionally, the myogenic activity was more pronounced
after applying electrical stimulation along the direction of the aligned CNTs, due to the
anisotropic conductivity of the hybrid GelMAte-vertically aligned CNT hydrogels.
Other strategies involve the incorporation of aligned fibers within hydrogels to impart internal
patterning and guidance for muscle cells, as described by Kang et al.36 (Figure 4B). Bioink
(gelatin/fibrinogen/HyA/glycerol hydrogel) filaments containing C2C12 cells were bioprinted
together with sacrificial filaments (Pluronic F-127 in a glycerol solution) and PCL pillar
structures, mimicking the skeletal muscle architecture. The sacrificial filaments served as
support for the bioink during printing, while the PCL pillars further aided the stabilization of the
3D printed muscle-mimetic organization. More specifically, they induced compaction of the
patterns of the cell-laden hydrogel towards cell alignment in a longitudinal direction of the
printed constructs. This was not observed within the 3D hybrid system without the PCL support.
Muscle constructs retrieved from subcutaneous implantation in nude mice presented wellorganized muscle fiber structures, nerve (neurofilament) contacts, and vascularization. The
electromyographies revealed that the compound muscle action potential of the TE constructs
was of 3.6 mV, compared to 10.7 mV for the control gastrocnemius muscle, and 0 mV for the
negative controls (subcutaneous tissue).
Cardiac
During embryogenesis, the heart is the first organ to form. Despite its importance, the heart
regenerative capacity in adult organisms is very limited. Although cardiac and skeletal muscle
are functionally and anatomically similar, these tissues respond quite differently to injury98.
Skeletal muscle tissue regenerates through the mechanism previously explained, mainly
driven by the multipotent resident stem cells. In the cardiac tissue, the wound-healing response
creates an inflammatory bed. Following this, cardiac fibroblasts, present in similar or higher
numbers than myocytes, infiltrate the inflamed region and produce collagen-rich mature scars
that are thought to be irreversible. This non-functional scar tissue hampers the proper
regeneration of the myocardium. Although controversial98, some studies suggest99,100 that
myocardial tissue is able to regenerate via the activation of resident cardiac stem cells or by
the recruitment of stem cells population from other tissues98. However, this is not enough to
fully recover the amount of tissue loss after myocardial infarction, for example. Conversely to
differentiated skeletal muscle myofibers, cardiomyocytes are capable of cell division. Heart
grows and the development of chamber features is primarily driven by regulated cardiomyocyte
division. However, this mode of cardiomyogenesis has a limited secondary role in the adult
mammal organism. Cardiomyocyte division is extremely rare either in young or adult
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Figure 5. Hybrid scaffolds in skeletal cardiac tissue engineering. (A) (i) Schematics of the fabrication procedure
of gelatin methacrylate-gold nanorods (GelMAte-GNRs) hybrid hydrogel constructs. (ii) Average Young’s moduli of
the hydrogels and hybrid constructs. (iii) Impedance measurements of whole pure and hybrid hydrogel constructs
(150 µm thick). (vi) Z-stack immunostained representative images of cardiac-specific markers showing the
expression of sarcomeric α-actinin (α-ACT) and connexin 43 (CX43). (B) (i) Schematic illustration of the poly(εcaprolactone)/silk fibroin/carbon nanotubes (PCL/SF/CNTs) nanofiber yarns (NFYs) prepared by wet-dry
electrospinning and scheme of the NFYs network scaffolds fabrication by a weaving technique. (ii) Scheme of
cardiomyocytes (CMs) seeded and cultured within 1-layer 3D scaffold and the fluorescent image of CMs by
filamentous actin (F-ACTIN) staining. The confocal images showed the cellular alignment and elongation within 1layer 3D scaffold and a random morphology of CMs within 3D GelMAte hydrogel. α-ACT/CX43/DNA staining
indicated that cells within 1-layer 3D scaffold showed more oriented α-ACT and higher expression of CX43
compared to cells within 3D GelMAte hydrogel. (iii) Fabrication of non-aligned 2-layer 3D NFYs-network/gel hybrid
scaffolds containing CMs, mimicking the myocardium tissue anisotropy, where there is a gradual transition of
aligned cell layers from endocardium to epicardium. (iv) Schematics showing the co-culture procedure of CMs
seeded on the NFYs-network layer and green fluorescent protein-positive endothelial cells (GFP-ECs)
encapsulated within hydrogel. Images A (i - iv) were adapted from Navaei et al.38 with permission (Elsevier
Copyright© 2016). Images B (i - iv) were adapted from Wu et al.104 with permission (American Chemical Society
Copyright© 2017).

18

CHAPTER I
Introduction

tissues101,102. Like in other tissues, alternative cell sources have been investigated to obtain
functional cardiac tissues. One of the primary goals in cardiac TERM is the recovery of its
pumping function. This is quite challenging as myocardium is a complex tissue with specialized
vascular structure and function, particular electrical conduction, high metabolic demand, great
compliance, and particular ability to rapidly adapt to external demands102.
The combination of different structures to impart different properties to 3D TE constructs has
been assessed as a potential strategy to better fulfill some of the cardiac tissue engineering
demands. Despite the few studies reporting the reinforcement of hydrogels towards improved
cardiac TE constructs these show promising results. Yu et al.103 and Navaei et al.38 (Figure 5A)
reinforced hydrogels with particles that enhanced the electrical performance and mechanical
strength of the hydrogels. Furthermore, the hybrid systems promoted improved rhythmic
contraction by rat neonatal cardiomyocytes. In a more complex system, Wu and colleagues104
(Figure 5B) successfully mimicked the cardiac anisotropy by using aligned conductive
nanofiber yarns (NFYs) networks of PCL/CNTs/silk fibroin (SF) embedded within a GelMAte
hydrogel. By using these hybrid structures, the cardiomyocytes orientation and maturation
could be controlled. More interestingly, an endothelialized myocardium could be obtained by
co-culturing cardiomyocytes and endothelial cells (ECs) within the 3D hybrid structure.
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3.3. Nerve
Throughout the years, research in neural tissue engineering has been mainly directed
towards the fabrication of nerve-graft replacements for the treatment of peripheral nerve
injuries. The main goal of these strategies is to provide electrically permissive and
mechanically stable microenvironments, capable of bridging regenerating axons35,105. In some
injuries, the proximal and distal portions of the nerve maintain continuity, facilitating the
regrowth of transected nerves. However, others produce a gap that is difficult to bridge106.
The regenerative ability of peripheral nervous system (PNS) is higher than the one of central
nervous system (CNS)105,107,108. This is mainly due to the differences in the response to injury
of the corresponding neuroglial cells - Schwann cells in the PNS, and astrocytes and
oligodendrocytes in the CNS. These cells aid the function of neurons, the other cell type in the
nervous system, which are its basic structural and functional element. They consist of a cell
body (soma) and extensions (axons and dendrites). Dendrites transmit electrical signals to the
soma and axons conduct impulses away. Neurons cannot undergo mitosis, while neuroglial
cells are more abundant than neurons and have some capacity for cell division105,108.
The functionality of peripheral nerves is compromised when these are injured by
transections or crushes. Its regenerative response rises from the activation of the regenerative
phenotype of Schwann cells106,108. These cells promote the formation of a basal lamina and
cues that trigger and guide neuronal regeneration. A series of reactive events are observed at
the neuronal cell body, the proximal segment of the injured nerve, the distal segment, and the
innervation targets106,108.
Hybrid 3D structures have been used to obtain electroactive scaffolds and/or provide spatial
guidance towards nerve regeneration. The incorporation of CNTs was used to impart
electroactive properties to collagen-based73,109 (Figure 6A) or (2-hydroxyethyl methacrylate)
(pHEMA)110 gels, which influenced the cellular activity. The spatial guidance of neurons have
also been explored by tailoring the gels internal topography, using the spatial arrangement of
particles69 (Figure 6B) and rods68 (Figure 6C), or by incorporating aligned nanofibers within the
hydrogel67 (Figure 6D). Antman-Passig et al.69 (Figure 6B), for example, mixed MPs into
collagen and applied an external magnetic field. The aggregation of the nanoparticles into
specific spatial arrangements during the gelation of collagen lead to the alignment of the
collagen fibers. This influenced the elongation and orientation of the neurons within the hybrid
structure. Neurites followed the orientation of the particle strings and collagen fibers. Using
different structures, McMurtrey et al.67 (Figure 6D) incorporated aligned PCL nanofibers within
HyA hydrogels to assess neuronal morphology and neurite tracking. The combination of the
two supporting structures led to a significant increase on the alignment of neurites and distance
over which they could extent, along with a significant neurite tracking of nanofibers.
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Figure 6. Hybrid scaffolds for neural tissue engineering. (A) The inclusion of single-walled carbon nanotubes
(SWCNTs) within collagen type I (COL I) hydrogels (i) did not alter bulk elastic modulus, but it (ii) increased their
conductivity. Neurite outgrowth from dorsal root ganglia (DRG) was promoted by either electrical stimulation with
50 mV/mm or inclusion of 20 µg/mL SWCNTs within the COLI hydrogels, compared to the control (0 µg/mL, 0
mV/mm). When the inclusion of SWCNTs was combined with 50 mV/mm, a robust increase of neurite outgrowth
was observed compared to each singular cue alone. (B) Schematic overview of the experimental procedure
showing collagen fibers alignment induced by magnetic particles (MPs) and magnetic actuation. A suspension of
neurons and MPs in liquid collagen was placed on coverslips and solidified (top) in normal conditions or (bottom)
under the influence of a magnetic field (parallel bar magnets, red-green bars). (ii) In gels solidified under the
influence of a magnetic field, MPs formed aggregate strings aligned along the direction of the magnetic lines and
collagen fibers aligned as well. (iii) Confocal Z-stack image of a leech neuron grown in a magnetically aligned gel
(3 mg/mL, MPs of 0.1 µm). (iv) Elongation of neurons was measured by the aspect ratio between the long and short
axis of the cuboid for neurons in magnetically aligned gels and in control gels. (C) (i) Injectable hybrid hydrogel
which generates a unidirectional structure in situ by aligning rod-shaped, magnetoceptive, soft microgels (prepared
by mold-based soft-lithography) within an even softer hydrogel. After injection, the microgels are aligned applying
a magnetic field and the liquid surrounding hydrogel precursor solution is cross-linked to fix the microgels
orientation. (ii) DRGs were positioned in hydrogels with 3 vol% microgels containing random or magnetically aligned
microgels. β-tubulin staining revealed neurite outgrowth parallel to the aligned microgels. (D) Schematics of the
electrospinning of poly(ε-caprolactone) fibers and creation of the 3D construct. The plane of aligned PCL nanofibers
was sandwiched between two polydimethylsiloxane (PDMS) rings, and the PDMS wells were filled with cell-laden
hyaluronic acid hydrogel. (ii) Images of neuronal cultures within the hybrid constructs, where neurite extension and
overlap along the fibers could be observed. Images A (i - iii) were reproduced and/or adapted from Koppes et al.73
with permission (Elsevier Copyright© 2016). Images B (i - iii) were reproduced and/or adapted from Antman-Passig
et al.69 with permission (American Chemical Society Copyright© 2016). Images C (i, ii) were adapted from Rose et
al.68 with permission (American Chemical Society Copyright© 2017). Images D (i - iv) were adapted from McMurtrey
et al.67 (Creative Commons Attribution 3.0 license).
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3.4. Vascularization
One of the main challenges on the clinical application of TE constructs is their functional
integration in the host tissue, which is highly dependent on their vascularization. Natural
vascular networks form mainly via two mechanisms: vasculogenesis and angiogenesis111-113.
Vasculogenesis is the formation of capillary-like structures from individual cells not associated
with pre-existing vascular structures. It takes place during early embryonic development and
can also occur in adults, to revascularize a tissue after extensive damage or during tumor
growth111,114,115. Post-natal vasculogenesis processes are characterized by the mobilization
into the circulation of bone-marrow derived endothelial progenitor cells towards the injury site.
These further differentiate into mature ECs to form a primitive vascular network111,114.
Angiogenesis is the process by which most of the vascular structures organize and are
remodeled, from embryonic development onwards. New capillaries form via sprouting from
pre-existing ones, or vessels are split by the insertion of tissue pillars within pre-existing
capillaries networks (intussusceptive angiogenesis)111-113,116. It is mainly triggered by the
signaling of tissues in need to be supplied with nutrients and oxygen, thus being largely
influenced by oxygen levels within tissues111,117. The cascade of biochemical signaling
stimulate ECs to migrate from their stable position in the vessel wall and coordinate sprouting
and branching, towards the formation of a new vascular network118,119. When the tissue
nutrients and oxygen demands are fulfilled, quiescence is re-established. A stable vascular
network is then formed, which can further mature, where vascular wall thickness and diameter
increase, mural cells proliferation occur, and where the tissue acquires specific characteristics
like contractile behavior113.
Upon implantation, vascularization of TE constructs can take days or weeks, and the
anatomically relevant ones have a larger size than the diffusional volume for oxygen and
nutrients. Consequently, if not properly pre-vascularized, the inner parts of the TE constructs
may suffer necrosis and, ultimately, lead to implant failure111,120. Therefore, it is highly important
to decrease the time that a TE construct takes to be vascularized upon implantation, through
proper scaffold design111,120. This should ensure that all cells are provided with nutrients and
oxygen, meaning that all cells should be within a distance of 100-200 μm from a vessel,
generally regarded as the diffusion limit of oxygen and nutrients within a tissue111,121.
Different strategies have been used to pre-vascularize TE constructs, using the natural
organization of ECs, with or without patterning and/or guiding cues119,122–126. These studies
relied on the organization of a primitive vascular network by ECs within a previously avascular
structure, which then organized in processes similar to angiogenesis and arteriogenesis. The
addition of mural cells precursors to the system has shown to improve the stabilizations and
maturation of the pre-vascular structures.
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Figure 7. Hybrid scaffolds for the (pre)vascularization of tissue engineered constructs. (A) (i) Architectural
design of a multiscale carbohydrate-glass lattice (mixture of glucose, sucrose and dextran) (green). (ii) Top view of
the multiscale architectural design in (i) printed in carbohydrate glass and the interfilament melt fusions are
magnified and shown in side-view. (iii) Schematic overview of an open, interconnected, self-supporting
carbohydrate-glass lattice that is printed to serve as the sacrificial element for the casting of 3D vascular
architectures. The lattice is encapsulated in extracellular matrix (ECM) along with living cells. The lattice further
dissolved in culture media, which yields a construct with a vascular architecture matching the original lattice. On
the right, an example of the described process using fibrin gel. (iv) Materials with different crosslinking mechanisms
could be patterned with vascular channels. (v) The encapsulation of C3H/10T1/2 cells in the interstitial space of a
fibrin gel followed by seeding of human umbilical vein endothelial cells (hUVECs) throughout the vascular network
proved the control of the interstitial zone and the lining epithelium. A partial z-stack of two intersecting channels
demonstrated endothelialization of channel walls and across the intervessel junction. (vi) After 9 days in culture,
the endothelial monolayer lining the vascular lumen became surrounded by 10T1/2 cells. hUVECs formed single
and multicellular sprouts (arrowheads) from patterned vasculature. The vascular lumen remained open throughout
vessels and intervessel junctions and hUVECs also sprouted from larger vessels (arrowheads). (B) (i) Schematic
illustration of the fabrication process. Fugitive (vascular) ink and cell-laden inks are printed within a 3D perfusion
chip. ECM material containing is then cast over the printed inks. After casting, thrombin induces fibrinogen
polymerization into fibrin in both the cast matrix and the printed cell ink. Similarly, transglutaminase diffuses from
the molten casting matrix and slowly cross-links the gelatin and fibrin. Upon cooling, the fugitive ink liquefies and is
evacuated, leaving behind a pervasive vascular network, which is endothelialized and perfused via an external
pump. (ii) Schematic depicting a single hUVECs-lined vascular channel supporting a fibroblast cell-laden matrix
and housed within a 3D perfusion chip. (iii) Confocal microscopy image of the vascular network after 42 days,
cluster of differentiation 31 (CD31), von Willebrand factor (VWF), and vascular endothelial cadherin (VE-cadherin).
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(iv) Long-term perfusion of hUVECs-lined (red) vascular network supporting human neonatal dermal fibroblasts
(hNDFs) laden matrix shown by top-down (left) and cross-sectional confocal microscopy at 45 days (right). (v)
Schematic depicting the geometry of the printed heterogeneous tissue within the customized perfusion chip. (vi)
Photographs of a printed tissue construct within and removed from the customized perfusion chip. Comparative
cross-sections of avascular tissue and vascularized tissue after 30 days of osteoinductive media perfusion with
alizarin red stain showing calcium deposition. (vii) Confocal microscopy image through a cross-section of 1-cmthick vascularized osteogenic tissue construct after 30 days of active perfusion and in situ differentiation. Images A
(i - vi) were reproduced and/or adapted from Miller et al.127 with permission (Macmillan Publishers Ltd: Nature
Materials Copyright© 2012). Images B (i - vii) were adapted from Kolesky et al.128 with permission (National Academy
of Sciences Copyright© 2016).

The use of 3D hybrid scaffolds has been particularly useful to increase the size and
complexity of pre-vascularized TE constructs. Miller et al.127 (Figure 7A) printed a rigid template
as 3D filament networks of a sacrificial carbohydrate glass (a mixture of glucose, sucrose and
dextran). This lattice was further embedded within different cell-carrying matrices, such as
agarose, alginate, poly(ethylene glycol) (PEG)-based hydrogels, fibrin or Matrigel®. The
entrapped 3D network was then dissolved in cell culture media, yielding a tissue construct with
a vascular architecture matching the original lattice. Human umbilical vein endothelial cells
(hUVECs) and cells from a mouse embryonic cell line (C3H/10T1/2) were able to surround the
void spaces and, consequently, demonstrated endothelialization of channel walls. Using a
similar principle, but increasing the complexity, volume, and culture time, Kolesky et al.128
(Figure 7B) created a perfusable endothelialized vascular network within 3D matrices. This
supported the culture of hUVECs, human dermal neonatal fibroblasts (hDNFs) and hMSCs.
One of the outcomes of this study was that the structures were able to support the
differentiation of hMSCs towards the osteoblastic lineage after 30 days of culture, with an
interesting expression of osteocalcin by hMSCs proportional to the distance from the nearest
vessel.

4. CONCLUDING REMARKS AND FUTURE TRENDS
In the history of the design of 3D scaffolds for TERM, only more recently the focus has
shifted from the structural to the biological components. As the dynamics of tissue
morphogenesis is better understood, the development and optimization of TE scaffolds is
becoming more centered on cellular activity. More than being surrogate structures, TE
constructs should be designed to stimulate and/or support the temporal dynamics of tissue
formation. Studies on how cells behave when entrapped or recruited towards a hydrogel-based
system gave several clues for the improved design of these artificial microenvironments.
Despite the great evolution of such systems, they are still quite simplified when compared to
what happens in vivo. Recognized limitations of hydrogels propelled the development of hybrid
systems. The incorporation of different structures within hydrogels, like fibrous scaffolds,
electrospun aligned nanofibers, CNTs or/and MPs imparts features that hydrogels cannot
provide alone. A representative number of robust studies on load-bearing and electroactive
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tissues already corroborated the benefits of using hybrid scaffolds. The development of hybrid
systems share the same major challenges of other TE constructs. They should ideally provide
adequate biophysico-chemical cues, in a spatiotemporal manner, to foster new tissue
formation and proper maturation, towards the design of clinically relevant structures. The
success of these structures is obviously linked to the hydrogel/reinforcing structure and the
cells/hybrid system interactions. From the reviewed literature, most of the studies described
so far have been performed towards skeletal and electroactive tissues regeneration. Also, one
of the most relevant and clear trends when using 3D hybrid scaffolds is the attempt to mimic
the structural internal organization and stratification of native tissues and, according to the
tissue, the incorporation of more than one cell type. Following this, the fabrication of TE
constructs that possess higher complexity can be improved, to yield highly organized
structures such as skin, gut or lung tissues. Furthermore, the parallel rapidly evolving field of
AM and 3D printing techniques is a powerful tool on the fabrication of structures with
heterogeneous internal architectures and with clinically relevant sizes.
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Table 1. Application of hydrogel-based 3D hybrid structures in tissue engineering and regenerative medicine.
TISSUE OR
BIOLOGICAL
STRUCTURE

HYDROGEL

REINFORCING
STRUCTURE

IN VITRO

IN VIVO

HIGHLIGHTS

REFS

BONE

Alginate

α-TCP

MC3T3-E1
preosteoblast cell line

-

The mechanical properties of the 3D printed scaffolds of alginate filaments
were significantly enhanced by the integration of the α-TCP. Cells embedded
within the alginate hydrogel shell maintained high viability for up to 35 days.

Raja
et al.129

Subcutaneous
implantation
(Balb/c nude mice)

The scaffold reinforced hydrogels resulted in a ≈350 fold increase in the
constructs compressive modulus when compared to the hydrogels alone.
The cell-laden hybrid constructs supported the development of vascularized
bone containing trabecular-like endochondral bone with a supporting
marrow structure.

Daly
et al.37

Priya
et al.130

Alginate
(RGD-modified,
γ-irradiated)

PCL scaffolds
(FDM)

BM-MSCs (porcine)

Chitin and PBSC

Fibrin nanoparticles;
magnesium-doped
bioglass

ASCs (rabbit); UVECs
(human); (ex vivo:
mouse aortic ring
angiogenesis sprouting
assay)

-

Hydrogels containing magnesium-doped bioglass showed early initiation of
differentiation and higher expression of alkaline phosphatase and
osteocalcin. The hybrid system showed enhanced sprouting in an ex vivo
mouse aortic ring angiogenesis assay.

Mixture of gelatin,
fibrinogen, HyA
and glycerol

PCL scaffolds doped with
TCP nanoparticles (FDM)
and pluronic F127 (3D
extrusion printing)

AFSCs (human)

Calvarial bone defect
model
(Sprague Dawley
rats)

The hybrid structures fabricated by 3D extrusion printing performed showed
newly formed vascularized bone tissue. The untreated defect and scaffoldonly treated control groups showed fibrotic tissue ingrowth and minimal bone
tissue formation restricted to the periphery of the implant.

Kang
et al.36

GelMA

Nanosilicates (Laponite®)

BM-MSCs (human)

Subcutaneous
implantation in
immunocompetent
rats (Wistar rats)

BM-MSCs embedded within the 3D hybrid hydrogels were able to
differentiate into the osteogenic lineage without the addition of growth
factors. In vivo biocompatibility and minimal inflammatory response were
demonstrated.

Paul
et al.131

GelMAte

Nanosilicates (Laponite®)

MC3T3-E1
preosteoblast cell line

-

The presence of nanosilicates increased the hydrogel compressive modulus
and promoted osteogenesis in the absence of osteoinductive factors.

Xavier
et al.132

GelMAde

Nanodiamonds

ASCs (human)

-

The nanodiamonds incorporated within the hydrogel increased the network
stiffness.

Pacelli
et al.133

GelMAte

PLA scaffolds (FDM);
RGD-modified gold
nanoparticles

ASCs (human)

-

The incorporated nanoparticles increased the stiffness of the hydrogels;
incorporation of RGD-modified nanoparticles within the hydrogels promoted
significantly higher gene expression of osteogenic specific factors by human
ASCs.

Heo
et al.78

PLA

BM-MSCs (human);
UVECs (human)

-

A highly osteogenic construct with organized vascular networks was
generated using the hybrid system. The dynamic biochemical environment
provided a controlled and continuous stimulus for vascularized bone
regeneration. It accelerated endothelial cells and osteoprogenitors towards
a more rapid formation of vessel networks.

Cui
et al.134

GelMAte

26

CHAPTER I
Introduction

CARTILAGE

OSTEO-CHONDRAL

Mixture of gelatin,
fibrinogen, HyA
and glycerol

PCL scaffolds (FDM) and
pluronic F127 (3D
extrusion printing)

Ear chondrocytes (New
Zealand White rabbits)

Subcutaneous
implantation
(athymic nude mice)

The hybrid structures fabricated by 3D extrusion printing could generate
complex, human ear-shaped tissue construct containing cartilage tissue
possessing histological and mechanical characteristics of human auricles
after implantation in vivo.

Kang
et al.36

PLGA-PEG-PLGA
copolymer

PCL scaffolds (FDM)

BM-MSCs

-

MSCs were able to chondrogenically differentiate within the hybrid scaffolds
with a greater amount of cartilage-specific matrix production compared to
the PCL scaffold or gel.

Wang
et al.135

GelMAde

PA/PCL, PA/PLA or
PA/PLGA amphiphilic
macromonomers (3D
printed scaffolds)

Chondrocytes (equine)

-

The hybrid constructs stiffness and degradation kinetics could be tuned.
Cells viability remained largely unaffected by the printing process.

Melchels
et al.136

GelMAde

Methacrylated PHMGCL
and PCL (scaffolds by
FDM)

Chondrocytes (human)

Subcutaneous
implantation
(athymic rats)

The grafting of the hydrogels to the fibrous scaffolds resulted in improved
interface-binding strength between the hydrogel and the thermoplastic
polymer and resistance to repeated axial and rotational forces.
Chondrocytes embedded within the 3D hybrid constructs were able to form
cartilage-specific matrix both in vitro and in vivo.

Boere
et al.39

Visser
et al.42

GelMAde
and HyA

PCL (scaffolds by meltelectrospinning writing)

Chondrocytes (human)

-

The stiffness of the 3D hybrid structures increased synergistically (up to 54fold), compared to hybrid hydrogels or microfiber scaffolds alone. The
stiffness and elasticity of the composites approached that of articular
cartilage tissue. The chondrocytes embedded within the hybrid system were
viable, retained their round morphology, and responded to an in vitro
physiological loading regime in terms of gene expression and matrix
production.

Silk

Silk microfibers

Chondrocytes (bovine)

-

The fiber reinforcement resulted in more mechanically robust constructs Yodmuang
after 42 days in culture compared to silk hydrogels alone.
et al.137

SPELA

PLA (electrospun fibers)

BM-MSCs

-

The hybrid structure mimicked zone-specific characteristics of articular
Moeinzade
cartilage, using nanofibers spatial orientation and growth-factors to create
h
distinct zones within the hydrogel. This influenced the chondrogenic
et al.43
differentiation of the MSCs and their behavior throughout the 3D construct.

SPELA

PLA (electrospun fibers)
and hydroxyapatite
nanoparticles

BM-MSCs (human)

-

The zone-specific characteristics of articular cartilage were mimicked by
using stiffness gradients and growth-factors to create distinct zones within
the SPELA hydrogel. This influenced the chondrogenic differentiation of the
MSCs and their behavior throughout the 3D construct.

Karimi
et al.138

Agarose

HAp particles

Chondrocytes (bovine)

-

Higher matrix deposition and mineralization was observed when HAp was
added to the hydrogel. Higher matrix content translated into significant
increases in both compressive and shear mechanical properties.

Khanarian
et al.139

Alginate

HAp and TCP fibrous
scaffolds
(projection-based
microstereolithography)

Chondrocytes (New
Zealand White rabbits)

In the 3D hybrid scaffolds group, the newly generated cartilage tissues were
Full-thickness osteomorphologically similar to native ones and connected to the surrounding
-chondral defect (New
tissues. In the empty defect and hydrogel-only scaffold groups, the defects
Zealand white rabbits)
were filled with fibrous tissues.

Seol
et al.140
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Atelocollagen;
supramolecular
HyA
(CB[6]/DHA-HyA)

PCL scaffolds
(FDM)

TSCs (human)

Full-thickness osteoThe multilayered hybrid scaffold accelerated the regeneration of the
-chondral defect (New
osteochondral defect, with corresponding different tissue formation.
Zealand white rabbits)

Shim
et al.41

Subcutaneous
implantation
(nude rats)

The printed cells stretched along the longitudinal axis of the constructs with
high cell viability. Cells within the 3D hybrid system without the PCL support
did not show cellular alignment. Muscle-like structures with aligned
myotubes were observed on the 3D hybrid construct. The retrieved muscle
constructs presented well-organized muscle fiber structures, nerve
(neurofilament) contacts, and vascularization. The electromyographies
revealed that the compound muscle action potential of the TE constructs
was of 3.6 mV, compared to 10.7 mV for the control gastrocnemius muscle,
and 0 mV for the negative controls.

Kang
et al.36

Ahadian
et al.97

SKELETAL
MUSCLE
Mixture of gelatin,
fibrinogen, HyA
and glycerol

CARDIAC

NERVE
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Pluronic F-127 and PCL
(3D extrusion printing)

C2C12 myoblast cell
line

GelMAte

CNTs

C2C12 myoblast cell
line

-

Hydrogels with aligned CNTs showed anisotropic electrical conductivity and
superior mechanical properties compared with pristine hydrogels or
hydrogels containing randomly distributed CNTs. Skeletal muscle cells
yielded a higher number of functional myofibers on the hydrogels with
aligned CNTs.

PEGS-M

PCL/SF/PANI
(network of dry-wet
electrospun nanofiber
yarns)

C2C12 myoblast cell
line

-

The core-shell scaffolds guided the myoblasts alignment and differentiation,
and the hydrogel shell that provided a suitable 3D environment for nutrition
exchange and mechanical protection.

Wang
et al.141

COL I

CNTs

Cardiomyocytes
(neonatal, rat); LX-2
hepatic cell line

-

Improved mechanical strength and electrical performance of COL I
hydrogels, along with increased rhythmic contraction area by the cells.

Yu
et al.103

GelMAte

Gold nanorods

Cardiomyocytes
(neonatal, rat)

-

The gold nanorods promoted electrical conductivity and mechanical stiffness
increase of the hydrogels. The hybrid scaffolds supported synchronous
tissue-level beating.

Navaei
et al.38

GelMAte

PCL/SF/CNTs (network of
electrospun nanofiber
yarns)

Cardiomyocytes
(neonatal, rat);
endothelial cells

-

The 3D hybrid structure supported cellular orientation, maturation, and
mimicked cardiac tissue anisotropy, by having cardiomyocytes seeded on
the nanofibers yarns and endothelial cells embedded within the hydrogel.

Wu
et al.104

Agarose and
methylcellulose

PLLA and fibronectin
(electrospun fibers)

-

Implantation in the
striatum (Wistar rats)

The infiltrating macrophages/microglia and resident astrocytes from the
brain tissue were able to locate the fibers and the cues for migration into the
hybrid matrix.

Rivet
et al.142

Collagen

CNTs

MSCs

-

The incorporation of CNTs within the hydrogel significantly stimulated neural
markers and secretion of neurotrophic factors

Lee
et al.109

Collagen

MPs

PC12 cell line; neurons
from the CNS of adult
medicinal leeches

-

Neurons within the 3D magnetically induced gels exhibited normal electrical
activity and viability. They presented an elongated co-oriented morphology,
relying on the particle strings and fibers as supportive cues.

AntmanPassig
et al.69
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VASCULAR

COL I and
Matrigel®

CNTs

Neonatal DRG from
Sprague Dawley rats

-

Neurite outgrowth increased 3.3-fold in the CNT-hydrogels when compared
to the hydrogels alone. The electrical stimulation resulted in a 7.0-fold
increase in outgrowth relative to the unstimulated CNT-free hydrogel.

Koppes
et al.73

HyA and Matrigel®

PCL (electrospun fibers)

SH-SY5Y cell line

-

The incorporation of the aligned nanofibers within the hydrogels improved
the alignment of neurites, enabled significant neurite tracking of nanofibers,
and increased the distance over which neurites could extend.

McMurtrey
et al.67

OPF

GO acrylate; CNT-PEG
acrylate

PC12 cell line

-

Neurite development of PC12 cells was observed to be largely stimulated on
the composite hydrogel compared with the neutral OPF hydrogel.

Liu
et al.143

PEG

MPs incorporated within
rod-shaped microgels

DRG (chicken); L929
fibroblasts cell line

-

The generated unidirectional orientation of the rods incorporating
nanoparticles within the hydrogels was strongly sensed by the cells resulting
in parallel nerve extension.

Rose
et al.68

COL I

PLGA
(electrospun fibers)

UVECs (human)

Subcutaneous
PLGA electrospun fibers guided the formation of vascular-like structures
implantation in
within the collagen gels. The integrity of their lumen and structure was
immunodeficient nude
retained after the PLGA fibers resorption.
mice

Wong
et al.144

BM-MSCs; UVECs
(human)

Subcutaneous
implantation in mice
In vitro pre-vascularization supports in vivo vascularization in PPF/fibrin
with severe combined
scaffolds.
immunodeficiency
(SCID C.B17)

Mishra
et al.145

-

The printed rigid 3D filament networks of carbohydrate glass were used as
cytocompatible sacrificial templates to generate cylindrical networks within
different hydrogels. The 3D networks were lined with endothelial cells that
were embedded within the hydrogels and perfused with blood under highpressure pulsatile flow. The perfused vascular channels sustained the
metabolic function of primary rat hepatocytes in engineered tissue
constructs.

Miller
et al.127

Kolesky
et al.128

Fibrin

Carbohydrate glass
(mixture of glucose,
sucrose and dextran)
fibrous scaffolds (FDM)

UVECs (human)

Gelatin

Pluronic F127 (3D
extrusion printing)

MSCs (human); UVECs
(human); NDFs
(human)

-

A perfusable thick construct was created by using a 3D printed silicon chip,
a Pluronic F127 network as cytocompatible sacrificial template, and a cellladen bioink of gelatin to generate thick human tissues (>1 cm). The
perfusion system could be used to delivery cells to endothelize the whole
construct and to distribute the growth factors to promote differentiation of
human MSCs embedded within the bioink.

Atelocollagen
(type I, porcine)

Silver nanoparticles

-

Full-thickness burns
(Sprague Dawley
rats)

The collagen hydrogels modified with histidine and reinforced with silver
nanoparticles demonstrated increased mechanical strength, better
biocompatibility, antibacterial properties, and accelerated wound closure.

Song
et al.146

COL I

TIGR® Surgical
Mesh (knitted mesh of two
co-polymers: TMC/PLA
and TMP/PLGA);
PLGA (electrospun mesh)

-

Full-thickness skin
defects (immunoincompetent rats)

The hybrid 3D skin substitutes homogeneously developed into a wellstratified epidermis over the entire surface of the grafts. The dermal
component of the grafts was well vascularized.

HartmannFritsch
et al.147

PEG, fibrin,
Matrigel®, alginate
and agarose

SKIN

PFF scaffolds
(3DP)
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-

The hybrid 3D construct prevented the contraction of the gels during tissue
maturation due to the integrated PCL. This skin model revealed favorable
biological characteristics, including a stabilized fibroblast-stretched dermis
and stratified epidermis layers after 14 days.

Kim
et al.148

Aortic valve interstitial
cells (normal and
diseased; human)

-

Hybrid scaffolds prevented matrix shrinkage and maintained physiological
fibroblastic phenotype in both normal and diseased aortic valve interstitial
cells. When compared to hydrogels or nanofibers yarns alone, the hybrid
scaffolds restrained the pathological differentiation of diseased aortic valve
interstitial cells into myofibroblasts and osteoblasts.

Wu
et al.149

PGS/PCL (electrospun
fibers)

Mitral valve interstitial
cells (sheep)

-

Cell viability and metabolic activity were similar among all scaffold types. The
presence of the hydrogel improved the spatial distribution of mitral valve
interstitial cells within the hybrid constructs.

Eslami
et al.150

Fibrin

PCL/PLCL scaffolds

Bladder urothelial cells
(rabbit); smooth muscle
cells

-

The tubular hybrid scaffolds could mimic a natural urethral base-membrane,
and facilitate contacts between the hydrogel-embedded cell types on both
sides of the scaffold.

Zhang
et al.151

GelMAte

PCL and GelMAte
(electrospun fibers)

ASCs (human)

-

Photocrosslinking of sheets of hybrid scaffolds allowed to form multilayered
constructs that mimic the structure of native tendon tissues. Cells
impregnated into the constructs remained responsive to topographical cues
and tenogenic factors.

Yang
et al.152

PCL scaffolds (FDM)

Islets of Langerhans
(human); in ovo:
chicken chorioallanthoic
membrane (CAM)
assay

-

The islets encapsulated within the alginate core surrounded by the VEGFfunctionalized PCL scaffold showed functional response to glucose stimuli
comparable to free-floating islets. Thus, the platform showed potential to
support rapid vascularization and islet endocrine function reestablishment.

Marchioli
et al.153

Gelatin and COL I

PCL scaffolds (FDM)

Dermal fibroblasts
(human); epidermal
keratinocytes (human)

GelMAte and
HyAMA

PAN (network of
electrospun nanofiber
yarns)

GelMAte and
HyAMA

URETHRA

TENDON/
LIGAMENT

HEART
VALVE

ENDOCRINE

Alginate

AFSCs: amniotic fluid-derived stem cells; ASCs: adipose-derived stem cells; BM-MSCs: bone marrow-derived mesenchymal stem/stromal cells; CB[6]: cucurbit[6]uril; CNTs: carbon nanotubes; COL I:
collagent type I; DAH: 1,6-diamoniohexane; DRG: dorsal root ganglia; FDM: fused deposition modeling; GelMA: gelatin methacryloyl; GelMAde: gelatin methacrylamide; GelMAte: gelatin methacrylate; GO:
graphene oxide; HAp: hydroxyapatite; HAVIC: HyA: hyaluronic acid; HyAMA: methacrylated hyaluronic acid; NDFs: neonatal dermal fibroblasts; PA: poloxamer 407; PAN: polyacrylonitrile; PANI: polyaniline;
PBSC: poly(butylene succinate); PCL: poly(ε-caprolactone); PEG: poly(ethylene glycol); PGS: poly(glycerol sebacate); PEGS-M: methacrylated poly(ethylene glycol)-co-poly(glycerol sebacate); PLA:
polylactide; PLCL: poly(lactide-co-caprolactone); PLGA: poly(D,L-lactide-co-glycolide); PLLA: poly(L-lactide); PHMGCL: poly(hydroxymethylglycolide-co-ε-caprolactone); PPF: poly(propylene fumarate); RGD:
arginine-glycine-aspartic acid; OPF: oligo(poly(ethylene glycol) fumarate); SF: silk fibroin; SPELA: star acrylate-terminated lactide-chain-extended polyethylene glycol macromer; TCP: tricalcium phosphate;
TE: tissue engineered; TMC: trimethylene carbonate; TSCs: turbinate-derived mesenchymal stem cells; UVECs: umbilical vein endothelial cells.
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ABSTRACT
In situ-forming hydrogels of pectin, a polysaccharide present in the cell wall of higher plants,
were prepared using an internal ionotropic gelation strategy based on calcium carbonate/Dglucono-δ-lactone, and explored for the first time as cell delivery vehicles. Since no ultrapure
pectins are commercially available yet, a simple and efficient purification method was
established, successfully reducing the levels of proteins, polyphenols and endotoxins of the
raw pectin. The purified pectin was then functionalized by carbodiimide chemistry with a celladhesive peptide (RGD). Its gelation was analyzed by rheometry and optimized. Human
mesenchymal stem/stromal cells embedded within unmodified and RGD-pectin hydrogels of
different viscoelasticities (1.5 and 2.5 wt%) remained viable and metabolically active for up to
14 days. On unmodified pectin hydrogels, cells remained isolated and round-shaped. In
contrast, within RGD-pectin hydrogels they elongated, spread, established cell-to-cell
contacts, produced extracellular matrix, and migrated outwards the hydrogels. After 7 days of
subcutaneous implantation in mice, acellular pectin hydrogels were considerably degraded,
particularly the 1.5 wt% hydrogels. Altogether, these findings show the great potential of pectinbased hydrogels, which combine an interesting set of easily tunable properties, including the in
vivo degradation profile, for TERM.

1. INTRODUCTION
Hydrogels are highly hydrated structures composed of natural or synthetic hydrophilic
polymeric chains. Their structural integrity depends on crosslinks formed between those
chains, via different types of physical interactions or chemical bonds1. Hydrogels have been
extensively studied as synthetic ECMs in TERM strategies mainly due to their high water
content and consequent viscoelastic and diffusive transport properties, which make them
similar to the ECM of many tissues1.
A multitude of biomaterials have been explored to form hydrogels. The naturally derived
ones either have structural characteristics similar to the native ECM or are components of it,
like HyA, which is found in all tissues of adult animals1,2. Similarly, alginate and chitosan are
hydrophilic, linear polysaccharides that can be extracted from abundant sources and have
been widely investigated to obtain hydrogels for tissue engineering3-5. Alginate hydrogels, for
example, are biodegradable and can be processed under relatively mild conditions, which
make them ideal candidates for cell entrapment and delivery6,7.
Among the naturally derived polymers, pectin, a complex structural polysaccharide present
in the cell walls of higher plants, has been long used in the food industry as a gelling and
thickening agent. It is mainly extracted from waste products of juice, apples and cider
industries8-10. Pectin extracts from cell walls are a family of polysaccharides with common
features. The most familiar and predominant member is homogalacturonan (HG), mainly
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composed of a homopolymer of (1-4)-linked-α-D-galacturonic acid (GalA) units11. These can
be partially esterified on the carboxyl group and by the acetyl group on the secondary
hydroxyls. According to their degree of methylation (DM), pectins are divided into two
categories: low-methoxyl (LM) pectins (DM < 50%) and high methoxyl (HM) pectins (DM >
50%)12. Dissolved LM pectins can form gels in the presence of divalent metal ions, calcium
being the most commonly used. For LM pectins, calcium-induced hydrogel formation is due to
the chelation of calcium ions in regular arrays of electronegative cavities formed by GalA
units13. In LM pectin gels, the network is established via side-by-side association of the
polysaccharide chains in solution9.
The interest in pectin has spread to the pharmaceutical and medical field as a natural
prophylactic agent against toxic cations by chelation mechanisms14, in colon-specific drug
delivery systems15 or, more recently, in the potential inhibitory role of pectin in cancer cell
metastasis, invasion, and survival8,16,17. In TERM applications there were just a few studies
performed using pectin gels18-22. Our group18,19 has previously explored the external gelation
of pectin with CaCl2 to obtain microspheres for the encapsulation of MC3T3 pre-osteoblast
cells, which maintained a constant viability up to 29 days and were able to differentiate.
Jahromi et al.22 embedded rat bone marrow stromal cells within citrus pectin hydrogels
crosslinked by diffusion with CaCl2, within which cells were able to differentiate under
osteoinductive conditions. Takei and co-workers20,21 obtained sugar beet pectin (SBP)
hydrogels by enzymatic crosslinking and the L929 fibroblast cells encapsulated in the gels
were scarcely damaged during the gelation process. However, the use of CaCl2 leads to an
immediate start of the gelation process and heterogeneous gelation. This hampers the use of
this gelation strategy for in situ gelling systems. On its turn, enzymatic crosslinking demands
additional modifications to the pectin structure that ionic crosslinking does not require.
To our knowledge, none has explored the potential of the internal ionotropic gelation of
pectin using the slow-gelling calcium carbonate/D-glucono-δ-lactone (CaCO3/GDL) system as
an in situ-forming cell-delivery system. It has been used to produce alginate hydrogels for this
purpose6,7,23,24, and was also reported to be suitable to produce pectin gels for the food
industry25,27. However, the potential of pectin hydrogels crosslinked using this system for celldelivery applications has not yet been explored. The internal gelation of pectin using
CaCO3 (without GDL) was previously explored28, showing how the internal gelation allows finetuning of the properties of the gels by an accurate control over the pH and the amount of
CaCO3. However, until now, no cell embedding studies have been described for these gels.
Our interest in exploring pectin-based systems relies on the structural resemblance between
pectin and alginate, allowing pectin to present the same numerous benefits of alginate for cell
delivery3,29, with the additional advantage of its interesting degradation profile under simulated
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physiological conditions19, which could be important for applications requiring a fast hydrogel
degradation. Moreover, much still remains to be elucidated about this polymer as a biomaterial.
In the present work, and prior to any studies, pectin was purified since there are no medical
grade or ultrapure pectins commercially available yet. The purified pectin was further modified
with an RGD-containing peptide to promote integrin mediated cell adhesion. The gelation
kinetics of the purified and RGD-functionalized pectin was evaluated by rheometry. It was
optimized to match a gelation time-frame adequate for an in situ-forming cell delivery
system, i.e., the time needed for the mixing of the gelling components with the cell suspension
and the injection of the mixture. hMSCs, which are currently one of the most promising cell
types in the regenerative medicine field for their ability to differentiate in multiple lineages under
specific culture conditions30, were embedded within these pectin hydrogels, and different cell
studies were performed. Finally, acellular pectin hydrogel discs were subcutaneously
implanted in the dorsum of mice for a preliminary assessment of their in vivo degradation.

2. EXPERIMENTAL SECTION
2.1. Pectin purification
LM citrus pectin (Classic CU701), with a GalA unit content of 86% and a DM of 37%, was
kindly provided by Herbstreith & Fox (Neuenbürg, Germany), and is hereafter referred to as
raw pectin (RAWpec). Before any modification, pectin was purified (from now on referred to as
purified pectin, PURpec) using a protocol based on Bender et al.31 Briefly, a RAWpec solution
(1 wt%) was prepared in ultrapure water (18 MΩ, Milli-Q UltraPure Water System, Millipore).
After the complete dissolution of the polymer, the pH of the solution was adjusted to 6,
activated charcoal (2 wt%, Norit SX Plus, Norit) was added, and the suspension was stirred
for 1h at room temperature (RT). Then, the suspension was centrifuged for 1h at 27000 g, the
supernatant was carefully decanted, and the suspension was stirred once again for 30 min.
Afterwards, a second centrifugation with the same parameters was performed. The
supernatant was filtered using 0.80 μm, 0.45 μm, and finally 0.22 μm filter membranes (mixed
cellulose esters, MCE, Millipore), lyophilized, and stored at −20°C until further use.
The amount of protein contaminants present in the pectins was assessed using the Micro
BCA Protein Assay Reagent Kit (Pierce Biotechnology, Rockford, IL, USA). Pectin solutions
(0.5 wt% in ultrapure water) (n = 3) were analyzed following the manufacturer's instructions
and the absorbance was read at 540 nm using a micro-plate reader (Synergy MX, BioTek).
For polyphenol quantification, the fluorescence spectra of pectin solutions (1 wt% in ultrapure
water) were obtained following the protocol described by Skjåk-Bræk et al.32 An excitation
wavelength of 366 nm was used and the emission spectra were recorded between 400 and
500 nm (n = 3) using the previous micro-plate reader. The endotoxin content was assessed
using the Food and Drug Administration (FDA, USA) approved Endosafe™-PTS system
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(Charles River, USA). The analysis was performed and certified by an external entity
(Analytical Services Unit, IBET/ITQB, Oeiras, Portugal).

2.2. Biofunctionalization of pectin
The covalent grafting of the oligopeptidic sequence (glycine)4-arginine-glycine-aspartic acidserine-proline (G4RGDSP, Genscript, Piscataway, NJ, USA) to PURpec was carried out by
aqueous carbodiimide chemistry, adapting the method previously described for alginate33,34
and more recently for pectin18,19. A 1 wt% solution of PURpec was prepared at 4°C in freshly
prepared 0.1 M 2-(N-morpholino) ethanesulfonic acid (MES) buffer solution (0.1 M MES
buffering salt, 0.3 M NaCl, pH adjusted to 6 using 1 M NaOH, Sigma) in ultrapure water.
Afterwards, the solution was divided into two: the PURpec solution to be modified (RGDpec)
and the control, i.e., non-functionalized pectin (BLKpec). N-Hydroxy-sulfosuccinimide (sulfoNHS, Pierce Chemical) and 1-ethyl-(dimethylaminopropyl)-carbodiimide (EDC, Sigma, 27.40
mg per g pectin), at a molar ratio of 1:2, were sequentially added to the solutions, followed by
the addition of 65.9 μmol of RGD per gram of PURpec (only to the RGDpec solution). The
solutions were left stirring for 20h at 4°C. The reaction was quenched with hydroxylamine
hydrochloride (18 mg per g pectin, Sigma), and the polymer solution was dialyzed (molecular
weight cut-off 3500, Spectra/Por®, SpectrumLabs) against decreasing concentrations of
ultrapure water with NaCl for three days at 4°C. The solution was then mixed with activated
charcoal (2 wt%), stirred for 1h, and centrifuged for 1h at 27000 g. The supernatant was then
collected, stirred for 30 min, and centrifuged again under the same conditions. The RGDpec
and BLKpec solutions were then sterile filtered through 0.22 μm filter membranes (Steriflip®
filter unit, Millipore), lyophilized, and stored at −20°C until further use.
The extent of effective RGD coupling to PURpec was estimated by an ultraviolet (UV)
absorbance assay in the 200 - 260 nm region, against BLKpec (1 wt% in ultrapure water),
using a 384-well UV transparent microplate (Greiner) in a micro-plate reader (PowerWave XS,
BioTek) (n = 3). Absorbance readings were converted into the concentration of RGD using a
calibration curve prepared with serially diluted RGD solutions mixed with BLKpec (1 wt% in
ultrapure water) solutions as standards. The spectra were normalized against the 1 wt%
BLKpec solution.
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2.3. Physico-chemical characterization of pectins
Pectins were characterized by size exclusion chromatography (SEC) and Fourier transform
infra-red (FTIR) spectroscopy. The SEC analysis was performed at RT using a modular
system, composed of an automated solvent/sample delivery unit (GPCmax, Viscotek), a
viscometer/right angle laser light-scattering (RALLS) dual detector (T60, Viscotek) and a
refractive index detector (K-5002, Knaeur). Separations were performed in a set of 3 PL
aquagel-OH MIXED 8 μm columns (Polymer Laboratories) with a guard column, using as the
mobile phase 0.1 M NaNO3 with 0.02 wt% NaN3, at a flow-rate of 1.0 mL/min. Samples were
dissolved in the mobile phase at 5 mg/mL and injected (100 μL) (n = 3). Data were analyzed
with the OmniSEC software (version 4.6.2., Viscotek). A refractive index increment of dn/dc =
0.147 mg/mL was employed. RAWpec had to be pre-processed prior to the SEC
measurements. A RAWpec solution was prepared in MiliQ water (1 wt%), its pH adjusted to 6,
filtered through filter membranes (Millipore) to a final filtration of 0.22 μm, lyophilized, and
dissolved in the mobile phase as described for the other samples. For the FTIR spectroscopic
analysis (Perkin-Elmer 2000), samples were dried under vacuum for 24h and then prepared
as pellets with KBr prior to the analysis. Each sample was analyzed using a wavelength range
of 4000 - 400 cm−1 with 4 cm−1 steps (100 scans).

2.4. Preparation of pectin hydrogel matrices and rheological characterization
The preparation of in situ crosslinking pectin hydrogel matrices was based on the internal
gelation strategy previously described for pectin in the food industry25-27. It relies on the
CaCO3/GDL system, in which GDL hydrolyzes with time, lowering the pH of the solution, and
triggering the slow release of Ca2+ from CaCO3 molecules. For the preparation of hydrogels,
the lyophilized pectin was dissolved in 0.9 wt% NaCl (in ultrapure water). Then an aqueous
suspension of CaCO3 (Fluka) was thoroughly dispersed into the biopolymer solution, and a
fresh solution of GDL (Sigma) was added. The CaCO3 and GDL quantities were determined
according to the previously reported25,26 stoichiometric ratios, i.e., Ca2+-to-COO− present
(Equation 1) and the GDL needed for the number of Ca2+ in order to have a minimal effect on
the final pH of the sample (Equation 2). For these calculations, the COO− groups present on
pectin were estimated from its DM. These ratios were then optimized for cell immobilization
studies under standard cell incubation conditions (37°C, 5% CO2).

R=2

Ca

2+

COO

-

(Equation 1)

RCa-GDL = 2

Ca

2+

GDL

(Equation 2)
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For the preparation of hydrogel cylinders (Ø = 5.5 mm; height = 1.5 mm), the hydrogel
precursor solutions were loaded in a QGel® 3D disc caster (Lausanne, Switzerland). All
RGDpec hydrogels were prepared with a final RGD density of 200 μM, which is similar to
previously reported values found in biological ECMs35.
The rheological properties of pectin gel-precursor solutions and hydrogels were determined
using a Kinexus Pro rheometer (Malvern Instruments, Malvern, UK), at 37°C in a water-vapor
saturated environment ensured by the rheometer chamber. For the oscillatory measurements,
parallel plate geometries were used. The linear viscoelastic region (LVR) of the pectin
hydrogels was determined using Ø 8 mm sandblasted parallel plate geometries, compressing
the gels by 10% of their height (oscillatory measurement gap), and iteratively performing strain
amplitude sweep and frequency sweep measurements. The evolution of the viscoelastic
properties of the pectin gels over-time was assessed with Ø 20 mm sandblasted parallel plate
geometries, using the frequency and shear strain values within the LVR. For each assay, the
time was adjusted in order to match the time at which the GDL was added to the pectin
hydrogel precursor solution.
The initial mesh size (ξ) of pectin hydrogels was calculated using the value of the molecular
weight between crosslinks (Mc), estimated from the shear modulus of the swollen pectin
hydrogels (detailed calculations are provided in the Supplementary Information).

2.5. In vitro studies
2.5.1. hMSCs culture
hMSCs isolated from bone marrow (Lonza) were cultured, expanded, and maintained in
MSCGM (MSC growth medium, Lonza), at 37°C in a humidified atmosphere of 5% CO2. The
culture medium was changed twice a week and cells were trypsinized (0.05 wt%
trypsin/ethylenediamine tetraacetic acid (EDTA) solution, Sigma) when they reached 7080% confluence. Cells from passages between 6 and 8 were used in this study.

2.5.2. hMSCs culture within RGDpec hydrogels
Cells were trypsinized before reaching confluence and centrifuged. After discarding the
supernatant, hMSCs were carefully mixed at a final concentration of 8 x 106 cells per mL
with pectin hydrogel precursor solutions and crosslinking agents (as described in the section
“2.4. Preparation of pectin hydrogel matrices and rheological characterization”). The cell
pellet was mixed with the precursor solutions of RGDpec hydrogels, at final concentrations
of 1.5 wt% and 2.5 wt%, and these were directly dispensed in the culture plates by placing
20 μL of the solution per well of pHEMA-treated36 24 well plates. For the completion of
gelling, samples were placed in the incubator (37°C, 5% CO2 humidified atmosphere) for 1h.
After this, cell culture medium (Dulbecco's modified Eagle medium with low glucose, DMEM,
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Gibco®) supplemented with 10% inactivated fetal bovine serum (HyCloneTM, Thermo
Scientific), and 1% penicillin/streptomycin (pen/strep, Gibco®) was added to each well and
changed after 24h. The cell-loaded pectin hydrogels were cultured for up to two weeks and
medium was changed twice a week. As a control, cells were entrapped within BLKpec
hydrogels and kept under the same conditions. Hydrogel cylinders with embedded cells were
prepared by the same methodology, but using the QGel® 3D disc caster (as described in the
section “2.4. Preparation of pectin hydrogel matrices and rheological characterization”). For
rheological analysis of pectin hydrogels with embedded cells after 7 days of culture, and in
order to ensure the dimensional homogeneity of the samples, discs were punched with Ø 4
mm biopsy punch cylinders just before analysis. The punched discs were compressed by
10% of their height (oscillatory measurement gap) and analyzed using Ø 4 mm sandblasted
parallel plate geometries. The shear moduli components and phase angle values were
averaged from the frequency sweeps (within the LVR, between 0.05 Hz and 0.5 Hz).

2.5.3. Cell metabolic activity and viability
Metabolic activity was estimated using the resazurin-based assay. At different time-points
(1, 7 and 14 days), the culture medium was removed from the wells and fresh basal medium
with 20 vol% resazurin (Sigma) was added. Cell-loaded hydrogels were incubated (37°C, 5
vol% CO2) for 2h, after which 200 μL per well were transferred to a black 96 well plate and
measured (λex ≈ 530 nm, λem ≈ 590 nm) using a micro-plate reader (Synergy MX, BioTek).
For the quantification of the total double-stranded DNA (dsDNA) content, the 3D matrices
were dissolved, washed with phosphate buffered saline (PBS), and the suspension was
centrifuged (10 000 rpm, 5 min) to allow recovery of hMSCs. Samples were then stored at
−20°C until further analysis. The dsDNA quantification was performed using the Quant-iT
PicoGreen dsDNA kit (Molecular Probes, Invitrogen), according to the manufacturer's
instructions. Briefly, the frozen samples were thawed and lysed in 1 vol% Triton X-100 (in
PBS) for 1h at 250 rpm and 4°C. Then, they were transferred to a black 96-well plate with
clear bottom (Greiner) and diluted in a buffer (200 mM tris(hydroxymethyl)aminomethane
hydrochloride (Tris-HCl), 20 mM EDTA, pH 7.5). After adding the Quant-iTTM PicoGreen
dsDNA reagent, samples were incubated for 5 min at RT in the dark, and fluorescence was
measured using a microplate reader (λex ≈ 480, λem ≈ 520 nm). The cell viability was
qualitatively assessed using a live/dead assay. Cell-loaded pectin hydrogels were washed
with DMEM without phenol red (Gibco®) and incubated for 45 min (37°C, 5% CO2) with 1
mM calcein AM solution (λex ≈ 494 nm, λem ≈ 517 nm, Molecular Probes) and 2.5 mM
ethidium homodimer-1 solution (λex ≈ 528 nm, λem ≈ 617 nm, Molecular Probes).
Immediately after incubation, cell-loaded pectin matrices were visualized with a confocal
laser scanning microscope (CLSM, Leica SP2AOBS, Leica Microsystems) using LCS
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software (Leica Microsystems). The scanned Z-series were projected onto a single plane
and pseudo-colored using ImageJ.

2.5.4. Cell morphology and fibronectin deposition
For the same time-points as for the cell metabolic activity and viability assays, cell-loaded
hydrogels were stained for filamentous actin (F-ACTIN), fibronectin (FN), and nuclei. Briefly,
samples were washed with 7.5 mM CaCl2 in Tris-buffered saline (TBS), fixed for 20 min in 4
wt% paraformaldehyde (PFA, Sigma), and permeabilized with 0.1% Triton X-100 (Sigma)
for 5 min. Samples were then incubated for 30 min with 1 wt% bovine serum albumin (BSA,
Merck) in 7.5 mM CaCl2. For FN staining, matrices were incubated overnight at 4°C with
rabbit anti-fibronectin (F3648, Sigma, 1:400) and then with the goat anti-rabbit secondary
antibody Alexa Fluor® 594 F(ab′)2 fragment (Molecular Probes-Invitrogen, 1:1000, 1h at RT).
After this, samples were incubated with the conjugated probe phalloidin/Alexa Fluor® 488
(Molecular Probes-Invitrogen, 1:40, 1h at RT) for F-ACTIN staining. Samples were
subsequently washed three times with the TBS/CaCl2 solution and nuclei were
counterstained with 4′,6-diamidino-2-phenylindole dihydrochloride (DAPI, Sigma, 0.1 μg/mL)
in vectashield (vector), just before confocal visualization (CLSM, Leica SP2AOBS, Leica
Microsystems) using LCS software (Leica Microsystems). The scanned Z-series were
projected onto a single plane and pseudo-colored using ImageJ.

2.6. In vivo studies
2.6.1. Subcutaneous implantation of pectin hydrogels in mice
Acellular RGDpec hydrogel discs of 1.5 wt% and 2.5 wt% were prepared as described in the
section “2.4. Preparation of pectin hydrogel matrices and rheological characterization” and
incubated in cell culture medium (37°C, 5% CO2 humidified atmosphere) 24h prior to
implantation. All animal experiments were conducted following protocols approved by the
Ethics Committee of the Portuguese Official Authority on Animal Welfare and
Experimentation (DGV). Mice were housed at 22°C with a 12h light/dark cycle, and had ad
libitum access to water and food. Male mice (C57BL/6, 5 weeks old, 17-19 g, n = 4) were
used as recipients. The animals were anesthetized by isofluorane inhalation, and anesthesia
was maintained over the course of surgery by continuous isofluorane delivery. The dorsal
surgical sites were shaved and sterilized. Two subcutaneous pockets were created per
mouse for the insertion of the hydrogel discs (80 μL per hydrogel). Acellular RGDpec
hydrogel discs of 1.5 wt% (left flank) and 2.5 wt% (right flank) were placed in each mouse.
After implantation, incisions were closed with sutures and analgesics were administrated
(0.05 mg of buprenorphine HCl per kg). The animals were routinely monitored for general
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appearance, activity, and healing of the implant sites, and were euthanized after one week
to retrieve the implants. No mice were lost during the study.

2.6.2. Histological evaluation
The harvested samples, which included the entire hydrogel discs and some surrounding
tissue, were fixed in 10% neutral-buffered formalin overnight and processed for paraffin
embedding. Using standard incubation conditions, samples were sectioned onto slides (3
μm) and stained with Safranin-O/Light-green (SO/LG, Sigma). Hematoxylin was used as the
counterstain.

2.7. Statistical analysis
Statistical analyses were performed using GraphPad Prism 5.0 software (version 5.0a). Data
displayed in Table 1 regarding the measurements by SEC were analyzed using the unpaired ttest with Welch's correction. For the metabolic activity measurements normalized for the DNA
content, the non-parametric Mann-Whitney test was used. For the rheological analysis of the
discs with embedded cells, the two-way ANOVA statistical test with a Bonferroni post-test was
applied to perform multiple comparisons amongst experimental conditions. All tests were
performed using a 95% confidence interval and statistically significant differences are marked
with * (p < 0.05), ** (p < 0.01) or *** (p < 0.001).

3. RESULTS
3.1. Pectin purification, modification and characterization
The most common contaminants found in plant-extracted polysaccharides - proteins,
polyphenols, and endotoxins - were assessed for RAWpec and PURpec (Figure 1A). The
purification method lowered the protein content by ca. 70%, the polyphenols content by 52%,
and the endotoxin levels by 96%, when compared to RAWpec (Figure 1B). After purification,
pectin was functionalized with an RGD-containing peptide and the UV spectrum
(Supplementary Information Figure S1) of RGDpec (normalized against BLKpec) showed the
presence of a characteristic peak around 230 nm, indicating that the peptide was effectively
grafted to the polymer. The quantity of RGD coupled to PURpec was 15 mg RGD per g
PURpec (a coupling yield of 30%). The pectins were further characterized by FTIR
spectroscopy (Figure 1C) and SEC (Table 1).
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Figure 1. (A) Macroscopic appearance of RAWpec (powder) and PURpec (lyophilized foam). (B) Quantitative
evaluation (as relative percentage) of the contaminants in PURpec compared to RAWpec. (C) Fourier transform
infra-red (FTIR) spectra of the different pectins.
Table 1. Characterization of raw (RAWpec) and purified pectin (PURpec) by size exclusion chromatography (SEC).
Statistically significant differences are marked as *** (p < 0.001).
Weight average, molecular
weight, Mw (kDa)

Polydispersity, Mw/Mn

Intrinsic viscosity (dL/g)

RAWpec

239.5 ± 10.5

3.0 ± 0.1

4.4 ± 0.0***

PURpec

261.6 ± 22.4

3.1 ± 0.2

4.2 ± 0.0

3.2. Optimization of pectin hydrogels
The profile of pectin gelation was optimized towards cell embedding, attaining stabilization
of the viscoelastic properties of the hydrogels within 1h at 37°C (presenting a more “solid-like
behavior”, i.e., a phase angle (δ) below 10° in less than 1h). Up to R = 0.5 (Equation 1), all
Ca2+ present are theoretically bound in “egg-boxes”, as suggested by Fraeye et
al.9, considering the two-fold symmetrical conformation of pectin in “egg-boxes”. In this work,
the R-value was kept at 1, representing an excess of Ca2+ for the formation of the “egg-boxes”.
This theoretical double amount of Ca2+ increases the probability that all possible “egg-box”
zones are established. Regarding GDL concentration, three different RCa-GDL values were
tested - 1, 0.5 and 0.25. The results for the 1.5 wt% and 2.5 wt% hydrogels (Figure S2
Supplementary Information) show that all the three RCa-GDL values lead to a δ lower than 10°
(a more “solid-like” behavior) for both formulations within 30 min (information regarding other
pectin concentrations is presented in Figure S2 (Supplementary Information). RCa-GDL = 1 was
the one chosen for the following experiments as (i) it allows a slower transition from the “liquidlike” state to the more “solid-like” state (less accentuated G′, G′′ and δ slopes), which would be
more adequate for cell embedding, and, as previously reported, (ii) it allows us to achieve a
neutral pH post-crosslinking23,38. From the LVR studies (Figure S3 Supplementary Information)
of pectin hydrogels, the parameters selected for the gelation studies were 1% shear strain at
a frequency of 0.1 Hz. Both these studies - variation of RCa-GDL values and LVR determination
- were performed with PURpec in order to use the same values of R, RCa-GDL, shear strain, and
frequency for all further comparative gelation studies of the different pectins. To evaluate
whether the purification procedure affects the gelling ability of pectin, the gelation kinetics of
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RAWpec and PURpec solutions was analyzed (Figure S4A, Supplementary Information). In
general, the purification led to a decrease in the gelation triggering time (i.e., the crossover
time, tgel - the time at which δ goes below 45° and there is the crossover between the elastic
(G′) and viscous (G′′) components of the shear modulus), for both hydrogel concentrations (tgel
1.5%RAW

≈ 20 min, tgel

2.5%RAW

≈ 2 min; tgel

1.5%PUR

≈ 2 min, tgel

2.5%PUR

≈ 1 min). After 1h, both

RAWpec and PURpec hydrogels presented a more “solid-like” behavior (δ < 10°); however,
the PURpec gels presented higher shear moduli (G′1.5%PUR ≈ 0.102 kPa, G′′1.5%PUR ≈ 0.009
kPa; G′2.5%PUR ≈ 0.972 kPa, G′′2.5%PUR ≈ 0.031 kPa) when compared to the RAWpec gels
(G′1.5%RAW ≈ 0.047 kPa, G′′1.5%RAW ≈ 0.003 kPa; G′2.5%RAW ≈ 0.513 kPa, G′′2.5%RAW ≈ 0.017 kPa).
The effect of the presence of RGD on pectin gelation was also assessed (Figure S4B,
Supplementary Information). The gelation triggering time was barely affected by the presence
of RGD (tgel 1.5%BLK ≈ 4 min, tgel 2.5%BLK ≈ 2 min; tgel 1.5%RGD ≈ 4 min, tgel 2.5%RGD ≈ 2 min) and, after
1h, the BLKpec gels presented shear moduli values (G′1.5%BLK ≈ 0.589 kPa, G′′1.5%BLK ≈ 0.016
kPa; G2.5%BLK′ ≈ 1.390 kPa, G′′2.5%BLK ≈ 0.041 kPa) similar to the RGDpec gels (G′1.5%RGD ≈ 0.349
kPa, G′′1.5%RGD ≈ 0.010 kPa; G′2.5%RGD ≈ 1.698 kPa, G′′2.5%RGD ≈ 0.053 kPa). Finally, the influence
of the presence of cells on the gelation kinetics of BLKpec and RGDpec was also evaluated
(Figure 4C, Supplementary Information). Cells slightly affected the process. The cross-over
times were barely affected (tgel 1.5%BLKcells ≈ 5 min, tgel 2.5%BLKcells ≈ 3 min; tgel 1.5%RGDcells ≈ 5 min, tgel
2.5%RGDcells≈

3 min). After 1h, the viscoelastic properties of the gels were slightly different, with

the shear moduli presenting higher values for the hydrogels without cells (G′1.5%BLKcells ≈ 0.197
kPa, G′′1.5%BLKcells ≈ 0.009 kPa; G′1.5%RGDcells ≈ 0.188 kPa, G′′1.5%RGDcells ≈ 0.008 kPa; G′2.5%BLKcells ≈
0.933 kPa, G′′2.5%BLKcells ≈ 0.033 kPa; G′2.5%RGDcells ≈ 0.792 kPa, G′′2.5%RGDcells ≈ 0.028 kPa).
From the rheological analysis of swollen pectin hydrogels it was possible to calculate their
initial mesh size (Supplementary Information), which was higher for the 1.5 wt% hydrogels (ξ1.5
wt%

≈ 707 nm) when compared to the 2.5 wt% hydrogels (ξ2.5 wt% ≈ 380 nm).

Figure 2. Gelation kinetics of PURpec solutions using different ratios between the calcium ions and D-glucono-δlactone (GDL) content (RCa-GDL values of 1, 0.5 and 0. 25, Equation 2). The R-value was kept constant (R = 1,
Equation 1).
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3.3. hMSCs embedded within the pectin matrices
According to the qualitative assessment of the cell viability and the metabolic activity
measurements (Figure 3), hMSCs remained viable and metabolically active throughout the 14
days of culture in all formulations tested, and no significant differences could be observed
between the different hydrogel formulations over time, despite their structural differences
(mesh size and viscoelastic properties). The only significant differences were found between
the 1.5 wt% RGDpec and 1.5 wt% BLKpec for days 1 and 14 of culture. However, hMSCs
presented different morphologies depending on the matrix within which they were embedded
(Figure 4). They were able to spread and establish cell-to-cell contacts inside the RGDpec
hydrogels, but they remained round on the BLKpec matrices throughout the 14 days
experiment. Regarding the RGDpec hydrogels, hMSCs could establish a denser cell-to-cell
network within the 1.5 wt% concentration than on the 2.5 wt% hydrogels.

Figure 3. (A) Viability of human mesenchymal stem/stromal cells (hMSCs) embedded within the pectin hydrogels
after 1 and 14 days of culture. Live cells are stained by calcein AM (CAL, green) and dead cells by ethidium
homodimer-1 (EthD-1, red). Scale bars: 100 μm. (B) Metabolic activity (normalized for the DNA content) of human
mesenchymal stem/stromal cells (hMSCs) embedded within the pectin hydrogels after 1, 7 and 14 days of culture.
Statistically significant differences are marked as * (p < 0.05) and ** (p < 0.01).

From the macroscopic evaluation of the pectin hydrogels after 7 days of culture (Figure 5A),
the size of the BLKpec hydrogels was similar to that of day 1 (data not shown), in contrast to
the RGDpec hydrogels, whose size decreased from day 1 to day 7. At day 7, it could be
observed that the RGDpec hydrogels appeared to be smaller than the BLKpec hydrogels, this
difference being more noticeable for the 1.5 wt% RGDpec hydrogels. The viscoelastic
properties of these cell-laden hydrogels (Figure 5B) were also different. Both 1.5 wt% and 2.5
wt% RGDpec hydrogels presented higher shear moduli than the BLKpec hydrogels. When
comparing the RGDpec hydrogels, the 1.5 wt% hydrogels were the ones presenting higher
shear moduli, especially concerning the elastic component (G′).
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Figure 4. Morphology and spatial arrangement of human mesenchymal stem/stromal cells (hMSCs) embedded
within the different pectin hydrogels after 1 and 14 days of culture, stained for filamentous actin (F-ACTIN, green)
and DNA (blue). Scale bars: 100 μm.

Figure 5. (A) Macroscopic appearance of the different pectin hydrogel discs loaded with human mesenchymal
stem/stromal cells (hMSCs) after 7 days of culture (scale bars: 500 μm) and (B) corresponding viscoelastic
properties (elastic (G′) and viscous (G′′) components of the shear moduli, and phase angle (δ)). * denotes
statistically significant differences (p < 0.05) between G′ values.
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The representative image in Figure 6A shows both the inside and the outside of part of a 2.5
wt% RGDpec hydrogel after 14 days of culture, with spread hMSCs both within and outside
the hydrogel, establishing intercellular networks. The surface of this hydrogel (Figure 6B)
shows the spread hMSCs along with a FN mesh of the endogenous ECM produced.

Figure 6. (A) Representative image of the interior and exterior of part of a 2.5 wt% RGDpec hydrogel with
embedded human mesenchymal stem/stromal cells (hMSCs) after 14 days of culture, stained for filamentous actin
(F-ACTIN, green) and DNA (blue) (scale bar: 100 μm) and (B) cells on the surface of the hydrogel, stained for FACTIN (green), fibronectin (FN, red) and DNA (blue) (scale bars: 10 μm).

3.4. Subcutaneous implantation of pectin hydrogels
After the in vitro characterization of RGDpec hydrogels, a preliminary study was performed
to understand how these hydrogels degrade in vivo. The implantation of the hydrogels was
performed by creating subcutaneous pockets on the dorsum of mice. After one week, mice
were euthanized and the autopsy of the implantation site revealed modifications in the
morphology of the hydrogel discs, for both 1.5 wt% and 2.5 wt% compositions (Figure 7A).
With the naked eye, the 2.5 wt% RGDpec hydrogels were easier to identify than the 1.5 wt%
hydrogels. These results were further confirmed by the histological analysis of the implantation
site (Figure 7B). The Safranin-O/Light-green staining was used to localize the RGDpec
hydrogel fragments, since Safranin-O is a basic stain that strongly binds to negatively charged
polysaccharides7, providing a high contrast orange staining against the surrounding tissue
(green), and therefore easier identification. As observed from (Figure 7B), the 2.5 wt%
RGDpec hydrogel appeared to be localized in a single area, presenting fragmentation and
tissue invasion. For the 1.5 wt% hydrogel, the fragments were not localized in a single island,
but spread throughout the mouse tissue, with single fragments apart from each other. Despite
these differences, both formulations presented degradation and tissue invasion, with cells
surrounding the hydrogel, establishing a network both around and inside it.
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Figure 7. In vivo degradation of RGDpec hydrogels as a function of pectin concentration (1.5 wt% or 2.5 wt%) after
one week of subcutaneous implantation. (A) Representative photographs of the retrieved tissue samples. The area
delimited by the dashed-line identifies the region where the 2.5 wt% RGDpec hydrogel can be observed with the
naked eye. (B) Representative images of Safranin-O/Light-green-stained tissue sections. The pictures on the rightside (scale bars: 100 μm) are magnifications of the areas delimited by a straight black line on the pictures at a lower
magnification (scale bars: 1 mm) (orange: pectin, also identified with *; green: host tissue; purple/black: nuclei).

4. DISCUSSION
Biopolymers are usually “low-cost” sources of biomaterials, and present a number of other
advantages for biomedical applications, as previously described. However, when extracted,
they often possess contaminants that must be removed for further use inside the human body.
Thus, and prior to any study, the raw Classic CU 701 pectin (Herbstreith & Fox) was purified
adapting the protocol described by Bender et al.31 Many methodologies have been described
for the purification of biopolymers31,39-41 for biomedical applications, which focused on the
removal of foreign proteins, polyphenols and endotoxins. Nevertheless, most of those
methodologies are not suitable for pectin purification mainly due to the pH and temperature
shifts involved, which would lead to pectin depolymerization. This can occur by acid hydrolysis
or β-elimination, depending on the DM and pH of pectin. In this work, the purification was
performed at RT and pH 6. Under these conditions, pectins are stable in solution42,43. This is
in accordance with the SEC analysis performed, from which it could be concluded that
the Mw of PURpec is not different from the Mw of RAWpec. The value determined for the Mw of
RAWpec by SEC is in agreement with the values previously reported in the literature44,45 for
the same Herbstreith & Fox Classic CU701 pectin (with similar GalA unit content and DM),
despite belonging to different batches.
The use of detergents for the removal of endotoxins and chloroform/n-butanol extraction
methodology for the removal of foreign proteins has also been reported for biopolymers
purification31,46,47. However, one of the objectives of this work was to establish a simple and
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cost-effective purification method for pectin, avoiding high amplitude pH/temperature shifts and
the use of organic solvents or detergents. Activated charcoal has been reported to successfully
adsorb different types of compounds, like phenolic compounds48 and endotoxins49. In
summary, by using activated charcoal, filter membranes, and ultracentrifugation at RT, the
level of all major contaminants decreased more than 50%, with the highlight being a decrease
of 96% in the endotoxin content, without altering the physico-chemical properties of pectin.
From the FTIR spectroscopic analysis, the pectin characteristic bands were present in both
RAWpec and PURpec spectra. However, the intensity of the signal of COO− bands in PURpec,
BLKpec and RGDpec spectra increased, which can be explained by the partial deprotonation
of carboxylic groups associated with pH increase during the purification procedure (pectin
pKa = 3.5)28. This is in accordance with studies concerning pectin extraction from raw biomass
under alkaline conditions. For example, Cárdenas et al.50 reported the appearance of bands
associated

with

symmetric

and

asymmetric

COO− stretching

vibrations,

centered

approximately at 1600-1650 and 1400-1450 cm−1, respectively. After purification, pectin was
successfully biofunctionalized with an RGD-containing peptide since it does not intrinsically
possess cell adhesive cues11. It was not possible to identify the amide groups of RGD in the
RGDpec FTIR spectroscopy spectrum as these were overlapped by the pectin bands: the
stretching of the carbonyl of the amide group was overlapped by the stretching of all other
carbonyls in the same regions, and the -NH stretching was masked by the strong absorption
of the -OH groups.
To our knowledge, the internal ionic gelation of pectin as an in situ gelling cell carrier system
for tissue engineering applications has never been explored using the CaCO3/GDL system.
Since the pre-requisites of pectin gelation conditions and kinetics used in the food or
pharmaceutical industry are different from those used in medical applications, this had to be
optimized. The goal was to develop pectin hydrogels that would (i) gel under physiological
conditions, (ii) within a clinically acceptable time-frame, adequate for an in situ gelling system.
This means that the pectin hydrogels should start to gel only after the injection of the mixture
of all the components (polymer, gelation agents, cells), although the stabilization of the
viscoelastic properties of the injected cell-loaded hydrogels can take longer. The first step was
to determine the optimal concentrations of CaCO3 and GDL. Studies of gelation kinetics were
performed with a fixed stoichiometric ratio between carboxyl groups and calcium ion
concentration (Equation 1, R = 1), varying the GDL concentration (Equation 2, RCa-GDL =
1/0.5/0.25). According to the gelation kinetics, it is relatively easy to modulate the speed at
which the pectin solutions gel, i.e., present a more “solid-like” state (δ < 10°). With any of the
three ratios tested, pectin hydrogels presenting a more “solid-like” state could be obtained
within only 30 min at 37°C, corroborating the versatility of this system. The combination chosen
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(R = 1, RCa-GDL = 1) for further studies was the one that allowed the slowest transition from the
“liquid-like” state to the more “solid-like” state, thus being more suitable for cell entrapment.
Pectin gelation studies were performed to first evaluate if the purification process influenced
the gelation and consequently the viscoelastic properties. From the obtained results, the
PURpec solutions attained a “solid-like” behavior more rapidly (1.5 wt% - 18 min; 2.5 wt% - 6
min) than the RAWpec solutions (1.5 wt% - 30 min; 2.5 wt% - 12 min). After 1h or 2h, the
PURpec solutions also presented higher shear moduli. This might be mainly due to the removal
of impurities during the purification procedure, which allowed better accessibility to COO− for
the Ca2+ in order to establish the “egg-box” zones. The presence of RGD did not influence the
gelation kinetics of pectin. Finally, the presence of the hMSCs did not affect the crossover time,
but had a slight impact on the viscoelastic properties of the hydrogels (e.g. when comparing
the shear moduli 1h after the gelation has been triggered). This might be due to the fact that
cells physically interfere with the crosslinking, affecting the establishment of “egg box” junction
zones between some polymer chains.
Concerning the cell behavior within hydrogels, a cell delivery system has to assure that cells
remain viable and metabolically active within the carrying matrix, to allow further interactions
with the host tissue. The present results showed that entrapped hMSCs were metabolically
active and viable throughout the culture time within all pectin hydrogels, regardless of their
structural differences (mesh size and viscoelasticity). However, major differences were found
in terms of cell morphology and behavior, as both the modifications in the pectin matrix
chemistry (the RGD-grafting) and their physical properties (1.5 wt% and 2.5 wt%) influenced
the behavior of hMSCs. Cell-RGDpec matrix interaction is mediated by integrins, a large family
of transmembrane, heterodimeric receptors that bind to specific amino acid sequences like the
RGD recognition motif, which is present in all major ECM proteins51. This interaction has been
extensively studied in the field and hMSCs respond differently in the presence of this
peptide52. Regardless of pectin concentration, remarkable differences could be observed in
terms of cell morphology, when comparing hMSCs embedded within the pectin matrices
functionalized and non-functionalized with RGD. Within the RGDpec matrices, hMSCs were
able to spread and establish contacts with each other, leading to the recreation of an
intercellular network or a microtissue. Moreover, they were able to migrate outwards the matrix,
populating the surface of the hydrogels and depositing endogenous ECM. The opposite could
be observed for the non-functionalized matrices, within which the hMSCs remained roundshaped throughout the 14 days culture period. This modification of pectin with RGD was only
reported by our group18,19, on which the spreading of MC3T3 cells was also observed within
RGD functionalized pectin microspheres, obtained by an external gelation mechanism using
CaCl2. Interestingly, cells were also capable of migrating out from the RGD-pectin
microspheres and establish a cellular network connecting adjacent microspheres.
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As both 1.5 wt% and 2.5 wt% RGD-modified matrices possess the same RGD density,
differences in the morphology of hMSCs within these matrices are probably associated with
the structural properties of hydrogels, namely their mesh size and viscoelasticity. The hMSCs
were able to more easily spread and establish cellular networks within the 1.5 wt% RGDpec
hydrogels as these are more compliant and provide more free space (larger mesh) than the
2.5 wt% matrices, facilitating that process.
After 7 days of culture, the stiffness of RGDpec matrices (shear moduli) was higher when
compared to the stiffness of BLKpec matrices. However, the stiffness of the 1.5 wt% RGDpec
hydrogels was even higher than that of the 2.5 wt% RGDpec matrices. This could be due to a
combination of different factors. As the 1.5 wt% RGDpec matrices are softer and the polymeric
network is less dense, they offer less resistance for cells to exert “tracking” forces to deform
the surrounding matrix, when compared to the 2.5 wt% RGDpec hydrogels, leading to the
matrix contraction observed with the naked-eye. In this way, cells were able to establish a
denser cellular network. A similar behavior was observed for fibroblasts embedded within
metalloproteinase (MMP)-sensitive poly(ethylene glycol) (PEG) gels with different dry mass
concentrations53. At the same time, the eventual deposition of endogenous ECM by the
hMSCs might have also contributed to these higher shear moduli values. This correlation
between softer matrices, denser cellular networks and concomitant higher endogenous ECM
content was previously reported for hMSCs embedded within alginate matrices54,55.
Depending on the application of a biomaterial, its degradation rate has to be well tuned. In
the case of pectin, previous in vitro tests indicated its potential degradability under simulated
physiological conditions19, especially in comparison with other polysaccharides most widely
studied for cell entrapment and encapsulation, such as alginate and chitosan. However, no
clear indication of pectin in vivo degradation is available in the literature, where only a few
preliminary studies can be found20,21. In the present work, it was intended to further clarify the
degradation behavior of pectin through subcutaneous implantation of RGDpec hydrogels of
1.5 wt% and 2.5 wt% in the dorsum of mice. These two concentrations of pectin, selected due
to the previously explained results, confer different viscoelastic properties to the hydrogels.
Whether the polymer concentration can also affect the degradation rates of hydrogels without
the presence of the laden cells was also an important aspect to be explored. As expected, and
as previously reported for similar hydrogels7, a lower polymer content in the hydrogels leads
to a higher degradation rate. After 7 days of implantation, the 1.5 wt% hydrogels presented a
higher number of fragments, which were smaller and more spread throughout than the ones
of the 2.5 wt% hydrogels. For the latter, less and larger fragments could be observed, isolated
and surrounded by the host tissue. By only changing the concentration of the RGDpec
hydrogels, the degradation rate can be adjusted for a specific tissue and/or for the entrapment
of specific cells in the hydrogels, in terms of their demands regarding viscoelastic properties.
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As previously mentioned, only a few studies are available addressing the implantation of
pectin hydrogels in animal models20,21. Takei and co-workers subcutaneously injected nonpurified, enzymatically crosslinked SBP gels and reported that the implanted gels maintained
the initial volume at least for three weeks at the injection sites20. In a second study, the same
authors mixed SBP with gelatin in order to increase the degradability of the gels21 and reported
that, one week post-injection, the SBP/gelatin gels presented an advanced state of
degradation when compared to the SBP gels alone. Despite the interesting insights provided
by these studies, it is difficult to establish comparisons with the present work since the origin
of pectin, its processing (not purified), and the crosslinking methods are different. We also
believe that no direct comparisons should be made between different hydrogels, due to known
differences in chemistry, molecular weight, mass content, crosslinking mechanism, etc.
However, if we (roughly) compare our results with in vivo studies of ionically crosslinked
alginate hydrogels, which is the polysaccharide used in TERM applications most similar to
pectin, the extent of degradation of the 2.5 wt% RGDpec hydrogels after only one week of
subcutaneous implantation is similar to the degradation of 2 wt% oxidized alginate hydrogels
after six56 or four7 weeks of subcutaneous implantation. Although we consider that the fast
degradation rate is a relative property, as it is dependent on the aim of the study, it could be
interesting for an application in which fast cell proliferation and production of the extracellular
matrix are desired.
This study represents an initial assessment of the in vivo performance of RGDpec
hydrogels. Further studies are required to better elucidate the in vivo behavior of pectin.
However, the results of the present work clearly show how versatile pectin hydrogels can be,
and also how fast they can degrade without the need for extensive chemical modifications.

5. CONCLUSIONS
The use of in situ-forming pectin hydrogels as cell carriers for TERM strategies was
addressed for the first time in this work. Pectin was purified using a simple and cost-effective
method using activated charcoal that did not affect its physico-chemical properties. Pectin was
further successfully grafted with an RGD-containing peptide to promote cell-matrix adhesion.
The ionotropic gelation of pectin using the slow-gelling CaCO3/GDL system was optimized
within an adequate time-frame for in situ gelling systems. hMSCs embedded within the pectin
hydrogels were viable and metabolically active for at least 14 days of culture. Moreover, they
established intercellular networks within the RGD-modified pectin hydrogels, migrated
outwards the matrix, and produced endogenous ECM. From the preliminary in vivo study
performed, pectin hydrogels presented an advanced degradation state after only one week of
subcutaneous implantation. Along with other pharmaceutical and medical applications of
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pectin, the results from this study show the promising capabilities of pectin hydrogels to be
used as biomaterials for cell delivery in TERM applications.
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SUPPLEMENTARY INFORMATION

Figure S1. (A) UV spectra of the different 1 wt% BLKpec solutions mixed with known RGD quantities and the 1
wt% RGDpec solution and (B) the calibration curve obtained using the endpoint readings at 230 nm.

Figure S2. Gelation kinetics of PURpec solutions using different ratios between the calcium ions and D-glucono-δlactone (GDL) content (RCa-GDL values of 1, 0.5 and 0.25, Equation 2), keeping the R-value constant (R = 1, Equation
1). The bar graph summarizes the cross-over times (δ = 45⁰, G’ < G’’).
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Figure S3. Frequency and amplitude strain sweeps of the BLKpec and RGDpec hydrogels (at 1.5 wt% and 2.5
wt%) after stabilization in cell culture medium for 1h. The frequency sweeps were performed at a constant strain of
1% and the amplitude sweeps were performed at a constant frequency of 0.1 Hz.
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Figure S4. Gelation kinetics of the different pectin solutions, at two different final concentrations (1.5 wt% and 2.5
wt%). (A) RAWpec vs. PURpec, (B) BLKpec vs. RGDpec, and (C) BLKpec vs. RGDpec, with and without embedded
human mesenchymal stem/stromal cells (hMSCs) (at 8 x 106 cells/mL). Table (D) summarizes the main data from
the gelation kinetics studies.
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MESH SIZE OF PECTIN HYDROGELS
The mesh size (ξ) of pectin hydrogels (after being swollen in cell culture medium at 37⁰C), was calculated using
rheological data to obtain the molecular weight between crosslinks (Mc)S1. The following figure illustrates these two
parameters:

ADAPTED FROM: Zaidel et al. Biocatalysis and Agricultural Biotechnology, 2012, 1, 207-219 and Pourjavadi et al. Starch, 2009, 61, 173-187

Immediately after the ionic crosslinking, the pectin matrices were (1) incubated in cell culture medium for 24h at
37ºC to reach the swelling equilibriumS2, (2) weighed, (3) freeze-dried, and (4) weighed again. The swelling ratio
(qF) and polymer volume fraction (ν2) were calculated using the following equationsS3:
qF =

mass of the hydrogel after swelling
mass of the hydrogel after freeze-drying
ν2 =

1
q - 1 ρP
1+ F ρ
S

where ρP is the density of pectin (approximately 1.515 g/cm3
37ºC (0.99 g/ cm

3).

S4)

and ρS the density of the cell culture medium at

The Mc was calculated from the value of the shear modulus elastic component (G', Pa) of the

swollen hydrogels using the following equationS1:
MC =

cP R T
G'

where cp is the concentration of pectin in solution (1.5wt% = 15000 g/m3 or 2.5wt% = 25000 g/m3), R is the gas
constant (8.314 m3.Pa.mol-1.K-1), and T is the temperature at which the measurement was performed (310.2 K).
The mesh size (ξ) was then calculated asS1:
ξ = l ν2

-

1
3

2

Cn Mc
Mr

where Mr is the molecular weight of the monomeric galacturonic acid unit (194 g/molS5), l is the length of the
repeating unit (4.35Å

S5),

and Cn is the characteristic ratio (Cn = 0.021Mn + 17.95 calculated as for alginateS6,

considering the well-known analogies between the two polyuronides). For the studied hydrogels, the mesh size is
ξ1.5wt% ≈ 707 nm (±12.4) and ξ2.5wt% ≈ 380 nm (±0.6).
S1. Tokatlian T et al. Biomaterials (2014) 35:825-835

S4. Salbu L et al. AAPS PharmSciTech (2010) 11:18-26

S2. Ventura I et al. Carbohydr Polym (2013) 97:650-658

S5. Hourdet D et al. Carbohydr Polym (1991) 16:113-135

S3. Çaykara T et al. J Appl Polym Sci (2004) 91:2168-2175

S6. Chan AW et al. Biomaterials (2009) 30:6119-6129
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ABSTRACT
Additive manufactured 3D scaffolds with tailored surface topography constitute a clear
advantage in tissue regeneration strategies to steer cell behavior. 3D fibrous scaffolds of
poly(ethylene oxide terephthalate)/poly(butylene terephthalate) block copolymer presenting
different fiber surface features were successfully fabricated by AM combined with wetspinning, in a single step, without any post-processing. The optimization of the processing
parameters, mainly driven by different solvent/non-solvent combinations, led to four distinct
scaffold types, with average surface roughness values ranging from 0.071 ± 0.012 μm to 1.950
± 0.553 μm, average pore sizes in the x- and y-axis between 351.1 ± 33.6 μm and 396.1 ±
32.3 μm, in the z-axis between 36.5 ± 5.3 μm and 70.7 ± 8.8 μm, average fiber diameters
between 69.4 ± 6.1 μm and 99.0 ± 9.4 μm, and porosity values ranging from 60.2 ± 0.8% to
71.7 ± 2.6%. hMSCs cultured on these scaffolds adhered, proliferated, and produced
endogenous extracellular matrix. The effect of surface roughness and topography on hMSCs
differentiation was more evident for cells seeded at lower density, where the percentage of
cells in direct contact with the surface was higher compared to more densely seeded scaffolds.
Under osteoinductive conditions, lower surface roughness values (0.227 ± 0.035 μm) had a
synergistic effect on hMSCs behavior, while chondrogenesis was favored on rougher surfaces
(1.950 ± 0.553 μm).

1. INTRODUCTION
The core concept in tissue engineering is the combination of cells and/or biologically active
cues with a supporting structure, in order to obtain a functional construct that will aid the repair
or regeneration of the desired tissues1,2. These supporting structures can either be (i) scaffolds,
which are porous networks on which cells are laid, or (ii) hydrogel-like matrices, within which
cells are embedded. Besides their supportive role, these 3D structures might promote
important

cellular

activities

including

proliferation,

migration

and

differentiation1,2.

Consequently, the scaffolds and matrices material(s), as well as their structural properties, are
of outmost importance as they can directly influence cellular activities.
Scaffolds can be processed in order to instruct cell behavior through their physico-chemical
properties. Controlling cell activity by exploiting only the physical properties of the scaffolds
presents major benefits such as manufacturing costs and stability, compared to chemical
(bio)functionalization3. The latter usually requires more complex technological manipulation,
higher costs, a reduced shelf-life, and an increased associated regulatory load when products
are brought into clinic3. MSCs are currently one of the most promising cell types in the
regenerative medicine field mainly for their multi-lineage differentiation capacity under specific
culture conditions4. Several works suggest that MSCs may be guided to differentiate along a
specific lineage by substrate physical properties like surface topography and roughness5-10.
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However, most of these studies have been performed 2D substrates, while it is currently wellknown that cells behave differently when cultured in a 3D environment11. There are just a few
works reporting the impact of the surface physical cues of polymeric 3D scaffolds on MSCs
behavior3,12. Typically, the scaffolds used in these studies required several fabrication steps to
obtain the final structure with a defined surface topography.
AM techniques have been used to obtain scaffolds with well-defined geometries, starting
from computer-aided design models2,13. The concomitant development of biomaterials that can
be used with these techniques allowed the fast development of this field, enabling the
fabrication of scaffolds with tunable and reproducible properties1,2. Some of these AM
techniques consist on the 3D deposition of consecutive layers of biomaterials in a controlled
manner, in order to obtain a macroporous structure. The most common approach to obtain
these structures is FDM14,15, which consists on the extrusion of a molten polymer through a
nozzle, controlling the extruded polymer fiber deposition using a computer-aided
manufacturing system. However, there is a limited number of biomaterials that can be
processed by FDM due to the high temperatures needed to melt the material and the
consequent narrow processing window due to thermal degradation. An alternative way to
obtain biomaterial fibers is wet-spinning, a non-solvent induced phase separation (NIPS)
technique that allows the processing of several natural and synthetic polymers16-21, and the
incorporation of bioactive agents on the polymer fibers that are temperature sensitive but
stable in the solvents used22,23. Some of the initial wet-spinning studies aimed at the
manufacturing of TE scaffolds composed of randomly oriented fibers, manually deposited in a
non-solvent17, or by using a two-step method, in which the obtained fibers are later physically
bound together16. In order to precisely control the fiber deposition, recent studies proposed the
combination of AM with wet-spinning, also termed computer-aided wet-spinning

24,25,

to

accurately deposit biomaterial fibers layer-by-layer, thus achieving a good control over the
internal architecture and external shape19,20,26.
Although additive manufactured scaffolds have been extensively studied, the evaluation of
cell behavior and tissue built-up triggered by surface morphology in 3D is often ignored.
Surface characteristics normally influence initial cellular activities like adhesion to the
substrate, but, as referred, may also trigger further events like differentiation. Following the
recent reappraisal of biofabrication approaches for TERM27, the fabrication through AM of
smart scaffolds able to steer cell activity is considered a biofabrication strategy. In line with
this, here we propose a biofabrication single-step method to obtain 3D scaffolds of
poly(ethylene oxide terephthalate)/poly(butylene-terephthalate) (PEOT/PBT) with a defined
geometry by combining AM with wet-spinning. We show how the surface topography of the
resulting scaffolds can be modulated just by varying the NIPS parameters. We used
PEOT/PBT copolymer as this polyether-ester exhibit a wide range of physical properties like
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elasticity, toughness and strength, in combination with easy processability by changing the
monomer ratio28-31; moreover, its clinical applicability has been recently assessed in humans32.
The obtained 3D scaffolds were structurally characterized and in vitro studies were performed
using hMSCs.

2. MATERIALS AND METHODS
PEOT/PBT was provided by PolyVation B.V. (Groningen, The Netherlands). The
composition used in this study was 300PEOT55PBT45, following the aPEOTbPBTc
nomenclature, where a is the molecular weight (in g/mol) of the starting PEG blocks used in
the copolymerization, while b and c are the weight fractions of the PEOT and PBT blocks,
respectively. PEOT/PBT was dissolved overnight either using anhydrous chloroform (CHL,
Sigma-Aldrich) at RT or a mixture of CHL and dichloroethane (DCE, Sigma-Aldrich), in a 1:1
ratio at a temperature ≈ 35°C, to obtain homogeneous solutions. Solutions were placed into a
glass syringe fitted with a stainless steel blunt needle. Different needle sizes used in previous
AM/wet-spinning studies (G21, G22 or G23) were tested in order to allow further comparisons
(data not shown). This initial screening led to the selection of a smaller needle size - G27 (inner
diameter of 210 μm). A syringe pump (NE-1000, New Era Pump Systems Inc., USA) was used
to control the extrusion flow rate of the polymer solution (Figure 1A). A poly(tetrafluoroethylene)
(PTFE) tube was used to connect the syringe to a support structure placed on the plotter arm.
This support structure connected the tube to the needle. A container was filled with each nonsolvent isopropanol (ISOP, Sigma-Aldrich), ISOP in deionized water (ddH2O) (90 vol%), and
ethanol (EtOH, Sigma-Aldrich) in ddH2O (90 or 80 vol%) -, fixed to the fabrication platform, and
used as precipitation bath. The extrusion temperature was controlled using a heating pad
around the syringe and a heat control unit (Heater Kit, New Era Pump Systems Inc., USA). An
initial distance (Z0) was set between the needle tip and the bottom of the container. The layerby-layer fabrication of the scaffolds was performed using a 3D plotting machine (Envisiontec
GmbH, Germany) as previously described14,33. The lay-down design used in this study is
shown in Figure 1B, with a distance between fibers in each layer (dxy) of 500 μm, the angle
between fibers on each layer of 90°, and the distance between layers (dz) of 100 μm. The
combination of the needle motion in all axes allowed the fabrication of scaffolds layer-by-layer.
The processing conditions were optimized by varying the dz, the solution feed rate (F) and the
deposition velocity (vdep). Table 1 summarizes the parameters used for the processing of the
scaffolds.
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Figure 1. (A) Additive manufacturing wet-spinning technique and (B) the lay-down design used in this study to
obtain the 3D scaffolds.
Table 1. Additive manufacturing wet-spinning parameters used for the processing of the scaffolds.
Extrusion
Z0
temperature (mm)

F
vdep
(mL/h) (mm/min)

Designation

Solvent

Non-solvent

SA

CHL

EtOH (80 vol% in ddH2O)

RT

2.0

1.5

750

SB

CHL

EtOH (90 vol% in ddH2O)

RT

2.0

1.5

600

SC

CHL

ISOP

RT

2.0

1.5

600

SD

CHL/DCE (1:1)

ISOP (vol% in ddH2O)

35ºC

0.6

4.0

1200

CHL: anhydrous chloroform; DCE: dichloroethane; EtOH: ethanol; ISOP: isopropanol; ddH2O: deionized water; Z0:
initial distance from the needle tip to the bottom of the non-solvent container; F: feed rate; vdep: deposition velocity

After

the

plotting,

the

scaffolds

were

processed

similarly

to

what

previously

described19,20,22,26. They were transferred to a fresh coagulation bath to complete the exchange
between the solvent and the non-solvent. Then, the non-solvent excess was removed and the
scaffolds were left to dry under the fume hood for 48h. For all studies, scaffolds were cored
out from the manufactured rectangular prism-like structures with a 4 mm diameter biopsy
cylinder punch (Integra® Miltex®).

2.1. Characterization of the PEOT/PBT scaffolds
2.1.1. Scanning electron microscopy (SEM)
All samples were gold sputtered (Cressington) prior to being analyzed by scanning electron
microscopy (SEM, Philips XL 30 ESEM-FEG). Scaffolds from the in vitro studies (Section
2.2) were dehydrated in a series of ethanol solutions (50, 60, 70, 80, 90, 96 and 100 vol%
in water), treated with hexamethyldisiloxane, and dried overnight, before being sputtered.
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2.1.2. Geometrical characterization
The porosity (P) was experimentally determined by using the measured mass (m) and the
volume (V) of each scaffold14 (Equation (1)):

P % = 1-

m
× 100
Vρ

(Equation 1)

where ρ is the specific density of the PEOT/PBT block copolymer (1.2 g/cm3).
The porosity of 3D plotted scaffolds was also calculated adapting the theoretical approach
by Landers et al.34 (Supplementary Information), considering the fiber cross-sections as
ellipses (Equation (2)):

P % = 1-

π dM dm
Vscaffold
× 100
× 100 = 1 Vcube
4 dxy dz

(Equation 2)

where dM is the fiber major diameter, dm the fiber minor diameter, dxy the fiber spacing
and dz the layer thickness. These geometrical parameters were measured from the SEM
images using ImageJ software35 (30 dxy, 10 dz, 10 dM and 10 dm measurements in each of
four independent scaffolds of each type).

2.1.3. Fiber surface roughness measurements
A 3D laser scanning microscope (VK-9700, Keyence, Japan) was used to image and
measure the surface roughness of the scaffold fibers. A 100x objective was used to scan
the samples with a z-pitch of 0.01 μm. Roughness measurements were performed in three
scaffolds of each topography (one fiber per scaffold, six measurements per fiber). Data was
analyzed using the VK-Analyzer software (version 2.5.0.1, Keyence, Japan) and the
arithmetic average roughness (Ra) and root mean squared roughness (RRMS) were obtained.

2.2. In vitro studies
2.2.1. hMSCs culture
Bone marrow-derived hMSCs (Texas A&M HSC, Institute for Regenerative Medicine, TX,
USA) were expanded in proliferation medium (PM) before the seeding of the scaffolds. PM
consisted of basic medium (BM) containing α-minimum essential media (αMEM (Gibco®),
heat-inactivated fetal bovine serum (FBS, 10 vol%, Gibco®), L-glutamine (2 mM, Gibco®),
ascorbic acid (0.2 mM, Sigma), penicillin (100 U/mL, Gibco®), and streptomycin (100 μg/mL,
Gibco®), supplemented with basic fibroblast growth factor (bFGF, 1 ng/mL, Instruchemie,
the Netherlands). Cells were cultured at 37°C, in a humidified atmosphere with 5% CO2.
Medium was refreshed every 2 days.
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2.2.2. hMSCs culture on the 3D scaffolds
Prior to cell seeding, the scaffolds were sterilized using either 70 vol% ISOP or 70 vol%
EtOH (according to the non-solvent used during the wet-spinning process) for at least 30
min, washed three times with PBS, and then incubated in BM overnight. Cells were cultured
until 70%-75% confluence and were used before passage three in all experiments. hMSCs
were seeded on the scaffolds by placing a droplet of 10 μL per scaffold containing two
different cell quantities: 25 000 and 125 000 cells (from now referred to as low and high
seeding densities, respectively). hMSCs were allowed to adhere before adding 500 μL of
BM per well. After 48h in BM, the culture medium was switched to either osteoinductive
medium, composed of BM supplemented with dexamethasone (10−8 M, Sigma-Aldrich)
and β-glycerophosphate (0.01 M, Sigma-Aldrich), or chondroinductive medium, namely high
glucose DMEM (Gibco®) supplemented with insulin-transferrin-selenium (ITS, 1 vol%,
Gibco®), proline (0.35 mM, Sigma-Aldrich), sodium pyruvate (1 vol%, Sigma-Aldrich),
ascorbic acid 2-phosphate (0.20 mM, Sigma-Aldrich), penicillin (100 U/mL, Gibco®),
streptomycin (100 μg/mL, Gibco®), TGF-β3 (10 ng/mL, R&D Systems) and dexamethasone
(10−7 M, Sigma-Aldrich). A set of samples was cultured in BM as control. Medium was
changed every 2 days for up to 9 days of culture.

2.2.3. Determination of hMSCs metabolic activity
hMSCs metabolic activity was estimated using a resazurin-based assay (PrestoBlue®,
Molecular Probes). At the different time-points, culture medium was removed from the wells
and fresh medium with PrestoBlue® (10 vol%, Sigma-Aldrich) was added. Cell-loaded
scaffolds were incubated (37°C, 5% CO2) for 2h, after which 200 μL/well were transferred to
a black 96 well plate and the fluorescence was measured (λex ≈ 535 nm, λem ≈ 560 nm) using
a plate reader (Victor3, Perkin Elmer).

2.2.4. Biochemical analyses
For each time-point, cell culture media was removed from the samples, gently washed with
PBS, and stored at −80°C (without PBS) for at least 24h. After thawing, the samples were
incubated in a lysis buffer (consisting of 0.1 M KH2PO4, 0.1 M K2HPO4 and 0.1 vol% Triton
X-100, at pH 7.8) for 1h at RT. Using the resultant lysate, the following analyses were
performed.

(a) Measurement of alkaline phosphatase (ALP) activity
ALP activity was evaluated by a chemoluminescence assay (CDP-star® kit, Roche).
Briefly, 40 μL of CDP-Star reagent were added to 10 μL of the lysate. After 15 min of
incubation at RT in the dark, the chemoluminescence was measured with the previously
mentioned plate reader.
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(b) Total DNA quantification
The cell lysate was mixed (1:1 volume ratio) with a digestion buffer (Tris-EDTA buffer,
pH 7.6, containing proteinase K (1 mg/mL, Sigma-Aldrich), iodoacetamine (0.185
mg/mL, Sigma-Aldrich) and pepstatin A (0.01 mg/mL, Sigma-Aldrich)) and incubated for
16h at 56°C. The total DNA was quantified using the CyQuant® DNA assay (Molecular
Probes) following the manufacturer's instructions, measuring the fluorescence with the
previously mentioned plate reader (λex ≈ 480 nm, λem ≈ 520 nm), and using a DNA
standard curve.

(c) Glycosaminoglycans (GAGs) quantification
The GAGs amount was determined spectrophotometrically after the reaction of the
lysate with a dimethylmethylene blue dye solution (DMMB, Sigma-Aldrich, in a 9.5 mM
HCl solution containing 3.04 g/L of glycine and 2.37 g/L of NaCl, at pH 3)36. A microplate
spectrophotometer (MultiskanTM GO, Thermo Fisher) was used to determine the
absorbance at λ ≈ 525 nm. The amount of GAGs was calculated using a standard curve
of known concentrations of chondroitin sulfate (Sigma-Aldrich).

2.2.5. Gene expression analysis
The cell culture media was removed from the wells and the samples were carefully washed
two times with PBS. Samples were transferred to Eppendorf® tubes and TRIzol® (Invitrogen)
was added prior to preservation at −80°C for at least 24h. After thawing, 200 μL of CHL
(Sigma-Aldrich) were added to each sample and mixed by vigorously vortexing the tubes.
The TRizol®/CHL mixture was centrifuged at 12000 g for 20 min at 4°C. Afterwards, the
RNA-containing phase was transferred to new Eppendorf® tubes and mixed 1:1 with 70 vol%
EtOH. The mixture was then transferred to filter columns provided by the RNA isolation kit
(ISOLATE II RNA mini kit, Bioline) and the subsequent steps were performed according to
the manufacturer's instructions. RNA was eluted in 40 μL of RNAse-free water and its
concentration and purity were determined using a spectrophotometer (NanoDrop 1000,
Thermo Scientific). The complementary DNA (cDNA) was synthesized using iScript™ (BioRad) according to the manufacturer's protocol. Quantitative polymerase chain reaction
(qPCR) was performed using the obtained cDNA by using the iQ SYBR® Green Supermix
(Bio-Rad) and the primers listed in Table 2. PCR reactions were performed using CFX
Connect™ Real-Time System (Bio-Rad) and analyzed with Bio-Rad iQ5 optical system
software. The obtained CT values were normalized for the ones of the housekeeping gene
(B2M).
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Table 2. Primers used in the study.
Gene

Forward Primer

Reverse Primer

B2M

5'-ACAAAGTCACATGGTTCACA-3'

5'-GACTTGTCTTTCAGCAAGGA-3'

RUNX2

5'-TGGTTACTGTCATGGCGGGTA-3'

5'-TCTCAGATCGTTGAACCTTGCTA-3'

IBSP

5'-CCCCACCTTTTGGGAAAACCA-3'

5'-TCCCCGTTCTCACTTTCATAGAT-3'

SOX9

5'-TGGGCAAGCTCTGGAGACTTC-3'

5'-ATCCGGGTGGTCCTTCTTGTG-3'

COL2A1

5'-CGTCCAGATGACCTTCCTACG-3'

5'-TGAGCAGGGCCTTCTTGAG-3'

2.3. Statistical analyses
Statistical analyses were performed using GraphPad Prism software, using a nonparametric unpaired test (Mann-Whitney), with a 95% confidence interval. Statistically
significant differences are specified on the figure caption of the corresponding data.

3. RESULTS
3.1. Optimization of scaffolds processing
The scaffolds optimization process was divided in two main steps. The first one
corresponded to the wet-spinning of PEOT/PBT solutions, in which we aimed at testing
different PEOT/PBT solvent/non-solvent combinations to obtain continuous and uniform
polymer fibers with different surface topographies. The second step corresponded to the
optimization of the AM step, i.e. the controlled layer-by-layer deposition of the optimized fibers
in order to obtain consistent 3D structures and avoid the delamination of the fibers in the fiberto-fiber contact points (during the processing and after drying the structures), thus ensuring
that the scaffolds would have open pores in all axes. Different solvents/non-solvents of the
PEOT/PBT were tested (Tables S1 and S2, Supplementary Information), but the more
consistent fibers were obtained using CHL (alone or in combination with DCE) as solvent, and
ethanol, ISOP, or mixtures of these with ultrapure water as non-solvents. The optimal polymer
solution concentrations were 15 and 20 wt% (Table S2, Supplementary Information).
Figure 2 shows examples of the different surface topographies that could be obtained when
using different solvent/non-solvent combinations. These candidates were then tested for
consistent 3D layer-by-layer deposition using a 3D plotter (Figure 1A), by varying one AM
parameter at a time (e.g., the needle tip initial distance from the bottom of the non-solvent
container, Z0), while keeping all the other parameters constant (vdep, F, dxy, dz), including the
lay-down design (Figure 1B) (rectangular prism-like shape, with the same number of layers).
Despite the range of different surface topographies that could be obtained just by varying the
NIPS parameters (Figure 2), the combinations and fabrication parameters (Table S3,
Supplementary Information) that allowed a more homogeneous and consistent scaffold
fabrication (Figures 2A, 2B, 2E and 2H) are presented in Table 1, and were used for further
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studies. The four types of scaffolds (SA, SB, SC and SD) were named after the surface
roughness measurements, from the lowest to the highest Ra values.

Figure 2. Scanning electron microscopy (SEM) images of examples of surface topographies obtained using
different PEOT/PBT solvent/non-solvent combinations (specified on top of each).
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3.2. 3D scaffolds characterization
The geometrical properties of the scaffolds (dM, dm, dxy and dz) were measured from the
SEM images (Figure 3). These were used for the calculation of the scaffolds theoretical
porosity (Figure 4A, T values), which ranged from 69.4% to 84.3%. The porosity calculated
using the mass measurements ranged from 60.2% to 71.7% (Figure 4A, M values). The
distances dxy and dz were significantly different (p < 0.05) between scaffolds, except
between SC/SB and SC/SD (for dxy). When compared to the original design, and after drying, the
scaffolds had a shrinkage in the range of 21% - 30% in the xy plane and in the range of 29% 64% in the zz plane. It is possible to observe that the different scaffolds have similar
macrostructures, and that the major difference relies on the fibers surface topography. This
was characterized by laser scanning microscopy (Figure 4B), and four significantly different (p
< 0.05) surface roughness values could be obtained: 0.071 ± 0.012 μm (SA), 0.105 ± 0.016 μm
(SB), 0.227 ± 0.035 μm (SC), 1.950 ± 0.553 μm (SD). In general, no significantly different
roughness values were found between scaffolds of the same type (Figure S1A),
Supplementary Information). Besides the different surface roughness values, from the SEM
images it can be observed that the SD scaffolds have a surface topography quite different from
the other scaffold types.

Figure 3. Scanning electron microscopy (SEM) images of the scaffolds. The scaffolds' fibers major (dM) and minor
(dm) diameters and fiber spacing (dxy and dz) are identified on the cross-section of the scaffold type SC.
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Figure 4. (A) Measurements of the scaffolds' fibers major (dM) and minor (dm) diameters, fiber spacing (dxy and dz)
from the scanning electron microscopy (SEM) images, and porosity, where T represents the theoretically calculated
value using Equation 2 (Landers et al.34), and M the value obtained from the measured mass and volume of the
scaffolds, calculated by Equation 1 (Moroni et al.14); the dotted line on each graph refers to the design model. (B)
Height maps of the fiber surfaces obtained by scanning laser microscopy and the corresponding arithmetic average
roughness (Ra) and root mean squared roughness (RRMS). The dxy and dz of the different topographies are
significantly different from each other with a p < 0.05 unless otherwise stated with 'ns' (not significant);
the Ra and RRMS measurements of all topographies are statistically different from each other with a p < 0.0001.

3.3. hMSCs activity on the 3D scaffolds
The hMSCs seeded on the scaffolds were able to adhere, as observed from the SEM images
(Figure 5) and from the DNA quantification (Figure 6A). Cell quantity was higher for the higher
cell seeding density. hMSCs also presented a similar morphology, although hMSCs on
the SC scaffolds presented a more spindle-like shape. Cells were metabolically active for all
seeding densities and scaffold types (Figure 6A), but metabolic activity levels were significantly
higher for cells seeded at the lower seeding density. Throughout the 9 days of culture (Figure
6B), cells proliferated differently when comparing the different cell seeding densities; for the
low seeding density, cell number increased in all scaffold types. For the high seeding density,
cell number remained essentially unaltered. Representative images of hMSCs colonization of
the scaffolds after 9 days of culture are presented on Figure 7. Only SEM images of the
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scaffolds seeded with a low density are presented, since for the high seeding density scaffolds
were fully covered after 9 days of culture and no differences could be visually observed.
hMSCs colonized the scaffolds mainly in a radial way under basic and osteoinductive
conditions, and had some tendency to aggregate under chondroinductive conditions. In
general, and after 9 days of culture, differences in ALP activity, GAGs production, and gene
expression (Figure 8) were more evident between scaffolds that were seeded with a low cell
density than with a high cell density. Among the scaffolds seeded with a lower cell density, the
hMSCs cultured under osteoinductive conditions presented a lower ALP activity, but higher
RUNX2 gene expression on the SC scaffolds. The IBSP gene expression was low but similar
between the scaffold types with surface roughness ≤ SC. Interestingly, it seemed that below a
threshold value of ≈ 0.227 μm, either gene expression or ALP activity was influenced by
surface roughness in synergy with osteoinductive media. The effect of surface topography on
hMSCs differentiation was more evident and clear for the culture under chondroinductive
conditions, where significantly higher GAGs production and expression of SOX9 and COL2A1
were observed on the roughest scaffolds.

Figure 5. (A) Morphology (by scanning electron microscopy) of human mesenchymal stem/stromal cells (hMSCs,
pseudo-colored orange) 24h after seeding on the different scaffold topographies.
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Figure 6. (A) DNA quantification and metabolic activity of human mesenchymal stem/stromal cells (hMSCs) 24h
after seeding on the different scaffold topographies; (B) DNA fold change of the hMSCs seeded on the different
scaffolds from 24h to day 9 of culture (the last 7 days under basic or differentiation conditions). Low and high refer
to the seeding densities (25 000 and 125 000 cells/scaffold, respectively). Statistically significant differences are
marked with * (p < 0.05), ** (p < 0.01) or *** (p < 0.001) when comparing different topographies seeded with the
same cell density and § (p < 0.05), §§ (p < 0.01), §§§ (p < 0.001) or §§§§ (p < 0.0001) when comparing the same
topography seeded with the two different cell densities.
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Figure 7. Scanning electron microscopy (SEM) images of the different scaffolds seeded with the low density of
human mesenchymal stem/stromal cells after a total of 9 days of culture (the last 7 days under basic or
differentiation conditions).
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Figure 8. Activity of the human mesenchymal stem/stromal cells (hMSCs) after a total of 9 days of culture (the last
7 days under basic or differentiation conditions), in the different scaffolds, initially seeded at different densities (25
000 and 125 000 cells/scaffold, referred to as low and high cell seeding density, respectively). (A) Alkalinephosphatase (ALP) activity and glycosaminoglycans (GAGs) content; (B) expression of osteogenic and
chondrogenic-related genes (normalized for the B2M gene expression) (n = 3-6). Statistically significant differences
are marked with * (p < 0.05), ** (p < 0.01) or *** (p < 0.001) when comparing different topographies seeded with the
same cell density and § (p < 0.05), §§ (p < 0.01) or §§§ (p< 0.001) when comparing the same topography seeded with
the two different cell densities.

4. DISCUSSION
The main aim of the current study was the optimization of a single step process based on
AM and wet-spinning to produce polymer fibers with a wide range of surface topographies and
roughness values. This process has been previously described for the manufacturing of linear
PCL26,

star

shaped

PCL

(sPCL)19,37

and

poly[(R)-3-hydroxybutyrate-co-(R)-3-

hydroxyhexanoate] (PHBHHx)20 scaffolds for bone tissue engineering. The same technique
was herein investigated for the fabrication of PEOT/PBT scaffolds with similar macrostructure,
but different fiber surface topographies, in just one processing step.
The first part of the study focused on the optimization of the extrusion process based on
NIPS, which led to a set of optimal parameters as previously described (Table 1). During this
process, a homogeneous (thermodynamically stable) polymer solution is transformed into a
polymer-rich phase (a high polymer concentration), and a polymer-poor phase (a high solvent
concentration) to minimize the Gibbs free energy of mixing of the system38,39. The
thermodynamic

interactions

between

polymer/solvent/non-solvent

and

the

concentration/phase changes that occur during phase inversion are often illustrated using the
ternary phase diagrams38,40. When this demixing occurs, polymer fibers with a specific surface
topography are obtained.
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Apart from fabricating PEOT/PBT scaffolds using the combination of AM with wet-spinning
for the first time, we intended to explore the capability of wet-spinning for the production of
polymer fibers with surface physical properties resultant from the process itself, without
recurring to any kind of post-processing, in a similar way as bioactive factors are incorporated
during the fabrication of wet-spun scaffolds19,22.37,41. Based on the nature of the NIPS technique
and the insight provided by previous works on polymer substrates or strands, where the
combination

of

parameters

dictates

the

final

fiber

surface

and

cross-sectional

morphologies19,42,43, we were able to obtain a set of PEOT/PBT polymer fibers with different
surface topographies. Some of the NIPS studies using other polymers like polystyrene-blockpoly(4-vinylpyridine)43, PCL26, sPCL19,37, PHBHHx20, PLLA42 or poly(vinylidene fluoride)44
report a porous cross-sectional morphology. Differently, the structures that we obtained did not
present an internal nor external porous morphology, but a dense internal structure with
different surface topographies. This compact internal structure was also previously reported
for fibers of cellulose45,46, SF47, SF/poly(vinyl alcohol) blends48 or polyacrylonitrile49. Although
not previously described specifically for PEOT/PBT, we hypothesize that the internal dense
structure resulted from the same phenomena described by Um et al.47. The cross-sectional
morphology of wet-spun fibers results from the combination of several parameters, where the
coagulation rate, which includes both the diffusion rate of the coagulant and the precipitation
strength of coagulation, is among the most important ones. Generally, a high rate of
coagulation leads to a porous cross-sectional morphology, while a slow rate yields a denser
structure47. It is well described in literature that structures with internal voids usually also
present porous surface morphologies19,20,26,37,42-44. However, little is known regarding fibers
obtained by NIPS displaying internal compact cross-section and, at the same time, surface
features similar to those that we have obtained. Park et al.50 described different morphological
features at the surface of for PLLA/Pluronic blend films obtained by a NIPS technique, and we
hypothesize that the main factor leading to the surface features that we observed in our fibers
results from the same phenomenon, mainly driven by the polymer used and the solvent/nonsolvent exchange.
The wider initial set of solvent/non-solvent combinations was narrowed down to the four
presented in Table 1, as they allowed the most homogeneous, consistent, and reproducible
scaffolds fabrication. The processing window of the optimized conditions was also exquisitely
defined (Tables S1-S3, Supplementary Information). For example, keeping all other
parameters constant, a decrease of 20% on the fiber deposition speed (vdep) or increasing the
feed rate (F) for 25% led to collapsed pores in the z-axis; a layer thickness (dz) higher than
100 μm led to the non-attachment of the fibers in the fiber-to-fiber contact points, or to the
detachment of the fibers from each other. In addition to the surface morphology, the AM wetspinning process also intrinsically influenced the dimensions of the polymer fibers formed. The
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shrinkage observed in all planes of the produced PEOT/PBT scaffolds was mainly caused by
the demixing process itself. When the polymer solution enters in contact with the non-solvent
and the precipitation process occurs, the solvent present in the polymer solution disperses into
the non-solvent. Moreover, during plotting, the drag forces in the interface between non-solvent
and the forming fiber induces stretching of the fiber before it contacts the previously deposited
layer. The combination of these factors led to polymer fibers thinner (average diameter: 69.4
± 6.1 - 99.0 ± 9.4 μm) than the nominal inner diameter of the needle used (210 μm). The
ellipsoidal shape of the fibers cross-section is also a consequence of the deposition process,
as the forming fiber is still partially liquid when it contacts the previously deposited layer.
However, this phenomenon promotes the fiber-to-fiber bonding: fibers would not attach to each
other if the ones being wet-spun were fully precipitated when contacting the previously
deposited ones.
Several studies report the development of PEOT/PBT porous structures as scaffolds for TE,
either by FDM14,51 or electrospinning52. However, this is the first study reporting the fabrication
of PEOT/PBT scaffolds by combining AM with wet-spinning. Here, 3D structures were
successfully manufactured with average fiber diameters in the scale range between FDM
scaffolds and electrospun matrices produced with the same polymer, and presenting slightly
lower porosity values. For example, the fiber diameter of the scaffolds in the current study
ranged from 69.4 ± 6.1 μm (SA) to 99.0 ± 9.4 μm (SD) (average of the dM and dm values of each
scaffold type), which is lower than the fiber diameter (170 ± 15 μm) reported for PEOT/PBT
FDM scaffolds processed with a needle with a similar inner nominal diameter (200 μm)14,51.
Electrospun fibers obtained from PEOT/PBT solutions52 with a polymer mass concentration
(20 and 18 wt% in CHL52) similar to the ones used in the current study present an average
diameter of 21.4 ± 6 μm and 10 ± 8 μm, which is lower than what we have obtained in the
current work. When comparing the morphological characteristics of the scaffolds in the present
study with the few reports of additive manufactured wet-spun scaffolds, we could observe a
closer resemblance to the morphological features of PHBHHx20 scaffolds, which present
slightly lower fiber diameters (47 ± 5 - 76 ± 9 μm using needles with inner nominal diameter of
410 μm (G21)) and higher porosities (78.6% - 88.4%), than the PCL additive manufactured
wet-spun scaffolds, which present higher fiber diameters (189 ± 4 - 274 ± 8 μm19, 223 ±
29 μm37 and 202 ± 12 μm26 using needles with inner nominal diameter of 337 μm (G23)19,26
and 410 μm (G22)37), and lower porosities (20% - 60%). The two methodologies used to
calculate the porosity of the scaffolds in this work revealed distinct ranges. Porosities
calculated with Equation 1 are normally more representative of the real porosity as compared
to the theoretical approaches (Equation 2). The porosities of the scaffolds obtained in the
current work calculated with Equation 1 (60.2 ± 0.8% to 71.7 ± 2.6%) are slightly lower than
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reported porosities for PEOT/PBT FDM scaffolds14 or PEOT/PBT electrospun matrices52
(85.4% and 83.0%, respectively) calculated by the same method (Equation 1).
Overall, the combination of AM with wet-spinning preserves the typical advantages of the
FDM techniques comprising a customized 3D external shape, and controlled pore size and
geometry26. Moreover, the polymer fibers obtained by wet-spinning (using similar needle
gauges) are thinner than the ones fabricated by FDM. Consequently, when comparing the
same macrostructure volume, the AM wet-spun scaffolds usually present a higher porosity,
which offers advantages like an increase on the degradation rate, increase of the mass transfer
associated with chemical release, and increase in activity of seeded cells19,26,53. Wet-spinning
may also allow to load the scaffolds with bioactive agents that have good stability in the
solvents used, but that are sensitive to the high temperatures employed by FDM22,23. Despite
these advantages, wet-spinning still presents a few challenges to be solved. For example,
when compared to 3D fibrous structures obtained by electrospinning, the additive
manufactured wet-spun scaffolds present a larger pore size and fiber diameter. This results,
in one hand, in better cell infiltration but, on the other hand, in less cell-material interactions.
Moreover, wet-spinning requires the dissolution of the polymer and relies on the potential need
of post-processing to eliminate the residual solvents, the wet-spun structures present lower
mechanical performance when compared to the FDM scaffolds, and usually there are
morphological differences between the designed virtual model and the final structure26. The
geometry and the surface roughness of the scaffolds obtained by AM wet-spinning may be
better controlled after a thorough study of all the possible combinations of the several
parameters involved. As an example, the scaffolds geometry is strongly dependent on the
polymer fibers' final morphology; in turn, the fibers' morphology is dependent on the plotting
procedure and on the drying of the fibers. Their diameter can be controlled by changing the
needle diameter, but a robust study must be performed in order to establish correlations
between the needle internal diameter and the fiber shrinkage for each possible combination of
parameters.
The use of physical cues to instruct cellular behavior has been raising considerable attention
due to the advantages that it represents when compared to the use of (bio)chemical stimuli
alone3, as previously discussed. The great majority of related studies with hMSCs have been
performed in 2D substrates5-10, where a specific surface feature can be easily obtained, when
compared to the fabrication of porous 3D constructs with a tailored surface topography3,12. We
successfully fabricated 3D PEOT/PBT scaffolds with different fibers roughness values (≈ 0.07
to 1.95 μm) in one single step, and performed a preliminary assessment of the impact of
surface roughness on hMSCs activity. In general, cells were able to proliferate, produce
endogenous ECM, and differentiate in the developed 3D PEOT/PBT scaffolds, although
significant differences were observed when low or high seeding densities were used.
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Regarding cell proliferation, the higher proliferation rates observed for the lower cell density
were most likely related to the higher amount of space that these cells had available to colonize
the scaffold, as compared to the higher cell seeding density, which may have rapidly led to cell
contact-inhibition.
Our focus was to obtain 3D fibrous scaffolds with different surface roughness values, which
is mainly dictated by the solvent/non-solvent combination. When this combination changes, all
other AM wet-spinning parameters have to be re-adjusted, which ultimately impacts the
structural and geometrical characteristics of the final structure. Although we have tried to keep
the scaffold pore network as similar as possible between scaffolds types, different geometrical
features could be observed, such as dz or fiber diameter. These might also have influenced
the cellular behavior, in terms of cell-to-cell contact and cell dimensionality, which have been
reported to influence hMSCs activity52,54,55. Cells colonized the scaffold pores predominantly in
a radial way, which is in accordance with previous studies on hMSCs space-filling growth in
3D porous scaffolds56. At a later stage, a slightly different behavior could be observed for the
chondroinductive culture conditions, namely some cell clustering57 within the scaffolds' pores
and on top of the fibers. However, as we did not assess the influence of each geometrical
characteristic individually, no direct correlations can be established between the cellular
behavior observed and the scaffolds' pore network.
Based on previous studies regarding the early impact of surface features in cellular
behavior5,8,58, and due to the fact that at later stages cells start to be embedded in their own
ECM, we have limited the in vitro studies to the referred nine days of culture. As recent studies
indicate10,59, the propensity for differentiation that hMSCs exhibit when exposed to physical
stimuli may cease if the exposure to the stimuli also ceases, and this might have also happened
in this study when hMSCs started being embedded within the endogenous ECM. Using the
high cell seeding density, chosen based on our previous data60, we observed that the scaffolds
got populated very quickly; hMSCs created a layer that partially covered the top fibers, and no
remarkable differences could be observed in terms of hMSCs activity between topographies.
Figure S2 (Supplementary Information) may help to illustrate this phenomenon, where it can
be observed that the ECM deposited on top of the fibers may mask or dilute the impact of the
surface topography on the cells. In light of this, the study with a lower cell density interestingly
unveiled the impact of surface roughness and/or topography on hMSCs behavior that was not
possible to observe on the scaffolds seeded with the high cell density. In fact, the percentage
of cells still in direct contact with the fibers surface, relatively to those embedded in the
endogenous ECM, was higher for the low cell density, thus implying a higher exposure to the
topographical stimuli.
Under osteoinductive culture conditions, hMSCs exhibited a distinctive behavior on surface
roughness values lower than SC, presenting a slightly different morphology and a shift on the
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temporal profile of ALP production and RUNX2 expression61, in comparison with the other
scaffold types. The different morphology adopted by the hMSCs on the SC scaffolds may have
been influenced by the topography. It is well described in the literature that the morphology
adopted by hMSCs when in contact with specific surface features influences their growth
and/or differentiation7,58,62,63. Cells contacted with different surface roughness profiles (Figure
S1B, Supplementary Information), which might have influenced the different way that hMSCs
attached to the surface of SC scaffolds, leading to a cytoskeleton re-organization that resulted
on the observed “spindle-like” shape and, consequently, on their different behavior.
Other studies analyzed the influence of 3D scaffolds surface roughness and topography on
the osteogenic differentiation of hMSCs3,12, although the use of different parameters makes it
difficult to establish a direct comparison with our study. The PCL FDM 3D scaffolds (5 mm
diameter; 2 mm height) with surface roughened fibers by solvent-etching reported by Kumar et
al.3 fall in the roughness range of our study (non-etched: Ra ≈ 0.21 μm; etched: Ra ≈ 1.06 μm).
Differently from what we found, the roughest etched scaffolds induced hMSCs osteogenic
differentiation, proven by calcified tissue and osteocalcin (OCN) secretion after 2 months (62
days) of culture. However, for earlier time-points (7 and 21 days), which are closer to the latest
time-point of our study (9 days), no differences on cellular activity could be observed between
scaffold types, even if they used a cell seeding density (5 000 cells/scaffold) lower than the
one used in our study. Mata et al.12 used 3D PDMS scaffolds and cultured the hMSCs up to 9
days on smooth and texturized surfaces (posts with 10 μm diameter and 10 μm height,
separated by 10 μm). While texturized 3D scaffolds presented higher ALP mRNA expression
by hMSCs, OCN mRNA expression was comparable for both types of scaffolds.
Regarding the culture under chondroinductive conditions, hMSCs seeded on the
roughest SD scaffolds were the ones that presented higher GAGs production and concomitant
higher mRNA expression of SOX9 and COL2A1. This might be partially related to the higher
spatial proximity of the hMSCs cultured in these scaffolds, promoted by both the lower porosity
and topographical features of the SD scaffolds.
The preliminary assessment of the impact of using different cell seeding densities on these
scaffolds indicates that this is a quite relevant parameter that should further be explored in
more detail. The range of surface roughness values obtained in this study (≈ 0.07 - 1.95 μm)
could be further expanded in future studies to better investigate their effect on cellular activity.
Our study supports that the physical cues presented on the surface of 3D scaffolds can play
an important role in hMSCs behavior, but strengthens the premise that a defined balance
needs to be established with all other parameters involved, like the cell seeding density, to
obtain a proper growth and maturation of a specific type of tissue. In this respect, future studies
should also aim at dissecting the net role of these interfacial properties when cellular
multilayers are formed during tissue maturation.
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5. CONCLUSIONS
This study presents the use of AM combined with wet-spinning for the fabrication of
PEOT/PBT scaffolds with a good control over scaffold macro- and micro-architecture.
Furthermore, we report that the methodology allows the production of 3D scaffolds whose
polymer fibers have a tailored surface topography resultant from the process itself, and thus in
a single-step without recurring to any kind of post-processing. The PEOT/PBT 3D scaffolds
presented a highly porous morphology, and polymer fiber dimensions that fell in the range
between FDM and electrospun porous structures. The in vitro assays performed using hMSCs
showed that cells were able to adhere, proliferate and produce ECM in the developed
scaffolds. The impact of the surface roughness on the osteogenic and chondrogenic fatecommitment of hMSCs was also assessed, showing that these were able to differentiate in
both lineages, but the impact of surface topography was highly dependent on the initial cell
density. This suggests that, on this type of scaffolds, the fine-tuning of surface roughness,
topography, and cell seeding density is essential for guiding hMSCs differentiation along
specific lineages.
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SUPPLEMENTARY INFORMATION
Optimization of the Additive Manufacturing/Wet-Spinning Process
Table S1. Solvents tested to dissolve the PEOT/PBT block copolymer.
SOLVENT

OBSERVATIONS

CHLOROFORM

complete dissolution within 2h at room temperature; clear solution

DICHLOROETHANE

complete dissolution within 2h at 35°C; clear solution

DIOXANE

poor dissolution of the polymer; solution with an opaque appearance

N-METHYL-2-PYRROLIDONE

poor dissolution of the polymer; solution with an opaque appearance; low viscosity solution

TETRAHYDROFURANE

no polymer dissolution; pellets slowly swell

Chloroform and dichloroethane were the only solvents that allowed full dissolution of the polymer,
these were selected for the solvent/non-solvent combination trials.
Table S2. Wet-spinning parameters tested for the polymer fiber formation.
SOLVENT

NON-SOLVENT

WATER
AMOUNT IN
THE MIXTURE

ISOPROPANOL

CHLOROFORM
room temperature
(RT)

DICHLOROETHANE
(at RT, the solution is
too viscous to flow; it
should be heated up
to 40ºC)

ETHANOL

0, 5, 10, 15,
20, 25 and 30
vol%

 Fiber formation
 Increasing amounts of water in the non-solvent mixture
delayed the fiber formation
 No fiber is formed with water content higher than 30 vol%

METHANOL

 Fiber formation; immediately floats in the non-solvent
 Increasing amounts of water in the non-solvent mixture
delays the fiber formation
 No fiber is formed with water content higher than 30 vol%

ISOPROPANOL

 Fiber formation
 Increasing amounts of water in the non-solvent mixture
delayed the fiber formation
 No fiber is formed with water content higher than 30 vol%

ETHANOL

0, 5, 10, 15,
20, 25 and 30
vol%

METHANOL

MIXED SOLVENT
SOLUTION OF
CHLOROFORM AND
DICHLOROETHANE
(1:1, 1:2, 2:1)
(at RT, the solution is
too viscous to flow; it
should be heated up
to 35ºC)

OBSERVATIONS

ISOPROPANOL
0, 5, 10, 15,
20, 25 and 30
vol%
ETHANOL

 Fiber formation; immediately floats in the non-solvent
 Increasing amounts of water in the non-solvent mixture
delays the fiber formation and the formed fiber still floats
 No fiber is formed with water content higher than 30 vol%
 Fiber formation
 Increasing amounts of water in the non-solvent mixture
delayed the fiber formation
 No fiber is formed with water content higher than 30 vol%
 Fiber formation; immediately floats in the non-solvent
 Increasing amounts of water in the non-solvent mixture
delayed the fiber formation but the formed fiber still floats
 No fiber is formed with water content higher than 30 vol%

Most of the polymer fibers resultant from the combinations presented above had very similar surface
topographies (Figure 2). The optimization of the processing parameters for the layer-by-layer
manufacturing of scaffolds was based on i) the previous selection solvent/non-solvent combinations, ii)
noticeable differences between surface topographies and iii) ability to form consistent 3D porous
structures.
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Table S3. Additive manufacturing of the polymer fibers.

SOLVENT

NON-SOLVENT

SYRINGE
TEMPERATURE

POLYMER
CONCENTRATION
(wt%)

CHLOROFORM

ISOPROPANOL

25ºC, RT

10, 12.5, 15, 17.5,
20, 22

CHLOROFORM

ETHANOL (90
vol%) mixed with
ultrapure water

25ºC, RT

15, 20

CHLOROFORM

ETHANOL (80
vol%) mixed with
ultrapure water

CHLOROFORM/
DICHLOROETHANE
(1:1)

ISOPROPANOL
(90 vol%) mixed
with ultrapure
water

25ºC, RT

35ºC,
40ºC

15, 20

15, 20

F
(mL/h)
0.3,
0.4,
0.5,
0.6,
0.7
0.3,
0.4,
0.5.
0.6,
0.7
0.3,
0.4,
0.5.
0.6,
0.7
1,
2,
3,
4,
5

Z0
(mm)

vdep
(mm/min)

0.5,
1,
1.5,
2

480, 540,
600, 660,
780, 900,
1200

0.5,
1,
1.5,
2

600, 660,
780, 900,
1200

0.5,
1,
1.5,
2

600, 660,
780, 900,
1200

0.5,
0.6,
0.7,
0.8,
0.9,
1

600, 720,
840, 960,
1080, 1200

The feed rate (F) depends on the syringe pump configuration; these F values correspond to a set syringe internal diameter of
14.43 mm; Z0: initial distance from the needle tip and the bottom of the non-solvent container; vdep: plotter arm speed; RT: room
temperature
.

The AM/wet-spinning process involves several parameters that were investigated individually while all
others were fixed. The high number of combinations and values tested are summarized in the previous
table, but not all the combinations were tested. The optimal parameters that were further used are
presented in Table 1.
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Porosity Calculation Using the Theoretical Model
This calculation was based on Landers et al.a, for
which a cube model is used, made of simple fibers
without contact points in the layer. In this model, the
length is l, the strand diameter is d, the repeat length
in the layers is dxy, and the repeat length in the vertical
dimension is dz. The porosity depends on the scaffold
volume (Vscaffold) and the volume of the bulk cube
(Vcube). The scaffold volume is calculated by
multiplying the volume of each layer (Vlayer) by the number of layers in the vertical direction (nz). The
Vlayer is obtained from the volume of each fiber multiplied by the number of fibers in each layer (nxy).
l = nxy ∙ dxy = nz ∙ dz ⟹ nxy =

l
dxy

l
∙ π∙
dxy

d
2

Vlayer = nxy ∙ π ∙ r 2 ∙ l =

V scaffold = V layer ∙ nz = Vlayer ∙

& nz =
2

∙l=

l
dz

l2 ∙ d2 ∙ π
dxy ∙ 4

l
l2 ∙ d2 ∙ π l
l3 ∙ d2 ∙ π
=
∙
=
dz
dxy ∙ 4
dz dxy ∙ dz ∙ 4

Vcube = l3

P=1-

Vscaffold
=1Vcube

l3 ∙ d2 ∙ π
dxy ∙ dz ∙ 4
3

l

=1-

l3 ∙ d2 ∙ π
3

dxy ∙ dz ∙ 4 ∙ l

=1-

d2 ∙ π
dxy ∙ dz ∙ 4

In the current work, the cross-sections of the polymer filaments are more similar to an ellipse than to
a circle, and therefore they have a major and a minor diameter (dM and dm, respectively), which leads
to d2 = dM ∙ dm , and thus:
P(%) = 1 -

dM ∙ dm ∙ π
∙ 100
dxy ∙ dz ∙ 4

From the scanning electron microscopy (SEM) images, it was possible to obtain the average values
of dM, dm, dxy and dz of each scaffold type; for the theoretical model porosity, the needle internal
diameter (210 µm) was considered as the fiber diameter.
dM (µm)

dm (µm)

dxy (µm)

dz (µm)

POROSITY

theoretical
model

210

210

500

100

30.7%

SA

90.06

48.78

396.11

55.32

84.3%

SB

94.05

46.68

351.10

49.81

80.3%

SC

124.99

39.94

351.10

36.47

69.4%

SD

121.49

76.52

353.26

70.65

70.7%

average values from the SEM images

a

Landers R, et al. Fabrication of soft tissue engineering scaffolds by means of rapid prototyping techniques. Journal of Materials Science (2002)
37(15)
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Figure S1. (A) Fiber roughness measurements, representing six measurements per fiber, per each of three
scaffolds of each scaffold type (statistically significant differences are marked with * (p < 0.05); non-parametric
unpaired Mann-Whitney test, with a 95% confidence interval). (B) Representative roughness profiles of the four
different scaffold types over a 50 µm length.

Figure S2. Representative scanning electron microscopy (SEM) images of the tissue growth (pseudo-colored
orange) (A) within and (B) on top (with the corresponding (C) detail) of the scaffolds, after 15 days of culture
under basic media and seeded with the high cell density.
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ABSTRACT
Pre-vascularization stands as one possible solution towards improved in vivo integration of
skeletal TE 3D constructs, and promising outcomes have been obtained when using
endothelial and osteoprogenitor cells co-cultures. Recently, hybrid 3D structures combining
hydrogels and scaffolds or particles have been explored as means to improve the
(bio)functionality of the single components alone. Yet, the impact of the structural properties
of hybrid scaffolds as instructive agents for these co-cultures, along with the temporal addition
of cell types and factors, have been poorly studied. Here, hMSCs were co-cultured with human
hUVECs within hybrid scaffolds composed by RGD-modified pectin hydrogels reinforced with
wet-spun additive manufactured scaffolds of PEOT/PBT copolymer. Fibrous scaffolds
provided spatial guidance for both cell types and the hydrogel component acted as ECM-like
3D microenvironment, favoring the stabilization of intercellular networks. hUVECs alone or
combined with hMSCs were cultured for up to 28 days i) on the scaffolds, ii) within hydrogels,
or iii) within the hybrid system. Capillary-like structures could only be established when using
co-cultures and within hybrid structures. The initial seeding of hUVECs on scaffolds and the
later addition (7 days) of hMSCs embedded within hydrogels improved the robustness of
hUVECs networks, both in basal and osteoinductive media. ALP and von Kossa stains
suggested that hMSCs underwent osteogenesis in both culture conditions.

1. INTRODUCTION
One of the main challenges in the TERM field relies on the proper mimic of the cells native
microenvironment, by using scaffolds as native ECM analogs, to obtain functional neo-tissues.
Rationally designed scaffolds can fulfill the biophysical/chemical requirements for a given
tissue and their functionality can be validated in vitro, but these TE constructs may face
different host/tissue integration problems upon implantation in vivo. Among others, necrotic
tissue can develop in the inner parts of the construct due to the lack of proper vascularization1,2,
and the chances of this to happen increase as the TE construct size increases. Consequently,
the in vitro pre-vascularization of cellular constructs may facilitate their integration and
subsequent improved tissue regeneration1,2. Specifically in bone tissue engineering, prevascularization approaches showed to improve the outcome of strategies mimicking both
intramembranous3 and endochondral ossification4. These bone formation pathways involve
different types of cells at different stages of maturation, but angiogenesis is a common factor,
involving the crosstalk of ECs with various cell types5.
Hydrogels are one of the most used 3D structures in TERM applications6,7, as they can
closely mimic different features of the native ECM, such as high water content, permeability,
and tissue-like viscoelastic properties6,7. However, despite the growing development of
hydrogel-based systems in the field, there are still some features that hydrogels cannot
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efficiently mimic. For applications where high matrix strength and stiffness are required8, the
hydrogel properties can be easily tuned by increasing the polymer mass concentration and/or
the crosslinking density. However, tight networks impose significant physical constraints to
cells, and may also limit the diffusion of key molecules, negatively affecting cellular activity9-11.
Also, although hydrogels have been explored as supporting structure for the co-culture of ECs
with osteoprogenitor cells12,13, the mechanical properties of the resulting TE constructs are still
below the specific requirements for skeletal tissue engineering applications.
To overcome the referred drawbacks in terms of mechanical properties, the functionality of
hydrogels has been improved by combining them with other types of structures, creating hybrid
scaffolds. This has been accomplished by integrating porous/fibrous scaffolds or particles
within the hydrogel, or by creating IPNs/semi-IPNs14-23. The mechanical reinforcement
provided by these structures not only stabilizes the hydrogel structure, which is particularly
important for large tissue defects, but may also influence the cellular behavior, providing
mechanical stimuli and spatial guidance to cells14-22.
In this work, hybrid scaffolds composed of wet-spun additive manufactured scaffolds of
PEOT/PBT copolymer integrated within biofunctionalized pectin hydrogels have been explored
as supporting structures for the co-culture of hMSCs with hUVECs, towards bone tissue
engineering. One of the main aims of the study was the assessment the properties of the hybrid
scaffolds on the co-culture behavior, as compared to individual components, towards improved
TE constructs. This was performed by assessing both their ability to support the establishment
of a pre-vascular network and the osteogenic differentiation of hMSCs. Moreover, the
relevance of the temporal addition of the two cell types and their distribution/assembly on the
different components of the hybrid system was also evaluated.

2. MATERIALS AND METHODS
2.1. 3D Hybrid Scaffolds Preparation
2.1.1. 3D PEOT/PBT fibrous scaffolds
The 3D PEOT/PBT fibrous scaffolds were prepared as previously described by this group24,
by combining wet-spinning with AM, in order to deposit polymer filaments in a spatially
controlled way. PEOT/PBT was provided by PolyVation B.V. (Groningen, The Netherlands).
The composition used in this study was 300PEOT55PBT45, following the aPEOTbPBTc
nomenclature, where “a” is the molecular weight (in g/mol) of the starting PEG blocks used
in the copolymerization, while “b” and “c” are the weight fractions of the PEOT and PBT
blocks, respectively. PEOT/PBT was dissolved overnight at 20 wt% in CHL (Sigma-Aldrich)
at RT. The solution was placed into a glass syringe fitted with a stainless steel blunt needle
(G27, inner diameter of 210 μm). A syringe pump (NE-1000, New Era Pump Systems Inc.,
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USA) was used to control the extrusion flow rate of the polymer solution (1.5 mL/h). A PTFE
tube was used to connect the syringe to a support structure placed on the plotter arm. This
support structure connected the tube to the needle. A container was filled with ISOP (SigmaAldrich), fixed to the fabrication platform, and used as precipitation bath. An initial distance
of 2 mm was set between the needle tip and the bottom of the container. The layer-by-layer
fabrication of the scaffolds was performed using a 3D plotting machine (Envisiontec GmbH,
Germany) at 600 mm/min. The digital design used was the same as previously described24,
consisting of a 0-90º lay-down pattern, a distance between filaments centers of 500 µm, in
both x-axis and y-axis, and of 100 µm in the z-axis. Scaffolds (Ø 4 mm x 0.5 mm) were cored
out from the additive manufactured rectangular prism-like structures with a biopsy cylinder
punch (Integra® Miltex®). Prior to the in vitro studies, scaffolds were incubated in 70 vol%
ethanol for at least 30 min, washed three times with PBS, and then incubated overnight at
37ºC in a FN solution (10 µg/mL in PBS, Sigma-Aldrich)25.

2.1.2. Pectin hydrogels
Pectin was purified according to an optimized protocol from the one described in the
previous work by our group11. Briefly, a 1 wt% solution of LM citrus pectin (Classic CU 701,
DM of 37%, 86% of GalA units, kindly provided by Herbstreith & Fox, Neuenbürg, Germany)
was prepared in cell culture grade endotoxin-free water (HyCloneTM, GE Healthcare). After
the complete dissolution of the polymer, the pH of the solution was adjusted to 6 and
sequentially filtered using 0.80 µm, 0.45 µm, and 0.22 µm filter membranes (mixed cellulose
esters, Millipore). Activated charcoal (2 wt%, Norit SX Plus, Norit) was added to the solution,
and the suspension was stirred for 1h at RT. The suspension was then centrifuged twice at
120000 g for 1h. The supernatant was again filtered using 0.22 µm filter membranes,
lyophilized, and stored at -20°C. The purified pectin was further modified with the
oligopeptide sequence G4RGDSP (Genscript) by aqueous carbodiimide chemistry as
previously described11. Pectin hydrogels (1.5 wt%) were obtained by internal gelation via
ionic crosslinking using CaCO3/GDL-driven gelling mechanism11, and all pectin gels used in
this study had a final RGD concentration of 150 μM, in the range of previous studies by our
group10,11. From now on the hydrogels will be referred to simply as pectin hydrogels.

2.1.3. 3D hybrid scaffolds
3D hybrid scaffolds were obtained by sequentially (i) placing the scaffolds on a PTFE plate,
(ii) pipetting the cell-carrying pectin gel precursor solution over the scaffolds, and (iii) placing
a second PTFE plate over the hybrid structures (with a spacing of 0.5 μm provided by
spacers). The pectin gel precursor solutions were allowed to crosslink for 1h and then the
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3D cell-laden hybrid structures were transferred to 24 well-plates containing cell culture
media.

2.2. In vitro studies
2.2.1. hMSCs and hUVECs expansion
hMSCs (bone marrow-derived) were purchased from Lonza (PT-2501) and expanded in
MSCs growth media (MSCs-GM), consisting of αMEM (without nucleosides, with Glutamax,
Gibco®), supplemented with pen/strep (1 vol%, Gibco®) and FBS (10 vol%, MSC-qualified,
Gibco®). hUVECs were expanded in complete M199 (cM199) media, consisting of M199
media (Sigma-Aldrich) supplemented with FBS (10 vol%, Biowest), pen/strep (1 vol%), and
heparin sodium salt (0.1 mg/mL, Sigma-Aldrich). hMSCs and hUVECs culture media were
changed twice and thrice a week, respectively, and cells were maintained at 37°C under a
humidified atmosphere of 5 vol% CO2.

2.2.2. hMSCs and hUVECs culture on the 3D structures
Different cells and materials combinations were used in this study, with corresponding
different culture conditions. Cells between passages 5 - 7 were used. For the seeding of
hMSCs and/or hUVECs on the scaffolds, the cell number (2 x 104 cells/scaffold) was
adjusted for the hUVECs density based on a previous study by Santos et al.26. The cell
density (10 x 106 cells/mL) used for the embedding of cells within pectin hydrogels was in
the range of the densities used in previous studies by this group10,11,27,28. The co-culture ratio
(1:1) used for either the seeding or embedding of cells was based on previous studies on
the co-culture of hUVECs with hMSCs22,29-31. The cell-carrying 3D structures were cultured
using the media specified in Supplementary Table S1 (Supplementary Information). The coculture-carrying 3D structures were cultured in EGM-2 for 7 days and then in EGM-2:BM or
EGM-2:OM for 21 days.

2.2.3. Cell metabolic activity
Metabolic activity was estimated using a resazurin-based assay. At different time-points, the
culture medium was removed from the wells and fresh medium with resazurin (20 vol%,
Sigma) was added (400 µL/well). Samples were incubated (37ºC, 5 vol% CO2) for 2h, after
which 100 µL/well were transferred to a black 96 well plate and the fluorescence signal was
measured (λex ≈ 530 nm, λem ≈ 590 nm) using a micro-plate reader (Synergy MX, BioTek).

104

CHAPTER IV
3D Hydrogel/Additive Manufactured Hybrid Scaffolds

2.2.4. Immunostainings
The 3D cell-carrying structures were stained for F-ACTIN, CD31, VWF, COL I, collagen type
IV (COL IV), and DNA. Briefly, cell culture medium was removed and samples were washed
with Hank's Balanced Salt Solution (HBSS, Gibco®), fixed for 15 min in a PFA (Electron
Microscopy Sciences) solution (4 vol% in HBSS), and permeabilized with Triton X-100
(Sigma-Aldrich) (0.1 vol% in HBSS) for 10 min. Samples were then incubated for 1h in a
BSA (Sigma-Aldrich) solution (1 wt% in HBSS). The 3D structures were incubated overnight
at 4ºC in a humidified atmosphere with BSA (1 wt% in HBSS) containing the following
combinations of the primary antibodies: CD31/COL I and COL IV/VWF (mouse anti-human
CD31, 1:50, DAKO; rabbit anti-human COL I, 1:200, 600-401-103-0.1, Rockland
Immunochemicals, mouse anti-human COL IV, 1:100, DAKO, rabbit anti-human VWF,
1:200, DAKO). Then, samples were washed with HBSS and incubated with BSA 1 wt% (in
HBSS) for 1h at RT with the conjugated probe phalloidin/Alexa Fluor® 488 (1:100, Molecular
Probes®) for F-ACTIN staining, and with the secondary antibodies goat anti-mouse Alexa
Fluor® 594 and donkey anti-rabbit Alexa Fluor® 647 (1:100, Molecular Probes®). Samples
were subsequently washed with HBSS solution and DNA was counterstained with a solution
of DAPI (1.5 µg/ml) in anti-fading mounting medium (VECTASHIELD, Vector Laboratories)
immediately

before

confocal

microscope

visualization

(Leica

SP5AOBS,

Leica

Microsystems), using LCS software (Leica Microsystems). Representative scanned z-series
of the samples though at least 100 µm were projected onto a single plane and pseudocolored using ImageJ. Adobe Photoshop CS5® software was used for the image
adjustments, namely the correction of channels levels and brightness and contrast, and to
prepare the final figure panels.

2.2.5. Colorimetric Stains
Whole-mount stains of the 3D-cell carrying structures were performed to identify ALP activity
and phosphate nodules deposition. For both stains, cell culture media was removed and
samples were washed with HBSS (Gibco®) and fixed for 15 min in a PFA (Electron
Microscopy Sciences) solution (4 vol% in HBSS). ALP staining was performed by washing
the fixed samples twice with deionized water (ddH2O) and incubating them in a Fast Violet
B salt solution (0.25 mg/mL ddH2O, Sigma-Aldrich) containing 4 vol% of Naphthol AS-MX
phosphate alkaline solution (0.25 wt%, Sigma-Aldrich) for 45 min at RT, protected from light.
After incubation, samples were washed twice with dH2O. For the von Kossa (VK) stain, the
previously fixed samples were washed twice with dH2O and incubated with a silver nitrate
solution (2.5 wt% in ddH2O, Sigma-Aldrich) for 30 min under UV light at RT. Then, samples
were thoroughly washed with ddH2O and incubated for 2-3 min with a sodium thiosulfate
solution (5 wt% in ddH2O, Sigma-Aldrich), after which they were again rinsed with ddH2O.
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Samples were imaged using a stereo microscope (Olympus SZX10) coupled with a camera
(DP21 Olympus). For comparison of the stains intensity, all ALP and VK stained samples
were imaged with the same exposure time of 1/100 s and 1/25 s, respectively.

2.3. Statistical Analyses
Statistical analyses were performed using GraphPad Prism 5.0 software (version 5.0a),
using a non-parametric unpaired t test with Welch’s correction, with a 95% confidence
interval. Statistically significant differences are specified on the figure legend of the
corresponding data.

3. RESULTS
3.1. hUVECs morphology within the different 3D structures
The reinforcement of pectin hydrogels using PEOT/PBT fibrous scaffolds was assessed by
focusing on the outcome of cellular activity within the 3D structures. The ability of 3D hybrid
scaffolds to support the establishment of stable hUVECs assemblies was defined as a priority
since, upon implantation, a functional TE construct relies on the presence of a functional
vascular network able to supply nutrients to all cells within it. The morphology of hUVECs in
monoculture or co-cultured with hMSCs was analyzed within three distinct 3D structures for up
to 28 days: i) embedded within the pectin hydrogels, ii) seeded on the PEOT/PBT scaffolds, or
iii) embedded within the pectin hydrogels and loaded into the PEOT/PBT scaffolds (hybrid
system). From Figure 1, it can be observed that hUVECs alone were not able to assemble into
pre-vascular networks within any of the different 3D structures, even after 28 days of culture.
In the presence of hMSCs, hUVECs were able to form stable capillary-like structures only
within the 3D hybrid scaffolds.
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Figure 1. Schematics, culture conditions, and confocal microscopy images of human umbilical vein endothelial cells
(hUVECs) monoculture (top panel) or hUVECs/human mesenchymal stem/stromal cells (hMSCs) co-culture
(bottom panel) for a total of 28 days within pectin hydrogels, poly(ethylene oxide terephthalate)/poly(butylene
terephthalate scaffolds and the 3D hybrid structures (scale bars: 200 µm).
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3.2. hUVECs and hMSCs co-culture within 3D hybrid scaffolds
Based on the screening study performed (Figure 1), the potential of the 3D hybrid system to
support the establishment of a pre-vascular network was explored in more detail. Previous
studies regarding the effects of the temporal addition of biochemical factors and/or cells on coculture systems of hUVECs and hMSCs22,30 led to the selection of the three different groups
depicted on Figure 2.
Resazurin-based assay was performed in order to assess the metabolic activity of cells
(Figure 2). For Group 1, no significant differences were observed on the metabolic activity of
the cells throughout the culture time or between culture conditions, except for the significant
decrease from day 14 to day 21 under basal conditions. For both Group 2 and Group 3, there
was a significant increase on cells metabolic activity from day 1 to day 7, a significant decrease
from day 7 to day 14, and significant increases from day 14 to day 21 and day 14 to day 35
under basal conditions. Group 2 also presented a significant increase from day 21 to day 35.
No significant differences could be observed from day 14 to day 21 or to day 35 under
osteoinductive conditions. For Group 2, cells were significantly less metabolically active on the
3D structures cultured under osteoinductive conditions when compared to the basal conditions,
both at days 21 and 35. Group 3 did not show any significant differences between basal and
osteoinductive conditions at days 21 or 35.
Samples were imaged using confocal microscopy to analyze cellular activity and spatial
distribution within the different 3D structures. Regardless of the type of cells added first, it can
be observed (Figure 3A) that all three groups of 3D hybrid scaffolds were colonized by the
cells. After 28 days of co-culture, cells were well dispersed throughout the full thickness of the
hybrid structures, as depicted on the cross-section images (Figure 3A). The hMSCs had a
similar behavior within all hybrid structures in terms of network establishment and spatial
organization, with a tendency to form 3D networks on or in the vicinity of the scaffold fibers.
hUVECs presented a different behavior throughout culture time and between 3D hybrid
structures (Figure 3B). After 7 days of co-culture, alignment and assembly of the hUVECs
could be observed in all groups of hybrid scaffolds, mainly around the scaffolds fibers.
However, throughout culture time, these hUVECs networks evolved differently. In Group 1,
hUVECs were able to assemble at the beginning of the co-culture, but after 28 days only few
short networks could be observed, along with scattered CD31 signal. Regarding Group 2, it
could be qualitatively observed that assemblies of hUVECs formed since the earliest timepoint and increased in length and quantity along the time. The temporal behavior of hUVECs
on Group 3 was similar to the one on Group 1, but with even fewer assemblies formed and
maintained throughout the culture time. In general, no major differences regarding hUVECs
assemblies and networks formation could be observed when comparing basal (Figures 3A and
3B) to osteoinductive (Figures 4A and 4B) conditions, within the same experimental group.
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Figure 2. Schematics, culture conditions, and metabolic activity of human umbilical vein endothelial cells/human
mesenchymal stem/stromal cells (hUVECs/hMSCs) co-culture (bottom panel) for a total of 28 days within 3D hybrid
structures. On Group 1, the co-culture was embedded within the pectin hydrogels and added to the poly(ethylene
oxide terephthalate)/poly(butylene terephthalate (PEOT/PBT) scaffolds; on Group 2, hUVECs were first seeded on
the PEOT/PBT scaffolds and one week later hMSCs were embedded within the pectin hydrogel and added to the
hUVECs seeded scaffolds; on Group 3, hMSCs were first seeded on the PEOT/PBT scaffolds and one week later
hUVECs were embedded within the pectin hydrogel and added to the hMSCs seeded scaffolds. The co-cultures
were cultured for a week in EGM-2 medium and for three weeks in EGM-2:BM (1:1) or EGM-2:OM (1:1) media. The
different media used are specified on Supplementary Table S1 (Supplementary Information). Statistically significant
differences are identified with * (p < 0.05), ** (p < 0.01) or *** (p < 0.001).

Cells were also able to produce ECM, as shown by the COL I staining distributed throughout
the pores of the 3D scaffolds (Figures 3C, 4C, and 5) in all experimental groups and conditions.
This ECM deposition was more concentrated around the scaffold fibers. Figure 5 highlights the
deposition of COL IV in the periphery the hUVECs assemblies (identified by the VWF and
CD31 immunostainings), after 28 days of co-culture. The production and deposition of COL IV
nearby aligned hUVECs was present in all the three groups, although more well-defined on
Group 2. hUVECs tended to assemble closer to the scaffolds fibers, aligning in their direction
and/or forming circular structures in the pores of the scaffolds. The COL IV staining was more
diffuse on Group 1 and Group 3, where also the VWF and CD31 immmunostainings depicted
a more scattered hUVECs alignment and assembly.
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Figure 3. Confocal microscopy images of the three human umbilical vein endothelial cells/human mesenchymal
stem/stromal cells (hUVECs/hMSCs) co-culture experimental groups within the 3D hybrid scaffolds at 7, 14, and 28
days of co-culture. The first 7 days correspond to culture in EGM-2 medium and the following 21 days weeks in
EGM-2:BM medium. The different media used are specified on Supplementary Table S1 (Supplementary
Information). Panel A shows the pseudo-coloring of DNA (blue), F-ACTIN (green) and CD31 (red). For a clearer
analysis of the hUVECs morphology and the COL I production and deposition, panel B shows only the CD31
staining and panel C the COL I staining (scale bars: 200 µm).
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Figure 3. (continued).
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Figure 3. (continued).
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Figure 4. Confocal microscopy images of the three human umbilical vein endothelial cells/human mesenchymal
stem/stromal cells (hUVECs/hMSCs) co-culture experimental groups within the 3D hybrid scaffolds, for 14 and 28
days of culture (7 and 21 days of culture under osteoinductive conditions). Panel A shows the pseudocoloring of
DNA (blue), F-ACTIN (green) and CD31 (red). For a clearer analysis of the hUVECs morphology and the ECMassociated protein production and deposition, panel B shows only the CD31 staining and panel C only the COL I
staining (scale bars: 200 µm).
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Figure 4. (continued).
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Figure 4. (continued).
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Figure 5. Confocal microscope images of the three human umbilical vein endothelial cells/human mesenchymal
stem/stromal cells (hUVECs/hMSCs) co-culture experimental groups within the 3D hybrid scaffolds at 28 days of
co-culture (21 days under basal or osteoinductive conditions). On each of the panels (A, B, and C corresponding to
Group 1, Group 2 and Group 3, respectively), the columns on the left show the pseudo-coloring of DNA (blue), COL
IV (green) and VWF (red), and the columns on the right the pseudo-coloring of DNA (blue), COL I (green) and CD31
(red). For a clearer analysis of the hUVECs morphology and the ECM-associated proteins production and
deposition, the second row shows individual VWF and CD31 pseudo-coloring, and the third row individual COL IV
and COL I pseudo-coloring (scale bars: 200 µm).
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Figure 5. (continued).
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Figure 5. (continued).
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3.3. Preliminary assessment of hMSCs osteogenic differentiation
The osteogenic differentiation of hMSCs was assessed in terms of ALP activity by
colorimetric staining (Figure 6) and phosphate-rich aggregates deposition (mineralization) by
VK staining (Figure 7). After 14 days of co-culture (7 days of osteoinduction), ALP activity was
similar between culture conditions in all the three groups (Figure 6A). However, after 28 days
of co-culture (21 days of osteoinduction), a more intense ALP staining could be observed
(Figure 6B) on the 3D structures cultured under osteoinductive conditions, more noticeable on
the structures from Group 2 and Group 3. The intensity of the VK staining (Figure 7) increased
in all experimental groups from day 14 (Figure 7A) till day 28 (Figure 7B) of co-culture. At day
28 of co-culture, the intensity of the stain was lighter and more homogenous throughout the
3D hybrid scaffolds on groups cultured under basal conditions. Under osteoinductive
conditions, the center of the pores of the structures from Group 1 presented spherical darkbrown aggregates, the Group 2 presented more intense dark-brown fibrillary aggregates, and
on Group 3 no main visual differences could be found between the basal and osteoinductive
conditions.
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Figure 6. Macroscopic images of the three human umbilical vein endothelial cells/human mesenchymal
stem/stromal cells (hUVECs/hMSCs) co-culture experimental groups within the 3D hybrid scaffolds at 14 (panel A)
and 28 (panel B) days of culture (7 and 21 days of culture under basal and osteoinductive conditions, respectively)
stained for alkaline phosphatase activity detection (identified by the red stain) (scale bars: 1 mm and 200 µm for
the magnified regions).
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Figure 6. (continued).
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Figure 7. Macroscopic images of the three human umbilical vein endothelial cells/human mesenchymal
stem/stromal cells (hUVECs/hMSCs) co-culture experimental groups within the 3D hybrid scaffolds at 14 (panel A)
and 28 (panel B) days of culture (7 and 21 days of culture under basal and osteoinductive conditions, respectively)
stained with von Kossa for phosphate nodules deposition (identified by dark brown/black aggregates) (scale bars:
1 mm and 200 µm for the magnified regions).
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Figure 7. (continued).
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4. DISCUSSION
The establishment of a pre-vascular bed is a logical consideration on the design of
vascularized tissues engineering, in an attempt to recapitulate natural events involved in tissue
regeneration and repair1. Also, while the diffusion of nutrients into 3D scaffolds may be
facilitated in vitro, the viability of TE constructs upon implantation heavily relies on the rapid
establishment of a vascular network to efficiently nourish the cells throughout the scaffold. In
the bone tissue engineering field, the co-culture of ECs with osteoprogenitor cells has been
explored as a robust approach to obtain pre-vascularized skeletal TE constructs32-36 that
present improved outcomes in vivo. In such approaches, the ability of ECs to assemble into
stable vascular-like networks in vitro is a key step.
The behavior of the hUVECs/hMSCs co-culture used in this study was previously evaluated
within RGD-modified pectin hydrogels, using a range of polymer mass concentrations (1, 1.5,
2 and 2.5 wt%). Due to the properties of the pectin hydrogels network and the size of hUVECs,
a significant amount of hUVECs were lost 72h after embedding of the co-culture in the 1, 1.5
and 2 wt% hydrogels (data not shown). The 2.5 wt% hydrogels were able to entrap the majority
of the embedded hUVECs. However, this affected the cellular behavior by spatially
constraining cell spreading and network establishment within the hydrogels, due to the denser
polymer network of the 2.5 wt% hydrogels and to the observed cell-driven contraction (Figure
S1, Supplementary Information). On the other hand, it was previously demonstrated by our
group that pectin hydrogels at lower polymer mass concentration (1.5 wt% RGD-modified)
support the establishment of interconnected hMSCs intercellular networks11. Though, for these
soft hydrogels to be potentially used in skeletal TE, the stiffness should be improved, preferably
by using different strategies other than the increase of polymer mass concentration. Ideally,
the referred cell-mediated hydrogel contraction and cell loss should also be minimized. In
alternative to hydrogels, solid 3D cell-supporting structures can be used, like PEOT/PBT
fibrous scaffolds, which showed to be able to support hMSCs proliferation and ECM
production24. However, one of the main drawbacks of the use of fibrous 3D scaffolds is their
associated low cell seeding efficiency (cell retention) when compared to hydrogels. Therefore,
the current work explored the structural reinforcement of pectin hydrogels with fibrous
scaffolds, by creating a 3D hybrid system, which would ideally improve the functionality of both
systems alone. The potential of this system was evaluated in two major fronts: its ability to
support the establishment of a pre-vascular network and also the production of specific ECM
components of skeletal tissue.
Therefore, the first part of the present work focused on the assessment of the establishment
of pre-vascular assemblies by hUVECs within the 3D structures (Figure 1). Firstly, hUVECs
alone and in co-culture with hMSCs were embedded within pectin hydrogels, seeded on
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PEOT/PBT scaffolds, or embedded within the 3D hybrid structures. After 28 days of culture,
hUVECs were only able to assemble and establish networks in the presence of hMSCs and
within the 3D hybrid structures (Figure 1). Consequently, the presence of the hMSCs seemed
to have been fundamental for the formation and stabilization of hUVECs assemblies, which
correlates with the described influence of bone marrow-derived MSCs (BM-MSCs) on the
formation of tubular-like structures by hUVECs13,30,37-41. For example, when in co-culture,
vascular endothelial growth factor (VEGF) production by BM-MSCs was upregulated and both
FLT1 and KDR were upregulated in the ECs39,40. The direct contact of BM-MSCs and hUVECs
has been shown to stimulate the secretion of soluble factors that eventually trigger the hUVECs
self-assembling into networks via the urokinase-type plasminogen activator42,43.
To date, there is just one study reporting the organization of hUVECs alone within a 3D
hybrid system of cell-carrying hydrogels reinforced by fibrous scaffolds. In that study, Shanjani
et al.44 showed that hUVECs were able to establish networks within collagen gels reinforced
with PCL/TCP fibrous scaffolds. Moreover, hUVECs were only able to establish intercellular
networks within the 3D hybrid scaffolds, but not within the cell-laden collagen gels. Direct
comparisons with the present study are difficult to make due to several distinct parameters
used, like the type of biomaterials or the cell-culture conditions. However, in the work of
Shanjani et al.44 the presence of the fibrous scaffold within the collagen gel seems to have
influenced the hUVECs spatial arrangement, as also observed in the present work with cocultured cells.
In this study, the structural characteristics of the supporting 3D structures clearly played a
key role, as co-cultured hUVECs were not able to establish pre-vascular structures within the
hydrogels or when seeded on the scaffolds (Figure 1). This suggests that the specific physical
microenvironment presented by the hybrid scaffolds synergized with the co-culture. The
presence of the scaffolds’ fibers might have created a stiffness gradient within the hydrogel,
which influenced the spatial arrangement of the two cell types. As observed (Figure 1), there
was a tendency for the cells to align in the direction of the scaffolds fibers and to migrate
towards them, even when embedded within the hydrogel. The physical presence of the fibers
within the hydrogel might have indirectly influenced the alignment of the cells through the stress
propagation throughout the hydrogel. This hypothesis is supported by previous studies where
cells responded differently to the stiffness of rigid substrates when cultured on top of a hydrogel
with different thicknesses in contact with that same substrate45.
The temporal addition of cells, biophysical and/or biochemical factors into 3D TE constructs
has been emerging as a successful strategy to improve the outcome of 3D constructs in the
TERM field30,46, which grounds on the temporal dynamics of tissue repair. In the specific case
of skeletal tissue, it is well-described that both natural bone reparative processes - ECO and
IMO - start in the proximity of a vascular network47,48. Following trauma, the disrupted vascular
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supply and consequent hypoxic conditions trigger a series of events. The released angiogenic
factors induce the formation of a new vascular network, and the inflammatory phase activates
the recruitment of different cell types to the site of injury, including MSCs. This is followed by
new bone tissue formation by ECO and IMO47,48. Thus, the next step was to assess if the prevascular network and tissue maturation could be improved by partially mimicking the
neogenesis of vascularized bone tissue. Three experimental conditions were tested: (i) coculture embedded within the hydrogels and loaded into the scaffolds (Group 1), (ii) hUVECs
seeded onto the scaffolds and, after 7 days, addition of hMSCs-loaded hydrogels (Group 2),
and (iii) hMSCs seeded onto the scaffolds and, after 7 days, addition of hUVECs-carrying
hydrogels (Group 3). The co-cultures were maintained for up to 28 days, being the last 21 days
under osteoinductive conditions in order to induce the osteogenic differentiation of hMSCs.
The experimental group that presented more robust pre-vascular networks was the one where
hUVECs were seeded first and hMSCs were added later (Group 2). The other experimental
groups also presented some hUVECs assemblies, and the differences observed might be
related to the previously referred natural sequence of events during osteogenesis. These
findings correlate with few previous studies in 3D structures30,49 and highlight the relevance of
specific sequential addition of cells in these strategies. For example, McFadden et al.49 cultured
hUVECs alone or together with hMSCs in different co-culture combinations, by adding the
hMSCs at different times to the scaffolds pre-seeded with hUVECs. The delayed addition of
hMSCs to pre-assembled hUVECs networks resulted in the best developed pre-vasculature.
Moreover, the co-culture group presented a significantly increased vascularization in vivo. In a
work by Correia et al.30, in vivo bone formation and vascular structure maturation were
assessed for different combinations of sequential addition of hUVECs/hMSCs co-culture to
scaffolds pre-seeded with hMSCs. The in vitro culture of the scaffolds with the co-culture from
the beginning was more successful compared to scaffolds where the co-culture was added
four weeks after seeding the scaffolds with hMSCs. Furthermore, they also observed that the
delayed addition of hMSCs to the groups where the co-culture was present since the beginning
was not critical for bone formation. They hypothesized that the hMSCs population kept the
ability to play their previously reported dual role13,32,33 - as pericytes in the beginning to aid the
stabilization of the hUVECs assemblies, and as osteoprogenitor cells to aid new-bone
formation at later stages. Also, the presence of osteoinductive factors did not hinder the
formation of pre-vascular networks.
In the present study, one of the main observations was that hUVECs assemblies were
already detectable at 7 days of co-culture (Figure 3). This is an important feature as the rate
at which the vascular networks establish within a newly formed tissue is one of the key
parameters for the success of their integration and consequent survival. This is advantageous
as the in vitro culture of these structures for such a short-period of time may boost their in vivo
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performance. Upon implantation, ECs are expected to be able to recruit host cells for further
stabilization and maturation of the pre-vascular network50, which should inosculate with the
host tissue. However, the established structures evolved differently, and this might also have
to do with the sequential addition of cells. Group 2 was able to establish and maintain prevascular structures within the construct up to 28 days of culture. However, the faint CD31
staining and corresponding scattered signal observed for Group 1 and Group 3 after 28 days
of culture (Figure 1) suggests regression of most of the hUVECs capillary-like assemblies. The
synchronized spatiotemporal release of factors by both cell types and their initial location within
the 3D hybrid system might have influenced these events. As discussed, the presence of mural
cells is essential to stabilize and prevent the structural regression of ECs assemblies13,30,37-41.
However, the moment at which both cell types enter in contact with each other also seemed
to have a key role on preventing the hUVECs structures to disassemble, which is in line with
the findings by McFadden et al.49
The role of hMSCs as osteoprogenitors within the system was also assessed, by using ALP
and VK stains to evaluate the hMSCs differentiation capability within the 3D hybrid systems.
ALP activity is indicative of the initiation of MSCs osteogenic differentiation, as it is one of its
early markers, although it cannot be considered lineage-specific51. On its turn, the production
and deposition of phosphate nodules, identified by the VK staining52,53, indicate the production
of specific bone ECM. Both stains (Figures 6 and 7) suggested that, besides supporting the
establishment of hUVECs assemblies, hMSCs were also able to differentiate along the
osteoblastic lineage in both basal and osteoinductive conditions. Furthermore, the expression
of ALP activity and ECM mineralization observed on the hybrid scaffolds cultured in the
absence of osteoinductive factors (basal conditions) corroborate the already reported influence
of the presence of hUVECs on the osteogenic fate commitment of BM-MSCs54-57. The stains
became more intense throughout culture time, especially for samples cultured under
osteoinductive conditions, which presented some macroscopically observable differences
between different groups. In particular, after 28 days the ALP stain was more pronounced for
Group 2, and the VK stained phosphate-rich nodules were more defined on Groups 1 and 2.
This suggests that the way cells were added to the hybrid system in Group 2 had an impact
on their behavior.
From the available literature, this is the first study reporting the in vitro establishment of prevascular networks by co-culturing hUVECs and hMSCs within a 3D hybrid structure that
combines a polysaccharide-based hydrogel and a synthetic polymer-based scaffold. The
biochemical functionality of this system heavily relies on the integrin-interactive cues provided
by the RGD-modified pectin hydrogels11, but the physical reinforcement of the hydrogel by the
fibrous scaffold clearly impacted the cellular behavior. Although the focus of this study was
bone tissue regeneration, the developed system can be further explored for the co-culture of
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ECs with other relevant cell-types towards the pre-vascularization of other tissues. Further
studies are needed to evaluate if these 3D structures are able to perform in a similar way when
up-scaled, if the pre-vascular networks can inosculate with the host vasculature, and if the TE
construct supports further maturation of bone tissue in an in vivo scenario. The co-culture of
hUVECs and hMSCs used in this study served the purpose of proving the functionality of the
proposed scaffold hybrid design. However, alternative cell sources might be needed for clinical
applications, particularly regarding hUVECs. The main disadvantages of their use relate with
their allogenic nature and lower proliferation rate when compared to endothelial progenitor
cells. Autologous ECs that are currently being explored include, for example, endothelial
colony-forming cells (ECFCs)58 and endothelial cells from adipose tissue (AT-ECs)58,59. ECFCs
can be isolated from human peripheral blood and are considered an endothelial precursor
population with long-term proliferative ability. Although AT-ECs are a mature cell population,
they can be more easily available than hUVECs.

5. CONCLUSIONS
The 3D hybrid system described in this work represents a simple strategy of combining
RGD-modified pectin hydrogels with PEOT/PBT fibrous scaffolds that support the co-culture
of hUVECs and hMSCs. The resulting data showed that the synergy between the co-culture
mimicking the temporal dynamics of vascularized tissues and structural reinforcement of the
hydrogel allowed the establishment and maintenance of a pre-vascular network for up to 28
days of co-culture, under both basal and osteoinductive conditions. Moreover, this system also
allowed the start of osteogenic differentiation of hMSCs, with bone-specific ECM production.
Further assessment of the ability of this in vitro pre-vascular structures to inosculate with the
host vascular network, to mature, be perfused, and support the formation of mineralized tissue
is needed to validate their potential as pre-vascularized bone TE constructs.
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SUPPLEMENTARY INFORMATION
Table S1. Different cell culture media used in this study.
DESIGNATION

MEDIA DESCRIPTION AND COMPOSITION

EGM-2

Endothelial growth media (Lonza) consisting of endothelial basal media (EBM-2, Lonza)
supplemented with endothelial growth supplements (SingleQuots kit, Lonza), namely recombinant
human fibroblast growth factor B, human recombinant vascular endothelial growth factor,
hydrocortisone, heparin, ascorbic acid, recombinant long R insulin-like growth factor, fetal bovine
serum (FBS), human recombinant epidermal growth factor, gentamicin sulfate, amphotericin-B.

MSCs-GM

α-minimum essential media (αMEM, without nucleosides, with Glutamax, Gibco®) supplemented
with penicillin/streptomycin (1 vol%, Gibco®) and 10% vol% FBS (MSC-qualified, Gibco®).

cM199

M199 media (Sigma-Aldrich) supplemented with fetal bovine serum (10 vol%, Biowest), pen/strep
(1 vol%), and heparin sodium salt (0.1 mg/mL, Sigma-Aldrich).

BM

Basal media, consisting of αMEM (without nucleosides, with Glutamax, Gibco®), pen/strep (1 vol%,
Gibco®), and FBS (10 vol%, Gibco®).

OM

Osteoinductive media, consisting of BM supplemented with dexamethasone (0.1 μM, SigmaAldrich), β-glycerophosphate disodium salt hydrate (0.01 M, Sigma-Aldrich), and L-acorbic acid 2phosphate trisodium salt (0.05 μM, Sigma-Aldrich).

BASAL
OSTEOINDUCTIVE

Co-culture basal media, consisting of a 1:1 ratio between EGM-2 and BM.
Co-culture osteoinductive media, consisting of a 1:1 ratio between EGM-2 and OM.

Figure S1. Macroscopic (upper lanes) and microscopic (middle and bottom lanes) observation of human
mesenchymal stromal/stem cells (hMSCs) and human umbilical vein endothelial cells (hUVECs) embedded within
2.5 wt% RGD-modified pectin hydrogels. hUVECs were internalized with CellTrackerTM Green (green) and hMSCs
internalized with CellTrackerTM Blue (blue), allowing cell types distinction and visualization in live cultures. The graph
represents the hMSCs, hUVECs and corresponding co-culture metabolic activity, after 1, 3 and 7 days of culture.
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General Considerations
Tissue engineering is a rapidly evolving field1. One of its main challenges is the ECM mimicry
to provide cells with an environment that more closely resembles the native tissues2-4.
Hydrogels are widely used as cell-carrying surrogate ECM for many applications. When
embedded within these matrices, cells are spatially confined by the highly hydrated hydrogel
network, closely mimicking the in vivo scenario of most tissues5. However, the random
hydrogel network alone lacks many tissue-like specificities that are essential to guide cells
towards the development of a functional engineered tissue. Like in many other problem-solving
fields, converging technologies can quite often aid the resolution of specific issues. As referred
in the Introduction (Chapter I), the reinforcement of hydrogels with other structures - 3D hybrid
systems - shows great potential in the TERM field6,7. This specifically imparts properties to
hydrogel-based systems that they cannot achieve alone without hampering their
biofunctionality, like mechanical, structural or electroactive properties.
Another main challenge in the TERM field is the creation of functional vascularized TE
constructs8,9. This is fundamental as, upon implantation, engineered tissues only survive if
perfused by a vascular network capable of exchanging gases, nutrients and metabolites8,9.
The implanted constructs can be invaded by the host vasculature, a phenomenon partially
triggered by signals secreted by the implanted cells in response to hypoxic conditions.
However, this process is relatively slow (tenths of micrometers per day10,11), and, while the
network is being created, insufficient vascularization of deeper parts of the construct may lead
to hypoxic events and nutrient deficiencies. Moreover, this vascular ingrowth into the inner
parts of the TE construct may lead to gradients of nutrients and oxygen distribution. In turn,
this can result in heterogeneous cellular activity and integration, thus hampering proper tissue
development, maturation, and function9,12. Among other strategies, the in vitro prevascularization of these constructs has been pointed out as a promising approach13 to
overcome this problem. This would accelerate the integration of the TE constructs into the host
tissue by inosculation of the created pre-vascular network with the native vasculature.
In this work, the reinforcement of biofunctionalized pectin hydrogels with fibrous 3D
scaffolds, and the co-culture of ECs with MSCs within the hybrid system were used as
combined strategies to improve the hydrogel structural properties and evaluate their potential
as pre-vascularized bone-precursor TE constructs. Throughout the developed work, many
questions were raised, and some topics remained to be addressed, which will be herein
discussed.
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The potential of pectin hydrogels as 3D cell carriers
Different materials have been used to obtain hydrogels as artificial ECMs, both from natural
and synthetic origins, as the extensively studied alginate14 and PEG15. However, there are
other polymers, like pectin, which have well described characteristics in other fields16-18, as for
example drug delivery or pharmaceutical applications, but are still poorly explored and ill
characterized for TERM applications. The hydrogel component used in the hybrid structure
could have been one of the previously well-described biomaterials, but promising data from
published works19,20, along with unpublished data from this group, propelled the challenge to
further explore pectin towards TERM applications. Thus, the starting point of this work was the
development of cell-carrying pectin hydrogels using internal ionic crosslinking (Chapter II).
Until now, there is no medical grade pectin commercially available, and the purification
protocol used in this work, adapted from the patent by Bender et al.21, significantly decreased
the amount of contaminants present. However, the level of impurities of the obtained purified
pectin was still high when compared to the specifications of ultrapure polysaccharides
commercially available, like alginate. More rounds of activated charcoal washes and
centrifugations were performed (unpublished data), but the level of some contaminants did not
significantly decrease. Therefore, further techniques should be tested to lower even more the
levels of contaminants present in raw pectin. These must take into account some particular
characteristics of pectin previously mentioned, like its depolymerization in solution at pH above
6. As an example, developed protocols for the purification of other polysaccharides like
alginate comprise steps that raise the polymer solution pH above 6, and thus cannot be used
to purify pectin22,23. The protocol by De Vos et al.22,24 based on chloroform/butanol extraction
was also tested (data not shown), yet with no success.
Pectin is believed to be inert in terms of integrin-mediated interaction with mammalian
cells25, like alginate, and thus it was biofunctionalized with an RGD-containing peptide. This
was performed via carbodiimide chemistry, following the protocol previously reported for
alginate and used by the group. However, the grafting efficiency of the different modifications
performed was always very low (below 20%), and therefore the reaction conditions should be
optimized. This could be achieved by adjusting the reaction conditions (temperature,
atmosphere), EDC/carboxyl groups and EDC/sulfo-NHS ratios, among other parameters. In
order to shape the biofunctionality of pectin hydrogels, other biochemical cues may eventually
be incorporated within the pectin network, like osteogenic or angiogenic peptides, and more
efficient chemistries could be tested by using “click”-reactions26, for example.
The main focus of this part of the work was the cell-interactive properties of the pectin
hydrogels. The interesting in vitro and in vivo obtained results strengthened the hypothesis
that pectin is a potential material for TERM applications. The lack of studies regarding pectin
hydrogels using internal ionotropic gelation makes it difficult to better evaluate the results
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presented in the current work. However, further exploration of pectin as a biomaterial must be
grounded in comparison with similar polymers, like alginate (Figure 1). RGD-modified pectin
hydrogels supported the establishment of hMSCs intercellular networks27, while RGD-modified
alginate hydrogels did not28. It was also observed in vitro (data not shown) that pectin hydrogels
have a faster and higher swelling rate than alginate when immersed in cell culture media. As
pectin possesses a ramified structure, while alginate is a linear polymer (Figure 1), its
ramifications may promote the formation of wider spaces between adjacent polymer chains
(higher hydrogel mesh pore sizes). Thus, the observed different cellular behavior and the
fragmentation observed in the in vivo study may relate to the different spatial arrangement of
the polymer chains within the hydrogel mesh. Cells were probably less constrained by the
swollen pectin networks and, in vivo, this may have speeded up the ionic exchange between
the calcium present at the “egg-boxes” and the body fluids. This could have consequently led
to a faster disintegration.

Figure 1. Schematics of the proposed structures of pectin and alginate. The exact chemical structure of pectin is
still under debate, and the representation here presented is based on Leclere et al.29, comprising five main regions:
homogalacturonan (HG), rhamnogalacturonan (RG I), rhamnogalacturonan (RG II), xylogalacturonan (XG), and
apiogalacturonan (AG).

In a preliminary in vivo comparative study (ongoing, Figure 2), pectin and alginate hydrogels
at the same polymer mass concentration and with similar molecular weight were
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subcutaneously implanted in mice using hydrogel-loaded high-throughput screening devices.
After two weeks (Figure 2), the differences in the degradation and/or fragmentation of the
hydrogels were markedly different. Further studies are also needed to evaluate if there are
specific degradation mechanisms underlying the observed pectin hydrogels disintegration, or
if it is only a consequence of the progressive loss of the ionic crosslinking junctions.

Figure 2. In vivo study performed by the subcutaneous implantation of pectin and alginate hydrogels loaded in highthroughput screening devices. Photographs of (i) a high-throughput screening device with empty wells, (ii) example
of a device with hydrogel-filled and empty wells during loading, and (iii) devices subcutaneously implanted in the
back of C57BL/6 mice. After two weeks of implantation, devices were retrieved. (iv) Representative histological
sections, stained with haematoxylin and eosin (HE) and safranin-O/light green (SO/LG) stains, of devices’ wells
loaded with pectin and alginate at the same polymer mass concentration and with similar molecular weights.

PEOT/PBT wet-spun fibrous scaffolds and the influence of topography in 3D
Pectin hydrogels have shown to support cellular activities, as previously mentioned.
However, and like other hydrogels, cell-mediated contraction compromises the retention of its
initial shape. Moreover, the viscoelastic properties of pectin hydrogels that allowed improved
biological activities are relatively weak for applications where load-bearing is required. One of
the strategies to overcome these drawbacks, as previously described, is to use reinforcing
structures like 3D additive manufactured scaffolds30 to create 3D hybrid structures. These
scaffolds could also present the additional advantage of having tailored surface properties,
ultimately influencing cell adhesion and activity.
Hence, the second part of this work (Chapter III) consisted on fabricating 3D fibrous scaffolds
with tailored surface topography and assessing its impact on hMSCs fate. This part of the work
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also allowed to address a topic in the field that has very few supporting literature - the impact
of surface topography on the cellular behavior in 3D scaffolds.
Previous knowledge in the group (unpublished data) suggested that wet-spinning, a NIPS
technique, could be used to produce polymer filaments of PEOT/PBT with specific surface
characteristics, without any type of post-processing. This results from the different
combinations of polymer solvent/non-solvent that can be used. The combination of wetspinning with the controlled layer-by-layer deposition of polymer filaments by AM led to the
fabrication of fibrous scaffolds with tailored surface topography. Although a wide range of
topographies can be obtained using wet-spinning, only a few can be plotted to build up fibrous
scaffolds, as the integrity of some polymer filaments is lost during plotting. This limits the variety
of 3D scaffolds that can be obtained. Moreover, due to the intrinsic characteristics of the
combination of techniques, there is also a limit in height of the constructs that can be built. This
may be overcome by increasing the viscosity of the non-solvent solution, in order to better
support the stacking of polymer filaments.
On the other hand, with this technique, molecules or particles can be integrated within the
filaments. This allows the incorporation of biochemical cues that can be released under certain
conditions, or the mechanical reinforcement of the polymer filaments. As a trial, β-TCP
nanoparticles were incorporated into the polymer solution and scaffolds with reinforced
filaments could be successfully fabricated (Figure 3). This is also useful for the physical
immobilization of components that are temperature sensitive, and that therefore cannot be
incorporated into scaffolds processed by temperature-dependent techniques, like meltextrusion. In the specific case of pectin hydrogels/PEOT/PBT hybrid constructs, the
incorporation of particles can be explored in the future to improve the interface-binding strength
between the hydrogel and the fibrous scaffold. This could be achieved, for example, by the
incorporation of particles containing divalent cations to strengthen the interaction between the
pectin hydrogel and the PEOT/PBT filaments.

Figure 3. Wet-spun/additive manufactured scaffolds of PEOT/PBT solution (20 wt%) containing 10 wt% TCP
nanoparticles. The processing parameters used were the same as for the scaffolds type SC in Chapter III.

The impact of the surface roughness of the different scaffolds on the hMSCs activity
contributed to the growing number of studies supporting the hypothesis that physical cues
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alone, in 3D, can influence cellular activity. However, it also emphasized that the seeding
density plays a key role in subsequent events, as when hMSCs start to produce and be
embedded within their own ECM, the effect of the surface properties may be diluted or masked.
Future studies in this field should include the optimization of the cell seeding parameters and
proliferation of cells in the scaffolds, so that correlations between these can be performed to
obtain proper growth and maturation of a specific tissue. Although a single design was tested
in this study, the cellular activity within the scaffolds is also influenced by the filaments
orientation, which can then synergize with surface properties.
3D hybrid pectin/PEOT/PBT scaffolds: pre-vascularized tissue engineered constructs
This thesis culminated with the combination of both supporting structures, by reinforcing the
pectin hydrogels with the PEOT/PBT fibrous scaffolds (Chapter IV). The co-culture of hUVECs
and hMSCs within the hybrid structures was used as proof of principle towards the formation
of endothelial cells assemblies within a TE construct. The fibrous scaffolds aided the
stabilization of the hydrogel structure throughout culture, avoiding cell-mediated contraction.
hMSCs were able to produce ECM in all experimental groups, but the establishment and
maintenance of the hUVECs assemblies could only be observed within the hybrid structures,
and when in co-culture with hMSCs. This strengthens the idea that the internal spatial guidance
that the fibrous scaffolds presented to cells within the hydrogels influences their activity31,32.
In an in vivo scenario, the presence of biochemical cues and cells during tissue development
is a dynamic process that follows specific temporal sequences. For example, in the specific
case of bone regeneration via intramembranous ossification33, there is a series of signaling
events that start with a pro-inflammatory environment following trauma. This promotes the
recruitment of specific cell types to the injury site. The use of the developed 3D hybrid system
aided to understand the effect of a still poorly explored strategy in tissue engineering: the
sequential addition of cells to 3D supporting structures. This was possible as cells could be
seeded on the scaffolds and, later, other cells could be added, embedded within the hydrogels.
The observed differences on the establishment of hUVECs assemblies varied between
combinations. A higher number and more robust structures could be observed within the hybrid
structures where hUVECs were first seeded on the scaffolds and hMSCs were added later
(embedded within the biofunctionalized pectin hydrogels). This supported the hypothesis that,
along with the biochemical/mechanical cues, the temporal addition of cells may also play a key
role on tissue development and maturation.
hUVECs were able to establish capillary-like assemblies within the hybrid structures, which
were stable for up to 28 days of co-culture (in the hybrid structures where hMSCs were added
after the hUVECs). Cells within the system were able to produce endogenous ECM, both
interstitial and basement membrane-like. However, the in vivo functionality of the 3D hybrid
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constructs still needs to be assessed. The pre-vascular structure should be able to efficiently
inosculate with the host vasculature, undergo maturation and be perfused8. On the other hand,
hMSCs must be able to produce bone-specific mature matrix by the deposition of mineralized
tissue. This can be evaluated by the ectopic implantation of the cell-laden 3D hybrid structures
into an environment in close contact with the host vasculature and subsequently in a lesion
model34.
The 3D hybrid system developed in this work was designed towards bone tissue engineering
applications. It would be also interesting to perform additional studies to assess if it can be
used towards the pre-vascularization of other tissues. Although the crosstalk between hUVECs
and hMSCs was a determining factor for the establishment of hUVECs assemblies, different
combinations of other types of endothelial, mural and stromal cells35 may also support
establishment of these networks within the hybrid 3D structures. The complexity of the system
can be further improved by the addition of other cell types relevant for other tissues, or by the
incorporation of other fiber-based cues.
As recently addressed by Unger et al.36, for effective autologous clinical applications of cellcarrying structures some of the recurrent issues are their up-scaling to clinically relevant sizes*,
the cell number needed, or the cell sources. It is also unknown if the culture/co-culture
conditions explored in this work can be up-scaled to larger volumes, in order to meet the
demands of clinically relevant defect sizes*. The cell types used in this work served the main
purpose of the study. However, future work includes the use of alternative cell types. MSCs
are still the most used autologous source of osteoprogenitor cells in clinical applications in
Europe37, for example. However, the use of hUVECs as ECs source is less popular for
therapeutic use, which is mainly related to their allogenic nature and low proliferation rate,
when compared to endothelial progenitor cells38. ECFCs and AT-ECs are examples of
alternative autologous EC sources38. ECFCs are considered an endothelial precursor
population, with long-term proliferative ability, which can be isolated from human peripheral
blood. AT-ECs, although a mature cell population, are easily available. The demand of cell
source alternatives that could be obtained from the patient continues to be a pressing
challenge in the regenerative medicine field, being the current most promising alternative the
use of induced pluripotent stem cells (iPSCs). These appear to present (in vitro) unlimited
expansion ability in the undifferentiated stage. However, there is still a lot to be understood
regarding iPSCs in terms of, for example, phenotypic stability, upscaling conditions, and safety.

*

The definition of a “critical size defect” is not straightforward, as pointed out by Spicer et al.41 for example. In the case of bone
regeneration, a “critical size defect” is “an orthotopic defect that will not heal without intervention”. In its older and broad definition,
it corresponds to “the smallest size tissue defect that will not completely heal over the natural lifetime of an animal”42,43. However,
this “smallest size” is still quite arguable as many accepted models were yet not fully tested to ensure that they meet this criteria41.
Moreover, most are evaluated using experimental endpoints and not the end of the natural lifetime of the subject. “Critical size
defects” should also be contrasted with defects that result in non-union due to pathological scenarios and not size41.
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The outcomes of this work also brought up one other more “conceptual” topic of discussion
on the development of synthetic ECMs in the TERM field: as Kyburz and Anseth39 put it, “how
simple is complex enough?”. Shall the ECM mimicking 3D structures be intricate, with several
biochemical factors incorporated, and obtained using complex processing techniques? Or
should the dynamics of cellular processes and native ECM remodeling be better understood
so that simpler systems can trigger cells to do their job more efficiently? As shown in this work,
the capillary-like structures obtained in the developed 3D hybrid structures result from the
combined influence of the 3D system properties and the sequential addition of the two cell
types in a specific order. The system is therefore simpler than other 3D structures reporting
the formation of pre-vascular-like structures, where the immobilization of angiogenic bioactive
factors was used40. Eventually, the inclusion of these factors in the pectin/PEOT/PBT hybrid
system, like the immobilization of osteogenic and/or angiogenic peptides into the PEOT/PBT
scaffolds and/or the pectin hydrogel, could have led to different outcomes of experimental
conditions in which the hUVECs assemblies were not observed. However, this could eventually
have masked the observed importance of the temporal addition of cells. Moreover, when
thinking about the clinical translation of synthetic 3D structures, the incorporation of multiple
biochemical cues may increase their regulatory burden and associated costs.
Different aspects of this work contributed to the body of knowledge of TERM, though
naturally leaving some questions unanswered. The present know-how regarding hydrogels as
synthetic ECMs is robust, but there is plenty of space to explore new naturally derived materials
that interact with the cellular microenvironment in different ways, as exemplified here by using
pectin hydrogels. 3D fibrous scaffolds with tailored surface topography could be obtained in a
single-step, without requiring any post-processing, which helped to better elucidate the impact
of surface features on the cellular behavior in 3D structures. The combination of physically
different 3D structures can impart specific architectural properties to the 3D system, which in
combination with temporal addition of cells, leads to different biological outcomes, here
exemplified in a promising route towards vascularized bone tissue engineering. Thus, the
expertise of multiple fields is fundamental towards the better mimicking of tissue dynamics,
which is at the basis of proper tissue maturation and regeneration.
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