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Preface

New insights in cell and developmental biology are expected to pave the
way for new therapies for a number of severe diseases by exploiting mech-
anisms to reactivate the cellular potential of regeneration. However, the uti-
lization of molecular switches controlling cellular fate decisions for new ther-
apies very often depends on the availability of biomimetic materials. As
(bio)macromolecules are the base of a vast majority of dedicated functions
of living organisms it is quite obvious that polymer science has the chance to
play a key role in the advent of regenerative therapies. In turn, the challenge of
developing biomimetic structures can be expected to substantially influence
the field of polymer science as the bidirectional exchange of concepts and tech-
nologies with the dynamically evolving disciplines of the life science creates
new transdisciplinary areas. Altogether, unraveling and mimicking structures
and functions of biopolymers by synthetic architectures will more and more
enable the rational design of bioactive materials going beyond the simple
imitation of living matter.

The contributions collected in this special volume were selected to mirror
the status of research on biomimetic materials in an exciting transition period:
a wealth of different strategies has been pioneered and the field is about to
further branch out in lively subdisciplines.

A well-established strategy of tissue engineering concerns the use of biode-
gradable polymers for the generation of cell scaffolds. Among those, natural
polyesters from the group of polyhydroxyalkanoates (PHAs) have emerged as
particularly promising materials for various applications. Thomas Freier com-
prehensively describes the characteristics of promising biopolyesters, together
with strategies that can be used to adjust the material properties to the clinical
requirements and presents examples of potential applications.

Biopolymers of the extracellular matrix (ECM) mark the other edge of
the spectrum of the currently used materials. Artificial matrices based on
biopolymers isolated from nature were successfully utilized to prepare a variety
of bioactive materials capable of supporting desired cell fate transitions to
enhance the integration and performance of engineered tissues. Along that
line, the review of Tilo Pompe, Katrin Salchert and myself emphasizes recent
research to modulate the functionality of ECM biopolymers through their
combination with synthetic polymeric materials.
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The contribution of Shyni Varghese and Jennifer H. Elisseeff reviews natural
and synthetic hydrogels and their use in musculoskeletal tissue engineering.
The most appealing feature of hydrogels as scaffolding materials is their struc-
tural similarity to ECM and their easy processability under mild conditions.
The primary developments in this field comprise formulation of biomimetic
hydrogels incorporating specific biochemical and biophysical cues so as to
mimic the natural ECM, design strategies for cell-mediated degradation of
scaffolds, techniques for achieving in situ gelation which allow a minimally
invasive administration of cell-laden hydrogels into the defect site, scaffold-
mediated differentiation of adult and embryonic stem cells, and finally, the
integration of tissue-engineered “biological implants” with the native tissue.

A promising approach to the generation of biofunctional nanomaterials
that may become particularly useful for in vivo tissue engineering strate-
gies concerns the assembly of amphiphilic peptide systems. Xiaojun Zhao and
Shuguang Zhang review the current status in this field referring to a classification
scheme of the peptide molecules according to their net charge. Recent work
dedicated to the formation of nanofibers, bionanotubes and vesicles based on
this principle is discussed.

A key aspect of either variant of polymer scaffold is the control of cell ad-
hesion as it is crucial to cellular and host responses to implanted devices, and
biotechnological cell culture supports. Emphasizing this aspect the review by
Andres J. Garcia focuses on interfaces controlling cell adhesive interactions,
highlighting surfaces that control protein adsorption, biomimetic substrates
presenting bioadhesive motifs, and micropatterned surfaces. These approaches
represent promising strategies to engineer cell-material biomolecular interac-
tions in order to elicit specific cellular responses and enhance the biological
performance of materials in a variety of biomedical and biotechnological ap-
plications.

Another, similarly important aspect of bioactive materials for regenerative
therapies concerns the use of growth factors to promote regeneration of lost
or compromised tissues and organs. Claudia Fischbach and David J. Mooney
survey the state of the technology to supply growth factors by polymeric sys-
tems in a well-controlled, localized, and sustained manner. Design attributes
for polymeric systems for VEGF delivery are discussed, and subsequently illus-
trated in the context of three specific applications: therapeutic angiogenesis,
bone regeneration, and nerve regeneration.

We would be extremely delighted if our collection of reviews is of interest
to a wide readership and fosters more activity in polymer science dedicated
to the development of biomimetic structures. However, by its very nature, the
selection involved arbitrariness and I would like to apologize to all those who
possibly find their priorities underestimated.

I am deeply obliged to the authors of the following reviews who undertook
considerable efforts to summarize a very dynamic field. Beyond that, I would
like to thank all colleagues who – although not represented by a review in this
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issue – significantly contributed to the recent progress in biomimetic polymers
and, thus, provided the basis for this survey.

Dresden, May 2006 Carsten Werner
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Abstract Tissue engineering is a rapidly growing interdisciplinary field of research fo-
cused on the development of vital autologous tissue through the use of a combination
of biomaterials, cells, and bioactive molecules, for the purposes of repairing damaged
or diseased tissue and organs. Due to their biocompatibility and biodegradability, as
well as their broad range of mechanical properties, natural polyesters from the group
of polyhydroxyalkanoates (PHAs) have emerged as promising materials for various tis-
sue engineering applications, including cardiovascular system, nerve, bone, and carti-
lage repair applications. Thus far, the majority of research on medical applications of
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PHAs refers to poly(3-hydroxybutyrate) and its copolymer poly(3-hydroxybutyrate-co-
3-hydroxyvalerate). In recent years, other PHAs, such as poly(4-hydroxybutyrate) and
poly(3-hydroxyoctanoate-co-3-hydroxyhexanoate), have drawn increasing attention as vi-
able materials for biomedical applications. Copolymers of poly(3-hydroxybutyrate) and
medium-chain-length hydroxyalkanoates offer the advantage of having elastomeric prop-
erties. This is of particular importance for engineering of elastomeric tissue, such as in
the cardiovascular system, and for providing mechanical stimuli, such as in cartilage re-
pair. This review will describe the characteristics of promising biopolyesters for tissue
engineering, together with strategies that can be used to adjust the material properties
to the clinical requirements; examples of potential applications will also be presented.

Keywords Biocompatibility · Biodegradability · Mechanical properties ·
Poly(hydroxyalkanoate)s · Tissue engineering applications

Abbreviations
3HB 3-Hydroxybutyrate
3HH 3-Hydroxyhexanoate
3HV 3-Hydroxyvalerate
4HB 4-Hydroxybutyrate
at-P3HB Atactic P3HB
BTHC Butyryltrihexyl citrate
dg-P3HB Degraded P3HB
ECM Extracellular matrix
HA Hydroxyapatite
i.m. Intramuscular, intramuscularly
i.p. Intraperitoneal, intraperitoneally
P3HB Poly(3-hydroxybutyrate)
P3HB-3HV Poly(3-hydroxybutyrate-co-3-hydroxyvalerate)
P3HB-4HB Poly(3-hydroxybutyrate-co-4-hydroxybutyrate)
P3HB-3HH Poly(3-hydroxybutyrate-co-3-hydroxyhexanoate)
P3HO-3HH Poly(3-hydroxyoctanoate-co-3-hydroxyhexanoate)
P3HU Poly(3-hydroxyundecenoate)
P4HB Poly(4-hydroxybutyrate)
PCL Poly(ε-caprolactone)
PDLLA Poly(d,l-lactide)
PEG Poly(ethylene glycol)
PGA Poly(glycolide)
PHA Poly(hydroxyalkanoate)
PLGA Poly(d,l-lactide-co-glycolide)
PLLA Poly(l-lactide)
s.c. Subcutaneous, subcutaneously
st-P3HB Syndiotactic P3HB
TCP Tricalcium phosphate
TEC Triethyl citrate
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1
Introduction

Tissue engineering is a rapidly growing interdisciplinary field of research
focused on the development of vital autologous tissue, through the use of
a combination of biomaterials, cells, and bioactive molecules, for the purposes
of repairing damaged or diseased tissue and organs. One of its fundamental
concepts is the generation of new functional tissue based on a biodegradable
scaffold in the shape of the organ to be replaced. In vitro tissue engineering
strategies usually involve seeding the scaffold with autologous cells before im-
plantation. As the cells invade the scaffold and produce extracellular matrix
(ECM), thus increasingly lending structure and stability to the tissue, the scaf-
fold is gradually absorbed in vivo. Once absorption is complete, only the newly
created functioning tissue remains [1].

Another strategy is in vivo tissue engineering, which can be accomplished
by implanting an unseeded scaffold into the damaged region to allow the inva-
sion of new blood vessels, innervation, and deposition of ECM, thereby creating
a cell-friendly environment prior to injection of autologous cells into the scaf-
fold [2]. The ultimate in vivo strategy might be guided tissue regeneration,
stimulated by biomolecule-loaded unseeded scaffolds that support and control
the invasion of (stem) cells from the blood stream and surrounding tissues.

Matrix polymers for tissue engineering must possess certain fundamental
properties. A biocompatible material is required that has appropriate me-
chanical properties, has a suitable surface for supporting cell adhesion and
proliferation, that can guide and organize cell growth in the required direc-
tion, that can enable tissue to invade and nutrients to be exchanged, and that
degrades to nontoxic by-products within desirable periods of time [3].

Biodegradable polymers derived from synthetic aliphatic polyesters, such
as poly(glycolide) (PGA), poly(d,l-lactide) (PDLLA), poly(l-lactide) (PLLA),
and their copolymers, are widely used as biomaterials in surgical prac-
tice [4–7]. At present, bioabsorbable sutures are the predominant medical
product made from degradable polyesters. Additionally, suture anchors, or-
thopedic fixation devices, and various other products made from degradable
polyesters are in clinical use. An increasing demand for degradable polyesters
in medical use can be expected in the future, with applications in tissue en-
gineering being especially prominent [8–11].

In recent years, biopolyesters from the group of polyhydroxyalkanoates
(PHAs) have emerged as promising materials for a variety of medical applica-
tions. Potential uses of PHAs can be expected in wound management applica-
tions (sutures, skin substitutes, nerve cuffs, surgical meshes, staples, swabs),
vascular system applications (heart valves, cardiovascular fabrics, pericar-
dial patches, vascular grafts), orthopedics (scaffolds for cartilage engineering,
spinal cages, bone graft substitutes, meniscus regeneration, internal fixation
devices), and drug delivery applications [12–17].
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The application of polymers as absorbable implants in tissue engineering
requires appropriate mechanical, biocompatibility, and degradation proper-
ties of the material. However, general specifications of the optimal properties,
or a general comparison between different polymers or classes of polymers,
cannot be given. Therefore, the question of whether a synthetic polyester or
biopolyester is the “better” biomaterial cannot be answered without looking
at the specific requirements for a particular application; i.e., the required me-
chanical properties, host response, and absorption times will eventually guide
the selection of the most suitable biomaterial. Similarly, the adjustment of
material properties must be individual according to the specific application.

The characteristics of promising biopolyesters for application in tissue
engineering, along with strategies to adjust the material properties to the
clinical requirements, and examples of potential applications will be outlined
in this review article.

2
Biopolyesters and Their Potential in Regenerative Medicine

Polyhydroxyalkanoates (PHAs) are naturally derived polyesters that accu-
mulate as a carbon storage material in a wide variety of bacteria, usually
under conditions of limiting nutrients (such as ammonium, sulfate, and phos-
phate) in the presence of an excess carbon source [14, 18–23]. An imbalanced
nutrient supply leads to intracellular storage of excess nutrients. By polymer-
izing soluble intermediates into insoluble molecules, cells do not undergo
alterations of their osmotic state and leakage of nutrients is prevented. Accu-
mulated PHAs form discrete granules that can account for up to 90% of the
cell’s dry weight [21]. Up to date, approximately 150 hydroxyalkanoate units
with different R-pendant groups have been isolated from bacteria [23, 24]
(Fig. 1).

Poly(3-hydroxybutyrate), P3HB, is the simplest and most common mem-
ber of the group of PHAs. Discovered by Lemoigne in the 1920s, its commer-
cial evaluation did not start until the late 1950s. The potential of P3HB for
biomedical applications was first suggested in a 1962 patent, which presented
the ideas of biodegradable surgical sutures and of films to support tissue heal-
ing of injured arteries and blood vessels [25]. In a following patent, prosthetic
devices such as support tubes for healing of a severed blood vessel or ureter,
as well as support devices for hernia repair, have been described [26].

Fig. 1 Chemical structure of PHA homopolymers
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It was not until the 1980s that P3HB again became of interest for biomedical
research when P3HB tablets for sustained drug delivery were studied [27–29].
Since that time, an increasing number of investigations on the clinical potential
of P3HB have been reported, including as implants for bone repair [30], anas-
tomoses tubes and separating films [31], as well as cardiovascular patches [32].
These pericardial patches have subsequently been tested in humans, making
this the first reported clinical study of P3HB implants [33]. P3HB conduits and
scaffolds have been introduced for the repair of peripheral nerves [34–36] and
spinal cord [37], and P3HB patches have been developed for covering damaged
tissue of the gastrointestinal tract [38] or injured dura mater [39]. Summarizing
these studies, P3HB can be considered to be a polymer with high potential as
a degradable implant material [13, 16, 17].

Thus far, the majority of research on medical applications of PHAs refers
to P3HB and its copolymer poly(3-hydroxybutyrate-co-3-hydroxyvalerate),
P3HB-3HV. However, due to their broad range of mechanical and biodegra-
dation properties, other PHAs have been drawing increasing attention
for biomedical applications, particularly in cardiovascular tissue engineer-
ing. Initially, elastomeric poly(3-hydroxyoctanoate-co-3-hydroxyhexanoate),
P3HO-3HH, was used to develop scaffolds for repair of blood vessels [40]
and heart valves [41]. Subsequently, poly(4-hydroxybutyrate), P4HB, was in-
troduced as a faster degrading alternative to P3HO-3HH and was tested as
vascular patches [42], heart valves [43, 44], and vascular grafts [45, 46]. Based
on results from these studies, P4HB is regarded as a particularly promis-
ing polymer for clinical applications [47]. Furthermore, copolymers such
as poly(3-hydroxybutyrate-co-4-hydroxybutyrate), P3HB-4HB, and poly(3-
hydroxybutyrate-co-3-hydroxyhexanoate), P3HB-3HH, have been introduced
as scaffolds for tissue engineering, including the repair of cartilage and
bone [48, 49]. An example of an unsaturated PHA is PEG-grafted poly(3-
hydroxyundecenoate) (P3HU, containing 3-hydroxynonenoate and other
unsaturated and saturated side-chains of medium length), which has been
suggested as a suitable material for applications in blood contact [50]. The
chemical structures of PHAs reviewed in this article are shown in Fig. 2.

The range of properties provided by PHAs is exemplified in Fig. 3 [38,
51–56]. The high crystallinity of the isotactic P3HB leads to stiffness and
brittleness, as well as slow hydrolysis in vitro and in vivo. P4HB films are
characterized by low stiffness and high elongation at break. The low de-
gree of crystallinity accelerates the in vitro degradation. Interestingly, in vivo
degradation of P4HB involves a surface erosion mechanism. P3HO-3HH is an
elastomer with a low crystallinity, leading to faster in vitro degradation than
P3HB despite the increased hydrophobicity resulting from the longer alkyl
side-chains. However, the degradation of P3HO-3HH appears to be slowed
down under in vivo conditions.

P3HB copolymers containing more than 20% of 4-hydroxybutyrate [47]
or medium chain-length (C6-18) 3-hydroxyalkanoate units [57], as well as
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Fig. 2 PHAs tested in tissue engineering applications

Fig. 3 Comparison of a mechanical properties [38, 51, 52], b in vitro degradation (pH 7.4,
37 ◦C) [38, 51, 53, 54], and c in vivo degradation (s.c., mice or rats) [53, 55, 56] of P3HB,
P4HB, and P3HO-3HH films
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medium chain-length PHA homopolymers (e.g., P3HO-3HH [58] or cross-
linked P3HU [50]) offer the advantage of having elastomeric properties. This
is of particular interest in tissue engineering applications since many tissues
in the body have elastomeric properties. For example, cardiovascular tissue
engineering requires a scaffold that can sustain and recover from cyclic de-
formations without irritation of the surrounding tissue. The development of
an elastomeric scaffold is therefore highly desirable. Moreover, mechanical
stimuli promote the formation of functional tissue, for example in cardio-
vascular or cartilage tissue engineering, and allow for gradual stress transfer
from the degrading synthetic matrix to the newly formed tissue. Most of the
biodegradable polyesters currently used in tissue engineering (such as PGA,
PDLLA, and their copolymers) undergo plastic deformation and fail when ex-
posed to long-term cyclic strain, thereby limiting their efficacy in engineering
elastomeric tissue [59].

3
Poly(3-hydroxybutyrate)
and Poly(3-hydroxybutyrate-co-3-hydroxyvalerate)

P3HB is the classic, most extensively studied and characterized PHA. It is
produced by a large number of microorganisms, including Gram-negative
and Gram-positive aerobic and photosynthetic species, lithotrophs or organ-
otrophs [18]. A glucose-utilizing mutant of Alcaligenes eutrophus can accu-
mulate up to 80% of P3HB with glucose as the carbon source. By addition of
propionic acid to the medium, P3HB-3HV is produced as a random copoly-
mer, with the comonomer ratio dependant on the ratio of propionic acid to
glucose. This technology has been scaled-up, and industrial processes for the
synthesis of large quantities of P3HB-3HV (Biopol) have been developed [60].
However, one of the major drawbacks for the broad utilization of P3HB or
P3HB-3HV in medicine is the limited supply of these polymers of medical
grade. Furthermore, there is currently no Drug Master File submitted to the
FDA, and a medical device made of P3HB or P3HB-3HV has not yet been
clinically approved.

3.1
Mechanical Properties

P3HB as a natural thermoplastic polyester has mechanical properties com-
parable with those of synthetically produced degradable polyesters such as
the polylactides [61]. The relatively high brittleness of the crystalline natu-
ral isotactic P3HB is of disadvantage in tissue engineering applications but
can be overcome by copolymerization and incorporation of PHA compo-
nents such as 3-hydroxyvalerate (3HV) [60], 4-hydroxybutyrate (4HB) [62], or
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3-hydroxyhexanoate (3HH) [63]. P3HB-4HB and P3HB-3HH copolymers will
be described in Sects. 4 and 5 of this article. The effect of increasing 3HV con-
tent on the properties of P3HB-3HV is shown in Table 1 [64]. Crystallinities
of P3HB-3HV copolymers are high over the whole composition range due to
isodimorphism, i.e., cocrystallization of the two monomer units in either of
the homopolymer crystal lattices [65]. Molecular weight is one of the major
factors governing the mechanical properties of a polymer. Thus, the tensile
strength of P3HB-3HV has been reported to rapidly decrease below molecular
weights of about 100 000 [66] to 150 000 [67].

The mechanical properties of P3HB can also be improved by addition of
plasticizers [68–72] (Fig. 4a). For example, citric acid esters, which are con-
sidered to be nontoxic [73, 74], were demonstrated to be effective plasticizers
for P3HB-3HV [75–78]. However, triethyl citrate, which is commonly used
for plasticization, is highly water soluble resulting in fast leaching out of the
polymer matrix under physiological conditions leading to embrittlement of
initially plasticized polymer films [38, 79]. Recently, it has been shown that
esters of anti-inflammatory drugs such as salicylic acid, acetylsalicylic acid,
and ketoprofen have plasticizing effects on P3HB films comparable to those
of citric acid esters [71].

Blending with other degradable polyesters, such as atactic P3HB (at-
PHB) [38, 80–83], syndiotactic P3HB (st-PHB) [81, 82, 84], poly(ε-caprolacto-
ne) (PCL) [85–87], poly(6-hydroxyhexanoate) [88], P3HB-3HH [89, 90], and
P3HO-3HH [52], has been shown to increase the flexibility and elongation
at break of P3HB or P3HB-3HV. Some examples of P3HB blends are given
in Fig. 4b. In contrast, addition of polyesters commonly used in medical ap-
plications, such as PDLLA, PLLA, poly(d,l-lactide-co-glycolide) (PLGA), or
poly(p-dioxanone), does not improve the mechanical properties of P3HB due
to lack of miscibility.

Polymer films with improved mechanical properties can also be obtained
by hot-drawing of ultrahigh molecular weight P3HB [91] or P3HB/PLLA
blends [92]. If unmodified, films made from ultrahigh molecular weight P3HB

Table 1 Thermal and mechanical properties of P3HB and P3HB-3HV [64]

Polymer Tg Tm Elastic Tensile Elongation
modulus strength at break

[◦C] [◦C] [GPa] [MPa] [%]

P3HB 9 175 3.8 45 4
P3HB-11%3HV 2 157 3.7 38 5
P3HB-20%3HV – 5 114 1.9 26 27
P3HB-28%3HV – 8 102 1.5 21 700
P3HB-34%3HV – 9 97 1.2 18 970
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Fig. 4 a Mechanical properties of solution-cast P3HB films plasticized with 30% each
of triethyl citrate (TEC), butyryltrihexyl citrate (BTHC), glycerin tributyrate (GTB), and
dibutyl sebacate (DBS) [71, 72]. b Mechanical properties of solution-cast P3HB films
blended with 30% each of degraded P3HB (dg-P3HB, Mw = 3000), at-P3HB, st-P3HB, and
P4HB [38, 72]

(Mw 11 million) have comparable mechanical properties with those of com-
mon high molecular weight P3HB (Mw 500 000 to 1 million). Low molecular
weight P3HB shows increasing brittleness with decreasing molecular weight,
and mechanically stable films cannot be prepared below a molecular weight
of 50 000. Films can still be prepared from mixtures of high and low molecu-
lar weight P3HB showing mechanical properties comparable with those of
unmodified high molecular weight P3HB (Fig. 4b) [38].
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P3HB-based composites, which are of interest in bone tissue engineering,
were found to have an increasing stiffness with an increasing content of hy-
droxyapatite (HA) [93, 94] or tricalcium phosphate (TCP) [95].

3.2
Biocompatibility

Material–tissue interactions are best described by the term biocompatibility.
Generally defined, biocompatibility is “the ability of a material to perform
with an appropriate host response in a specific application” [96]. This implies
that any material placed into a body will not be inert but will interact with
the tissue. The biological response of a material is basically dependent on
three factors: the material properties, the host characteristics, and the func-
tional demands on the material. Therefore, the biocompatibility of a material
can only be assessed on the basis of its specific host function and has to be
uniquely defined for each application.

Toxicity Testing
P3HB has been found to be an ubiquitous component of the cellular mem-
branes of animals [97]. The resulting presence of relatively large amounts of
low molecular weight P3HB in the human blood, as well as the fact that the
degradation product, 3-hydroxybutyric acid (3HB), is a common metabolite
of all higher living beings, serve as evidence for the nontoxicity of P3HB [20].

Toxicity testing according to USP XXII and ISO 10993 revealed that P3HB
is suited for use as an implant material. The subcutaneous, intraperitoneal,
and intravenous eluate testing did not result in any significant reactions in
rabbits, mice, or guinea pigs, and no febrile reactions were observed during
the pyrogen test. Histocompatibility was demonstrated in the implantation
study in rabbits (Schmitz KP, personal communication).

P3HB did not cause any inflammation in the chorioallantoic membrane of
the developing egg [98]. P3HB-5%3HV was nontoxic in the bacterial biolu-
minescence test over a period of 16 weeks [99]. P3HB-3HV (7%, 14%, 22%
3HV) films were found to elicit only a mild toxic response in the direct con-
tact or agar diffusion tests [100]. However, P3HB-22%3HV extracts in saline
provoked a noticeable hemolytic reaction [101].

Cell Culture Studies
Mouse fibroblast cell-lines are relatively unaffected by small changes in cell
culture conditions and are therefore commonly used to assess and compare
the cell compatibility of biomaterials in vitro. For example, it was reported
that NIH 3T3 mouse fibroblasts remained highly viable on P3HB and P3HB-
3HV (15%, 28% 3HV) films [102]. In another study, L929 mouse fibroblasts
showed a better viability on P3HB surfaces than on PLLA [94]. A good cell
compatibility of P3HB films has also been concluded from experiments using
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Chinese hamster lung (CHL) fibroblasts [103]. Typical results from cell com-
patibility tests of P3HB films using L929 mouse fibroblasts are shown in
Figs. 5 and 6 [72]. Melt-spun P3HB fibers [104, 105] also support L929 mouse
fibroblast adhesion, as shown in Fig. 6c.

Canine anterior cruciate ligament fibroblasts cultured in highly porous
P3HB-9%3HV scaffolds sustained a cell growth similar to that observed
in collagen sponges [106]. On the other hand, human scoliotic fibroblasts
isolated from spinal ligaments exhibited low proliferation rates on P3HB-
3HV (7%, 14%, 22% 3HV) surfaces, independent of the copolymer compo-
sition [107]. P3HB-8%3HV was found to be slightly more compatible than
P3HB-12%3HV in terms of L929 fibroblast proliferation, cytotoxic effect, and
cytokine production [108].

A limited cell compatibility of plasticized P3HB-3HV was observed in
a study using NIH 3T3 mouse fibroblasts, and was attributed to leaching of
plasticizers [109]. Thus, the potential toxicity of leachables such as plasti-
cizers or other additives has to be considered when conducting cell culture
experiments. Additionally, removal of remaining solvent is crucial if polymer
films are prepared by solution-casting, which is the most widely used method
for sample fabrication in cell culture studies. It has been shown that storage
of solution-cast polymer films even under vacuum does not allow for com-
plete chloroform removal (Fig. 7), so that solvent may be released from the
polymer film during cell culture experiments.

The relatively low surface wettability of P3HB solution-cast film surfaces
(contact angle 68◦ [94, 110]) has been discussed as a limiting factor for cell
attachment and growth. Strategies to improve cell compatibility of P3HB
include methods to increase the surface wettability (decreasing water con-

Fig. 5 Cell viability of L929 mouse fibroblasts after 3 and 5 days of culture on solution-
cast P3HB films, compared to that of P3HB films modified with 30% at-P3HB, dg-P3HB,
TEC (leached), and BTHC; PLLA films for comparison [72]
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Fig. 6 Scanning electron microscopy images of L929 mouse fibroblast attachment to
a P3HB films, and b P3HB films plasticized with 30% BTHC after 5 days of culture [72].
P3HB/BTHC films show limited cell adhesion, and cells exhibit a spherical, nonviable
morphology. The low cell viability of these films was confirmed by the quantitative analy-
sis (see Fig. 6). Scale bar 20 µm. c L929 mouse fibroblast attachment to P3HB fibers after
9 days of culture [72]. Scale bar 200 µm

tact angle) such as carboxyl ion implantation [110] or oxygen plasma treat-
ment [111]. Introduction of oxygen-based functionalities on the surface of
P3HB-15%3HV films, either by corona-discharge treatment or treatment with
a mixture of perchloric acid and potassium chlorate, resulted in decreasing
water contact angles and increasing mouse NIH 3T3 fibroblasts adhesion and
proliferation [112]. A limited adherence of L929 mouse fibroblasts on unmod-
ified P3HB films has been reported in another study. However, a strong im-
provement of cell adherence and growth could be observed on UV-irradiated
films and after fibronectin coating [113], as well as after surface modification
by ammonia plasma treatment [114].

Low viability of L929 fibroblasts on unmodified P3HB films, but strongly
improved viabilities after surface hydrolysis using lipases or alkaline solu-
tion, have been reported [89, 115, 116]. In experiments with P3HB porous
scaffolds, an increasing growth of L929 cells could be observed after surface
treatment with lipase but a decreasing cell growth was found after coating
with hyaluronic acid despite significantly decreased water contact angles. It
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Fig. 7 Chloroform content of solution-cast polyester films after storage a at normal pres-
sure (23 ◦C) and b under vacuum (40 ◦C) [79]

was concluded that an appropriate balance of hydrophilic and hydrophobic
surface properties is required for appropriate protein adsorption and cell at-
tachment [117]. Surface modification of P3HB-5%3HV films with hyaluronic
acid or chitosan after ozone treatment and acrylic acid grafting has also been
examined. Enhanced cell attachment and proliferation of L929 fibroblasts
have been observed after immobilization of hyaluronic acid. Chitosan graft-
ing leads to more cell attachment to the film surfaces but less proliferation
in comparison to hyaluronic acid. It was shown that fibroblast attachment in-
creases but proliferation decreases with increasing surface density of amine
groups [118].
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In order to assess the biocompatibility of degradable polymers, it is ne-
cessary to study not only the polymer properties but also those of the low
molecular weight degradation products. 3HB, the ultimate degradation prod-
uct of P3HB, has been found to be biocompatible in tests with CHO-K1
fibroblasts [119]. Other studies included short-chain P3HB oligomers. For ex-
ample, the incubation of P3HB oligomers with hamster V79 fibroblasts and
marine melanoma B16(F10) cells did not affect the cell viability [120]. Fur-
thermore, particles of short-chain P3HB were found to cause dose-dependent
cell damage in macrophages but not in fibroblasts. Therefore, controlling the
degradation rate and thus concentration of degradation products was con-
cluded to be important for controlling the biocompatibility. Cocultures of
liver cells (Kupffer cells and hepatocytes) were not affected by treatment with
this material [121].

A murine monocytes-macrophages cell line was used as a model to study
foreign-body response and phagocytosis capability. The adhesion and pro-
liferation of these cells increased after alkaline surface hydrolysis of P3HB-
8%3HV films. Pretreatment of the unmodified polymer with collagen had
a repulsive effect on the cells, which disappeared on the hydrolyzed polymer,
while fibronectin promoted cell adhesion on both surfaces [122].

Despite these screening studies to assess the cell compatibility of P3HB-
based materials in general (including suitable methods for processing, modi-
fication, purification, and sterilization), a number of studies have been con-
ducted to study the potential and biocompatibility of P3HB in tissue en-
gineering applications using different tissue-specific cell types, such as os-
teoblasts, chondrocytes, and vascular cells.

For example, the biocompatibility of P3HB has been assessed by studying
the structural organization of cellular molecules involved in adhesion using
osteoblastic and epithelial cell lines. Both cell lines exhibited a rounded cell
shape due to reduced spreading on the polymer surface. The interactions be-
tween matrix proteins and the actin cytoskeleton mediated by integrins were
found to be impaired, including the colocalization of fibronectin fibrils with
actin filaments. Moreover, the cell morphology was modified showing larger
lateral extensions in the cell–cell contacts [123]. Osteoblast compatibility has
also been tested after seeding of rabbit bone marrow cells on P3HB films
and more cells could be found on P3HB than on PLLA surfaces [94]. P3HB
porous scaffolds showed slightly higher osteoblast viability, but comparable
alkaline phosphatase production to that of PLLA samples [49]. P3HB-3HH
copolymer matrices showed superior cell compatibility in both studies (see
Sect. 5.2). Addition of hydroxyapatite to the P3HB scaffolds resulted in en-
hanced viability and alkaline phosphatase activity [124]. Cell culture studies
with primary human osteoblasts showed very limited cell attachment and
proliferation on P3HB-7%3HV in comparison to P3HB surfaces [125]. Surface
modification of P3HB-8%3HV porous scaffolds by oxygen plasma treatment
resulted in more viable rat bone marrow osteoblasts and increased alka-
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line phosphatase activity in comparison to unmodified materials [126, 127].
Covalent immobilization of collagen I onto the surface of P3HB-8%3HV
films after ozone treatment and methacrylic acid grafting also enhanced
bone cell growth, as tested with mouse osteoblastic and rat osteosarcoma
cells [128].

Chondrocytes derived from rabbit articular cartilage were seeded on P3HB
films [129] and porous scaffolds [48, 89, 130, 131]. Cells attached to P3HB
films secreted both collagen II and collagen X, which are major cartilage-
specific ECM proteins, indicating maturational differentiation of chondro-
cytes into cartilage [129]. However, collagen II expression was low on P3HB
in comparison to PLLA scaffolds [131]. Enhanced cell adhesion and growth,
as well as more collagen II synthesis, could be obtained after addition of
P3HB-3HH to the P3HB matrices (see Sect. 5.2) [48, 89, 90, 129–131]. In an-
other study, P3HB-9%3HV porous matrices incubated with ovine chondro-
cytes showed lower cell densities in comparison with collagen sponges [132].
However, electrospun P3HB-5%3HV nanofibrous mats promoted chondro-
cyte attachment when compared with polymer films [133].

Other cell types tested included mammalian or human epithelial cells,
which showed little or no cell adhesion on P3HB fiber-based “wool”. However,
surface treatment with acidic or alkaline solutions promoted cell proliferation
on these fibers [134, 135].

Cells of the human respiratory mucosa (fibroblasts and epithelial cells)
have been incubated with P3HB films as a potential replacement matrix of
respiratory mucosa after surgical resections. However, while PLLA and col-
lagen supported cell growth, P3HB showed cell growth only after surface
modification by intense ammonia plasma treatment. No differentiation of ep-
ithelial cells with beating cilia could be found on all materials during the
6-week study [136].

The attachment rate of human retinal pigment epithelium cells was higher
on P3HB-8%3HV films modified by oxygen plasma than on unmodified
films due to increasing hydrophilicity and decreasing surface roughness. The
cells were grown to confluency as an organized monolayer suggesting P3HB-
8%3HV as a potential temporary substrate for subretinal transplantation to
replace diseased or damaged retinal pigment epithelium [137].

An excellent biocompatibility of P3HB was found in cell culture stud-
ies with Langerhans cells [138]. The biocompatibility of plasma-modified
P3HB [139] and P3HB-9%3HV [140] was assessed by analysis of insulin se-
cretion of Langerhans cells cultured on the polymer films. The following
order of insulin secretion was found during the first 2 days of cell incuba-
tion: oxygen > allylamine > allylalcohol > nontreated > argon > water plasma
treatment [140].

Cell culture experiments using mouse liver cells (endothelial cells and hep-
atocytes) grown on P3HB and P3HB-3HV films (15%, 28% 3HV) suggested
lack of cytotoxicity of the highly purified materials tested [102]. The adhesion
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of human endothelial cells on P3HB films could be controlled by plasma treat-
ment introducing positive (NH3 plasma) or negative (H2O plasma) surface
charge, which was explained by modulated anchorage and conformational
changes of adsorbed fibronectin [141].

In Vivo Studies
A number of in vivo studies have shown very mild tissue reactions after im-
plantation of P3HB, which were comparable to those of other polymers in
medical use. For example, an excellent in vivo biocompatibility of P3HB has
been reported after s.c. implantation in mice [29]. Nonwoven P3HB patches
tested as pericardial substitutes in sheep appeared to be slowly phagocy-
tosed by polynucleated macrophages without any other kind of inflammatory
cells, except for a small number of lymphocytes. The number of macrophages
surrounding the polymer particles decreased with the absorption of the poly-
mer [142]. Histologically, a dense collagen layer similar to that in native
pericardium was found on the epicardial side of the patch. A thin fibrotic
layer surrounding the patch disappeared along with the macrophages when
the patch was absorbed but the regenerated pericardial tissue remained [143].
A mild inflammatory response to the nonwoven P3HB patch material simi-
lar to that reported for the pericardial substitutes appeared after closure of
an atrial septal defect [144] and enlargement of the right ventricular outflow
tract in sheep [145].

P3HB and P3HB-3HV (5.5%, 9%, 19%, 22% 3HV) films manifested good
tissue tolerance when implanted s.c. in mice for up to 6 months. No acute in-
flammation, abscess formation, or tissue necrosis was observed. At 1 month
after implantation, implants were surrounded by a fibrous, vascularized cap-
sule consisting primarily of connective tissue cells. A mild inflammatory reac-
tion was manifested by the presence of mononuclear macrophages, foreign-
body cells, and lymphocytes. The number of inflammatory cells increased
with increasing valerate content in the copolymer. Thus, inflammation was
most pronounced for P3HB-22%3HV. Three months after implantation, the
fibrous capsule had thickened due to an increase in the amount of connective
tissue and a few collagen fiber deposits. A substantial decrease in inflamma-
tory cells was observed at this time, but inflammation still remained more
pronounced for P3HB-3HV with a higher content of valerate units. After
6 months of implantation, the number of inflammatory cells had further de-
creased and the fibrous capsule, consisting mainly of collagen fibers, had
thinned. Within 3 months of implantation a slightly stronger tissue reaction
to P3HB than to PDLLA or PLLA was observed in this study and attributed to
low molecular weight components and impurities leaching out of the polymer
samples. At 6 months, the tissue response to the implants was similar for all
these types of polymers [55].

An increasing inflammatory response with increasing 3HV content was
also observed for P3HB-3HV (8%, 12% HV) films s.c. implanted in rats for
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up to 12 weeks [108, 146]. Few differences between P3HB-3HV copolymers in
terms of tissue response have been found after i.m. implantation of P3HB-
3HV (7%, 14%, 22% HV) in sheep for up to 90 weeks. Acute inflammatory
reactions significantly decreased with time and no abscess formation or tis-
sue necrosis were reported in this study [100]. The tissue response to P3HB
and P3HB-3HV (15% HV) fibers implanted i.m. in rats was characterized by
a short acute inflammation period (up to 2 weeks) followed by the forma-
tion of a fibrous capsule of less than 200 µm thickness during weeks 4 to 8,
which was reduced to 40–60 µm after 4–6 months. Forty eight weeks after
surgery, the fibrous capsule surrounding the implants was minimal. Mono-
and polynuclear macrophages were still abundant at this time. The tissue
response to P3HB and P3HB-3HV fibers was similar in terms of inflamma-
tory reaction and fibrous capsule formation. There were no adverse reactions,
such as suppurative inflammation, necrosis, calcification, and malignant tu-
mor formation for up to 48 weeks after implantation [147, 148].

P3HB discs implanted for 3 months in the peritoneum of rats showed the
presence of a thin and poorly adherent fibrous capsule that contained no in-
flammatory cells. P3HB was assessed to be biocompatible because the formed
capsule was porous and ensured communication between the polymer and
the biological fluids. Perfluorohexane plasma-modified P3HB discs were sur-
rounded by a nonporous capsule indicating a slight decrease in the surface
biocompatibility [139].

P3HB samples implanted s.c. and i.p. in rats were found to be tissue com-
patible without inflammation reaction or tumor formation. After 1 year of
implantation the fibrous capsule surrounding the s.c. implant was about 30%
thicker than that surrounding the i.p. implant. A small number of phagocytes
indicated the polymer resorption process at that time [149].

No inflammatory reactions resulted from the i.m. injection of P3HB or
3HB in rats, indicating a good in vivo biocompatibility [119]. P3HB patches
implanted onto the rat stomach showed no significant inflammatory response
as confirmed by analysis of cytokine production. A group of mRNAs en-
coding pancreatic enzymes was transiently present in tissue surrounding the
patch material [150] 1–2 weeks after implantation. The amount of mRNA of
the inflammation marker C-reactive protein (CRP) was also found to tran-
siently increase [151].

P3HB in bone contact causes a strong initial cellular reaction with slight or
no inflammation [152]. P3HB bone screws showed an optimal tissue compati-
bility [153]. Osteosynthesis plates and screws made of P3HB were highly com-
patible without induction of immunologic or inflammatory reactions [154].
A very fast healing and formation of new bone substance could be achieved
with P3HB/HA composites [93]. The interface between the composite and
bone was physically and biochemically active over a 6-month period of im-
plantation into the condyles of rabbits. Bone bonding to these composites
occurred by degradation of the P3HB matrix, which led to the formation of
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new crystallites between the parent HA particles in the P3HB/HA composite,
as well as at the surface of the parent HA particles [155].

With respect to the mechanical properties and the tissue response, P3HB-
20%HV films were more suitable than PLLA, PDLLA, and PCL to separate
mucoperiostum and bone in a dog model for closure of palatal defects [156].
In contrast, P3HB-3HV reinforced with polyglactin was not useful as an oc-
clusive barrier over dental implants in dogs, since the material prevented
bone healing due to an increased inflammatory reaction [157].

P3HB-22%3HV coated onto a tantalum stent implanted for 4 weeks in the
porcine coronary artery induced a marked inflammatory and foreign body
response, thrombosis as well as extensive fibromuscular proliferation leading
to eccentric stenosis [158]. Intense inflammatory reactions and proliferations,
thrombosis, and in-stent lumen narrowing have also been reported after im-
plantation of P3HB stents (plasticized with 30% TEC) into the rabbit iliac
artery for up to 30 weeks. The polymer degradation process was suggested to
be the main reason for the significant chronic inflammation induced by these
stents [159]. Another explanation might be the fast leaching of the water-
soluble plasticizer [79], together with polymer crystallization induced by the
laser-cutting in the stent manufacturing process [160] leading to polymer
stiffness and brittleness, which may cause the tissue irritation and early stent
rupture observed in the study.

Blood Compatibility
In vitro studies have confirmed that P3HB is a polymer with a high blood
compatibility [139]. For example, a good thromboresistance of the P3HB sur-
face has been concluded from the adsorption and desorption characteristics
of albumin and fibrinogen, the latter playing a major role in stimulating
thrombus formation [161]. Furthermore, the blood compatibility of P3HB,
P3HB-9%3HV, and P3HB-22%3HV films has been compared by studying the
adsorption of these proteins. An increasing fibrinogen adsorption has been
observed with increasing 3HV content (increasing hydrophobicity) while al-
bumin adsorption decreased [162].

The protein adsorption that precedes and probably determines the sub-
sequent coagulation process was also evaluated on unmodified P3HB films
and on films modified by perfluorohexane plasma. It was ascertained that
the adsorption of fibrinogen strongly decreased on the plasma-treated P3HB
films, resulting in prolonged blood coagulation times in vitro. Perfluorohex-
ane plasma modification leads to very smooth and hydrophobic surfaces [138,
139]. Surface roughness was found to be more significant for protein ad-
sorption than surface energy [139]. The same was concluded after alkaline
treatment of P3HB-8%3HV films leading to strong surface erosion and in-
creasing area accessible to proteins [122].

The release of molecules of the inflammation cascade was evaluated in
vitro after contact of P3HB films with fresh human blood. The activation of
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the cellular coagulation (activation of thrombocytes with release of platelet
factor 4 or β-thromboglobulin) and plasmatic coagulation (release of pro-
thrombin fragment F1+2) was observed, the latter, however, only to a small
extent [163]. The complement activation of human serum due to P3HB
contact was demonstrated by a significant increase of the C3a-desArg con-
centration [164]. However, no significant activation of the coagulation and
complement systems by P3HB films have been observed in subsequent studies
(Fig. 8) [72]. The conflicting results might be attributed to different degrees in
the purity of the polymer used in both sets of experiments.

The importance of polymer purity on the blood compatibility of P3HB
and P3HB-3HV (4%, 18% 3HV) has recently been investigated. It has been

Fig. 8 In vitro hemocompatibility of solution-cast P3HB films, compared to that of P3HB
films modified with 30% each of at-P3HB, dg-P3HB, TEC (leached), and BTHC; PLLA
films for comparison. Activation of a cellular coagulation (release of β-thromboglobulin,
control = collagen), b plasmatic coagulation (release of prothrombin fragment F1+2, con-
trol = kaolinite), and c complement system (release of C3a-desArg, control = inulin) [72]
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shown that additional purification steps to remove residual bioactive compo-
nents from the polymeric material (such as lipopolysaccharides (endotoxins)
stemming from bacterial cell walls) significantly reduce complement activa-
tion. Interestingly, the rate of complement activation by the polymers tested
decreased with increasing amounts of 3HV, either before or after additional
purification [165].

Other P3HB-based materials tested included P3HB/PEG blends, which ex-
hibited increasing blood coagulation times and less platelet adhesion with
increasing amount of PEG [103]. In another study, P3HB-3HV (5% HV) films
immobilized with hyaluronic acid had less protein (albumin, fibrinogen) ad-
sorbed and longer coagulation times than unmodified films. Immobilization
with chitosan had the opposite effect [118].

In vivo, a complete coverage of the surface of nonwoven P3HB patches with
endothelial-like cells without any platelet or fibrin adhesions was reported
from a 12-month study of closure of an atrial septal defect in sheep [144]. No
platelet aggregates were seen and fibrin rarely observed on the patch surface
in a 24-month study on the right ventricular outflow tract of sheep [145].

However, severe thrombosis was observed in vivo when testing P3HB-
22%3HV-coated tantalum stents in pigs [158]. The hydrophobic nature of the
polymer surface supporting protein adsorption, followed by platelet adhe-
sion and subsequent thrombi formation, was given as a possible reason for
the stent failure [166]. This is in accordance with in vitro results mentioned
above [162]. Based on these experiments, P3HB-3HV was assessed to be less
suited for implants that are in immediate and extended blood contact [166].
Severe thrombosis, including complete thrombotic occlusion, also occurred
after implantation of P3HB stents but not with tantalum controls in a rabbit
study [159]. It must be considered that the polymer stents used in this study
were plasticized with 30% TEC, which can leach out quickly under physio-
logical conditions leaving behind a more porous polymer structure that may
increase protein adsorption.

3.3
Biodegradability

In Vitro Degradation
In addition to suitable mechanical and biocompatibility properties, a tem-
porary implant material needs to degrade within clinically reasonable time
periods. In vitro degradation studies on P3HB films in buffer solution
(pH 7.4, 37 ◦C) showed no mass loss after 180 days, but a decrease in mo-
lecular weight starting after an induction period of about 80 days [167].
This induction period was attributed to the time required for water to pen-
etrate the polymer matrix. The degradation mechanism was examined in
an accelerated test at 70 ◦C. It was concluded that the hydrolysis of micro-
bial polyesters proceeds in two steps. First, there is a random chain scission
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both in the amorphous and crystalline regions of the polymer matrix associ-
ated with a decrease in the molecular weight with unimodal distribution and
relatively narrow polydispersity. Simultaneously, an increase in crystallinity
occurs that is attributed to the crystallization of chain fragments in the hy-
drolyzed amorphous regions. When the molecular weight of the degrading
polymer reaches a critical low Mn of about 13 000, mass loss starts as the
second step [167].

This in vitro degradation profile is typical for a bulk-degrading polymer
and can also be found in synthetic polyesters in medical use, such as PGA,
PLGA, PDLLA, and PLLA. Thus, significant mass loss of P3HB will be ob-
served only after the prolonged period of time necessary for the molecular
weight to reach the critical lower limit. Therefore, the degradation profile can
hardly be predicted solely by determination of mass loss but should prefer-
ably be based on the molecular weight analysis.

Unmodified P3HB is a relatively slowly degrading polymer. However, an
acceleration of the degradation rate is possible by simple modifications, such
as the addition of polymers or plasticizers. One strategy is the addition of hy-
drophilic or amorphous polymers, which enhance the water absorption into
the polymer bulk and accelerate its hydrolysis. For example, the water con-
tent was found to be higher in P3HB/PDLLA than in P3HB/PCL blends [168].
Amorphous at-P3HB degrades faster than natural isotactic P3HB and can also
be used as blend component [169]. Another strategy is the leaching of water-
soluble additives, which leads to a higher polymer surface area, as discussed
for P3HB and glycerin derivatives [170]. The addition of PDLLA oligomer or
PEG as amorphous and leachable additives has also been shown to accelerate
the hydrolysis of, for example, P3HB-12%3HV [171].

The in vitro degradation of solution-cast films of P3HB and modifica-
tions of P3HB expected to influence the degradation time has been studied
(Fig. 9a). The molecular weight of unmodified P3HB decreased to one half
of its original value after 1 year of storage in buffer solution (pH 7.4, 37 ◦C).
An accelerated degradation could be achieved by blending with 30% at-
P3HB, while addition of low molecular weight (predegraded) dg-P3HB had
no influence due to its high crystallinity. Leaching of a water-soluble addi-
tive (TEC) led to a slight initial acceleration of the P3HB degradation. In
contrast, a deceleration of the degradation rate was observed after addition
of a hydrophobic plasticizer (BTHC) [38]. Slightly enhanced hydrolysis rates
could be achieved by increasing the amount of at-P3HB in the P3HB/at-P3HB
blends [39] (Fig. 9b).

An accelerating effect of pancreatin containing a mixture of enzymes
(including lipase, amylase, α-chymotrypsin, trypsin and protease) on the
hydrolysis of P3HB, but not PLLA, has been observed in this study. The degra-
dation rate of P3HB was accelerated about threefold in comparison to simple
hydrolysis [38]. There are only a few other reports on this topic in the lit-
erature. For example, microparticles made of a PHB-10.8%HV/PCL (80/20)
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Fig. 9 a In vitro degradation (pH 7.4, 37 ◦C) of solution-cast P3HB films, compared to that
of P3HB films modified with 30% each of at-P3HB, dg-P3HB (Mw = 3000), TEC (leached),
and BTHC; PLLA films for comparison. After 2 years in buffer solution, significant
mass loss was observed only for films made of P3HB/at-P3HB (12%) and P3HB/BTHC
(10%) [38]. b Effect of increasing amount of at-P3HB in P3HB/at-P3HB blends on the in
vitro degradation (pH 7.4, 37 ◦C) of solution-cast films. There was no mass loss of P3HB
films after 2 years in buffer solution while mass loss of P3HB/at-P3HB films increased
with increasing amount of at-P3HB (30/70: 12%, 50/50: 18%, 70/30: 29%) [39]

blend showed accelerated mass loss with bulk and surface erosion after incu-
bation in newborn calf serum or pancreatin solution compared to plain buffer
solution. This was attributed to the effects of enzyme activity over and above
simple ester hydrolysis [172]. The potential participation of enzymes found
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in the human body in the hydrolysis of P3HB was also discussed in another
study in which a mass loss of more than 10% in 41 days was observed after
incubation of polymer films in the presence of lysozyme [103]. Microbial li-
pases, on the other hand, had no effect on the P3HB degradation [170, 173].
The occurrence of low molecular weight P3HB in the human body may sug-
gest that specific enzymes are involved in the polymer synthesis and its
depolymerization in vivo. Moreover, it is worth noting that a Ser..His..Asp
triad constitutes the active center of the catalytic domain of both P3HB
depolymerase [174] and pancreatic lipase [175]. The serine is part of the
pentapeptide Gly-X1-Ser-X2-Gly, which is located in all known P3HB depoly-
merases as well as lipases, esterases, and serine proteases [174]. However, the
occurrence of P3HB-specific enzymes in the human body and their contribu-
tion to the hydrolysis of implanted P3HB needs still further clarification.

The hydrolytic degradation of P3HB-3HV copolymers with low hydroxy-
valerate content (up to 20%) has been extensively studied. A comparison with
the P3HB homopolymer is possible because the low 3HV content has only
little influence on the hydrolysis rate [176] while the molecular weight, crys-
tallinity, porosity, and any additives are of significant importance. P3HB-3HV
samples showed an increased degradation rate with decreased initial molecu-
lar weights [176–178]. The degree of crystallinity depends on the processing
so that an acceleration of P3HB degradation is in the order of decreasing crys-
tallinity: injection molding < melt pressing < solution casting [177]. P3HB
samples produced by cold compression degrade even faster than the solu-
tion cast ones [177, 178]. The addition of hydrophilic polysaccharides [179]
resulted in a strong acceleration of the hydrolysis rate of P3HB-3HV, whereas
the addition of hydrophobic PCL [180] showed only little influence on the
hydrolysis rate. The degradation of P3HB and P3HB-3HV films can also be
accelerated by incorporation of basic molecules [181, 182].

P3HB-5%3HV samples did not show any mass loss after 16 weeks in buffer
solution (pH 7.4, 37 ◦C), while the decreasing viscosity indicated a molecu-
lar weight reduction [99]. The degradation times of P3HB and high molecular
weight PLLA, as well as PCL, were comparable in this study. P3HB-7%3HV
showed, after an initial period, a continual decrease in molecular weight
to nearly half of its initial value after 2 years in buffer solution (pH 7.4,
37 ◦C) [183]. However, using the same material, a continual decline in the mo-
lecular weight without induction period was detected in another study [184].
P3HB-3HV (7%, 14%, 22% 3HV) tested in an accelerated degradation test
(pH 7.4, 70 ◦C) for up to 220 days showed increasing mass loss with increasing
3HV content [100].

Films made of P3HB-6%3HV showed a two-step hydrolysis (pH 7, 60 ◦C)
with continual molecular weight decrease in the first step [185]. The begin-
ning of mass loss in the second step coincides with a decrease in the pH of
the solution to a value of about 4. An autocatalytic effect of released hydroxy
acids was confirmed by an increasing degradation rate. Moreover, a nonran-
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dom chain scission with a more accelerated hydrolysis of the 3HV component
was also found in these experiments. An inhomogeneous degradation with
accelerated hydrolysis of the core was observed in thicker P3HB-7%3HV
films [186]. The accelerated hydrolysis of the core, similar to that found in
poly(lactide)s, was attributed to the accumulation of acidic degradation prod-
ucts in the polymer bulk.

In a study on P3HB-14%3HV fibers incubated in buffer solution (pH 7.4,
37 ◦C), the molecular weight Mn started to decrease after an induction period
of about 80 days, and reached 64% of its initial value after 6 months. As
confirmed in the accelerated test, the tensile strength and mass started to de-
crease at molecular weights Mn of about 70 000 and 17 000, respectively [187].
Textiles made from melt-extruded P3HB fibers showed a molecular weight
decrease to about 90% of the initial values after 6 months of incubation
(pH 7.4, 37 ◦C). The single fibers, however, degraded at a faster rate, reach-
ing molecular weights Mw of 84% after 12 weeks in vitro, which could be
further accelerated after pretreatment by electron irradiation [105]. P3HB
“wool” made from solution-spun fibers have been tested under accelerated
conditions (pH 10.6, 70 ◦C), confirming the influence of polymer purity and
processing on the hydrolysis rate [188].

Porous scaffolds made from P3HB-3%3HV and P3HB-3%3HV/wollastonite
composites showed a continuous fast decrease in their mass and molecular
weight when stored for up to 15 weeks in buffer solution (pH 7.4, 37 ◦C).
For example, unmodified P3HB-3HV scaffolds lost about 12% of their ini-
tial mass and about 90% of their initial molecular weight at the end of the
incubation period. Increasing the amount of wollastonite in the composite
resulted in increased mass loss due to wollastonite dissolution but delayed
polymer hydrolysis, which was explained by the buffering effect of acidic
hydrolysis products by alkaline ions dissolved from the wollastonite. This
was confirmed by pH measurements showing a drop during the incuba-
tion of unmodified P3HB-3HV, but almost constant values when testing the
composites [189]. Porous P3HB scaffolds tested in another study showed
a mass loss of only 3% after 50 days of incubation in buffer solution (pH 7.4,
37 ◦C) [124]. Mass loss of P3HB-8%3HV porous scaffolds started after an in-
duction period of 120 days and reached about 40% after 180 days in vitro
(pH 7.4, 37 ◦C) [126, 127].

The degradation behavior of P3HB was also studied for the selection of
suitable sterilization methods. It was found that with steam sterilization and
with gamma-irradiation in particular a molecular weight reduction and dete-
rioration of mechanical properties takes place, while sterilization with ethy-
lene oxide or formaldehyde gas has no affect on the polymer properties [190].
Significant loss in the molecular weight together with embrittlement have
been observed for P3HB films, but not P3HB-3HV films, in a screening
study testing a variety of sterilization methods [102]. The irradiation-induced
degradation of P3HB or P3HB-3HV was studied and confirmed also by other
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authors [105, 191–196]. However, it was also reported that P3HB-3HV can be
sterilized by steam, gamma-irradiation, and ethylene oxide/carbon dioxide
without losing stress and stiffness [197].

In Vivo Degradation
The in vivo degradation (decrease of molecular weight) or resorption (mass
loss) of P3HB has long been a controversial subject in the literature. Main rea-
sons for the controversy were the use of samples made by various processing
technologies (e.g., solution-casting, melt-processing, drawing/orientation) in
different shapes and designs (e.g., films, fibers, porous scaffolds) and the in-
comparability of different implantation sites (e.g., blood contact, “soft” tissue,
“hard” tissue). However, there is now a significant body of research data avail-
able confirming that P3HB is a completely resorbable polymer, with a degra-
dation rate comparable to that of slowly degrading synthetic polyesters such
as high molecular weight PLLA. Most valuable for an estimate of the in
vivo resorption time of P3HB are studies conducted in sheep which demon-
strated the resorption of arterial implants (blood contact) after approximately
12–24 months and pericardial implants (“soft” tissue contact) after approxi-
mately 30 months (see below).

The following conflicting results reported from early studies may serve
as examples for the controversy previously existing in the literature. For
example, solution-cast and press-sintered P3HB showed beginning or com-
plete dissolution after i.m. and s.c. implantation in rabbits already within
2–8 weeks [26]. P3HB tablets lost about 7.5% of their mass within 20 weeks
s.c. in mice [28]. In contrast, no decomposition of P3HB tablets was observed
after a 6-month period s.c. in rats [198]. No significant changes of P3HB films
were reported from a 90-day s.c. implantation study in rats [199].

It has to be considered that mass loss or decomposition of P3HB occurs in
the final step of its degradation, as already outlined above. Therefore, in com-
parison to mass loss, molecular weight analysis gives a better insight into the
degradation profile of a bulk-degrading polymer such as P3HB and allows for
a more reliable prediction of its resorption time.

For example, various P3HB samples implanted for 1 year s.c. in rats
showed a decrease in the molecular weight to about 70–85% of the initial
value [192]. Systematic degradation studies of polyesters, among them P3HB,
were carried out s.c. in mice [55]. The 2% mass loss of P3HB after 6 months of
implantation was ascribed to low molecular weight impurities. The molecular
weight was reduced to 57% of the initial value. The in vivo degradation rate
had the order PDLLA > PLLA > P3HB (Fig. 10a). It was concluded that P3HB
degrades in vivo, although at a much slower rate than the poly(lactide)s.

Additionally, the in vivo degradation of P3HB was systematically com-
pared with that of P3HB-3HV in this study (Fig. 10b). P3HB-3HV copolymers
show a slower degradation than P3HB if the 3HV content is less than 10%.
However, the hydrolysis rates become comparable when the 3HV content
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Fig. 10 a In vivo degradation (s.c., mouse) of injection-molded samples of P3HB,
compared to that of PLLA and PDLLA, and b to that of P3HB-9%3HV and P3HB-
22%3HV [55]

reaches about 20%. This might be explained by a slightly decreased polymer
crystallinity with increasing amount of 3HV, which overshadows the deceler-
ating effect caused by the increasing hydrophobicity. However, crystallinities
of P3HB-3HV copolymers are generally high and in the order of magnitude
of that of the P3HB homopolymer [65, 200] so that degradation rates can be
expected that are similar for both types of polymers.
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A slow polymer degradation has also been suggested from a long-term
implantation study of P3HB-3HV (7%, 14%, 22% 3HV) i.m. in sheep. The
copolymer containing 22% 3HV appeared to be more sensitive to the in vivo
degradation than the copolymers having a lower 3HV content [100].

P3HB samples implanted s.c. and i.p. in rats showed a fast initial degra-
dation in the first 4 weeks. The molecular weight had halved 1 year after
implantation [201]. P3HB-7%3HV showed a decrease in the molecular weight
to about 40% of the initial value 15 months after implantation s.c. into rab-
bits [184]. In a 4-week implantation study of P3HB-12.6%3HV films s.c. in
rats it was shown that the polymer degradation can be accelerated by incor-
poration of a basic drug [182].

No mass loss of P3HB fibers was observed after s.c. implantation in rats for
180 days [202]. A slow resorption of P3HB fibers has also been reported after
i.m and i.p. implantation in rats. The maximum breaking force was between
94% (i.m.) and 81% (i.p.) of the initial values 12 weeks postoperatively [203].

Nonwoven P3HB patches were implanted for closure of an atrial sep-
tal defect [144], as transannular patches for the enlargement of the right
ventricular outflow tract and pulmonary artery [145] and as pericardial
patches [142] in sheep. At 12 months postoperatively, no remaining polymer
could be observed by light microscopy in the atrial septal defect study but
small particles appeared in polarized light. The transannular patches disap-
peared microscopically after about 12 months; however, macrophages were
still present 24 months postoperatively. The pericardial patches degraded
more slowly. Some polymer particles remained 24 months after implanta-
tion, but disappeared after 30 months leaving behind some macrophages
marking the implant region at this time. In clinical use, P3HB pericardial
patches showed a significant reduction in size, by an average of 27%, in
the 24-month follow-up group [33]. The complete absorption of a P3HB
pericardial patch, 16 months after implantation in a patient, has also been
reported [204].

Bioresorbable intravascular stents made of P3HB plasticized with TEC
were nearly completely dissolved 16–26 weeks after implantation into the iliac
arteries of rabbits [205, 206]. P3HB conduits for nerve regeneration showed
softening [36] or fragmentation and size reduction [34] after a 12-month
implantation in cats. In another study, the canine urethra was replaced by
a polyglactin mesh coated with P3HB. The complete resorption of the graft
was observed 8–12 months postoperatively [207].

Gastrointestinal patches made of P3HB/at-P3HB (70/30) blends tested for
repair of a bowel defect in rats showed a fast initial degradation followed by
a deceleration after 2 weeks [38]. Interestingly, this time period corresponds
to the occurrence of mRNA encoding of pancreatic enzymes after implanta-
tion of P3HB patches onto the gastric wall of rats [150]. Material remnants
were found only in one out of four test animals 26 weeks after implantation,
and had a molecular weight of about 38% of the initial value (Fig. 11a) [38].
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Fig. 11 a In vivo degradation of solution-cast P3HB/at-P3HB (70/30) patches implanted
on the intestinal wall of rats [38]; in vitro degradation (pH 7.4, 37 ◦C) for comparison.
b In vivo degradation of solution-cast P3HB and P3HB/at-P3HB (70/30) patches im-
planted to cover skull defects in minipigs [72]

P3HB films were tested subperiostally on the osseus skull of rabbits. Al-
though there were no macroscopic signs of resorption after 20 months of
implantation, no remaining test body could be found after 25 months [208].
Patches made of P3HB and P3HB/at-P3HB (70/30) blends have been used
to cover skull defects in minipigs and a strongly enhanced degradation of
the patch containing at-P3HB has been observed (Fig. 11b) [72]. An amount
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of 50% at-P3HB in the blend did not further accelerate the degradation of
P3HB [39].

P3HB implants reinforced with carbon fiber for fixation of tibial osteo-
tomies in rabbits were completely resorbed 24 weeks after implantation [209].
In contrast, P3HB used for bone regeneration of mandibular defects in rats
did not show any signs of degradation in the 6-month study [210]. Exami-
nations of P3HB/HA composites implanted in the femur of rabbits showed
physical cracks after 3 months but no signs of resorption [93]. However, a de-
grading P3HB phase was observed at the interface between bone and pins
made of P3HB or P3HB/HA after 6 months of implantation into condyles
of rabbits [155]. P3HB screws implanted for 2 years intramedullary in sheep
showed a slight reduction of hardness [153]. An almost completely resorbed
osteosynthesis screw made of P3HB-15%3HV was found after 32 months of
subfascial implantation in the sheep, whereas other implants, among them
some made of P3HB homopolymer, showed no signs of resorption at this
time. However, a large numeric difference between implanted and explanted
samples was observed. Thus, in one sheep, despite a most thorough investiga-
tion, only 3 out of 15 implants could be retrieved [154].

3.4
Applications in Tissue Engineering

Cardiovascular Patches
P3HB patches have shown potential for guided tissue regeneration in a num-
ber of animal studies and in patients. Nonwoven P3HB patches made from
solution-spun fibers have been extensively studied for defect repair in heart
surgery, such as for pericardial substitution [32, 33, 142, 143, 204, 211–213],
for closure of atrial septal defects [144], and for enlargement of the right ven-
tricular outflow tract and the pulmonary artery [145].

Pericardial adhesions following open-heart surgery, which may severely
complicate cardiac reoperations, were minimized and the coronary anatomy
was preserved after implantation of a nonwoven P3HB patch in sheep for
up to 30 months. The patch surface was shown to support regeneration of
mesothelial cells with preserved prostacyclin activity [142, 211]. However,
when tested after cardiopulmonary bypass surgery, which causes additional
insult to the pericardium, implantation of P3HB pericardial patches did not
affect adhesion formation or postoperative coronary anatomy visibility in
a short-term study in sheep [212].

P3HB pericardial patches have been tested in a randomized clinical study
and significantly limited retrosternal adhesions after cardiac surgery [33].
Another clinical report confirms the potential of P3HB pericardial patches
for pediatric patients undergoing open heart surgery to repair congenital de-
fects [204]. However, the patch does not affect postoperative changes in the
right ventricular function after coronary artery bypass surgery [213].
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Furthermore, nonwoven P3HB patches were effectively tested in sheep for
cardiovascular repair in low pressure systems, such as for closure of an atrial
septal defect [144] or as transannular patch in the right ventricular outflow
tract [145]. There were no signs of aneurysm formation or calcification. Inter-
estingly, no preseeding with vascular cells was necessary in these experiments
because the high mechanical strength and slow degradation of the polymer
prevented any dilatation of the regenerating tissue.

Gastrointestinal Patches
Resorbable P3HB patches for the gastrointestinal tract have been developed
to cover large open lesions if closure by conventional surgical techniques with
sutures or clips is impossible. These asymmetric patches were designed to
have a porous surface facing the bowel defect to support tissue regeneration,
and a smooth surface to prevent adhesions to the surrounding gut (Fig. 12).

Fig. 12 a P3HB/at-P3HB asymmetric patches [17] (reprinted by permission of Wiley)
and b P3HB film/textile composite patches (Institute of Polymer Research, Dresden, Ger-
many) with porous surface to support tissue regeneration and smooth surface to prevent
adherence to surrounding organs



Biopolyesters in Tissue Engineering Applications 31

Tests have been made on patches made either from P3HB films [150], P3HB
films blended with at-P3HB in order to reduce stiffness and enhance hydro-
lysis [38], or from P3HB film/textile composites [214]. A similar asymmetric
patch, made either from P3HB/at-P3HB (70/30) or (50/50) blends, has re-
cently been tested in minipigs and shown to support healing of a dural defect
on its porous surface and prevent adhesions to brain tissue on its smooth
surface [39].

Furthermore, P3HB tubes have been described that are intended to sup-
port tissue healing of vessels and hollow organs. P3HB was selected as a ma-
terial that can resist the aggressive secretions of the intestinal tract for a suf-
ficiently long time but will finally degrade [31]. It was demonstrated in a rat
model that high-risk anastomoses under the condition of general peritonitis
can be significantly protected by an intraluminal bypass with P3HB-7%3HV
tubes. No postoperative complications due to adhesions and no signs of toxic
reactions, as well as a good healing process with excellent revascularization of
the anastomotic region have been observed [215].

Nerve Conduits
Conduits for peripheral nerve regeneration were formed from nonwoven
P3HB sheets having polymer fibers oriented in one direction. These sheets
were wrapped around a 2–3 mm gap of the transected superficial radial nerve
in cats, and were sealed with fibrin glue [34, 36]. The fibers were oriented lon-
gitudinally in order to provide contact guidance and mechanical support for
growing axons. The slow degradation of P3HB was considered to be of advan-
tage, supporting the nerve during a period long enough for regeneration to
take place and reducing the risk of accumulation of large amounts of acidic
degradation products. Axonal regeneration was found to be similar to that
observed with epineural repair, which was used as a control.

P3HB tubes with unidirectional fiber orientation were prepared by rolling
a sheet of nonwoven P3HB around a cannula and sealing it with cyanoacrylate
glue. These tubes were successfully used to bridge a 10 mm gap in the sciatic
nerve of rats [35]. An increased axonal regeneration was found by filling the
tubes with transplanted Schwann cells [216]. Allogenic Schwann cells, embed-
ded in an alginate/fibronectin matrix inside the P3HB conduit, were shown to
enhance axonal regeneration of the transected rat sciatic nerve without elic-
iting a deleterious immune response [217, 218]. Additionally, P3HB conduits
filled with leukemia inhibitory factor in an alginate/fibronectin matrix en-
hanced the repair of the rat sciatic nerve in comparison to conduits without
growth factor, but still did not perform as well as autografts [219].

Tubes made from P3HB sheets were also tested as conduits for long-gap
peripheral nerve repair. P3HB tubes used to bridge up to 40 mm-long gaps
in the transected peroneal nerve in rabbits supported nerve regeneration, al-
though not as well as autografts. The authors concluded that empty P3HB
conduits may not be optimal for long-gap repair, and improvements might
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be considered by using exogenous growth factors or cultured cells [220]. In
a subsequent study using the same animal model, these tubes were filled with
glial growth factor embedded in an alginate/fibronectin matrix. While cross-
sectional staining of axons was greatest in the group containing growth factor,
empty P3HB tubes showed the greatest axonal regeneration distance. Alginate
had an inhibitory effect on the regeneration [221].

P3HB fibers embedded in an alginate/fibronectin matrix were tested as
a scaffold in a spinal cord hemisection model in rats. Scaffolds, 2–3 mm long,
supported neuronal survival after spinal cord injury. In the absence of poly-
mer fibers, implants of alginate and/or fibronectin hydrogel alone were found
to have no effect on neuronal survival [37].

Bone and Cartilage Repair
The long-term degradation profile of P3HB is considered to be of advan-
tage in orthopedic applications [152, 222]. Thus for example, fast-degrading
polyesters are not suitable for load-bearing fracture fixation devices [183],
and bone implants made from those polymers have been coated with P3HB
in order to slow down the degradation [223]. Additionally, the piezoelectric
potential of P3HB has been considered as a special feature, because it is com-
parable with that of natural bone [224, 225]. It is well-known that bone can
be strengthened and repaired by electrical stimulation. Therefore, P3HB com-
posites may stimulate bone growth and healing [226].

P3HB implants have been tested for connecting osteotomies in the tibia
of rabbits. The defect was healed after 12 weeks in most cases and the
implant was completely resorbed after 24 weeks [209]. P3HB was also suc-
cessfully tested as an occlusive membrane for guided bone regeneration in
the mandibula of rats [210, 227]. Osteosynthesis plates made of P3HB and
anchored with two P3HB bolts were examined for repair of a cut through
zygomatic arches of rabbits. The polymer was assessed to be suitable for
covering defects of the osseus skull and as an osteosynthesis material for frac-
tures of the visceral cranium [208]. However, no differences appeared in the
healing pattern of 15 mm diameter rhinobasal skull defects in minipigs when
covered with a 20 mm diameter P3HB/at-P3HB patch, compared to the con-
trol group without patch [39].

P3HB composites were extensively examined for bone repair, such as com-
posites made of P3HB and HA. HA stimulates the formation of new bone,
while P3HB is considered as potentially bioactive due to its degradability
and piezoelectricity. P3HB/HA composites were found to closely match the
mechanical properties of cortical bone, but had insufficient strength and duc-
tility for the construction of major load-bearing components [93]. Phosphate
glass was added to improve mechanical strength and to serve as precursor
for bone-forming osteoblasts [152]. Among composites made from P3HB or
P3HB-3HV (8%, 12%, 24% 3HV) and HA, the P3HB-8%3HV/HA (30/70)
composite had a compressive strength in the order of that of human bone,
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making it a candidate for fracture fixation [228]. Composites for cortico-
cancellous bone grafts were also made from P3HB-7%3HV and HA [229].

Composites made from P3HB-7%3HV and TCP showed a good biocom-
patibility in the femur of rabbits. However, PLLA/TCP was regarded as more
suitable for fracture support due to accelerated degradation, thereby main-
taining the required strength for a bone healing time of about 6 weeks [184].
In vitro studies have shown the formation of bone-like apatite on the surface
of P3HB/HA [230] and P3HB-12%HV/TCP [231] composites. Recently, the
fabrication and properties of P3HB-3%3HV/wollastonite composite scaffolds
have been reported [189, 232].

In vitro studies using bone marrow cells have shown the potential of
P3HB and P3HB-8%3HV matrices for bone tissue engineering (see Sect. 3.2).
A chemically synthesized degradable polyesterurethane foam containing
crystalline domains of short-chain P3HB and amorphous domains of PCL
exhibits good osteoblast compatibility and is being considered as scaffold
material for bone repair [233].

The potential of P3HB films and scaffolds as matrices for cartilage regener-
ation have been extensively studied in vitro (see Sects. 3.2 and 5.2). Thus for
example, nanofibrous polymer mats have been fabricated by electrospinning
of P3HB-5%3HV solution and tested as potential scaffolds for chondrocyte
attachment [133]. However, animal studies have not yet been reported.

Other Tissue Engineering Applications
P3HB films [234] and P3HB-coated textiles [235] have been described as ma-
terials for wound covering. Nonwoven P3HB “wool” has been developed as an
internal wound scaffolding device that supports reepithelialization [236].

P3HB surface-modified by ammonia plasma has been examined as a re-
placement material for respiratory mucosa after surgical resections in the
trachea, nasal septum, or sinus maxillaris [136]. P3HB-8%3HV modified by
oxygen plasma has been tested as a temporary substrate for retinal pigment
epithelium cells, to treat retinal disorders caused by retinal pigment epithe-
lium degeneration [137].

4
Poly(4-hydroxybutyrate)
and Poly(3-hydroxybutyrate-co-4-hydroxybutyrate)

P4HB is a thermoplastic polyester that can be produced by a number
of microorganisms, including Alcaligenes eutrophus strains [237–239], Co-
mamonas acidovorans [240], Hydrogenophaga pseudoflava [241], and re-
combinant Escherichia coli [47, 242, 243], using substrates such as 4-hy-
droxybutyrate, 4-hydroxybutyrolactone, or 1,4-butanediol. P3HB-4HB can be
obtained by fermentation using microorganisms such as Alcaligenes eutro-
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phus [244], Pseudomonas acidovorans [245], Comamonas acidovorans [246],
or Hydrogenophaga pseudoflava [241]. Biotechnologically produced P4HB
and P3HB-4HB have high molecular weights and properties suitable for med-
ical applications, including tissue engineering (congenital heart defects, heart
valves, vascular grafts), suture materials, and surgical textiles [47].

4.1
Mechanical Properties

P4HB has improved mechanical properties over P3HB, such as low stiffness
and brittleness, and high elongation at break. Furthermore, improved prop-
erties can already be found in P3HB-4HB copolymers having small amounts
of 4HB [62]. With increasing amounts of 4HB, to approximately 20–50%,
these copolymers exhibit elastomeric properties (Martin DP, personal com-
munication). Thermal and mechanical properties of P4HB and P3HB-4HB
solution-cast films are compared with those made of P3HB in Table 2 [51, 247].

Slightly different mechanical data for P4HB are reported from another
study, comparing dense and porous films for cardiovascular tissue engin-
eering made by melt-processing without or with salt-leaching. The mechan-
ical strength of porous scaffolds is low compared to dense polymer films
(Table 3) [56].

Table 2 Thermal and mechanical properties of P3HB, P3HB-4HB, and P4HB [51, 247]

Polymer Tg Tm Elastic Tensile Elongation

modulus strength at break
[◦C] [◦C] [MPa] [MPa] [%]

P3HB 10 178 2730 36 2

P3HB-18%4HB – 22 137 320 12 1120
P4HB – 47 61 230 36 1140

Table 3 Mechanical properties of dense P4HB films (made by melt-processing) and porous
P4HB films (made by melt-processing/salt-leaching) [56]

P4HB morphology Elastic Tensile Elongation
modulus strength at break
[MPa] [MPa] [%]

Dense film 64.8 51.7 1000
Porous film (50% porosity) 14.9 6.2 164
Porous film (80% porosity) 1.8 1.2 100
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4.2
Biocompatibility

Toxicity Testing
P4HB and P3HB-4HB have been evaluated in preclinical tests recommended
by the FDA for medical devices. These tests include cytotoxicity, sensitization,
irritation and intracutaneous reactivity, hemocompatibility, and implanta-
tion. Thus for example, P4HB films and sutures were subjected to a complete
series of biocompatibility test protocols that were performed in accordance
with the FDA’s GLP regulations as set forth in 21 CFR, part 58, as well as ISO
10993-1. The test results confirmed that P4HB is nontoxic and biocompatible
(Martin DP, personal communication).

The degradation product 4HB is a natural metabolite present in the hu-
man brain, heart, lung, liver, kidney, and muscle [248]. It has recently been
approved by the FDA for treatment of cataplexy [249]. In higher doses,
4HB possesses psychopharmaceutical effects leading to abuse as “liquid ec-
stasy” [250]. However, the low amount of monomer released during the poly-
mer degradation together with the short in vivo half-life of 4HB makes it
highly unlikely that small P4HB implants, such as those used in cardiovascu-
lar tissue engineering, will cause pharmacological side-effects [47].

Cell Culture Studies
In vitro cytotoxicity studies using L929 mouse fibroblasts revealed compara-
ble cell compatibility of P3HB, P4HB, and P3HB-18%4HB films [51]. Other
cell types have been successfully seeded on P4HB and tested in tissue en-
gineering experiments, mostly for cardiovascular applications. For example,
porous P4HB matrices have been seeded with ovine vascular cells, and cell
attachment and growth was compared to that on PGA or P3HO-3HH ma-
trices. Although cell attachment on P4HB was low, it was considered to
be sufficient for the application as heart valve scaffold [44]. Porous P4HB
scaffolds seeded with ovine vascular cells have also been tested as a car-
diovascular patch [42] or vascular graft [46, 251]. PGA matrices coated by
a P4HB film layer have been successfully seeded with different types of
cells, such as ovine vascular myofibroblasts and endothelial cells [43, 45, 252,
253], endothelial progenitor cells [254], marrow stromal cells [255–257], hu-
man pediatric aortic cells [258], human umbilical cord cells [259], human
mesenchymal placental cells [260], or ovine skeletal myoblasts [261] (see
Sect. 4.4).

In Vivo Studies
Mild tissue reactions have been observed in several in vivo studies. For ex-
ample, a minimal foreign body reaction has been reported after s.c. implan-
tation of P4HB in rats [56]. The analysis of patches tested to augment the
pulmonary artery in sheep revealed a little remaining polymer 24 weeks post-
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operatively surrounded by fibrous tissue and eliciting a moderate mononu-
clear and giant cell reaction, which was limited to the polymer itself without
affecting the surrounding tissue [42]. No signs of inflammation such as leuko-
cyte or giant cell infiltration were observed when porous P4HB tubes were
implanted as substitutes of the aorta in sheep [262]. No evidence of inflam-
mation or residual polymer have been found 16–20 weeks after implantation
of PGA/P4HB composite heart valve scaffolds in sheep [43].

Remnants of P4HB films implanted as aortic tissue substitutes in rabbits
were surrounded by macrophages and a few lymphocytes 26 weeks after im-
plantation. The inflammatory response to the degrading polymer was mild
to moderate depending on the progress of degradation (see Sect. 4.3). It was
assessed to be adequate by considering the final stage of polymer degrada-
tion associated with significant release of degradation products. There was
no biomaterial encapsulation. P4HB films supported neotissue formation,
which consisted lumenally of myofibroblasts, smooth muscle cells, and a layer
of endothelial cells which was, however, partly incomplete. No excessive in-
timal proliferation and lumen narrowing, and no calcifications have been
observed with these patches. P3HB-4HB patches tested in a similar model
were surrounded by very few macrophages and there was no inflammatory
cell infiltration due to the slow degradation process, without histologic signs
of mass loss at 26 weeks. The polymer film was encapsulated. A moderate to
strong intimal proliferation associated with slight lumen narrowing but no
calcifications has been observed in this group. The endolumenal endothelial-
ization was partly incomplete [263].

Rods made of P3HB-4HB implanted in the tibia of rabbits exhibited a good
compatibility without adverse tissue reaction after 6 weeks [264].

Blood Compatibility
An activation of the cellular coagulation similar to that induced by P3HB was
demonstrated after contact of P4HB and P3HB-4HB films with fresh human
blood. An initial activation of the plasmatic coagulation was observed with
P3HB-4HB films. However, both polymers did not activate the complement
system, and the amounts of C3a-desArg released have been lower than those
found with P3HB in these in vitro experiments (Fig. 13) [265].

In vivo, there was no thrombus formation despite partly incomplete en-
dothelialization on either P4HB or P3HB-4HB films tested as patches in the
rabbit aorta [263]. No signs of thrombus deposition were reported from
studies on tissue-engineered PGA/P4HB heart valves [43] and P4HB pul-
monary artery patches [42] implanted in sheep. However, tissue-engineered
P4HB tubes replacing the aorta in sheep induced thrombus formation, and
increasing deposits have been detected between 12 and 24 weeks postopera-
tively [262].

It is worth noting that the degradation product 4HB reduces the human
platelet aggregation induced by collagen and arachidonic acid, the latter even
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Fig. 13 In vitro hemocompatibility of solution-cast P3HB, P3HB-18%4HB, and P4HB
films. Activation of a cellular coagulation (release of platelet factor 4), b plasmatic co-
agulation (release of prothrombin fragment F1+2), and c complement system (release of
C3a-desArg) [265]

more potently than aspirin. Similarly, the thrombin-triggered aggregation is
reduced and the thromboxan production is decreased [266].

4.3
Biodegradability

In Vitro Degradation
An accelerated degradation rate of P4HB and P3HB-4HB, in comparison to
P3HB, can be expected due to the lower degree of crystallinity. This was con-
firmed by studying molecular weight decrease and mass loss of polymer films
incubated in buffer solution (Fig. 14) [51]. Other studies demonstrated a mo-
lecular weight decrease of about one third within 10 weeks of incubation in
buffer solution (37 ◦C, pH 7.4) [56]. Even small amounts of 4HB in P3HB-
4HB copolymers lead to a significantly faster hydrolysis compared to that of
P3HB. Increasing the amount of 4HB in the copolymers resulted in an acceler-



38 T. Freier

Fig. 14 In vitro degradation (pH 7.4, 37 ◦C) of solution-cast P3HB, P3HB-18%4HB, and
P4HB films. a Molecular weight and b sample mass vs. degradation time [51]

ated hydrolysis in these experiments [167, 267], and the molecular weights Mn
of P3HB-9%4HB and P3HB-16%4HB films reached approximately 60% and
40%, respectively, after 160 days in buffer solution (37 ◦C, pH 7.4), compared
to 80% for the P3HB homopolymer [167].

In Vivo Degradation
The complete resorption of P4HB within 8 weeks has been reported when
used as coating layer for a PGA heart valve scaffold in sheep [43]. A porous
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P4HB patch for the augmentation of the pulmonary artery in sheep was
nearly completely resorbed within 24 weeks [42]. A similar result has been
reported with porous P4HB tubes replacing a part of the descending aorta
in sheep [262]. Compact P4HB films implanted s.c. in rats showed a mo-
lecular weight decrease to approximately 62% after 10 weeks while highly
porous P4HB samples were completely resorbed at that time. Films, 50%, and
80% porous samples showed a 20%, 50%, and 100% mass loss, respectively,
over the 10 week period. Microscopic examination revealed a progressive sur-
face erosion starting with signs of cracking after 1 week. On the other hand,
in vitro samples showed almost no discernable change during 10 weeks of
incubation in buffer solution, suggesting a biologically mediated mode of
degradation in vivo [56].

P4HB films tested as aortic patches in rabbits showed progressive signs of
degradation, confirming a surface erosion mechanism (Fig. 15); films made of

Fig. 15 P4HB films (6×2 mm) implanted into the infrarenal aorta of rabbits 26 weeks post-
operatively (H&E, 400×). a Nearly complete film degradation in one animal. b Surface
erosion and beginning film fragmentation in another animal. The inflammatory response is
focal and appropriate at this stage of polymer resorption, with the number of macrophages
surrounding the film remnants dependant on the degradation progress [263]
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P3HB-18%4HB were essentially unchanged 26 weeks after implantation [263].
Summarizing the in vivo observations reported thus far it can be concluded
that P4HB has a resorption time of approximately 6–12 months, depending
on the sample morphology and implantation site. This corresponds approxi-
mately to the degradation time of PDLLA in vivo.

P3HB-4HB copolymers can be expected to degrade with a rate between
that of P4HB and P3HB. Thus for example, P3HB-10%4HB films have been
reported to degrade to 80% of the initial molecular weight (Mn) when im-
planted for 4 months i.p. in rats [22] and P3HB-20%4HB films degraded to
55% of their initial Mn after 1 year of s.c. implantation in rats [192].

4.4
Applications in Tissue Engineering

P4HB and P3HB-4HB have primarily been tested as scaffolds in cardiovascu-
lar tissue engineering. Preliminary studies using heart valve scaffolds based
on PGA or P3HO-3HH showed limitations. While PGA has insufficient me-
chanical properties, P3HO-HH is resorbed too slowly [268] (see Sect. 6.4).
P4HB has been introduced as an alternative biomaterial with sufficient flexi-
bility and suitable degradation time for applications in the circulatory sys-
tem [47], and a large number of studies report on its potential for tissue
engineering of heart valves and small-caliber vascular grafts, as well as its
application as a patch material.

Heart Valves
Polymer heart valves made entirely from P4HB have been described, ei-
ther constructed from highly porous polymer films (Fig. 16a) [44] or made
by rapid prototyping. The latter allows for a resemblance of the human
anatomy, as derived from computed tomography of patients [269]. How-
ever, the majority of studies on P4HB-based heart valve scaffolds have used
a PGA/P4HB composite material made by dip-coating of a PGA mesh in
P4HB solution. Trileaflet heart valves fabricated from the PGA/P4HB com-
posite have been seeded with ovine carotid artery medial cells for 4 days
under static conditions, followed by addition of endothelial cells and culture
in a dynamic pulse duplicator for 14 days, and were implanted in sheep for
up to 20 weeks. Echocardiography demonstrated functioning leaflets with-
out stenosis, thrombus, or aneurysm. Complete degradation of the PGA mesh
was observed after 4 weeks, and that of the P4HB layer after 8 weeks. De-
spite this fast scaffold degradation, mechanical properties of the regenerated
valve leaflet tissue were comparable to those of native tissue at 20 weeks [43].
The remodeling process was followed by analysis of the cell phenotype
of the tissue-engineered construct after in vitro and in vivo testing. Cells
from in vitro constructs (14 days) were found to be activated myofibroblasts
with strong expression of α-actin and vimentin; cells from in vivo explants
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(16–20 weeks) were fibroblast-like, with expression of vimentin but unde-
tectable levels of α-actin, which is similar to the native valve. The ECM
architecture of the explanted tissue resembled that of native valves. However,
leaflets were only partially covered with endothelial cells [252].

Other cell types investigated for preseeding of PGA/P4HB heart valve
scaffolds include marrow stromal cells (MSCs), which exhibit the potential
to differentiate into multiple cell-lineages and can be easily obtained clini-
cally [255–257]. Ovine aortic valvular endothelial cells and circulating en-
dothelial progenitor cells seeded on PGA/P4HB proliferate in response to
vascular endothelial growth factor and transdifferentiate to a mesenchymal
phenotype in response to transforming growth factor β1, which is a critical
step during embryonic development of cardiac valves [254]. Furthermore, hu-
man pediatric aortic cells and factors influencing their maturation have been
studied using PGA/P4HB scaffolds [258].

A number of studies based on PGA/P4HB have confirmed the importance
of dynamic cell culture conditions that reproduce physiological mechanical
stress and of pulsatile flow to achieve optimally functional scaffolds [43, 45,
46, 255, 259]. A bioreactor that includes dynamic flexure as a major mode of
deformation in the native heart valve cusp has been tested on PGA/P4HB and
PLLA/P4HB composite scaffolds [270].

A combination of an acellular porcine heart valve coated with P3HB, P4HB,
or P3HB-4HB has recently been developed (Fig. 16b) [51]. The decellularized
heart valve resembles the natural 3D structure of the heart valve, providing
nearly ideal flow conditions. It is composed mainly of collagen, elastin, and
proteoglycans, and contains protein ligands for cell attachment and receptor
activation. The protein/polyester combination has been developed to over-
come limitations of protein and polymer valves alone. Polymer coating of
a tissue-derived acellular scaffold can improve the mechanical stability and

Fig. 16 a Trileaflet heart valve scaffold fabricated from porous P4HB [44] (reprinted by
permission of Lippincott Williams & Wilkins). b Decellularized porcine heart valve as 3D
matrix for P3HB, P4HB, or P3HB-4HB coating [51]
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enhance the hemocompatibility of the protein matrix. This approach also
reduces the amount of polymer used, facilitating degradation and increas-
ing the elasticity of the construct [51]. Functional testing of these composite
valves have been performed under physiological systemic load conditions
using a pulse duplicator system [247, 271]. Decellularized porcine heart valves
coated with P3HB-4HB have been tested without any cellular preseeding in
the aortic and pulmonary position in sheep. While the two valves in aor-
tic position performed well, with complete endothelialization and limited
inflammatory cell invasion after 12 weeks, one of the two valves in the pul-
monary position failed, probably due to bacterial endocarditis [272].

Vascular Grafts
PGA/P4HB dip-coated composites have been formed into tubular scaffolds
using a heat application welding technique to test their potential for tissue
engineering of blood vessels. The tubes were seeded with ovine vascular my-
ofibroblasts for 4 days under static culture conditions, followed by seeding
of endothelial cells and incubation for 28 days in a pulse duplicator system.
The result was significantly more cells and collagen production as well as
higher mechanical strength compared to the static controls [45]. Dynamic ro-
tational seeding and culturing in a hybridization oven has also been shown
to be an effective method to culture ovine vascular myofibroblasts onto these
PGA/P4HB scaffolds [253].

P4HB porous tubes have been fabricated by a solution-casting/salt-
leaching method in a cylindrical mold containing a cylindrical core. These
tubular scaffolds (inner diameter 15 mm, wall thickness 2 mm) were seeded
with ovine vascular smooth muscle cells, derived by enzymatic dispersion
in order to limit the amount of differentiated myofibroblast-like cells. They
were incubated for 4 days under static conditions and 14 days under dy-
namic conditions, followed by another static culture with endothelial cells for
2 days. The result was the creation of tissue-engineered aortic blood vessels.
The dynamically cultured tubes showed confluent layered tissue formation
with significantly increased ECM synthesis, DNA, and protein content com-
pared to static controls, as well as mechanical properties approaching those
of native aorta [46]. Protein expression profiles of the tissue-engineered P4HB
tubes revealed distinct differences from native aorta or carotid arteries at
this early stage of remodeling [251]. The tissue-engineered constructs were
tested under high-pressure conditions in sheep by replacing a 4-cm segment
of the descending aorta. The tubes were wrapped into decellularized ovine
small intestinal submucosa prior to implantation in order to stimulate angio-
genesis and increase mechanical stability. No intimal thickening, dilatation
or stenosis were observed 12 weeks after implantation; however, small areas
of thrombi were formed despite endoluminal endothelial cell-layering. Di-
latation causing increased thrombus formation was observed 24 weeks after
implantation (Fig. 17). Compared to native aorta, regenerated tissue con-



Biopolyesters in Tissue Engineering Applications 43

Fig. 17 Macroscopical appearance of tissue-engineered blood vessel grafts prior to im-
plantation and 1, 3, 6, 12 and 24 weeks after implantation [262] (reprinted by permission
of Elsevier)

tained significantly less elastin. The lack of mature, cross-linked elastic fiber
formation has been identified as a major limitation of current tissue engin-
eering approaches in the high-pressure circulation [262].

Cardiovascular Patches
Patch materials for augmentation of the pulmonary artery or the right ven-
tricular outflow tract necessary in congenital cardiac defect surgeries have
been made of highly porous P4HB films. In contrast to nonseeded P3HB-
based cardiovascular patches (see Sect. 3.4), P4HB patches were seeded with
autologous vascular cells prior to implantation into the pulmonary artery
in sheep. Postoperative echocardiography of the seeded patches demon-
strated a smooth surface without dilatation or stenosis. Histologically, for-
mation of organized and functional tissue could be demonstrated 24 weeks
after implantation. Despite an ingrowth of tissue from the surrounding na-
tive pulmonary artery onto the unseeded control patch, it showed a slight
bulging, potentially indicating a beginning dilatation, after 20 weeks [42]. No
aneurysm formation was reported from a similar study using unseeded P3HB
patches [145]. Thus, to prevent aneurysm formation, cellular preseeding of
biodegradable patches might be necessary, depending on the degradation
time of the scaffold and the ability to provide mechanical strength for a suffi-
cient period of time [42].

Tubular scaffolds made from PGA/P4HB composites have also been con-
sidered as vascular conduits to repair congenital cardiac defects such as
surgical reconstruction of the right ventricle to pulmonary artery conti-



44 T. Freier

nuity. These scaffolds were seeded with human umbilical cord cells under
static and dynamic culture conditions. Viable, confluently layered tissue with
myofibroblast-like elements was formed after 21 days of culture. However,
lack of elastin production was reported, causing low elongation at break and
high stiffness of the scaffold compared to native tissue [259].

Other Tissue Engineering Applications
Fetal tissue engineering with constructs made of PGA/P4HB seeded with hu-
man mesenchymal placental cells has been tested as a potential method for
treatment of severe congenital anomalies. P4HB was used to improve the me-
chanical strength of the PGA mesh in this study [260]. PGA/P4HB composites
surface-treated with alkaline solution have been cultured with ovine skeletal
myoblasts to test their potential for treatment of congenital muscular defects.
However, they showed limited cell attachment compared to PGA/PLLA or col-
lagen scaffolds [261].

5
Poly(3-hydroxybutyrate-co-3-hydroxyhexanoate)

P3HB-3HH is a thermoplastic polyester, which has been found to accumu-
late in Aeromonas species such as A. caviae [63] and A. hydrophila [273, 274].
Recently, the large-scale production of P3HB-3HH has been reported by fed-
batch culture of A. hydrophila using glucose and lauric acid as carbon source.
The resulting random copolymer of this fermentation process was found to
have a 3HH fraction of 11% [275].

5.1
Mechanical Properties

Copolymerization of P3HB by incorporation of a longer alkyl side-chain
such as 3HH is a promising strategy for improving the mechanical proper-
ties of the P3HB homopolymer because the 3HH unit does not fit into the
crystalline lattice of 3HB, and vice versa, which avoids the isodimorphism
found in P3HB-3HV copolymers [276]. The mechanical properties of P3HB-
3HH are characterized by a low elastic modulus, high elongation at break,
and relatively low tensile strength [63, 89, 90, 274] (Table 4). The mechanical
strength of P3HB-3HH films can be improved by preorientation using cold-
drawing [276] or hot-drawing [277] techniques.

Additionally, P3HB-3HH was shown to be a good candidate for blending
in order to reduce the stiffness and brittleness of highly crystalline poly-
mers such as P3HB [89, 90] and PLLA [278]. Improved mechanical prop-
erties have been found in P3HB/P3HB-13%3HH 40/60 blends, which were
selected for subsequent biocompatibility studies [90]. PLLA/P3HB-5%3HH
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Table 4 Mechanical properties of P3HB-3HH [274]

Polymer Elastic Tensile Elongation
modulus strength at break
[MPa] [MPa] [%]

P3HB-2.5%3HH 630 25.7 7
P3HB-7.0%3HH 290 17.3 24
P3HB-9.5%3HH 155 8.8 43

and PLLA/P3HB-13%HH blends showed favorable mechanical properties up
to a P3HB-3HH content of 20% [278].

5.2
Biocompatibility

Cell Culture Studies
The cell compatibility of P3HB-3HH and its blends with P3HB have been tested
in a number of in vitro studies using fibroblasts [89, 94, 115–117], bone mar-
row cells [49, 94, 124, 279], and chondrocytes [48, 89, 90, 129–131]. However,
neither in vivo testing nor hemocompatibility testing have yet been reported.

Published results with mouse fibroblasts seeded on polymer films are
partially controversial. While a high cell viability on P3HB-3HH films and
virtually no viability on P3HB films have been reported from earlier stud-
ies [89, 115, 116], comparable fibroblast viabilities on both materials have been
described more recently [94]. Methods studied for surface modification to im-
prove the wettability of the hydrophobic films include ion implantation [110],
treatment with lipases [89, 115, 116], and alkaline hydrolysis [115, 116]. Surface
hydrolysis using lipases or alkaline medium led to strongly improved cell via-
bility on P3HB and P3HB/P3HB-3HH films while P3HB-3HH films remained
essentially unaffected. Surfaces having higher hydrophilicity and smoothness
were found to increase fibroblast viability in these studies [89, 115, 116]. The ef-
fect of the comonomer composition on the cell compatibility showed preferable
growth on PHB-20%3HH in comparison to P3HB-5%3HH and P3HB-12%3HH
surfaces, which was attributed to the surface smoothness. As already men-
tioned, no significant differences between P3HB and P3HB-3HH were found
in this study. PLLA showed less cell compatibility than the PHB-based materi-
als [94]. Comparable fibroblast viabilities have also been found after seeding on
P3HB and P3HB-3HH porous matrices, made by solution-casting/salt-leaching
and treated with lipase. Coating with hyaluronic acid had a negative effect
on the cell growth in these experiments despite providing a smoother and
more hydrophilic surface. It was concluded that surface properties have to be
appropriate for protein adhesion and cell attachment [117].
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Studies with rabbit bone marrow stromal cells have shown that these
cells can attach, proliferate, and differentiate into osteoblasts when seeded
on P3HB-11%3HH films. However, no phosphate deposits could be detected
in the 28-day study [279]. A comparison of cell viabilities on P3HB, P3HB-
3HH and PLLA films had the order: P3HB-12%3HH > P3HB-5%3HH >
P3HB > P3HB-20%3HH > PLLA. This order is different to that found for
fibroblasts and was attributed to the appropriate surface roughness pro-
moting attachment and differentiation of osteoblasts-like cells, while fibrob-
lasts prefer smoother surfaces [94]. Porous scaffolds made by solution-
casting/salt-leaching confirmed the good cell compatibility of P3HB-3HH
matrices, which showed higher cell viabilities and osteoblast differentiation
(as determined by alkaline phosphatase activity) than scaffolds made from
P3HB and PLLA. Additionally, a significant mineralization has been observed
in this study [49]. Addition of HA to P3HB-3HH scaffolds resulted in reduced
osteoblast growth, while the growth on P3HB/HA scaffolds was enhanced in
comparison to the unmodified materials [124].

Rabbit articular cartilage-derived chondrocytes have been seeded on
solution-cast films made from P3HB, P3HB-12%3HH, and their blends.
Blends containing equal amounts of both polymers, possessing the highest
surface free energy of the samples tested, had the highest amount of pro-
tein adsorbed and number of chondrocytes adhered [129]. Studies on porous
scaffolds showed more chondrocyte growth on P3HB/P3HB-3HH blends than
on the individual polymers alone within the 28-day culture period [48, 89].
Microscopic analysis revealed that large quantities of chondrocytes grew ini-
tially on the surface and, after 7 days, also into the open pores of the polymer
scaffolds. Morphologically, cells found on the surface of the scaffold exhib-
ited a fibroblast-like appearance and slowly formed confluent cell multilayers
starting from 14–28 days of incubation. In contrast, proliferating chondro-
cytes, which maintain their morphology and phenotype for up to 28 days,
have been found inside the polymer matrices [48]. High amounts of gly-
cosaminoglycans and ECM (collagen) were produced in scaffolds made from
the polymer blends. The level of collagen II that is secreted by maturating
chondrocytes as cartilage-specific ECM protein was higher in P3HB-3HH or
P3HB/P3HB-3HH than in P3HB scaffolds [130, 131]. Analysis of the ECM
formed during cell culture with a scaffold containing 40% P3HB and 60%
P3HB-3HH demonstrated high levels of calcium and phosphorus in a molar
ratio of Ca/P = 1.66, which is similar to that of natural HA (Ca/P = 1.67), the
major inorganic component of bone and cartilage [90].

5.3
Biodegradability

The (nonenzymatic) degradation of P3HB-3HH has not yet been tested sys-
tematically either in vitro or in vivo. Data has been reported from a short-
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term in vitro study of P3HB-12%3HV porous scaffolds showing 7% mass
loss after 50 days of incubation in simulated body fluid (pH 7.4, 37 ◦C), in
comparison to 3% for P3HB [124]. Two opposite effects on the hydrolysis
process have to be considered when comparing the degradability of P3HB-
3HH with that of the P3HB homopolymer. Firstly, the introduction of 3HH
side-chains into P3HB increases the hydrophobicity of the polymer, thus hin-
dering the penetration of water into the polymer bulk and slowing down
the hydrolysis. Secondly, 3HH groups decrease the polymer crystallinity [63],
which would result in an accelerated hydrolysis compensating the effect of the
more hydrophobic side-chains. Overall, it can be assumed that the degrada-
tion rate of P3HB-3HH is comparable or slightly faster than that of P3HB or
P3HB-3HV.

5.4
Applications in Tissue Engineering

Bone and Cartilage Repair
Based on the results of the in vitro cell compatibility testing (see Sect. 5.2),
which showed improved attachment, proliferation and differentiation of rab-
bit bone marrow cells on P3HB-3HH films [94, 279] and porous matrices [49,
124] in comparison to P3HB or PLLA, it was concluded that P3HB-3HH has
potential as scaffold material in bone tissue engineering. However, there is
still a lack of in vivo data. In vitro, a strong alkaline phosphatase activity as an
early marker of osteoblast differentiation has been reported; however, phos-
phate deposits as a late marker of osteoblast differentiation could be detected
only on porous materials but not on dense polymer films after 28 days of
cell culture [49, 279]. Composite scaffolds made from P3HB-3HH and HA as
a bioactive and osteoconductive additive did not enhance osteoblast growth
in vitro [124]. Ultimately, P3HB-3HH matrices have to be tested in vivo to
confirm their potential for bone repair.

Similarly, despite a number of in vitro studies demonstrating the po-
tential of P3HB-3HH films [129] and porous matrices [48, 89, 90, 130, 131]
for engineering of cartilage (see Sect. 5.2) no in vivo results have been re-
ported so far. In vitro, blends made from P3HB and P3HB-3HH showed most
promise, in comparison to P3HB and P3HB-3HH alone, as they enhanced not
only adhesion and proliferation of rabbit chondrocytes but also allowed for
preservation of the cell phenotype, which is required for chondrogenesis [48].
Additionally, these materials allow for synthesis of hyaline cartilage-specific
collagen II, which is the major component of the solid matrix of human
articular cartilage [130, 131]. Another major ECM protein secreted by chon-
drocytes at the late stage of cartilage development, collagen X, could also be
detected [129]. These important indicators of functional tissue development
observed in vitro have to be confirmed in vivo to assess the potential of P3HB-
3HH in cartilage engineering.
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6
Poly(3-hydroxyoctanoate-co-3-hydroxyhexanoate)

P3HO-3HH has been biosynthesized in a fed-batch fermentation process
using Pseudomonas oleovorans, with sodium octanoate as the sole carbon
source. In this process, the metabolism of the bacteria can either add or
cleave off two carbons from the fed octanoate molecule and produces not
a homopolymer but a random copolymer, which has a typical composi-
tion of 86% 3-hydroxyoctanoate (3HO), 11% 3-hydroxyhexanoate (3HH), and
3% 3-hydroxydecanoate (3HD) [58]. Because of the major component, the
copolymer is often simply referred to as poly(3-hydroxyoctanoate), P3HO.
The production of medical grade P3HO-3HH, its properties and modifica-
tion, as well as the fabrication of scaffolds for engineering of vascular grafts
and heart valves have been reviewed [3].

6.1
Mechanical Properties

P3HO-3HH is a thermoplastic elastomer with a low tensile modulus, high
elongation at break, and high tensile strength due to the orientation of the
amorphous rubbery chains [52, 58]. As for other semicrystalline PHAs, the
mechanical properties of P3HO-3HH are affected by the thermal history, such
as crystallization temperature and time for crystallization/annealing [58].
Furthermore, the mechanical properties of P3HO-3HH are dependent on the
morphology of the sample specimens, which is important for tissue engineer-
ing applications. For example, highly porous films made by a combination of
solution casting and salt leaching techniques [280] have a significantly lower
modulus and strength compared to dense films made by simple solution cast-
ing [52] (Table 5). Porous films have mechanical properties that are in the
range of those of natural cardiovascular tissue [280].

Table 5 Mechanical properties of dense P3HO-3HH films (made by solution-casting) [52]
and porous P3HO-3HH films (made by solution-casting/salt-leaching) [280]

P3HO-3HH morphology Elastic Tensile Elongation
modulus strength at break
[MPa] [MPa] [%]

Dense film 10.4 45.1 198
Porous film 0.7 0.7 161
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6.2
Biocompatibility

Cell Culture Studies
Cell culture experiments using a mixed population of ovine vascular cells
(consisting of smooth muscle cells, endothelial cells, and fibroblasts) showed
a significantly lower number of cells adherent to P3HO-3HH porous films
as compared to PGA mesh, which was explained by the different porosities
(50–60% for P3HO-3HH vs. 95% for PGA). P3HO-3HH and P4HB porous ma-
trices showed comparable cell numbers in these experiments. Additionally,
the deposition of ECM (collagen) on P3HO-3HH was low in comparison to
that on PGA and P4HB [44]. There was no detectable elastin deposition in
similar experiments [281].

In Vivo Studies
The biocompatibility of P3HO-3HH microspheres, tubes, and pellets have
been tested by s.c. implantation in mice for up to 40 weeks. A very mild host
reaction to the implants with formation of a thin fibrotic layer encapsulat-
ing the materials was described [3]. A good biocompatibility of P3HO-3HH
have also been demonstrated in rats after s.c. implantation of P3HO-3HH-
impregnated Dacron prostheses. The secretion of alkaline phosphatase by
polymorphonuclear cells (acute inflammatory phase) was significantly en-
hanced after 2 days. Acid phosphatase secretion indicating macrophage activ-
ity (chronic inflammatory phase) was highest between 5 and 10 days after im-
plantation. The secretion of both enzymes was low for the remaining periods
of implantation of up to 6 months. Histologic examination revealed a discrete
acute inflammatory phase, which progressed from acute to chronic between
10 and 15 days after implantation. The intensity of this chronic inflammatory
reaction decreased with time from a mild reaction at 30 days to a more dis-
crete response after 6 months. A thick collagenous capsule surrounding the
implants had been formed by this time [53].

Blood Compatibility
When tested as substitutes of the infrarenal aorta in dogs, two out of four
P3HO-3HH impregnated Dacron grafts were covered by a thick thrombotic
matrix laying over the entire graft, with occasional islets of endothelial-like
cells. The remaining two grafts were characterized by isolated small thrombi
and the development of a thin collagenous capsule together with endothelial
cell coverage [53]. Severe thrombus formation was also observed on all three
leaflets made from porous P3HO-3HH films after 4 weeks of implantation in
sheep [268]. In contrast, incomplete endothelialization, but no thrombus for-
mation, was reported from another study testing porous P3HO-3HH heart
valve scaffolds in sheep [280].
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6.3
Biodegradability

In Vitro Degradation
Solution-cast films of P3HO-3HH (82% 3HO) were found to be very resis-
tant to hydrolysis after 20 weeks of incubation in buffer solution at pH 10 and
37 ◦C. The slow decrease in molecular weight was associated with a strong in-
crease in the crystallinity. Addition of PDLLA oligomer led to an acceleration
of the P3HO-3HH degradation in these experiments [282]. No accelerating
effect by blending with PLLA, PDLLA, or PEG was reported from a subse-
quent study. However, the introduction of polar carboxylic groups in side
chains resulted in a significant increase in the degradation rate of P3HO-
3HH due to enhanced water penetration into the polymer matrix [171].
The very slow hydrolysis of P3HO-3HH (97% 3HO) was confirmed in stud-
ies investigating the influence of enzymes on the P3HO-3HH degradation
process. It was found that acid phosphatase and β-glucuronidase, both as-
sociated with the foreign-body reaction, are not involved in the polymer
degradation [283]. Long-term in vitro studies on P3HO-3HH solution-cast
films (97% HO) in either water (pH 7.0) or buffer solution (pH 7.4) at 37 ◦C
revealed a simple hydrolytic degradation process characterized by low wa-
ter absorption, slow gradual molecular weight loss, and negligible mass loss
after 24 months of incubation [54]. At that time, the molecular weight of the
films reached approximately 25% of the initial value in both water and buffer
solution [53].

The polymer stability was also tested in terms of a suitable sterilization
method. It was reported that the molecular weight Mw is decreased by 5%
or 17% after sterilization by ethylene oxide or gamma-irradiation. Significant
changes in both the physicochemical and tensile properties were observed
after gamma-irradiation [284].

In Vivo Degradation
The degradation of P3HO-3HH in vivo was found to be slower in compari-
son to in vitro conditions in buffer solution, with less than 30% loss in the
molecular weight 6 months after implantation s.c. in rats [53]. A molecular
weight loss of less than 30% was also reported from in vivo experiments using
porous P3HO-3HH heart valve scaffolds 17 weeks [280] or 24 weeks [268]
after implantation in sheep. The degradation rate was found to be unaltered
by increasing the surface area with porous P3HO-3HH scaffolds in compari-
son to dense films [268]. P3HO-3HH samples implanted s.c. in mice showed
a 50% decrease in the molecular weight 40 weeks after implantation. No sig-
nificant differences between the molecular weights at the surface and in the
interior of the samples were observed in these experiments [3]. Based on the
in vivo data it can be expected that the time for complete resorption of P3HO-
3HH is in the order of magnitude of that for P3HB.
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6.4
Applications in Tissue Engineering

Heart Valves
Initial studies have shown that biodegradable scaffolds made of polyglactin/
PGA mesh composites seeded with autologous vascular cells can be implanted
to replace a single pulmonary valve leaflet in a lamb model [285]. However,
attempts to construct a trileaflet heart valve scaffold failed due to stiffness
of the materials [41]. In subsequent studies, P3HO-3HH was introduced as
an elastomeric polymer to generate scaffolds with appropriate mechanical
properties. These constructs first had a multilayered structure. The conduit
wall consisted of a highly porous PGA mesh on the inside connected to
a nonporous P3HO-3HH film on the outside. The valve leaflets had a PGA-
(P3HO-3HH)-PGA sandwich structure with a P3HO-3HH nonporous film
covered by a layer of PGA mesh on each side. The PGA mesh was chosen as
a porous matrix for cell seeding and growth, while the P3HO-3HH layer pro-
vides flexibility and mechanical strength. These scaffolds were tested in vitro
for cell attachment under pulsatile flow conditions [41]. However, the PGA-
(P3HO-3HH)-PGA sandwich combination failed in vivo because of thrombus
formation and lack of good tissue formation [268].

Modified constructs, consisting of the PGA-(P3HO-3HH)-PGA conduit
and leaflets made from porous P3HO-3HH films were seeded with autolo-
gous vascular cells and implanted to replace the pulmonary valve and main
pulmonary artery for up to 24 weeks in sheep. Postoperative examination of
the preseeded scaffolds showed the formation of viable tissue without throm-
bus formation, while unseeded controls developed thrombi on all leaflets after
4 weeks. However, it was concluded that P3HO-3HH, due to the slow resorp-
tion, is not the ideal polymer for heart valve scaffolds [268]. The remodeling
kinetics of these scaffolds after implantation have also been analyzed. While
both the elastin and proteoglycans/glycosaminoglycans levels were compa-
rable to those found in natural tissue within the 24-week period, there was
a continuous increase in production and deposition of collagen. This might
have been caused by a suboptimal matrix regulation, a pathologic collagen
production, or both. Such pathologic matrix remodelling with excessive ECM
deposition is not only a common problem after vascular injury but also one of
the limiting factors for tissue engineering strategies to replace small-caliber
vascular grafts [286].

Heart valve scaffolds with conduit and leaflets made entirely from P3HO-
3HH porous films [287] were tested in vitro under static and pulsatile flow cell
culture conditions [44, 281]. A larger number of vascular cells, together with
the formation of an oriented and confluent cell layer, was found on scaffolds
exposed to pulsatile flow [281]. The P3HO-3HH heart valves, preseeded with
vascular cells under static conditions, were tested for up to 17 weeks in the
pulmonary position in a lamb model. The valves showed good functionality
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with minimal regurgitation. All preseeded constructs were covered with tissue
while the unseeded control showed no tissue formation and an inappropriate
cell number and collagen content compared with native tissue. A limitation of
the preseeded scaffolds is the lack of formation of a confluent endothelial cell
layer, although no thrombi have been observed. Tensile tests showed a continu-
ous decrease in both the scaffold modulus and strength during the implantation
period. Based on the mechanical testing it was concluded that the scaffold is no
longer necessary and should have been degraded at 17 weeks after implanta-
tion [280]. More recently, the application of rapid prototyping techniques to
fabricate porous P3HO-3HH heart valve scaffolds has been described [269].

Vascular Grafts
Tubular scaffolds made from a polyglactin/PGA mesh composite were success-
fully tested to replace a pulmonary artery in sheep [288]. However, preliminary
studies using this material in the high pressure systemic circulation resulted
in aneurysm formation due to the fast polymer resorption within 6–8 weeks.
Therefore, P3HO-3HH was introduced as an alternative material with a much
longer degradation time to withstand the systemic pressure [40]. Vascular
grafts made from a PGA mesh as inner layer, to promote cell attachment and
tissue formation, and three outer layers of nonporous P3HO-3HH films, to pro-
vide mechanical support, were tested in the aortic position in sheep. Scaffolds
preseeded with a mixture of endothelial cells, smooth muscle cells, and fibrob-
lasts remained without aneurysm formation during the 5-month implantation
period. In contrast, all unseeded control grafts became occluded, which was in
part caused by the thrombogenic PGA mesh. A very thin and loose tissue was
found on the unseeded materials. Increased cell density and collagen formation
as well as endothelial cell layering has been found on the preseeded materials.
However, metabolic activities tended to increase significantly over time [40].
As described above, this might result in excessive ECM production [286], which
has to be clarified in a long-term implantation study.

It is worth noting that P3HO-3HH has also been tested as a sealant of
Dacron vascular prostheses. Although the polymer impregnation contributed
to the impermeabilization of the graft wall the P3HO-3HH impregnated grafts
showed a delayed healing process in comparison to preclotted nonimpreg-
nated grafts when tested as an infrarenal aortic substitute in dogs. This was
explained by the slow resorption time of P3HO-3HH limiting collagenous tis-
sue formation and infiltration into the graft [53].

7
Outlook

The development of biomaterials is one of the most promising fields in
biomedical research. Although an increasing number of biodegradable poly-
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mers have been examined over the past 40 years, materials with optimal
properties which allow for an appropriate host response to ensure func-
tional repair of damaged or diseased tissue and organs are still not avail-
able for many clinical applications. Thus, even well-established synthetically
produced biodegradable polyesters such as PGA, PDLLA, PLLA, and their
copolymers, which are approved for a variety of medical applications, are
not unrivaled with respect to alternative biomaterials. Ultimately, the mate-
rial with the most appropriate properties will become accepted in a specific
biomedical application. The material’s processability, mechanical, degrada-
tion, and especially biocompatibility properties, as well as other attributes
relevant to medical implant design (such as sterilizability and sutureability)
will need to be evaluated in context of the application.

Potential uses of P3HB in tissue engineering could be as implants that re-
quire a longer retention time or a higher stability towards the surrounding
environment, but which eventually absorb. Examples of applications could
be in the repair of bone, nerve, the cardiovascular system, or urinary and
gastrointestinal tract defects. P4HB is promising for tissue engineering ap-
plications in the heart and circulatory system. Additionally, the polymer may
replace presently used materials having shorter degradation times, such as
suture materials or surgical textiles. Elastomeric PHAs, such as P3HO-3HH or
P3HB-4HB, could be of interest in the traditional biomedical applications of
elastomers [289]. They also have particularly favorable mechanical properties
when used as scaffolds for repair and regeneration of elastomeric tissue, such
as in the cardiovascular system. Device Master Files for P4HB and P3HB-4HB
have recently been submitted by Tepha Inc. to the FDA, facilitating the devel-
opment of medical products based on these polymers. FDA clearance of the
first PHA device, a P4HB based suture, can be expected by 2006 (Martin DP,
personal communication).
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Abstract As extracellular matrices (ECM) closely interact with cells in living tissues and,
through this, influence essentially any aspect of life engineering of ECM currently receives
a lot of attention in the advent of regenerative therapies. Artificial matrices based on
biopolymers isolated from nature were successfully utilized to prepare various types of
cell scaffolds to enhance the integration and performance of engineered tissues. Beyond
that, translation of progress in matrix and cell biology into new concepts of materi-
als science permits to further refine the functional characteristics of such reconstituted
matrices to direct tissue regeneration processes. The review emphasizes research to mod-
ulate the functionality of ECM biopolymers through their combination with synthetic
polymeric materials. Two examples referring to our own studies concern (1) the control
of vasculogenesis by adjusting the availability of surface bound fibronectin for cell-driven
reorganization and; (2) the imitation of the bone marrow niche with respect to the cul-
tural amplification of hematopoietic progenitor cells using collagen I-based assemblies. As
a perspective we briefly discuss the design of biohybrid ECM mimics where synthetic and
natural polymers are combined on the molecular scale for future use as morphogenetic
templates in in vivo tissue engineering applications.
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Abbreviations
2-D two-dimensional
3-D three-dimensional
BMP bone morphogenetic protein
ECM extracellular matrix
FGF basic fibroblast growth factor
FN fibronectin
MW molecular weight
MMP matrix metalloproteinase
PEG poly(ethylene glycol)
PEMA poly(ethylene-alt-maleic anhydride)
POMA poly(octadecene-alt-maleic anhydride)
PPMA poly(propene-alt-maleic anhydride)
RGD arginine-glycine-aspartic acid
SDF-1 stromal cell-derived factor-1
VEGF vascular endothelial growth factor

1
Introduction

The extracellular matrix (ECM) is a highly orchestrated ensemble of proteins,
proteoglycans, and glycosaminoglycans arranged in tissue specific three-
dimensional structures [1–4]. ECM plays a key role in tissue architecture
and homeostasis by providing structural support and tensile strength, at-
tachment sites for cell surface receptors, and feedback-controlled reservoirs
for signalling factors related to a wide variety of processes related to cell
differentiation, tissue formation, homeostasis, and regeneration. Thus, the
“nonliving” material of the ECM biopolymers has to be considered to cre-
ate the base for multicellular tissues and their dedicated functions in living
organisms.

The principal proteinaceous components of the ECM are collagens which
are secreted by a variety of stromal cells. Other proteins involved in different
specialized matrix assemblies, such as the basement membrane [5], include
fibronectin, laminin, collagen IV, and various growth factors and proteases.
A second class of molecules that play an essential role in the ECM are pro-
teoglycans whose protein core is covalently bound to high-molecular-weight
glycosaminoglycans, including chondroitin and heparan sulfate. Proteogly-
cans support cell adhesion and bind various growth factors [6]. The ECM also
contains hyaluronan, a glycosaminoglycan not linked to a core protein, which
regulates adhesion, trafficking, and signalling of cells.

A survey of some of the most-abundant ECM biopolymers and their
known functions is given in Table 1; for more details the reader is referred
to [2].
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Table 1 Most abundant biopolymers of the extracellular matrix

Proteins/glycoproteins Glycosaminoglycans/proteoglycans

Collagens (wide variety of variants) Chondroitin sulfate
Laminins Heparan sulfate
Fibronectin Keratan sulfate
Elastins (not glycosylated) Hyaluronic acid (without protein component)

The decision of a cell to differentiate, proliferate, migrate, apoptose, or
perform other specific functions is a coordinated response to the molecular
interactions including ECM effectors. The flow of information between cells
and their ECM is highly bidirectional involving ECM degradation, synthesis,
and reorganization. In consequence, the ECM constantly undergoes changes
in both structure and composition which range from dynamic homeostasis
of resting-state adult organs to tissue remodelling, as occurs during develop-
ment [7], inflammation [8], and wound healing [9].

Recently accumulated evidence emphasizes the importance of ECM-
mediated interactions in morphogenesis. Lonai illustrated this view by exam-
ples of FGF signalling in vertebrate limb development [10]. The importance
of ECM molecules in development has been further proven by in vivo stud-
ies using gene targeting. Mice lacking certain ECM component genes such as
collagen, fibronectin, and laminin die before birth, others lacking compon-
ent genes of molecules such as tenascin or osteonectin survive but exhibit
characteristic defects [11, 12].

In front of this background it is hardly surprising that engineering ex-
tracellular matrix has been shown to be a most powerful means to influ-
ence cellular fate decisions involved in tissue regeneration and, therefore,
recently received a lot of attention in the advent of regenerative thera-
pies [13, 14]. Examples cover a wide range of approaches as different as
adsorbing isolated matrix biopolymers to various cell culture carriers [15–
19], molecular engineering of matrix components [20–23], and the design of
multicomponent biopolymer assemblies providing morphogenetic cues and
changing their characteristics during time and upon demand of embedded
cells [24–27].

While a majority of earlier studies and applications used ECM biopoly-
mers “as such”, i.e. expecting a desired functionality from the presence of
the molecules, it turned out to be of crucial importance how the matrix
components are actually presented. In line with the occurrence of ECM in
vivo [28], supramolecular association—in homo- as well as heteromolecular
assemblies—was convincingly shown to create substantially different func-
tional modes of ECM when reconstituted in vitro [29]. The varied accessibil-
ity of contained sites for biospecific interactions, e.g. with cellular receptors
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Scheme 1 Major aspects of the design of bio-artificial ECM mimics

or proteolytic enzymes, and of physical cues [30], such as pliability and con-
tact guidance, define distinct states of ECM being highly relevant for cells to
interact with. These characteristics can be controlled in vitro by the choice of
matrix components to be combined, by their structural modification, and by
their assembly including the formation of artificial chemical linkages. A sec-
ond most powerful option to influence the features of bio-artificial ECM
consists of the combination with synthetic materials. This includes both the
provision of environmental constraints for pure biopolymer ECM assemblies
and the formation of hybrid matrices combining synthetic and biomolecular
structures.

This review places emphasis on options to modulate the functionality of
ECM biopolymers through immobilization onto polymeric materials exhibit-
ing a variety of physicochemical characteristics. Fundamental features of
ECM will be introduced in a rather condensed fashion, followed by a survey
on the current state of techniques to reconstitute ECM in vitro. In front of
this background, we discuss options to switch biopolymer assembly and ma-
trix functionality by immobilization onto polymer substrates and illustrate
this part of the review with two examples referring to our recent studies. Fi-
nally, current trends towards more advanced bio-artificial matrices will be
surveyed.
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2
Biospecific and Physical Characteristics of Extracellular Matrices

ECM variants found in different tissues and the current knowledge of their
structure-property relations are comprehensively summarized in several re-
views, periodicals and monographs [1–9]. The crucial role of ECM in any of
the most fundamental fate transitions of cells and in the development, main-
tenance and repair of tissues was demonstrated with a multitude of examples
as summarized in [10].

The discussion of ECM often uses the categorization of biospecific and
physical characteristics acting on the embedded cells. In that view biospe-
cific properties are directly related to molecular entities and their signalling
functions involved in cell adhesion, cell polarity, migration, proliferation, and
differentiation. Physical characteristics give rise to functions exceeding the
(inter)action of individual molecules governing cell scaffolding, the tensile
strength of tissues, cushioning (as in cartilage), filter functions (as in the
kidney), the formation of boundaries between, and within tissues, and the
storage of growth factors, cytokines, and chemokines. The use of these cat-
egories involves arbitrariness as seen by the fact that physical characteristics
of ECM often base on ensembles of biospecific bonds.

Biospecific signals of ECM concern the obvious role of the involved bio-
polymers to interact with molecular components of their environment in
precisely defined ways. The biological responses of cells to the ECM are reg-
ulated by specific cell-surface receptors. Many different receptors have been
identified that transduce signals including members of the heterodimeric
integrins, receptor tyrosine kinases and phosphatases, immunoglobulin su-
perfamily receptors, dystroglycan, and cell-surface proteoglycans. Most of
the biologically active ECM molecules, including laminins, collagens, throm-
bospondin, and fibronectin, contain multiple active sites, often for different
activities, and interact with different receptors. For example, some 40 active
sites have been identified on laminin-1 and 20 different receptors have been
characterized. In addition to that specific binding of ECM components in-
cludes the homo- and heteromolecular binding to other biopolymers of the
ECM leading to the formation of supramolecular assemblies (e.g. the forma-
tion of fibrils of collagen I and of co-fibrils of collagen I glycosaminoglycans),
the interaction with proteolytic enzymes, such as matrix metalloproteinases,
which cause the degradation of matrix biopolymers through catalyzing the
cleavage of certain bonds in the biopolymers’ main chain, and the binding
of growth and differentiation factors as well as chemokines modulating the
presentation of theses molecules to the related cellular receptors via direct
binding of the ECM-bound factors or through their localized release.

Proteolytic cleavage of extracellular matrix (ECM) proteins by matrix met-
alloproteinases and/or conformational changes unmask “cryptic” sites and
liberate fragments with biological activities that are not observed in the un-
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Table 2 Examples of interactions of some major ECM components via known binding
sites

ECM component Interaction/bound molecules

Collagen I Self assembly, binding to integrin α1β1 and α2β1, chondroitin and
dermatan sulfat, fibronectin, heparin

Collagen IV Self assembly, binding to laminin, nidogen/entactin, perlecan,
α1β1 integrin

Laminins Self assembly, nidogen/entactin, α1β1 integrin, α2β1 integrin, α3β1
integrin, α6β1 integrin, α17β1 integrin, α6β4 integrin

Fibronectin Self assembly, fibrin, heparin sulfate, factor XIII, fibulin, α5β1 inte-
grin, α4β1 integrin, αIIBβ3 integrin, αVβ3 integrin, collagen, other
integrins

Heparan sulfate Binding to a wide variety of growth factors including FGFs, BMPs,
collagen I

modified molecule. The unmasking of cryptic sites is a tightly controlled
process, reflecting the importance of cryptic ECM functions [31]. Exposure
of binding sites through conformational changes of ECM proteins directing
a sequential chain of binding steps was studied in detail for the formation
of fibronectin–fibronectin bonds. Self-assembly sites exposed upon applica-
tion of shear force on the protein when linked to integrin receptors was found
to be a most efficient working principle for the advanced control of matrix
reorganization and other processes [32]. Intriguing experimental and com-
putational data are emerging to suggest that mechanical forces regulate the
functional states of some proteins by stretching them into non-equilibrium
states. Molecular design principles were reported to control the exposure
of a protein’s recognition sites, and/or their relative distances, in a force-
dependent manner [33].

The formation of supramolecular assemblies of ECM biopolymers defines
an obvious and highly important interconnection of physical and biospecific
characteristics of the matrices. In general, multiple specific interactions be-
tween individual biopolymers, such as collagen or fibronectin, result in the
formation of large fibrillar or meshwork-like structures segmenting tissues
and guiding cells by microstructural features and mechanical characteristics.
With those structures, often referred to as connective tissue, basement mem-
brane, and several others, the unique functionality of ECM and the fact that it
is based on both the provision of specific binding sites and physical forces is
best represented.

Another aspect of ECM related to both biospecific and physical character-
istics of ECM concerns the formation of gradients of any of the above-listed
signals to direct cellular behavior. Such gradients are, for instance, key to the
signalling of chemokines such as stromal cell-derived factor-1 (SDF-1) for the
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homing of circulating stem cells. Avigdor et al. [34] recently demonstrated
that the adhesion receptor CD44 and its major ligand, hyaluronic acid, are
essential for the homing of hematopoietic stem cells into the bone marrow
and spleen of immunodeficient (NOD/SCID) mice. Stem cells migrating on
hyaluronic acid toward a gradient of SDF-1 acquired a spread and polarized
morphology with CD44 concentrating at the leading edge of the pseudopo-
dia. Hyaluronic acid was concluded to play a key role in SDF-1-dependent
transendothelial migration of hematopoietic stem cells and their final anchor-
age within specific niches of the bone marrow.

Likewise, spatial concentration gradients mediated by ECM biopolymers
are the base of morphogens, signaling molecules that emanate from a re-
stricted region of a tissue and spread away from their source [35]. Mor-
phogens include members of the Hedgehog family, the Wnt family, and some
members of the TGFß family; their gradients provide positional information
to cells in the course of development. Recently, several reports have suggested
that heparan sulfate proteoglycans determine morphogen transport and/or
signaling. In particular, ECM seems to be critical in the restricted diffusion of
morphogens in extracellular spaces, a most important mechanism by which
morphogens traffic through tissues.

Physical cues of ECM include the spatial constraints and mechanical forces
acting on cells from the environment.

A series of classical in vitro studies of Ingber and Whitesides [36–40] had
shown that microstructuring a planar surface with an adhesive/anti-adhesive
pattern established by the localized presence/absence of physisorption of
matrix proteins was efficient to switch adherent endothelial cells from pro-
liferation to apoptosis or vasculogenesis. In these experiments cell spreading
was varied while maintaining the total cell-matrix contact area constant by
changing the spacing between multiple focal adhesion-sized islands. The re-
sults revealed that cell shape govern whether individual cells grow or die,
regardless of the type of matrix protein or antibody to integrin used to medi-
ate adhesion. The mechanism behind these findings was suggested to concern
the forces acting on the nucleus through the cytoskeleton [41, 42]. Gradual
variations in cell shape distortion was shown to switch cells between distinct
gene programs (e.g. growth, differentiation and apoptosis), and this process
was discussed as a biological phase transition producing characteristic cell
phenotypes.

Applying new concepts from nanotechnology the idea of lateral patterning
was recently extended by Spatz et al. [43, 44] to clarify the impact of distances
between adhesive ECM ligand structures on cell adhesion. To study the func-
tion behind the molecular arrangement of single integrins in cell adhesion
hexagonally close-packed rigid templates of cell-adhesive gold nanodots were
coated with cyclic RGDfK peptides by using block-copolymer micelle nano-
lithography. These dots were positioned with high precision at 28, 58, 73, and
85 nm spacing at interfaces. A separation of > or = 73 nm between the adhe-
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sive dots results in limited cell attachment and spreading, and dramatically
reduced the formation of focal adhesion and actin stress fibres. The range
between 58–73 nm was proposed to be a universal length scale for integrin
clustering and activation, since these properties were found to be shared by
a variety of cultured cells.

Furthermore, the pliability of the matrix providing adhesive ligands and
the anchorage of the matrix to the environment was shown to determine
the variant of cell-matrix adhesion developing by embedded cells which, in
turn, may control their fate transitions (for an example see also Sect. 4.1).
Cukierman et al. [45, 46] could convincingly show that based on a similar
collagen-based network the 2D vs. 3D microstructure and their mechanical
characteristics strongly influence the character of cell-matrix adhesions: The
composition and function of adhesions in three-dimensional (3D) matrices
derived from tissues or cell culture were found to differ substantially from
focal and fibrillar adhesions characterized on 2D substrates in their content
of α5β1 and αVβ3 integrins, paxillin, other cytoskeletal components, and ty-
rosine phosphorylation of focal adhesion kinase. Relative to 2D substrates,
3D-matrix interactions were also reported to display enhanced activities and
narrowed integrin usage. These distinctive in vivo 3D-matrix adhesions were
demonstrated to differ in structure, localization, and function from classically
described in vitro adhesions, and concluded to be more biologically relevant
to living organisms.

Recently, the behavior of some cells on soft materials was found to be char-
acteristic of important phenotypes. Discher et al. [47, 48] reported important
facts to clarify how tissue cells—including fibroblasts, myocytes, neurons,
and other cell types—sense matrix stiffness based on quantitative studies of
cells adhering to gels (or to other cells) with which elasticity can be tuned
to approximate that of tissues. Contractile myocytes were reported to sense
their mechanical as well as molecular microenvironment, altering expres-
sion, organization, and/or morphology accordingly. The cells were cultured
on collagen strips attached to glass or polymer gels of varied elasticity. Subse-
quent fusion into myotubes was found to occur independent of the substrate
flexibility. However, myosin/actin striations emerged later only on gels with
stiffness typical of normal muscle (passive Young’s modulus approximately
12 kPa). On glass and on much softer or stiffer gels cells did not striate. Unlike
sarcomere formation, adhesion strength was found to increase monotonically
versus substrate stiffness with strongest adhesion on glass.

While the above-cited studies mainly revealed the impact of physical char-
acteristics of ECM structures on cells grown in culture it seems justified to
conclude that various kinds of microstructures occurring in natural matrix
variants may act in similar ways. This holds particularly true for the guidance
of cells with respect to growth in a certain orientation of larger ensembles
as occurring in the formation—or conservation—of segmented structures in
various tissues [49–52]. However, the wealth of in vivo data available on the
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relevance of biospecific interactions of ECM needs to be accomplished by fur-
ther in vitro studies clarifying the impact of physical characteristics of ECM
as well.

Altogether, ECM provides highly orchestrated signals which were identi-
fied for a wide variety of examples throughout the last years. While clearly
more research is needed to unravel the cellular machineries responding to,
reorganizing, deleting, and secreting ECM structures the challenge in the
context of regenerative therapies is—already at the current premature stage of
knowledge—to utilize ECM for the guidance of cells into tissue regeneration.
A key aspect of this is the reconstitution of ECM assemblies in vitro.

3
Reconstitution of Extracellular Matrix Assemblies in vitro

As the functionality of ECM, in particular the characteristics of providing
physical signals, is closely related to the self assembly of ECM into different
types of supramolecular aggregates the reconstitution of these assemblies had
to and did receive attention in the ongoing research towards engineered ECM.

The templates of matrix structures found in nature are often quite complex
alloys or macromolecular composites and, so far, elucidated only for a num-
ber of cases. Also, interactions between different types of matrix assemblies
have to be considered. For example, the most abundant matrix proteins, col-
lagens, predominantly form either fibrillar or sheet-like structures—the two
major supramolecular conformations that maintain tissue integrity. In con-
nective tissues, other than cartilage, collagen fibrils are mainly composed of
collagens I, III, and V at different molecular ratios, exhibiting a D-periodic
banding pattern, with diameters ranging from 30 to 150 nm, that can form
a coarse network in comparison with the fine meshwork of the basement
membrane [53]. The basement membrane—also referred to as the lamina
densa—represents a stable sheet-like meshwork composed of collagen IV,
laminin, nidogen, and perlecan compartmentalizing tissue from one another.
The interactions between collagen fibrils and the lamina densa seem to be
mediated by collagen V and are considered to be crucial for maintaining
tissue–tissue interactions [54].

In vitro reconstitution of ECM assemblies reported so far reached rather
different degrees of faithfulness to the related type of matrix present in liv-
ing tissues—while a close similarity of collagen I-based structures obtained
upon reconstitution with those found in connective tissues the quality of
reconstitution is often less perfect and hard to evaluate for other matrix
types such as the basement membrane. A further type of assembly proced-
ures may be distinguished that involves cell cultures (i.e. aided assembly as
observed for fibronectin fibrillogenesis) from the spontaneous assembly of
certain biopolymers such as collagen I. There is also a “top-down alterna-
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tive” to the “bottom-up approach” of the in vitro reconstitution of ECM
biopolymers which consists of the isolation of assembled matrix structures
from living tissues without fragmentation, e.g. the collection of decellular-
ized tissue as medically applied in the form of xenogenic (porcine) transplant
heart valves.

Obviously, any “bottom up” reconstitution depends on the availability of
isolated, dissociated ECM biopolymers. Enzymatically driven fragmentation
of ECM forms like connective tissue often results in structurally altered bio-
polymers which may exhibit limited capability of reconstitution.

Collagen I-based fibrillar assemblies do certainly represent the best-
studied example of in vitro reconstituted ECM structures [55]. Collagen is
used as a generic term for proteins forming a characteristic triple helix of
three polypeptide chains. So far, 27 genetically distinct collagen types have
been described. Type I collagen forms more than 90% of the organic mass of
bone and is the major collagen of tendons, skin, ligaments, cornea, and many
interstitial connective tissues. The collagen type I triple helix is formed as
a heterotrimer by two identical α1(I)-chains and one α2(I)-chain. The fibrils
are indeterminate in length, insoluble, and form elaborate three-dimensional
arrays that extend over numerous cell lengths. Studies of the molecular basis
of collagen fibrillogenesis have provided insight into the trafficking of procol-
lagen (the precursor of collagen) through the cellular secretory pathway, the
conversion of procollagen to collagen by the procollagen metalloproteinases,
and the directional deposition of fibrils involving the plasma membrane and
late secretory pathway [56]. Fibrils arranged in elaborate three-dimensional
arrays, such as parallel bundles, orthogonal lattices and concentric weaves
provide the base for dedicated matrix structures in tendons and ligaments,
in the cornea, and in bone. The fibrils are synthesized and secreted by fibro-
blasts and might self assemble thereafter but accumulating evidence suggests
that fibril assembly can begin in the secretory pathway and at the plasma
membrane.

The reconstitution of collagen I is attractive both for the relevance due
to the abundance and dominating role in various tissues and for the rela-
tively easy access and reconstitution. Enzymatically fragmented tropocolla-
gen, collected from various kinds of connective tissue, can be dissolved in
acidic solutions of sufficiently high ionic strength and precipitated into the
fibril form upon neutralizing the solution. Variation of temperature and elec-
trolyte concentration was demonstrated to influence the fibrillogenesis with
respect to the dynamics of the process, however, the resulting fibrils show
a very similar structure almost independent of the “history” of their for-
mation and so do the rheological characteristics of the resulting gels. The
spontaneous self-assembly of monomeric collagen was attributed to the en-
tropy gain upon binding of collagen molecules implying that hydrophobic
interactions between collagen monomers are the major driving force for fib-
ril formation [1, 57]. In addition to hydrophobic interactions the contribution
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of water clusters bridging recognition sites on opposing helices was discussed
as a further driving force for the fibril assembly [58]. Furthermore, recogni-
tion sites for the non-helical telopeptides of a docking collagen monomer are
crucial for fibril formation and the lack of telopeptides increases the assembly
time [59]. Mechanistically, fibrillogenesis was described as a multistep pro-
cess initiated by the formation of collagen dimers and trimers followed by
a rapid lateral aggregation involving five trimers [60]. Consecutive linear and
lateral addition of further monomers or multimers gives rise to the formation
of microfibrils which can further assemble into large fibrillar structures de-
pending on the conditions of the fibrillogenesis [61]. In contrast to the highly
ordered ensembles of collagen fibrils observed in the above-mentioned tis-
sues reconstituted collagen I gels contain stochastically oriented fibrils only.
However, application of shear force as well as electrical fields may permit
us in future to create higher degrees of order in reconstituted structures
as well.

Several attempts were reported to implement additional matrix biopoly-
mers, namely glycosaminoglycans such as chondroitin sulfate, in collagen I-
based fibrillar assemblies [62, 63] in order to obtain matrix mimics resem-
bling more closely their template structure (see also Sect. 4.2 of this review).
The mechanism of interaction was suggested to be dominated by electrostatic
attraction between positively charged domains of collagen and the nega-
tively charged polysaccharides [64]. Results of a recent own study point at
the interfering effects of contact mediation and contact inhibition caused by
heparin and hyaluronic acid during collagen I fibrillogenesis which may ex-
plain the drastic variation of the obtained fibril structures from the unique
dimensions of the pure collagen I fibrils and in dependence on the contact
conditions [65].

As an easily injectable, biocompatible matrix collagen gels are highly at-
tractive for tissue engineering applications since they can act as a “cage”
to retain cells or as gene delivery complexes [66]. In particular, bone tissue
engineering relies on collagen I-based structures which resemble the exact
compact bone matrix architecture over distances reaching centimeters and
more [67]. To alter the mechanical properties and the cellular reorganiza-
tion of collagen matrices for cell culture the influence of glutaraldehyde as
a crosslinking agent was examined [68]. Even advanced strategies of regener-
ative therapy, such as the vasculogenesis of endothelial cells derived, purified
and expanded in vitro from embryonic stem cells was recently shown to be
supported by collagen I gels [69].

Unlike most collagens type IV collagen invariably forms an amorphous
covalently stabilized network that is predominantly found in basement mem-
branes. In addition to collagen type IV various other extracellular compo-
nents, among them laminins, perlecan, nidogen, and fibulins were identified
to contribute to the thin sheets of basement membranes which mechanic-
ally support tissue architecture, separate connective tissues from epithelial,
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endothelial, and muscle cells as well as provide immobilized ligands for cell
surface receptors [70]. The supramolecular organization of collagen type IV
is facilitated by different association sites of the collagen monomers resulting
in the formation of dimers, tetramers, and lateral supertwisted associations
stabilized by covalent bonds [71]. However, the proposed meshwork model
of collagen IV [72] cannot explain the fine network of the basement mem-
brane in tissues. Consequently, the concept of enmeshed laminin and colla-
gen type IV polymers is the currently accepted model [73]. Various studies
have shown that collagen type IV reassembles under physiological condi-
tions in vitro. Interaction of laminin and collagen IV, both isolated from the
Engelbreth-Holm-Swarm tumor, under physiological conditions were found
to result in the precipitation of the basement membrane molecules while
collagen alone gave no precipitate indicating that the components of the base-
ment membrane interact in a highly specific manner [74]. However, later
studies revealed that collagen type IV isolated from bovine lens capsules
and from human placenta can construct the skeletal meshwork observed in
the lamina densa under physiological conditions without addition of other
macromolecules [75]. Interestingly, the reconstituted collagen type IV ag-
gregates actually provided dimensionally similar geometries in comparison
to collagen IV lattices which were seen in the lamina densa of the mouse
pancreas.

Collagen IV/laminin matrices are widely used in cell culture studies. For
example, phenotypic changes of human umbilical endothelial vein cells were
analyzed with respect to the formation of a network of tubular structures with
intercellular or lumen-like spaces. Ultrastructural analyses of the capillary-
like structures and the mechanism of lumen-like formation indicated that the
in vivo angiogenesis was better reproduced in the collagen IV/laminin model
matrix as compared to the addition of FGF to the culture medium [76]. In
vivo, these gels are used for measuring angiogenic inhibitors and stimula-
tors, to improve graft survival and to repair various damaged tissues [77]. For
example, liquid bioartificial tissue substitutes based on collagen IV/laminin
containing embryonic stem cells were furthermore reported to constitute
a powerful new approach to restoring injured heart muscle without distorting
its geometry and structure [78].

The formation of fibronectin fibrils, another relatively well-studied supra-
molecular structure of ECM polymers, was extensively studied in vitro
as well. Many different cell types synthesize fibronectin and secrete it as
a disulfide-bonded dimer composed of 230–270 kDa subunits. Each sub-
unit contains three types of repeating modules, types I, II, and III. These
modules comprise functional domains that mediate interactions with other
ECM components, with cell surface receptors and with fibronectin itself. Fi-
bronectin matrix assembly involves binding domains and repeating modules
from all regions of fibronectin which participate in interactions with cell
surface receptors and with other fibronectin molecules. Newly secreted fi-
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bronectin dimers bind to transmembrane integrin receptors. Integrin α5β1
is the primary receptor for mediating assembly linking fibronectin to the
actin cytoskeleton. On the outside of the cell, interactions between fibronectin
and integrins promote fibronectin–fibronectin association and fibril forma-
tion perhaps by inducing conformational changes in bound fibronectin. The
thickness of fibronectin fibrils varies substantially from 10 to 1000 nm in
diameter, extended fibronectin molecules are about 3 nm in diameter indi-
cating that fibrils probably range from a few to several hundred fibronectin
molecules across. The organization of fibronectin within the fibrils is not
well understood but is probably determined by intermolecular interactions
involving some subset of the following domains [79]. Detailed hypotheses
on the mechanism of the fibronectin fibrillogenesis were derived in con-
ceptually and experimentally elegant studies by Vogel et al. [39]. Part of
this work was also the proof that shear force—applied upon expansion of
a fibronectin monolayer at the air–water interface using a Langmuir trough–
could be sufficient to create fibronectin–fibronectin interconnections, even
without the protein linked to cellular receptors. Shear stress was also ap-
plied to fibronectin solutions in work done by Brown et al. [80] to produce
fibronectin mats, a macroscopic fibronectin-based structure, which had been
successfully used as culture carriers. The materials were prepared from hu-
man plasma fibronectin by applying fluid shear forces directly to a viscous
solution of fibronectin. Structural analysis revealed that mechanical shear re-
sulted in the formation of an orientated fibrous protein material that was
less soluble than its non-sheared counterpart. Addition of fibrinogen and fur-
ther modifications achieved by the processing [81] were investigated with
respect to the structure and cell guidance characteristics of the fibronectin
cables.

Recent reports suggest that fibronectin-rich matrices may play an im-
portant role in the formation of specialized matrices—the accumulation of
fibronectin fibrils may be seen to contribute a transient auxiliary functional-
ity as, for instance, discussed for the process of angiogenesis [82].

Fibrin, the polymerized form of the coagulation plasma protein fibrino-
gen, is, together with fibronectin deposited into wounds from the circulation
shortly after injury and influences the reorganization of damaged tissues as
a provisional matrix. Fibronectin deposition is continued by wound fibro-
blasts and macrophages, or migrating keratinocytes [83]. In response to in-
jury, resident fibroblasts in the surrounding tissue proliferate and then mi-
grate into the wounded site [84]. Once within the wound, fibroblasts produce
type I procollagen as well as other matrix molecules and deposit these extra-
cellular matrix molecules in the local milieu. Fibroblasts can use a fibrin and
fibronectin matrix to move through the wound. When exposed to a chemo-
tactic gradient, they will migrate along, rather than across, the fibronectin
fibrils. Fibrin plays an important role in healing and regeneration in the de-
veloped organism, but not in embryonic and fetal development. As a result
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of this, few of the interesting morphogenetic signals involved in develop-
ment interact with fibrin in a specific manner. However, fibrin glue is widely
used for wound closure and has been shown to be a suitable delivery vehi-
cle for exogenous growth factors that may in the future be used to accelerate
wound healing [85]. Although the regenerative capacity of the organism is
not activated in pure fibrin matrices the addition of heparin or engineered
adhesion and growth factors incorporated into the fibrin matrix during co-
agulation has been thoroughly studied as a promising means to modulate the
morphogenetic characteristics of this temporary matrix. Thus, fibrin received
a lot of attention in the design of engineered or biohybrid matrices distin-
guished by a rather high rate of turnover and a readily tuneable variety of
characteristics.

Altogether, a variety of ECM assemblies has been structurally elucidated
and some of those became available through in vitro reconstitution. Cell-free
reconstitution provided a wealth of supramolecular ECM mimics which, how-
ever, often base on one enzymatically processed biopolymer component—
such as collagen I—only while others may deviate in structure and compo-
sition in a unknown fashion from their natural templates (as, for instance
the basement membrane precipitates from laminin and collagen IV isolated
from the Engelbreth-Holm-Swarm tumor). Although successfully used in
different cell culture experiments, the model characteristics of biopolymer
assemblies obtained via cell-free reconstitution are limited with respect to
ECM occurring in living matter. The use of cell-driven ECM reconstitution in
vitro, in particular the formation of cell-secreted multicomponent assemblies,
and the detailed comparison of structures resulting from both cell-driven
and cell-free reconstitution with those present in living organisms may cer-
tainly open new options to further advance the model characteristics of ECM
assemblies.

4
Matrix Assembly and Functionality at Polymer Surfaces

Having considered the formation of supramolecular associations between
ECM biopolymers in vitro the question of factors influencing this process in
artificial settings is emerging. While the choice of the biopolymers to be com-
bined as well as the conditions of their precipitation (absolute and relative
concentrations, solution pH and electrolyte composition, temperature, shear
force, electrical fields and other physical factors) obviously trigger ECM re-
constitution another, often underestimated aspect, concerns the presence of
solid surfaces interacting with the ECM biopolymer prior to and/or during
assembly.

Several recent examples demonstrate the importance of the modulation of
ECM assemblies by their interaction with the surfaces of solid substrates. As
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hydrophobic dehydration and electrostatic forces certainly provide the most
important contributions to protein adsorption as well as to the formation of
supramolecular structures in aqueous environments the related surface char-
acteristics of the solids were considered most carefully. Emphasis was put on
the comparison of hydrophobic and hydrophilic surfaces used as substrates
for the precipitation of protein assemblies and various studies used atomic
force microscopy (AFM) to unravel differences in the interfacial protein
structures. For example, it was reported that on hydrophilic mica β-amyloid
peptides formed particulate, pseudomicellar aggregates, but on hydrophobic
graphite the same protein organized into uniform, elongated sheets [86]. In
another study, recombinant human elastin peptides were shown to adsorb as
discrete, rounded aggregates on hydrophilic surfaces but on a hydrophobic
surface the peptides self-assembled into an energetically favorable hexago-
nally closed packed fibril arrangement [87]. Also, for the binding of integrins
to surface-bound fibronectin substrate-specific conformational changes have
been inferred on hydrophobic and hydrophilic surfaces [88] and correlated
with solid-phase cell binding assays [89]. Providing another instructive ex-
ample Sherratt et al. [90] demonstrated that fibrillin and type VI collagen mi-
crofibrils exhibit substrate dependent morphologies. Recent work of Muller
and coworkers [91] demonstrated how well-defined artificial assemblies can
be obtained using the atomic force microscope as a biomolecular manipu-
lation machine. Native collagen I molecules were mechanically directed on
mica surfaces into well-defined, two-dimensional templates exhibiting pat-
terns with feature sizes ranging from a few nanometers to several hundreds
of micrometers.

As seen from these examples, insights on protein adsorption gained in col-
loid and interface science throughout the previous years [92, 93] are highly
relevant for the understanding of ECM brought into contact with artificial
materials. The formation as well as the functionality of the resulting matrix
structures is strongly influenced by environmental constraints. This can be
utilized not only to more efficiently mimic natural ECM templates, i.e. tissue-
specific matrices, by artificially reconstituted matrix structures but also to
design matrices which deviate in structure and function from any natural
ECM to (re)activate pathways of tissue regeneration absent or insufficient in
the adult organism. Expanding this idea the novel discipline of “matrix en-
gineering” can be expected to play a key role in the future perspective of
regenerative medicine.

As polymer materials permit a most versatile variety of surface character-
istics efficient control over processes of ECM reconstitution can be achieved
by the interaction of polymeric materials with the biopolymers of the ECM.
With the following subsections the modulation of ECM biopolymer assembly
at polymer interfaces is illustrated for two selected examples of own research
in more depth and the relevance of the resulting differences is discussed for
cellular systems.
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4.1
Fibronectin Anchorage to Polymer Films Directs Fibrillogenesis
by and Angiogenesis of Endothelial Cells

This subsection is intended to illustrate the impact of a variation of the
anchorage strength of fibronectin to polymer substrates on the formation
of fibronectin fibrils and its relation to the morphogenesis of vascular-like
structures of endothelial cells. The physicochemical surface characteristics of
the substrates is modulated by a polymeric model system consisting of thin
films of maleic anhydride copolymers. The used copolymers can be cova-
lently attached onto a variety of substrates bearing amine moieties due to the
high reactivity of the anhydride functionality towards primary amines. The
versatility and broad applicability of this platform technology was recently
described in more detail in [94] for example to modify silanized glass surfaces
and silicon wafers, and low pressure plasma functionalized polymers. One in-
teresting feature of this model system is the possible combinatorial approach
to protein attachment. The different chemical attachment schemes of covalent
binding of proteins to anhydride bearing surfaces or physisorptive anchor-
age to hydrolyzed surfaces bearing carboxylic acid groups are combined with
a variability of the kind of the comonomer leading to a broad variation in
the anchorage strength of the protein to the substrates. Although the sur-
face chemistry remains almost constant—despite the variation of the surface
density of carboxylic acid groups—the protein–substrate interaction can be
varied between covalent and non-covalent binding as well as different degrees
of polar and hydrophobic interactions.

The impact of different maleic anhydride copolymer surfaces on the ad-
sorption behavior of fibronectin was investigated in detail by protein ad-
sorption, and exchange experiments in [95, 96] and revealed dominant dif-
ferences in the fibronectin anchorage strength besides slight conformational
changes in the tertiary protein structure. The variation of fibronectin an-
chorage strength was measured in terms of the displacement kinetics by
human serum albumin, and characterized by a double exponential de-
cay in fibronectin surface coverage. Figure 1 shows the dependence of the
fast displaced species on three different maleic anhydride copolymers, i.e.
poly(octadecene-alt-maleic anhydride), poly(propene-alt-maleic anhydride),
poly(ethylene-alt-maleic anhydride).

On the basis of these data the impact of a varied protein anchorage
strength on fibronectin fibrillogenesis by endothelial cell was investigated by
fluorescence and scanning force microscopy. Initial investigations [97] re-
vealed a clear dependence of focal adhesion and fibronectin fibril formation.
While covalent fibronectin attachment resulted in an impaired development
of focal adhesions and fibronectin fibrils, an enhanced fibrillogenesis was ob-
served on more hydrophilic substrates with physisorptive protein anchorage.
More refined experiments [98] allowed for a quantification of the fibronectin
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Fig. 1 Fibronectin anchorage strength in terms of time constant of double exponential
fibronectin displacement kinetics (Γ = Γ1 exp[– k1t] + Γ2 exp[– k2t]) on different maleic
anhydride copolymer surfaces characterized by the density of anhydride functionalities
and water contact angle (poly(octadecene-alt-maleic anhydride)—POMA, poly(propene-
alt-maleic anhydride)—PPMA, poly(ethylene-alt-maleic anhydride)—PEMA)

fibril pattern together with the focal adhesion density and a correlation of
these features to the variation in fibronectin substrate anchorage. As shown
in Fig. 2 endothelial cells can reorganize rhodamine-conjugated fibronectin
to a much greater extent on the hydrophilic poly(ethylene-alt-maleic anhy-
dride) substrate. Furthermore, the mean distance between the fibronectin
fibrils was found to be smaller on those substrates. Together with the analysis
on other copolymer substrates the fibril spacing could be directly correlated
to the fibronectin anchorage strength—characterized by the time constant of
fibronectin heteroexchange—as is shown in Fig. 3.

Together with an analysis of the focal adhesion pattern the following work-
ing model could be established from these results demonstrating the impact
of the substrate physicochemistry on fibronectin fibrillogenesis. The overall

Fig. 2 Pattern of fibronectin fibrils after 50 minutes of reorganization by endothelial
cells on poly(octadecene-alt-maleic anhydride) (A) and poly(ethylene-alt-maleic anhy-
dride) (B). Scale bar: 20 µm
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Fig. 3 Mean spacing of fibronectin fibrils versus fibronectin anchorage strength on dif-
ferent maleic anhydride copolymer substrates in terms of time constant of fibronectin
heteroexchange

applied tension of the cytoskeleton towards the substrate can be assumed
with a similar strength because the cells adhere and spread similarly on the
different copolymer surfaces. As a different focal adhesion density was ob-
served for the different substrates, the local force at those adhesion sites
should scale indirectly proportional to their density, because focal adhesions
are thought of as primary adhesion sites. The observed dependence of fo-
cal adhesion density on the substrate physicochemistry can be interpreted as
the result of the cellular signalling mechanisms, which regulates the force ap-
plied on the adhesion ligands [99, 100]. Because of the different anchorage
strength of fibronectin to the substrates, the cells establish a local force on the
receptor-ligand pairs appropriate to the ligand-substrate anchorage strength.
Subsequently, the focal adhesion pattern will function as a template for fi-
bronectin fibrillogenesis, because the focal adhesions act as primary sites of
fibronectin fibril formation [101]. Thus, the overall process results in a fi-
bronectin fibril pattern with a spacing depending on the fibronectin substrate
anchorage strength—directly influenced by the substrate physicochemistry.

Additional investigations [102] on the nanoscale fibronectin fibril pat-
tern supported the hypothesis of cellular sensing of the fibronectin anchor-
age strength. Therein, a substrate-dependent spacing of paired fibronectin
nanofibrils was correlated to the force sensitive feedback mechanism of the
actin cytoskeleton and its inner structure. A larger spacing of the paired
nanofibrils in the range of 300 nm was observed on substrates with a higher
fibronectin anchorage strength. The distinct spacings were concluded to
reflect the thickness of the actin stress fibres as template structures of fi-
bronectin fibrillogenesis. The inner structure of actin stress fibres with
α-actinin cross-linked actin filaments lead to a repeating unit of 71 nm for
the spacing of the paired nanofibrils on the different copolymer substrates
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down to a minimum of one repeating unit on the most hydrophilic poly-
mer [poly(ethylene-alt-maleic anhydride)], e.g. in Fig. 4. This again correlates
very well with the model of cellular sensing of the fibronectin anchorage
strength to the substrate and the corresponding intracellular feedback of
force and focal adhesion size regulation.

As already mentioned, downstream cellular processes like proliferation
and differentiation can be affected by extracellular signals, too. In order
to address this issue the behavior of endothelial cells was investigated not
only in respect to fibronectin fibrillogenesis on short-time scales. The pro-
liferation and differentiation of endothelial cells into vascular-like tubes was
analyzed in cell culture experiments over 5 days on substrates with a differ-
ent fibronectin anchorage strength. As described in detail elsewhere [103],
endothelial cells grew in a flat monolayer after 1 to 3 days of cell culture
on all substrates. However, after 5 days distinct morphological differences
were observed. On substrates with a high fibronectin anchorage strength en-
dothelial cells still exhibited monolayer characteristics. In contrast, an early
vascular-like network formation was observed on the substrate with a weaker
fibronectin anchorage strength. The cells also started to form tubular struc-
tures. As an underlying reason for the different morphology, the formation
of distinctively different extracellular matrix networks was found as shown
in Fig. 5. The cell-derived fibronectin network on substrates with a high fi-
bronectin anchorage strength showed a dense and fine structure and was
restricted to the substrate surface below the cells. The formation of a vascular-
like structure was accompanied by the formation of a coarse fibronectin net-
work which was distributed around the cellular structures also in the vertical
direction. The analysis by confocal laser scanning microscopy with imaging
in different horizontal planes allowed us to quantify the differential matrix
distribution (Fig. 5).

Fig. 4 Topography image of fibronectin nanofibrils after 50 min of reorganization by en-
dothelial cells on poly(ethylene-alt-maleic anhydride) substrates visualized by scanning
force microscopy at physiological conditions. The height of fibrils is 5 to 10 nm. Scale bar:
300 nm
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Fig. 5 Vertical distribution of the fibrillar fibronectin network (stained with fluorochrome
conjugated antibodies) around endothelial cells (stained with CellTrackerGreen (Invit-
rogen)) after 5 days of cell culture on two polymer substrates with different anchorage
strength [left—poly(octadecene-alt-maleic anhydride), right—poly(ethylene-alt-maleic
anhydride)]. The insets show the lateral network pattern (scale bar: 100 µm). Visualiza-
tion and analysis was performed on a confocal laser scanning microscope (TCS SP1,
Leica)

From the reported findings one can conclude that gradated physicochemi-
cal characteristics of polymer substrates can be used to control the anchorage
strength of extracellular matrix proteins. By the force sensitive cell surface
receptors and the intracellular signalling mechanism the modified matrix
characteristics subsequently affects not only cell adhesion and matrix reorga-
nization, but furthermore cellular development in terms of differentiation. In
a more general sense these findings can nicely be discussed in the concept of
the “tensegrity” model [104], which combines extracellular signals like me-
chanical and structural features with intracellular processes like proliferation
and differentiation.

4.2
Collagen Fibrils and Collagen-Glycosaminoglycan Cofibrils
on Planar Surfaces and in 3D Carrier Materials
to Imitate the Hematopoietic Niche

Various processing techniques have accompanied the reconstitution of colla-
gen I-based cell scaffolds. In particular, chemical crosslinking or irradiation
were widely applied not only to enhance the mechanical properties of the
resulting materials but also to alter the degradation characteristics towards
slower changes [105, 106]. As collagen type I specifically interacts with nearly
50 ligands, among them other extracellular matrix components, and growth
and differentiation factors [107] another option consists of the in vitro deco-
ration of collagen type I fibrils with different biopolymers such as fibronectin,
vitronectin, or glycosaminoglycans such as heparin or chondroitin sulfate
without chemical or physical activation of the collagen.
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To provide tissue-mimetic environments for adherent cells glycosamino-
glycans such as heparin and hyaluronic acid were implemented into three-
dimensional collagen gels during self-assembly of monomeric collagen [8].
Turbidity measurements were utilized to follow the formation of collagen fib-
rils in the presence of heparin and hyaluronic acid that was initiated by an
increase in temperature, pH value, and electrolyte content of a cold acidic
solution of collagen monomers in the bulk volume. Varied optical densities
were observed for different concentrations of glycosaminoglycans in com-
parison to pure collagen (Fig. 6). Gradually increasing portions of heparin
and hyaluronic acid, respectively, at constant collagen concentrations caused
a slight decline in the maximum optical densities indicating that fibril forma-
tion was obviously affected by the presence of the glycosaminoglycans. The
differences in turbidity values were concluded to be either caused by different
quantities of collagen fibrils or varying fibril diameters.

To covalently immobilize collagen and its assemblies with glycosamino-
glycans, fibrillogenesis was performed in the presence of polymer-coated
substrates resulting in thin layers of collagen fibrils. Therefore, cold mixtures
of dissolved collagen and heparin or hyaluronic acid at different concentra-
tions were exposed to glass slides or silicon wafers which had been modified
before with thin films of poly(octadecen-alt-maleic anhydride) followed by
the initiation of fibrillogenesis through an increase in temperature. The re-

Fig. 6 Turbidity measurements of collagen fibrillogenesis in the presence of heparin and
hyaluronic acid 2 h after initiation of fibril formation. Initial concentration of the non-
fibrillar collagen solution was 1.2 mg/ml. Concentrations of the glycosaminoglycans were
0.4, 1.2, and 4.0 mg/ml, respectively
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sulting collagen layers were characterized with respect to dry layer thickness
utilizing ellipsometry, immobilized protein quantities using acidic hydrolysis
of collagen and subsequent amino acid-based HPLC-analysis [108], and as-
sessment of surface topography by scanning force microscopy and scanning
electron microscopy. Furthermore, confocal laser scanning microscopy was
used for the detection of surface-bound collagen-glycosaminoglycan assem-
blies. The data obtained revealed differences in the deposited collagen layers
including thickness, protein amount, and surface character.

While pure collagen provided a dry layer thickness of about 80 nm, signifi-
cantly thinner layers in the range between 14 and 32 nm (for fixed, pre-set
refractive index values) were measured if heparin or hyaluronic acid were
added to fibril-forming solutions (Table 3). The quantification of surface-
bound proteins confirmed the results of the ellipsometric measurements:
noticeable lower collagen amounts were quantified if fibril formation and
immobilization was performed in the presence of glycosaminoglycans. The
quantification was supported by surface topographic analysis of the attached
fibrillar components (Fig. 7).

In comparison to the meshwork formed by pure collagen different surface
patterns concerning shape and dimensions of the deposited fibrils depend-
ing on the glycosaminoglycans could be demonstrated. Collagen fibrils which
had been reconstituted in the presence of polymer-coated substrates provided
well-established networks without gaps between the separate fibres whereas
fibril formation by addition of heparin or hyaluronic acid gave rise to modi-
fied morphologies of the deposited layers. In the case of heparin cofibrils

Table 3 Deposition of collagen-glycosaminoglycan conjugates on poly(octadecen-alt-
maleic anhydride)-coated substrates. Fibrillogenesis and immobilization of fibrillar colla-
gen (1.2 mg/ml) was performed for 2 h at 37 ◦C in the presence of heparin and hyaluronic
acid (0.4, 1.2 and 5.0 mg/ml, respectively). Thickness of the layers was determined ellip-
sometrically using the refractive index of 1.6035 for the dried collagen layer. The collagen
amount was determined by amino acid-based HPLC analysis after acidic hydrolysis of
surface-bound collagen

Immobilized assemblies Layer thickness Collagen amount
[nm] [µg/cm2]

Collagen 81.3±5.8 10.4±0.4

Collagen/Heparin 0.4 mg/ml n.d. 2.7±1.2

Collagen/Heparin 1.2 mg/ml 29.3±8.5 2.3±0.3

Collagen/Heparin 5.0 mg/ml 32.3±1.6 2.3±0.9

Collagen/Hyaluronic acid 0.4 mg/ml n.d. 3.4±1.3

Collagen/Hyaluronic acid 1.2 mg/ml 14.8±2.0 1.8±0.5

Collagen/Hyaluronic acid 5.0 mg/ml 30.9±8.7 3.0±0.8
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Fig. 7 AFM images of collagen and collagen-glycosaminoglycan fibrils attached to thin
films of poly(octadecen-alt-maleic anhydride). Image size is given in brackets

shape and dimensions of the surface-bound fibrils significantly differed from
those of pure collagen. Wide and straight fibrils were formed in the presence
of heparin whereas hyaluronic acid caused the generation of more twisted col-
lagen assemblies. In both cases no dense fibrillar network was formed, only
separate fibrils were attached to the polymer surface and many small fibrils
filled the spacings between the larger filaments. Additionally, the deposited
layers appeared more smooth and thinner in comparison to pure collagen
meshworks. All fibrillar variants revealed their characteristic banding pattern
indicating that the native structure was retained after deposition. These ob-
servations endorsed the ellipsometric measurements as well as the results of
quantified surface-bound collagen.

It should be noticed that the surface pattern of the immobilized collagen-
glycosaminoglycan assemblies does not reflect the volume phase composition
of collagen gels reconstituted in the presence of heparin or hyaluronic acid.
When desiccating such gels on top of planar surfaces quite different surface
structures regarding fibril size and density were observed. Larger and more
elongated fibrils forming a tight fibrillar meshwork were detected in that case.
Thus, fibrils attached to the polymer-coated surfaces did not represent the
meshwork features of the gel bulk phase. The differences between surface-
bound fibrillar collagen and collagen fibrils which were deposited in the pres-
ence of glycosaminoglycans were attributed to strong interactions of collagen
with heparin or hyaluronic acid, respectively. Obviously, the attachment of
the highly negatively charged glycosaminoglycans to the protein collagen—
caused by ionic interactions as described for chondroitin-6-sulfate [2] or
heparin [7] and via specific binding sites as specified for heparin [109]—may
partially occupy the positively charged lysine side chains resulting in a re-
duced attachment of collagen to the poly(octadecen-alt-maleic anhydride)
films. Furthermore, glycosaminoglycans most probably affect the cohesion of
the fibrillar meshworks and therefore less fibrils remained on the polymer-
coated surface after displacement of the gel volume phase.
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Fluorescent-labeled collagen, heparin, and hyaluronic acid were used for
the visualization of interactions between collagen and glycosaminoglycans
attached to polymer films by confocal laser scanning microscopy (Fig. 8).
Compared to the fluorescent-labeled layer of pure collagen, heparin induced
the formation of straight fibrillar structures whereas hyaluronic acid contain-
ing assemblies provided less sharp structures. The detection of fluorescence
in close proximity to collagen fibrils demonstrated the strong interactions be-
tween collagen fibrils and glycosaminoglycans. Thus, the results permit us
to conclude on the incorporation of heparin or hyaluronic acid into fibrillar
collagen structures.

To obtain a first measure for the interaction of cells with fibrillar and
non-fibrillar matrix coatings in vitro the migration of human hematopoi-
etic stem cells on various collagen substrates was analyzed [110]. There-
fore, hematopoietic stem cells were isolated from umbilical cord blood using
immunomagnetic selection and subsequently cultivated on collagen and
collagen-glycosaminoglycan-modified cell culture carriers for 4 days. After
removal of non-adherent cells migration of the remaining cell fraction was
followed using time-lapse microscopy (Fig. 9).

In comparison to pure non-fibrillar tropocollagen minor migration rates
were measured on fibrillar collagen indicating a stronger interaction of
the cells with the fibrillar structures. Interestingly, the migration rates on
collagen-glycosaminoglycan assemblies were again slower compared with fib-
rillar collagen. One possible explanation for the reduced motility of the cells
on substrates containing heparin could be the binding of heparin/heparan
sulfate receptors of hematopoietic stem cells to the collagen-bound heparin
which was similarly described for endothelial cell surface heparin sulfates
which participate in the adhesion cascade between hematopoietic progeni-
tor cells and bone marrow endothelial cells and thus support the homing of
hematopoietic progenitor cells [111]. The low cell migration on substrates
containing hyaluronic acid could be ascribed to the high expression of CD44,
the receptor for hyaluronic acid, which also plays an important role in homing
and mobilization of hematopoietic stem cells [112].

Fig. 8 Confocal laser scanning microscopy of collagen fibrils visualized by the addition of
collagen-FITC (a), hyaluronic acid-FITC (b) and heparin-FITC (c). Image size is 125 µm
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Fig. 9 Migration of hematopoietic stem cells isolated from umbilical cord blood on var-
ious collagen samples. Concentration was 1.2 mg/ml for collagen and 0.4 mg/ml for
heparin and hyaluronic acid, respectively

Additional cell culture experiments were carried out on patterned 3D sub-
strates in order to combine the spatial constraints of a stem cell niche with
the influence of different extracellular matrix components of its microenvi-
ronment. Therefore, silicone molds of cavities with a size of 10 to 80 µm and
a depth of 10 µm were coated with reactive maleic anhydride copolymers and
subsequently reconstituted assemblies of collagen fibrils and cofibrils were
immobilized on top of it. Hematopoietic stem cells were seeded onto these
functionalized cell carriers. Depending on the size of the cavities cells dif-
ferentially adhered to these structures as exemplarily shown in the inset of
Fig. 10. In initial experiments adhesion and proliferation was followed over
a time period of 3 days. As shown in Fig. 10 the cells tend to preferentially
adhere to an intermediate size of cavities. This result points to a balanced
equilibrium of cell-cell contacts and cell-matrix contacts for the homing and
proliferation of hematopoietic stem cells, which is in agreement with the
observed small hematopoietic stem cell clusters found in vivo [113]. Fur-
ther experiments will follow up on these observations in order to unravel
the influence of different extracellular matrix compositions combined with
microcavities.

The introduced method for the preparation and in situ attachment of fib-
rillar collagen and glycosaminoglycans assemblies to reactive polymer coat-
ings comprises an efficient technique for a straightforward biofunctionaliza-
tion of cell culture carriers and medical devices. As a basic advantage the
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Fig. 10 Adhesion of hematopoietic stem cells to micrometer-sized cavities. The relative
amount of cells inside the cavities in comparison to all cells on the surface after 1 to
3 days of cell culture

procedure allows a coating without chemical activation or irradiation and
thus conserves the structural and functional features of the biopolymers and
the underlying polymer substrate.

5
Perspective: Bio-Hybrid Extracellular Matrices

The previous section referred to systems in which ECM biopolymers inter-
act with solid surfaces, in particular those of synthetic polymer materials,
and could be modulated with respect to structure formation and functional-
ity. Although the options of this approach deserve further attention the use of
synthetic macromolecules in the engineering of ECM structures was recently
shown to enable a level of interaction beyond this. Biohybrid polymer struc-
tures containing both synthetic and natural or synthetic and bio-analogous
components have been introduced by the pioneering studies of a number of re-
searchers. The rational of this concept concerns the functional characteristics
of the resulting matrices, e.g. to stress certain desired functions more then natu-
ral or truly biomimetic matrices would allow, as well as several practical aspects
related to processing and safety of the matrices. The term “biohybrid” is con-
sidered here to cover a range of rather different structures including chemically
modified biopolymers (e.g. for crosslinking or decoration with active units) as
well as synthetic hydrogels with bioactive (biomimetic) building blocks such as
peptides triggering adhesion or enzymatic cleavage.

Jeffrey A. Hubbell pioneered the field of biomimetic polymer structures
emphasizing the idea of responsiveness to cellular stimuli through the com-
bination of a variety of incorporated bioactive building blocks [114]. He often
utilized conjugate addition reactions of poly(ethylene glycol) (PEG) units and
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oligopeptides for the formation of polymer networks. For that purpose, vinyl
sulfonate-functionalized multiarm telechelic PEG macromers were converted
with the thiolate units of various cystein-containing peptides [115]. The cre-
ation of synthetic ECM analogs, in which ligand type, concentration and spa-
tial distribution can be modulated upon a passive background was shown to
help in deciphering the complexity of signaling in cell-ECM interactions. For
instance, the suitability of proteolytically degradable synthetic poly(ethylene
glycol) (PEG)-based hydrogels as an ECM model system for cell migration re-
search was recently tested and compared with the two well-established ECM
mimetics fibrin and collagen. The study shows that the high protease sensi-
tivity makes PEG hydrogels an interesting model system that allows a direct
correlation between protease activity and cell migration [116]. Also, the util-
ity of integrating two types of protein signals into such networks has been
demonstrated by combining oligopeptides mediating cell adhesion and sub-
strates for cellular-controlled degradation to engineer bone [117]. Further
relevant studies on the combination of peptides with synthetic polymer struc-
tures concern work to clarify the impact of the ligand density required for
a particular cellular response [118], nanoscale spatial organization of adhe-
sion ligands [119], the relevance of ligand gradients [120] and studies on the
coregulation of signals [121]. Mooney and coworkers reported about a single
matrix capable of delivering multiple growth factors (VEGF and PDGF) with
distinct kinetics which dramatically increased blood vessel maturity [122].

While the above systems employ a synthetic polymer as the main compon-
ent which is decorated with biomimetic peptides a rather different type of
biohybrid matrix uses biopolymers as the main component which is further
modified in order to exhibit certain desired characteristics. This approach
has been elaborated in quite some detail for fibrin, the polymerized form of
fibrinogen (see above). For example, an engineered variant form of VEGF
that mimics matrix-binding and cell-mediated release by local cell-associated
enzymatic activity was bound to fibrin with the result that the quality of an-
giogenesis in the matrix was substantially improved [123].

In view of these examples joint efforts of matrix biology and polymer sci-
ence towards novel biohybrid matrices with tissue specific or morphogenetic
signaling characteristics seem to be within in reach. Future work will have to
elaborate this idea in the branches of regenerative therapies, namely stem cell
bioengineering and in vivo tissue engineering, using the principles described
above.
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Abstract The advancements in scaffold-supported cell therapy for musculoskeletal tissue
engineering have been truly dramatic in the last couple of decades. This article briefly re-
views the role of natural and synthetic hydrogels in the above field. The most appealing
feature of hydrogels as scaffolding materials is their structural similarity to extracel-
lular matrix (ECM) and their easy processability under mild conditions. The primary
developments in this field comprise formulation of biomimetic hydrogels incorporating
specific biochemical and biophysical cues so as to mimic the natural ECM, design strate-
gies for cell-mediated degradation of scaffolds, techniques for achieving in situ gelation
which allow minimally invasive administration of cell-laden hydrogels into the defect
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site, scaffold-mediated differentiation of adult and embryonic stem cells, and finally, the
integration of tissue-engineered “biological implants” with the native tissue. All these
developments in regenerative medicine are reviewed in this article.

Keywords Hydrogels · Minimally invasive · Musculoskeletal tissue engineering ·
Scaffold · Stem cell

Abbreviations
ACT Autologous Chondrocyte Transplantation
BMP bone morphogenetic proteins
CO2 carbon dioxide
CS chondroitin sulfate
ECM extracellular matrix
e-PTFE expanded poly(tetrafluroethylene) membrane
ES embryonic stem cells
GAG glycosaminoglycan
HA hyaluroic acid
hES human embryonic stem cells
IVD intervertebral disc
LCST lower critical solution temperature
MIS minimally invasive surgeries
MMP matrix metalloproteinase
MSC mesenchymal stem cells
NiTi nitinol
OA osteoarthritis
OPF poly(ethylene glycol fumerate)
PAA poly(acrylic acid)
PAMPS poly(acrylamidomtheyl propane sulfonic acid)
PEG poly(ethylene glycol)
PEO poly(ethylene oxide)
PEGDA poly(ethylene glycol diacrylate)
PGA poly(glycolic acid)
PHEMA poly(hydroxyl ethyl methacrylate)
PLA poly(lactic acid)
PLGA poly(lactic-glycolic) acid
PNIPAm poly(N-isopropyl acrylamide)
PPF poly(propylene fumerate)
PVA poly(vinyl alcohol)
RGD arginine-glycine-aspartic acids
SIS small intestinal submucosa
2D two dimensional
3D three dimensional

1
Introduction

Regenerative medicine is an emerging, interdisciplinary field which integrates
a number of diverse fields including cell biology, materials science, engineer-
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ing, and clinical research. The primary purpose of regenerative medicine is
to assist the body in regenerating diseased or damaged tissues and organs.
Developments in regenerative medicine involving gene and protein ther-
apy, advanced biomaterials, and tissue engineering have evolved to render
new opportunities to treat and cure many diseases which were irremedia-
ble decades ago. Such therapies range from recombinant human proteins that
effectively treat certain metabolic deficiencies to specialized ceramics and
polymers that serve as orthopedic implants in various joint replacements and
bone grafts. These developments in medicinal technology have extended the
longevity of human beings by several decades over their past generations. Ex-
cellent reviews on these subjects may be found elsewhere [1–6]. The focus of
this review is to evaluate the role of one particular subset of biomaterials in
regenerative medicine, namely, the impact of hydrogels on musculoskeletal
tissue engineering.

Recent years have witnessed an exponential growth in the field of tissue en-
gineering as documented by Lysaght and Reyes [7]. The overarching principle
of tissue engineering is to create “off-the-shelf” tissues and organs to poten-
tially replace those compromised by trauma, injury, disease, or aging. Current
therapies for damaged tissue restoration using artificial implants have several
shortcomings such as suboptimal long-term outcomes, long-term presence of
implants within the body, invasive surgical procedure and associated mor-
bidity, risk of infection, structural failure, and implant rejection [8–11]. In
addition, the materials from which these implants are constructed do not
integrate well with the host tissue and have a limited lifetime [10]. Other
strategies involving the use of allografts and autografts also suffer from var-
ious drawbacks such as lack of donor tissue availability, donor site morbidity,
increased susceptibility to disease transmission and immunorejection [11–
13]. Table 1 lists the number of surgical procedures that have been carried out
in USA alone per year to rectify tissue and/or organ damage [14]. As of May
15, 2005, approximately 88 475 patients in USA are waiting for organ trans-
plant whereas only 4367 patients have received transplants this year by April
29, 2005 [15]. This striking gap between donor supply and demand wors-
ens year by year, and is predicted to widen even further with the aging of
the baby-boomer generation. In fact, it is predicted that in USA alone, one
person out of every five approaching the age of 65 will need some form of
temporary or permanent organ replacement therapy at least once in their
life time [16]. According to the Business Communications Company, Inc., the
USA market for regenerative medicine products for bone and joint implants
has been projected to approach 1.4 billion by 2007 [17]. However, there are
still a number of challenges, both scientific and translational (manufactur-
ing and regulatory), that must be overcome before widespread application of
these technologies can be achieved.

The musculoskeletal system includes bone, cartilage, and spine which
are exciting tissue engineering targets as the need for their replacement is
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Table 1 Incidence of organ and tissue deficiencies, or the number of surgical procedures
related to these deficiencies, in the United States. This is a partial list compiled from
sources that include the American Diabetes Association, American Liver Foundation,
Muscular Dystrophy Association, American Red Cross, American Kidney Foundation,
The Wilkerson Group, Cowen and Co., American Academy of Orthopedic Surgery, Amer-
ican Heart Association, National Institute of Neurological Disorders and Stroke, Source
Book of Health Insurance (Health Assurance Association of America) 1991, Federal
Register, and Department of Health and Human Service (Medicare-based information).
[Reprinted with permission from Langer R, Vacanti JP (1993) Science 260:920, copyright
1993 AAAS]

Indication Procedures or patients per year

Skin
Burns ∗ 2 150 000
Pressure sores 1 500 000
Venous stasis ulcers 500 000
Diabetic ulcers 600 000

Neuromuscular disorders 200 000
Spinal cord and nerves 40 000
Bone

Joint replacement 558 200
Bone graft 275 000
Internal fixation 480 000
Facial reconstruction 30 000

Cartilage
Patella resurfacing 216 000
Chondomalacia patellae 103 400
Meniscal repair 250 000
Arthritis (knee) 149 900
Arthritis (hip) 219 300
Fingers and small joints 179 000
Osteochondritis dissecans 14 500

Tendon repair 33 000
Ligament repair 90 000
Blood vessels

Heart 754 000
Large and small vessels 606 000

Liver
Metabolic disorders 5000
Liver cirrhosis 175 000
Liver cancer 25 000

Pancreas (diabetes) 728 000
Intestine 100 000
Kidney 600 000

∗ Approximately 150 000 of these individuals are hospitalized and 10 000 die annually



Hydrogels for Musculoskeletal Tissue Engineering 99

Table 1 (continued)

Indication Procedures or patients per year

Bladder 57 200
Ureter 30 000
Urethra 51 900
Hernia 290 000
Breast 261 000
Blood transfusions 18 000 000
Dental 10 000 000

high. Bone is one of the most common transplanted tissues, second only to
blood [18]. Hence, the need for new bone engineering strategies is quite ap-
parent although the tissue has a strong natural capacity for repair. Cartilage
has also been the focus of significant tissue engineering research for the last
decade given its lack of a self-repair ability when it is lost due to trauma,
disease, or congenital abnormalities. Cartilage is an avascular tissue, which
not only provides structural function as in the nose and ears, but the tis-
sue also acts as a cushion and lubricating surface for proper joint function.
Cartilage defects are not uncommon as over 1 million surgical procedures
are performed annually to correct defective cartilage, with a significant frac-
tion devoted to facial and dental restoration [19]. Like joint degeneration,
degenerative spinal disorders are also very common, with 5.7 million people
being diagnosed with intervertebral disc (IVD) degenerations every year in
the United States [20]. The IVD consists of a gelatinous nucleus pulposus en-
cased within a highly elastic annulus fibrosus attached to the bony vertebral
tissue. The disc is avascular, receives nutrients by passive diffusion, and lacks
the ability to self repair. The degeneration of nucleus pulposus, and subse-
quent disc herniation, often results in severe nerve compression symptoms
ranging from lower back pain to temporary paralysis [20, 21]. Indeed low
back pain is identified as one of the most common causes of musculoskeletal
impairment [21]. These are just few examples which show the socio-economic
necessity for tissue-engineered implants.

2
General Concepts in Tissue Engineering

Tissue engineering provides a solution to the earlier discussed inadequacies
of nonbiological replacements as well as allografts and autografts. Tissue en-
gineering approaches mainly consist of the following key components: cells,
biomaterial scaffolds and growth factors or other biological signals. Muscu-
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loskeletal tissues that are currently being engineered using these key compo-
nents include cartilage [22–27], bone [18, 28–32], muscle [33], tendon [34],
and IVD [35–37]. The various tissue engineering approaches can be broadly
classified into three main categories: (i) guided tissue regeneration utilizing
the natural regenerative ability of the tissues; (ii) cell therapy using either al-
lograft or autograft cells; and (iii) scaffold-supported cell therapy. Notably,
polymers play a pivotal role in each of these approaches as scaffolding mate-
rial which will be discussed below in more detail.

2.1
Biomaterials for Guided Tissue Repair

Guided tissue repair relies on the natural ability of the body to regenerate the
lost tissue. In this approach a suitable polymeric scaffold is implanted into the
defect site. The primary purpose of this scaffold is to provide mechanical sup-
port to enhance migration of cells, which have the ability to proliferate and
produce the tissue matrix, from the neighboring tissues into the defect site
as illustrated in Fig. 1. The biomaterial also acts as a barrier and occludes the
entrance of undesirable cells. In more advanced approaches, biomaterials are
also used to deliver growth factors and gene delivery vectors to the defect site
so as to accelerate the regeneration of tissue. The growth factors diffuse into
the neighboring tissue and bind to the cell receptors and accelerate their mi-
gration into the defect site. An ideal biomaterial for this purpose is expected
to navigate the tissue regeneration process by providing necessary cues for

Fig. 1 a Guided regeneration of damaged tissue. A composite scaffold, containing hydro-
gels and bioactive molecules, is placed onto the defect site. The scaffold enhances the
migration of progenitor cells from the surrounding tissue into the defect site and subse-
quently regenerates the lost tissue. The bioactive molecules diffuse out of the scaffolds
and bind to the neighboring cells so as to accelerate the migration of cells into the defect
site. b Cell therapy. Allograft cells are encapsulated within a closed polymer membrane
system to allow exchange of nutrients, oxygen and biotherapeutic substances between the
encapsulated cells and the surroundings. c Cell-scaffold system. A cell population which
has the ability to produce the lost tissue is placed onto the defect site after encapsulating
within a promising scaffold system
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a desired cell function, and degrade as the tissue repair proceeds. Regenera-
tion of skin using a porous hydrogel scaffold containing glycosaminoglycan
(GAG) and collagen is an example where the implanted scaffold stimulates
the self repair ability of our bodies to regenerate the lost tissue [38–40], and
this material received FDA approval in 1996 [41]. This product commercially
known as Integra (by Integra life science and Johnson & Johnson) is used
for skin burn treatments. In another study, Ono et al. have used a combi-
nation of polymers and growth factors to accelerate the healing process in
bio-interactive wound dressings [42].

Guided tissue engineering with the aid of acellular biomaterials has also
been explored for bone regeneration. One of the polymeric materials that has
been widely used to promote osteogenesis and periodontal regeneration is ex-
panded poly(tetrafluroethylene) membrane (e-PTFE or Gore-Tex) which has
a useful microporous structure and is biocompatible [43, 44]. The drawback
of this material is that it is bio-inert and nondegradable. Bio-degradable poly-
mers that have been used for guided regeneration of bone include polylactide,
polyglycolide, and their copolymers, biomimetic peptide hydrogels, collagen-
based matrices, and poly(propylene fumerate) [44–48]. Acellular porcine
small intestinal submucosa (SIS) has been extensively studied as a xenogenic
scaffold for tissue repair and it is a bio-resorbable material [49]. This material
recently gained FDA approval for skin repair, soft tissue support, and rotator
cuff repair [49, 50]. The success of SIS as a scaffold navigator for regenera-
tion is attributed to the presence of ECM proteins, and other growth factors
such as fibroblast growth factor (FGF-2) and transforming growth factor β

(TGF-β) [51].

2.2
Cell Therapies

Cell therapy, serendipitously discovered by Paul Niehans in 1931, involves
the transplantation of allograft and autograft cells to repair dysfunctional
tissues. Since then, procedures attempting to utilize allograft as well as au-
tograft cells that are capable of producing biotherapeutic substances have
been exploited to treat diabetes, liver failure, and neural disorders such as
Alzheimer’s diseases, Parkinson’s disease, spinal cord injuries, etc. [52–55].
However, such an approach needs to be reconsidered for transplantation of
allograft and xenograft cells owing to their vulnerability to immunorejec-
tion. In order to circumvent immunorejection, allograft and xenograft cells
are often encapsulated within a permeable polymer membrane. The main
role of the polymer membrane is to prevent the entrance of high molecu-
lar weight immuno-responsive agents into the implant site. The encapsulated
cells are then expected to produce the required biotherapeutic substance
which will treat the disease (see Fig. 1). The permeable membrane also allows
the exchange of nutrients, oxygen and biotherapeutic substances between
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the encapsulated cells and the surroundings [54]. The permeability, config-
uration, and chemistry of the membranes have been tailored successfully by
various investigators to create membranes with optimal properties. Two com-
monly investigated polymeric systems include hollow fiber membranes of
poly(acrylonitrile)-poly(vinyl chloride) and microcapsules of alginate [5, 54].

Other than treating the above-mentioned diseases, cell therapy has also
been investigated for treating tissue loss in the musculoskeletal system. For
example, Autologous Chondrocyte Transplantation (ACT), Carticel (Gen-
zyme Biosurgery), an FDA approved product, utilizes cells alone to regenerate
lost articular cartilage. Here, the cells from the patients are first isolated
from a biopsy and then expanded ex vivo prior to their re-implantation [56].
Such an approach involving ACT to repair musculoskeletal lesions (e.g. large
chondral defects of the knee) was first introduced in Sweden in 1987. Since
then various researchers have investigated the success of ACT, and found
that the average success rate of repairing various lesions (such as femoral
chondyle, osteochondritis dissecans, etc.) using this technique is approxi-
mately 85% [57–59].

2.3
Bioscaffolds and Cells

When the defect sites are large and the cell migration from the residual sur-
rounding tissues is minimal or impeded, an implantation of both cells and
a functional scaffold is necessary for repair. In this approach, the scaffold pro-
vides the initial structural support to the encapsulated cells, and guides their
proliferation and differentiation into the desired tissue or organ. A cell pop-
ulation which has the ability to proliferate and produce the required matrix
is placed onto the defect site in combination with a biomaterial as shown
in Fig. 1. A number of cell sources exist for this purpose, and these include
fully differentiated cells isolated from tissue (e.g. chondrocytes for cartilage
repair), adult stem cells (e.g. bone marrow-derived mesenchymal stem cells,
MSCs) which are multipotent, or embryonic stem cells (ES) which are pluripo-
tent. The polymer scaffold acts as an artificial extra-cellular matrix (ECM) and
provides a favorable niche or microenvironment for the cells to grow towards
the desired lineage. Additionally, it also serves as a carrier for the transport of
cells into the defect site and also confines the cells to the defect site. Cells can
be either seeded onto a solid fibrous or porous scaffold or encapsulated within
a gelatinous scaffold. In both cases, the cells are suspended or attached to the
scaffold, and then they proliferate, migrate, and secrete ECM.

The chemistry as well as the biomechanical properties of the scaffold plays
a key role in the differentiation of stem cells to the particular lineage such
as cartilage, bone, or even muscle. Differentiation of adult and embryonic
stem cells is generally controlled by various cues from the microenvironment,
which will be discussed in more detail later. In short, designing a proper scaf-
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fold is a pivotal issue in tissue engineering, and much progress has been made
in this pursuit over recent years, with the development of smart biomimetic
scaffolds being the key contenders [60]. Examples of tissue engineered prod-
ucts using this strategy include Apligraf, Dermagraft, and Orcel, all of which
consist of dermis cells and collagen. These products are mainly used for skin
replacement, in the case of burns and diabetic ulcer. This approach has also
been used for regenerating other tissues such as cartilage, e.g. Hyalograft
C which uses a combination of chondrocytes and a hyaluronan (HA)-based
scaffold [61].

3
Scaffolds in Tissue Engineering

As discussed above, in order to create biologically and functionally active
tissue/organ replacements, cultured cells are grown on or within a scaffold.
The scaffold is expected to provide a specific biological and mechanical en-
vironment to the encapsulated cells. The scaffold also assigns a predefined
architecture to the regenerated tissue. Furthermore, various growth factors
and other bioactive signals and bio-molecules can be loaded into the scaffold
along with the cells to guide the regulation of cellular functions during tissue
development [62–65]. Scaffolding biomaterials can be designed to meet a se-
ries of stringent requirements as described below that are either required or
highly desirable to optimize tissue formation.

1. The matrix should be biocompatible and should promote cell growth.
2. Scaffolds that are designed to encapsulate cells must be able to solidify

without damaging the cells.
3. The scaffold must allow diffusion of nutrients and metabolites between

the encapsulated cells and the surroundings.
4. The scaffold material should degrade in response to the production of

ECM components into noncytotoxic segments for easy elimination. The
degradation of the scaffold also prevents the scaffolds from impeding the
growth of new tissue.

Tissue engineering scaffolds are constructed out of natural and synthetic
polymers. Natural polymers typically comprise of collagen or other proteins,
polysaccharides, fibrin, or other biomolecules. The use of these polymers
to construct hydrogels is discussed later in Sect. 4.1. Synthetic biodegrad-
able polymers used for tissue engineering scaffolds involve FDA-approved
polyesters such as poly(lactic acid) (PLA), poly(glycolic acid) (PGA), and
their copolymer poly(lactic-glycolic) acid (PLGA) (refer to Fig. 2 for their
chemical structures) [66].

Vacanti et al. have reported that poly(glycolic acid) matrices are capable
of supporting the regeneration of musculoskeletal tissues such as cartilage
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Fig. 2 Chemical structure of a poly(lactic acid), b poly(glycolic acid), c poly(lactic-co-
glycolic) acid, d poly(anhydride), and e poly(imide)

and bone [66, 67]. In addition to scaffolding, they have also been widely used
for controlled release of drugs [62, 63, 65, 68, 69]. A combination of the above
polymers along with growth factors has successfully been used for guided
bone regeneration in vivo by various investigators [70, 71]. These polymers
possess good mechanical properties and the ester linkages present on the
polymer backbone are labile to hydrolytic degradation. Because of their ex-
cellent mechanical properties, biocompatibility and degradability these poly-
mers, belonging to the poly(α-hydroxy acid) family, have also been exploited
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to control the differentiation of human ES (hES) cells into the musculoskele-
tal lineage [72]. However, these advantages are overshadowed by the fact
that their acidic degradation products provoke an immunoresponse from the
body [73].

Another class of synthetic biomaterial that has been extensively explored
for biomedical applications such as controlled release of drugs include
poly(anhydrides) [74, 75]. These materials are useful for drug delivery be-
cause of their inherent surface erosion mediated degradation, unlike their
polyester counterparts which undergo bulk degradation [76]. The anyhydride
bonds present in the polymer backbone can be hydrolyzed by the aqueous
milieu of the body when it is implanted in vivo. Poly(anhydride) has also
been approved by the FDA (Gliadel) for the delivery of carmustine for treating
brain cancer [76, 77]. Poly-Aspirin is another novel poly(anhydride) which
can be degraded into salicylic acid in order to reduce inflammation and pain
locally [78].

The strong mechanical properties and degradation kinetics of poly(an-
hydrides) have attracted many researchers to investigate their potential as
a bone tissue engineering scaffold. According to Ibim et al. poly(anhydride-
co-imide) polymers are comparable to PLGA in terms of their biocompatibil-
ity and they are also capable of supporting critical bone regeneration [79].
Recently, Anseth et al. have developed photocrosslinkable poly(anhydrides)
for bone regeneration where polymerization can be achieved in situ, which
makes them suitable for minimally invasive applications [80]. Although
poly(anhydrides) offer some advantages, their applicability in delivering cells
to the defect site is limited because of their highly crosslinked (dense) poly-
mer network structure which reduces cell viability [81].

Scaffold matrices may possess a “quasi” two dimensional (2D) geometry,
where the cells are seeded onto the scaffolds, or a three dimensional (3D)
geometry, where the cells are seeded within the scaffold. Recent findings have
demonstrated that porous three-dimensional scaffolds are superior to their
two-dimensional counterparts in providing a proper physiological environ-
ment to the cells [82, 83]. When cells are seeded within three-dimensional
scaffolds, the ECM proteins produced by the cells are deposited uniformly
within the scaffold, which then remodel to yield the desired cytoarchitecture.

Porous 3D polymeric networks with interconnected pores to allow cell
growth, vascularization and diffusion of nutrients are created by various
methods. Freeze drying has been utilized to create porous collagen-GAG
composite matrices for skin regeneration by Chen et al. [84], whereas Sas-
try et al. have used hydrocarbon templating to create porous scaffolds [85].
A gas-foaming process using carbon dioxide (CO2) as the foaming agent has
also been used to fabricate highly porous polymer structures [86–88]. Salt
leaching is another approach for producing structures similar to foam or
sponge where the size of the pore is controlled by the size of the salt crys-
tals [89]. Both woven and unwoven fibers have also been commonly used to
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construct a porous scaffold structure [90]. In this case, the fiber diameter
and the distance between the fibers are adjusted to meet the requirements of
the scaffold porosity. The structural and mechanical properties of the scaf-
folds are significantly influenced by their pore size. These parameters also
greatly influence the functionality of the engineered tissue by influencing cell
growth, differentiation, and tissue organization [18, 91]. Ma et al. have used
thermally induced phase separation followed by subsequent sublimation to
create highly porous three-dimensional scaffolds for bone tissue engineer-
ing [18]. In this approach, the morphology and size of pores can be varied
by changing the solvent, polymer concentration, and phase separation tem-
perature. This method has also been used to create macroporous scaffolds
with pore diameter which are amenable to osteoblastic cells and bone tissue
growth [18].

Another important criteria in using any biomaterials as a tissue engin-
eering scaffold for organ replacement is that the scaffold should be able to
assume the anatomical shape and structure of the targeted tissue or organ.
For example, tube-shaped scaffolds are used to engineer tubular tissues like
arteries [92]. Cao et al. have engineered a three-dimensional elastic carti-
lage graft by seeding chondrocytes onto a prefabricated (ear shape) PLGA
scaffold, where the scaffold directed the ultimate shape of the neocartilage tis-
sue [93]. Shastri et al. have used a different approach based on a hydrocarbon-
templating process to create three-dimensional PLA scaffolds with specific
shapes to regenerate tissues with pre-defined shapes [85].

Most of the solid scaffolds discussed above are hydrophobic and are pro-
cessed under severe conditions, which make further modifications such as
incorporation of biochemical and biophysical functions a serious challenge.
They also need to be prefabricated and are therefore not ideal for irregularly
shaped defects. Furthermore, these scaffolds need to be surgically implanted
through invasive surgical procedures [93]. To this end, viscoelastic hydrogels
have been employed as alternative scaffolding materials because of the many
advantages they offer over hydrophobic polymer networks as discussed in the
following sections.

4
Hydrogel Scaffolds

Hydrogels are three-dimensional networks of hydrophilic polymers which
have the ability to imbibe a large quantity of water and biological fluids. The
network is formed through either chemical crosslinking (covalent and ionic)
or physical crosslinking (entanglements, crystallites, and hydrogen bonds) as
shown in Fig. 3. The elastic network holds the solvent inside the matrix by
osmotic forces, while the liquid prevents the polymer network from collaps-
ing into a compact mass. The combination of these two parameters, namely,



Hydrogels for Musculoskeletal Tissue Engineering 107

Fig. 3 Schematic of hydrogel formation. Crosslinked network is created through physical
associations, ionic bonds, or covalent bonds

the osmotic forces and the elastic retractivity, defines the properties of the
gels. Depending upon their chemical composition, crosslink density, and hy-
drophobicity, hydrogels can vary in consistency from viscous fluids to fairly
rigid solids. Basically, hydrogels are wet, soft, and capable of undergoing
large deformation. Thus, hydrogels are very similar in nature to mammalian
tissues, which are essentially aqueous gels made up of proteins and polysac-
charide networks. The hydrogel-like nature of tissues helps the organisms to
transport oxygen, nutrients, and other bioactive moieties easily and effec-
tively while retaining their solid nature.

Chemically crosslinked hydrogels are usually created by radical polymer-
ization which enjoys the presence of a vinyl moiety in the starting monomer
and oligomer mixtures [94, 95]. Hydrogels have also been created by tak-
ing advantage of the reaction between different functional groups present
in the reacting oligomers [96–98]. Recently, Sperinde et al. have reported
the formulation of a novel PEG-based hydrogel in which the network is
formed by enzymatic crosslinking which uses transglutaminase, a natural
enzyme, as a catalyst [99, 100]. Tranglutaminase is a calcium-dependent en-
zyme and it is ubiquitous in body fluid [99]. Another approach that has
been widely used to create chemically crosslinked hydrogels involves pho-
topolymerization through exposure to UV light [101], visible light (Varghese
and Hill, 2005, personal communication), and γ -radiation [102]. Other ap-
proaches involving ionic interactions [103, 104], hydrophilic-hydrophobic in-
teractions [105–108], crystallization [109–111], hydrogen bonding [112, 113],
molecular recognition [114, 115], and self-assembly [116–120] have been
widely explored to create physically crosslinked hydrogels.

Conventional hydrogels are known for their super-absorbing properties
and they have found applications in personal care products and agricultural
aids [121, 122]. There is another class of hydrogels known as “smart” hy-
drogels. The smartness of these hydrogels is characterized by their ability
to respond to external stimuli such as temperature, pH, chemical residues
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and solvent [105, 121]. The characteristic features of these hydrogels have
been creatively utilized for various biomedical and pharmaceutical applica-
tions [123, 124]. For example, hydrogels have been tailored to produce smart
sensors that can detect small levels of blood-glucose [125], and as in situ
insulin pumps to control glucose levels [126]. In addition, smart polymeric
gels have also been considered as model biomimetic materials since they
demonstrate several attributes of biomolecules such as sensitivity, selectivity,
mobility, shape memory, self-organization, and healing [115, 127–130].

Recent years have witnessed a surge of interest in using bio-mimicking
hydrogels as tissue engineering scaffolds. This increased interest in hydro-
gels for tissue engineering applications is attributed to their water content,
viscoelasticity akin to the native tissues, biocompatibility, and their ability
to permit diffusion of nutrients and bioactive molecules. In addition to the
structural stability, the mechanical and biological properties of hydrogels can
also be easily molecularly tailored to incorporate suitable biological signals
that can stimulate cell proliferation and differentiation. The porosity of hy-
drogel can be easily tailored via controlling the crosslink density, monomer
concentration, and molecular weight of the precursor. Hydrogels are consid-
ered as good candidates for in vivo applications because of their hydrophilic
nature which resists protein and cell adhesion to the implant surface. More-
over, the soft viscoelastic nature of hydrogels minimizes irritation to the
surrounding tissues as well as prevents stress shielding [95, 131, 132]. An-
chorage independent cells like chondrocytes exhibit good cell viability within
hydrophilic scaffolds like hydrogels [133]. Moreover, many investigators have
shown that the hydrophilicity of the scaffold facilitates the re-differentiation
of de-differentiated human nasal chondrocytes [134].

Another attractive feature of hydrogels is that they can be delivered in
a minimally invasive manner as mentioned earlier. This is a very import-
ant aspect in tissue engineering approaches (for clinical applications) which
has received a lot of attention recently, since hydrogel-cell systems can be in-
jected into the body in a noninvasive manner for arthroscopic surgery. In our
laboratory, we use this approach extensively for musculoskeletal tissue engin-
eering applications. A detailed discussion on the minimal invasive application
of polymers in the biomedical field is provided later in Sect. 6. Hydrogels
can be broadly divided into two categories—natural and synthetic hydrogels,
based on their source.

4.1
Natural Hydrogels

Natural hydrogels are water-liking networks that are made out of naturally de-
rived polymers, and are widely used in tissue engineering. For example, extra
cellular matrix components (ECM) such as hyaluronic acid (HA), chondroitin
sulfate (CS), matrigel, and collagen-based hydrogels are used as scaffolds for
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cartilage and skin regeneration. Other naturally derived materials used to
synthesize hydrogels include alginate, chitosan, fibrin, agarose, and silk.

Alginate: Alginate is an anionic polysaccharide found in seaweed, which
is composed of β-D-mannuronic and α-L-guluronic acid as shown in Fig. 4.
An appealing feature of alginate is that it undergoes gelation under physio-

Fig. 4 Chemical structure of natural polymers that have been used to create hydrogels:
a Alginate, b Hyaluronic acid, c Chondroitin sulfate, and d Chitosan
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logical conditions, in the presence of a small concentration of certain divalent
cations such as Ca2+, Ba2+, and Sr2+, through the ionic interaction between
the carboxylic group located on the polymer backbone and the cation. The
metal-induced gelation of alginate is attributed to the ability of guluronic
acid chains to form an “egg box”-shaped structure in the presence of alka-
line earth metals [135]. This characteristic feature (cation-induced gelation)
of alginates can be harnessed for minimally invasive applications. However,
such ionically crosslinked alginate hydrogels mainly undergo degradation by
uncontrolled dissolution of polymer chains. Some of these resulting chains
have a high molecular weight and therefore cannot be readily eliminated by
the body. In order to achieve bio-resorbable dissolution products, high mo-
lecular weight alginate chains are broken into smaller segments by treating
them with γ -irradiation prior to their gelation [136]. Irradiated alginate hy-
drogels were found to support bone formation in vivo while allowing the
ultimate excretion of the polymer chains by kidneys [30]. In another ap-
proach, partial oxidation of alginate polymer chains has been used to render
them hydrolytically degradable [137]. In addition to metal induced gelation,
alginate hydrogels can also be prepared by crosslinking alginate with other
monomers [104, 138, 139].

Because of their biocompatibility and nontoxic nature, alginate beads have
been used to deliver chondrocytes [140–142], hepatocytes [143], and islets
of langerhans [54] into the body for cell therapy. Alginate has also been pre-
viously used for wound dressing [144] and as a scaffold for musculoskeletal
tissue engineering [30, 145–148]. Chondrocytes are known to de-differentiate
into fibroblast-like cells during their in vitro monolayer expansion, and al-
ginate gels have been used to effectively re-differentiate the de-differentiated
chondrocytes, where the alginate hydrogels provide a three-dimensional en-
vironment to the anchorage independent chondrocytes [140]. The chondro-
cytes that are encapsulated within the alginate hydrogels retain their spherical
cell morphology and produced the cartilage-specific markers: collagen type
II and aggrecan. Despite its advantages, the use of alginate as an ideal scaf-
fold for tissue engineering is limited due to several shortcomings such as
weak mechanical properties, lack of cellular interactions, and uncontrollable
degradation profile. The incorporation of oligopeptides such as arginine-
glycine-aspartic acids (commonly known as RGD peptides) has been utilized
to enhance the adhesive property of alginate to some extent [145–147].

Collagen: Collagen is the main component of natural ECM and it is found
in many tissues such as bone, tendon, skin, ligament, and other connective tis-
sues. In particular, bone and teeth are made from a collagen-hydroxyapaptite
composite. Collagen is composed of three protein chains wrapped around
each other in a tight triple helix, which entangle with other helices via sec-
ondary interactions to form a thermally reversible hydrogel. The excellent
biological properties of collagen have been used in various applications such
as artificial skin (e.g. collagen is a component of FDA-approved wound dress-
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ing matrices), scaffolds for engineering liver, skin, bone, cartilage, and blood
vessels [149–153], and as coatings for bio-inert implants [154]. For these ap-
plications, collagen is usually processed into various forms such as sponges,
foams, fibers, and gels. The degradation of collagen matrix can be controlled
locally by the cell-secreted metalloproteases such as collagenase [104].

Collagen hydrogels are excellent candidates for musculoskeletal tissue en-
gineering scaffolds because cells can easily adhere onto the gels, and the
scaffold can provide appropriate biological signals to the cells. Both col-
lagen I and collagen II are often employed as a scaffold for cartilage en-
gineering [155–159]. Collagen gels are known to provide a suitable milieu
to chondrocytes so as to retain their phenotype (spherical morphology) in
vitro [159]. In a detailed investigation, Nehrer et al. have compared the
behavior of canine articular chondrocytes in collagen type I and type II
sponges, and their studies showed that type II collagen sponges facilitate
the chondrocyte phenotype, while they de-differentiated into fibroblastic cell
morphology when seeded into collagen type I [155]. A similar observation
regarding the morphology (“fibroblastic” morphology) was observed when
adipose-derived stem cells were seeded into collagen type I scaffold and then
cultured in chondrogenic medium [146]. Interestingly, irrespective of their
morphology, the cells contained within collagen type I scaffold showed higher
biosynthesis compared to scaffolds made out of agarose and alginate as quan-
tified by collagen and GAG synthesis. A similar trend was observed by Qui
et al. where the authors showed a higher proteoglycan synthesis by chondro-
cytes in collagen type II gels [160]. These results indicate the advantage of
having a biologically active scaffold for tissue engineering.

Collagen hydrogels have also been used for bone regeneration. For ex-
ample, Lindsey et al. have shown that the use of collagen gels as a space-filling
agent can facilitate the repair of calvarial defects in a rat model [161]. A com-
posite of Helistat, a crosslinked network of bovine type I collagen, and BMP-2
has been used for osseous regeneration in rabbits with unilateral critical-
sized defects in the radii [162]. Helistat with BMP-2 has shown significant
bone regeneration (comparable to the one treated with autografts) in 8 weeks
time, whereas untreated defects or those treated with Helistat alone showed
hardly any new bone formation.

Although the collagen-based hydrogels have numerous advantages, their
use as tissue-engineering scaffolds is limited due to their inherent phys-
ical weakness. In order to enhance their mechanical properties, chemical
crosslinks are often introduced using various crosslinkers [163] and enzy-
matic reactions [164]. Rault et al. have investigated the effect of various
crosslinkers on the mechanical properties of collagen networks, and found
that they depend strongly upon the crosslinker [165].

Hyaluronic Acid (HA): HA, also known as hyaluronan, is composed of N-
acetyl-D-glucosamine and D-glucuronic acid as shown in Fig. 4. It is found
in all mammalian tissues and body fluids, and is highly hygroscopic in na-
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ture. The excellent lubrication property of mammalian joints with minimal
coefficient of friction is mainly attributed to the presence of HA in the syn-
ovial fluid within the joints. HA is also found in the human eye (aqueous
humor) and the viscoelastic property of HA helps the proper functioning
of the eye [166]. The viscoleastic property of HA has been widely exploited
for ocular surgery and for alleviating osteoarthritis (OA) through its intra-
articular administration [167]. In a recent study, Langer and coworkers have
utilized this property of HA to create vocal cord replacements [168]. HA also
serves as a free radical scavenger and as an antioxidant [169]. Their ability as
a free radical scavenger has been hypothesized to enhance their role in treat-
ing symptoms of OA. HA is hydrophilic and its nonadhesive property make
it the primary component of Seprafilm, a postoperative adhesive used in sur-
gical applications. In addition to preventing protein adsorption, unmodified
HA also restricts cells adhesion because of their smooth surface and anionic
(hydrophilic) nature [170]. In order to increase cell adhesion, Ramamurthy
et al. have applied UV treatment to induce topographical changes to HA,
which subsequently enhances the attachment of neonatal rat smooth muscle
cells onto the HA materials [170].

HA is prevalent during wound healing and plays a significant role during
morphogenesis, embryonic development, and angiogenesis [171]. HA sup-
posedly promotes the early inflammation (a crucial criterion for the initial
wound healing) which then deteriorates slowly with time to allow matrix sta-
bilization [171]. Not surprisingly, HA has been identified to have a pivotal role
in tissue repair, and this property has been widely exploited for wound heal-
ing applications [171–173]. The potential of HA to be a unique biomaterial
is limited due to the fact that native hyaluronan can be rapidly metabolized
in vivo by free radicals and Hyaluronidase. Various methods such as cova-
lent crosslinking and chemical modifications, which exploit the carboxylic
and hydroxylic groups located on the HA backbone, have been adopted to in-
crease the longevity and mechanical properties of HA while still maintaining
its superior biological properties [166, 174–176]. For example, benzyl ester
of Hyaluronan (commercially known as HYAFF 11 by Fidia Advanced Bio-
polymers) has been extensively explored as a tissue-engineering scaffold. The
fact that nasoseptal de-differentiated chondrocytes seeded onto HYAFF re-
expressed collagen type II both in vitro and in vivo, indicates that HA has
a favorable effect on chondrocyte phenotype [177].

HA is also known to interact with chondrocytes via the surface receptor
CD44, and this receptor-mediated signaling enables the chondrocytes to re-
tain their phenotype [178]. The presence of HA in the culture medium has
been used to enhance the proliferation of chondrocytes while keeping their
phenotype intact [179]. HA-based materials are therefore extensively used in
cartilage tissue engineering [180–183]. Hyalograft C is a tissue-engineered
cartilage graft where the chondrocytes are seeded within a Hyaff 11 scaffold
for cartilage regeneration [61]. Hyaff, has also been used as a scaffold for skin
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regeneration. Hyalomatrix PA, Hyalograft 3D, and Laserskin are just a few of
the hyaluronan-based commercial skin grafts available for wound dressing.

Chondroitin Sulfate (CS): CS occupies around 80% of glycosaminoglycan
(GAG), a major component of articular cartilage. CS is a disaccharide com-
posed of glucuronic acid and N-acetylgalactosamine as shown in Fig. 4. An
oral intake of CS has been identified to alleviate the symptoms of OA, and
is commonly sold in USA as a dietary supplement. CS-based hydrogels have
been used for cartilage tissue regeneration in order to achieve enhanced
cell proliferation and proteoglycan secretion [184–186]. Sechriest et al. have
shown that a monolayer of bovine articular chondrocytes plated on CS-
chitosan composite expressed focal adhesions and maintained the character-
istic chondrocyte phenotype [187]. Chang et al. have applied a tri-copolymer
scaffold containing gelatin, CS and HA as a scaffold for cartilage tissue en-
gineering [188]. In our laboratory, we have modified CS by incorporating
methacrylate groups such that it can be photo-polymerized into a hydrogel
and therefore can be used as a minimally invasive tissue engineering scaffold
for cartilage replacement [185].

Similar to HA, CS has also been explored for wound healing applications in
the past. Prestwich and coworkers have shown that wound dressings contain-
ing both HA and CS enhance the re-epithelization of the wound [173, 189].
Like HA and collagen, CS is also physically weak and degrades rapidly in
vivo, but the formation of a hydrogel improves its mechanical properties and
degradation rate. Other than being used as a scaffold component, our lab-
oratory has also explored the possibility of CS-based polymers as a tissue
adhesive for ophthalmology and for integrating the engineered cartilage to
host tissue in the defect site (Wang and Elisseeff, 2005, personal communica-
tion) [98].

Fibrin: Fibrin is well known for its hemostatic function of preventing
bleeding by forming blood clots, which are structurally similar to hydrogels.
Hence fibrin has been considered as a natural scaffold for supporting wound
healing. This property also makes fibrin glue a global surgical sealant, and
it has been widely used as an adhesive in plastic and reconstructive surgery.
Fibrin glue (hydrogel) is formed by the enzymatic polymerization of fibrino-
gen and thrombin at physiological conditions. The thrombin concentration
present during the gelation influences the structural property of fibrin hydro-
gels and the extent of cell invasion [190, 191].

The most attractive feature of fibrin-based materials is their biological
activity, and many studies have investigated the possibility of using them
as scaffolds for various tissue engineering applications such as cartilage,
bone, cardiovascular, and chronic wound healing [181, 192–194]. Various
research groups have used fibrin glue for cartilage tissue engineering ap-
proaches [195–198]. Silverman et al. investigated the possibility of using
fibrin glue for developing neocartilage in vivo in an athymic mouse and
the biochemical analysis has confirmed that the ultimate tissue formed had
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cartilage-like properties [199]. Additionally, the adhesive property of fibrin
has also been utilized for skin repair, bone grafts, and targeted immobiliza-
tion of various cells [181, 200, 201]. Horch et al. utilized Fibrin glue (Tisseel)
for keratinocyte transplantation in burn patients and their findings suggest
the feasibility of using fibrin glue to treat chronic wounds [202]. Recently
Curri et al. reviewed the role of fibrin glue in the development of tissue engi-
neered skin grafts [203]. One of the major concerns of using fibrin glue is that
it poses a potential immunological threat since it can carry life-threatening
viruses such as HIV. In order to prevent this potential immunologic threat,
fibrin can be produced from the patient’s own blood to use as an autologous
scaffold.

Chitosan: It is a linear polysaccharide composed of D-glucosamine and
N-acetyl-D-glucosamine residues (see Fig. 4 for chemical structure) and is
derived from chitin, a polysaccharide found in the exoskeleton of shellfish.
Chitosan is semi-crystalline in nature and its crystallinity varies with the
degree of deacetylation. Chitosan can also be used in a minimally invasive
manner because it can undergo thermal and pH-triggered gelation [204], and
is biodegradable as it can be enzymatically degraded in vivo by lysozyme
and chytosanasitase enzymes. The biocompatibility and cationic nature of
chitosan has been explored for a variety of biomedical applications such
as gene delivery [205], wound dressings [206–208], and space-filling im-
plants [209, 210].

Chitosan is structurally similar to GAG and hence has been widely used as
a cartilage scaffold for tissue engineering applications in recent years [211–
214]. According to Lu et al. intra-articular injection of chitosan increases
the chondrocyte proliferation and maintains the cartilage thickness [215].
Chitosan-coated surfaces have been used for the expansion of human os-
teoblasts and chondrocytes [212]. Results from these studies have shown that
a chitosan-coated surface promotes good cell viability and the surface enables
the cells to retain their characteristic morphology similar to that observed in
vivo. Additionally, osteoblasts expanded on chitosan film expressed signifi-
cant collagen type I gene markers whereas chondrocytes expressed collagen
type II and aggrecan. Matthew and coworkers have extensively studied the
effect of CS-chitosan composite on chondrocyte phenotype and their obser-
vations substantiate the earlier described findings [213].

Hoemann et al. have investigated the potential of using injectable chitosan-
based hydrogels for tissue engineering cartilage both in vivo and in vitro [216].
Buschmann and coworkers have developed a chitosan/blood-clot compos-
ite scaffold (commercially known as CarGel) for cartilage regeneration and
has just finished pre-clinical trials [217]. In addition to their potential for
chondrogenesis, chitosan hydrogels have also been investigated for bone re-
generation [212, 218]. Muzzarelli et al. has successfully created mineralized
bone-like tissues in osseous defects in rats, sheep, and dogs with the aid
of chitosan-based scaffolds [218]. Chitosan has also been explored as a bio-
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logical adhesive and a space-filling scaffold [219]. The space-filling property
of chitosan is mainly attributed to its adhesive property [216, 219], ability
to accelerate wound healing [217, 219], and excellent immunological activ-
ity [220]. For instance, photocrosslinked chitosan hydrogels have been used
previously to seal pin holes in the small intestines, aorta, and trachea of
mice [219].

Matrigel: The matrigel matrix (commercially available from BD Bio-
sciences) is a soluble form of basement membrane extracted from mouse
tumors that contain several components of ECM proteins. The major compo-
nents of matrigel include laminin, collagen 1V, heparan sulfate proteoglycans,
and entactin. At room temperature, matrigel polymerizes to produce bio-
logically active hydrogel resembling the mammalian cellular basement mem-
brane. Cells are known to behave as they do in vivo when they are cultured in
matrigel matrix, and hence matrigel has been used as a model system to study
cell behavior in a 3D environment [221]. Matrigel indeed provides a phys-
iologically relevant environment for studying cell morphology, biochemical
function, cell migration and invasion, and gene expression. Therefore, ma-
trigel has been used to culture a wide variety of cells [72, 77]. In the case
of rhesus monkey ES cells, the use of matrigel has been shown to induce
cell growth and differentiation [222]. In another study, Xu et al. showed that
the presence of matrigel along with mouse fibroblast conditioned medium
maintains human ES cells in an undifferentiated state in a feeder-free culture
system [223].

Silk: In contrast to other natural materials, silk scaffolds are mechanically
robust, and have been used in the medical field as suture materials for cen-
turies. Silk obtained from both silkworm (Bombyx mori) and dragline spider
(Nephilia Clavipes) has been extensively studied for decades. Spider silk has
drawn a lot of attention from various fields due to its exceptional mechani-
cal and thermal properties. The modulus and tensile strength of spider silk
fibers are very much comparable to some of the strongest man-made fibers
such as Kevlar [224]. An interesting aspect about silk fiber is that it is cre-
ated under mild conditions in contrast to the severe processing conditions
used to manufacture man-made strong fibers [224]. According to Lele et al.
the magnificent strength of the spider fiber is attributed to strong hydrogen
bonding between the protein chains [225]. Silk fibers differ in structure and
properties depending upon their source [226]. Silks are characterized by sec-
ondary structure such as β-sheets which renders good mechanical properties
to them. Because of the fact that we can now genetically manipulate the amino
acid sequence of silk to achieve targeted properties, several researchers have
attempted to exploit this material for various biomedical applications includ-
ing tissue engineering. The protein engineering techniques have also been
employed to scale up the production of silk and to also control its structural
organization [227].
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For musculoskeletal tissue engineering, scaffolds made out of silkworm
silk have been widely used to tissue engineer anterior cruciate ligaments,
bone, and cartilage [228–230]. Unlike many other scaffolds, silk scaffolds
facilitate cell attachment and cell spreading without further modifica-
tions [231]. Recent studies using matrices made out of silk demonstrates that
human MSCs (hMSC) adhere to them [230, 232]. Silk is known for its slow
degradation kinetics and possesses biocompatible properties comparable to
that of PGA and collagen [231]. The proteolytic degradation rate is mainly
dependent upon the environmental conditions. Particularly, silk degrades
completely within two years in vivo [231].

From the ongoing discussion it is clear that using natural polymers as tis-
sue engineering scaffolds offer a wide range of advantages such as biological
signaling, cell adhesion, cell responsive degradation and re-modeling. How-
ever, these materials lack adequate mechanical properties which compromise
their utilization as unique scaffold materials. Another major concern of using
natural materials is the possibility of immuno-rejection, and can also transfer
various viruses even though proper screening and purification can overcome
these limitations. To this end, various synthetic polymers have been specific-
ally developed for tissue engineering scaffolds.

4.2
Synthetic Hydrogels

Recent years have witnessed a surge of interest in using synthetic hy-
drogels in tissue engineering approaches, and the most appealing factor
about them is that their properties such as hydrophilic-hydrophobic bal-
ance, mechanical and structural properties, degradation profile, etc. can
be molecularly tailored. Poly(ethylene oxide) (PEO), poly(ethylene glycol
diacrylate) (PEGDA), poly(vinyl alcohol) (PVA), poly(acrylic acid) (PAA),
poly(acrylamidomtheyl propane sulfonic acid) (PAMPS), poly(hydroxyl ethyl
methacrylate) (PHEMA), and poly(propylene fumerate-co-ethylene glycol)
(see Fig. 5) are just a few examples of synthetic polymers used to create hy-
drogels and have found applications as tissue engineering scaffolds.

Poly(ethylene oxide) (PEO): PEO and its oligomer poly (ethylene gly-
col) (PEG) are widely used in various biomedical applications because of
their biocompatibility, hydrophilicity, and resistance to protein adhesion and
cell adhesion [123, 233]. It has been reported that PEG-modified proteins
exhibit decreased immunogenicity and antigenicity at an increased circu-
lation time in the body [234]. PEGDA with a molecular weight less than
20 000 Da can be dissolved in body fluid and can be eliminated from the
body via excretion through the kidneys [233]. The resistance of PEG to pro-
tein adhesions has been widely used to create nonfouling surfaces, where
PEG chains are immobilized onto the surface by covalent bonding or ad-
sorption [9, 235]. The biocompatibility and hydrophilicity of PEG has been
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Fig. 5 Chemical structures of a poly(ethylene oxide), b poly(ethyleneglycol) diacrylate,
c poly(vinyl alcohol), d poly(propylene fumerate-co-ethylene glycol, and e poly(ethylene
glycol-fumerate)

explored to impart these properties on other materials by copolymerizing
with PEG [236].

PEO hydrogels are created by γ -radiation or by UV photopolymerization
when the PEO precursor contains acrylate termini such as PEGDA where
the acrylate group functions as the crosslinkable moiety. Triblock copolymer
of poly(ethylene oxide) and poly(propylene oxide), commercially known as
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Pluronics, forms thermoreversible hydrogels in aqueous environments and
has been used in various biomedical applications including tissue engineer-
ing scaffolds [237]. Our laboratory uses PEGDA scaffolds for cartilage engin-
eering where photopolymerization of PEGDA is used to encapsulate chon-
drocytes, MSCs, and ES (Hwang et al, 2005, personal communication) [22,
24]. Our findings indicate that PEGDA serves as an efficient scaffold for
anchorage-independent cells such as chondrocytes and also helps in tissue
formation. Recently, our laboratory has also started exploring the possibil-
ity of using PEGDA hydrogel for guided regeneration of damaged cartilage
(Casio et al, 2005, personal communication). We use micro-drilling to achieve
migration of MSCs from the bone marrow to the defect site. Here, we hypoth-
esize that the hydrogel will provide an adequate niche for the migrated MSCs
to produce hyaline cartilage over fibrous cartilage. The nonadhesive nature
of PEGDA hydrogels prevents the cells from adhering onto an unmodified
scaffold. Hence, researchers have incorporated various peptides to impart ad-
hesive properties to PEGDA [238]. Another major concern about the use of
PEGDA is their nondegradable nature, which has been circumvented through
the introduction of various degradable groups onto the polymer, although
some degradation is observed when the material is in contact with cells or
implanted [239, 240].

Poly(vinyl alcohol): PVA is a hydrophilic polymer and is generally prepared
from poly(vinyl acetate) by hydrolysis, alcoholysis, or aminolysis [241]. PVA-
based hydrogels have previously been used in various drug delivery devices
such as artificial pancreas because of their biocompatibility [242]. Physical
crosslinking of PVA can be achieved by repeated freeze-thawing of aqueous
PVA solutions [243, 244]. The crystallites formed during the freeze-thawing
process are responsible for creating the network [110]. The resulting network
is stable and highly elastic at room temperature [245]. However, at higher
temperature the crystallites melt, lose their stability, and dissolve in the solu-
tion. PVA can also be crosslinked chemically by using bi-functional crosslink-
ing agents such as glutaraldehyde [104]. Boeckel et al. have used hydrogen
bonds between PVA and amino acids to create novel cell-interactive hydro-
gels [9, 246]. Polyvinyl alcohol has also been modified with methacrylate
groups to form photocrosslinkable polymers [133]. Unlike other hydrogels,
PVA-based hydrogels possess good mechanical properties. Their mechanical
properties have motivated many researchers to create PVA-based biomaterials
for various biomedical applications such as artery, knee cartilage, and inter-
vertebral disc replacements [245, 247–252]. Salubria is one such PVA-based
biomaterial developed for artery and cartilage replacement.

Poly (fumerates): Biomaterials based on poly(propylene fumerate) (PPF)
have been extensively used for orthopedic application such as injectable bone
cement [253]. Unlike PEGDA and pluronics, fumerate-containing polymers are
biodegradable since the ester link in the polymers can be cleaved hydrolyt-
ically. PPF is hydrophobic, and in order to synthesize hydrogels, it has been
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copolymerized with hydrophilic polymers such as poly(ethylene glycol) (PEG).
The formed copolymer, poly(propylene fumerate)-co-poly(ethyleneglycol) is
thermo-responsive, and hence it can be used in a minimally invasive man-
ner [254]. In this copolymer system, the propylene fumerate repeat unit
inherently contains a polymerizable vinyl group and a hydrolytically degrad-
able ester group, while the poly (ethylene glycol) segments increases the
hydrophilicity of the network so as to imbibe water. Poly(propylene fumerate)-
co-poly(ethylene glycol) hydrogels have been reported to degrade in 12 weeks
time both in vivo and in vitro [255]. All of these features make this polymer an
attractive hydrogel scaffold for tissue engineering. Fisher et al. have explored
the possibility of using this hydrogel for cartilage engineering [107].

Another fumerate-based hydrogel scaffold which has been studied for tis-
sue engineering is poly(ethylene glycol fumerate) (OPF). OPF is synthesized
by a reaction between poly(ethylene glycol) and fumaryl chloride. Temenoff
et al. investigated the possibility of using OPF as a scaffold for bone tissue
engineering [31, 43]. Their observations showed that the OPF hydrogels are
suitable as an injectable cell carrier for bone and guided tissue regeneration.

5
Biodegradable Hydrogels

Most of the first generation hydrogel scaffolds are successful in providing
structural support for the growth of the encapsulated cells in culture. How-
ever, only a few of the synthetic hydrogels are biodegradable. Biodegradability
is an essential criterion for designing hydrogel scaffolds for tissue engineer-
ing applications. The hydrogels which initially provide a three-dimensional
support to cells need to be degraded eventually as the cells differentiate
and produce matrix. This is essential in order to maintain cell activities
without any hindrance from the scaffold, as well as for creating the matrix
with the desired cytoarchitecture. The kinetics of the degradation process
needs to be tuned according to the adopted tissue engineering strategy as
well as the targeted tissue and organ. For example, cells that proliferate fast
and produce matrix rapidly require a fast degrading scaffold, whereas tissue
structures that need stability and physical strength require a slow degrading
scaffold [30, 230]. Ideally, the scaffold degradation rate should closely parallel
the rate of ECM production. One of the important factors regarding the use
of biodegradable hydrogel is that the degradation products must be nontoxic,
and need to be eliminated rapidly by metabolic degradation or excretion by
the kidney.

In addition to scaffolding, biodegradable hydrogels are also used to deliver
various growth factors, which play a pivotal role in tissue development to in-
crease the in vivo efficiency as well as the longevity of the proteins [62, 63]. In
this application, the degradation profile i.e. the release of bio-active molecules
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should ideally match their uptake by the cells [63]. Common growth factors
used in musculoskeletal regeneration include transforming growth factors
(TGF-β) and bone morphogenetic proteins (BMP) [63]. In addition to their
role in cell phenotype, growth factors also influence the cell viability, pro-
liferation, differentiation, and matrix production by providing the necessary
soluble signals to the cells [22, 60, 70, 71, 162, 256]. The growth factors can
be incorporated directly into the scaffold through covalent bonding or by
absorption.

5.1
Hydrolytically Degradable Hydrogels

Most of the synthetic hydrogels are degraded through hydrolysis of ester or
amide linkages located within the polymer backbone [240, 257, 258]. The hy-
drolytically susceptible groups can either be inherently a part of the polymer
or may be externally incorporated onto the polymer scaffold [239, 259]. This
is achieved by introducing susceptible chemical groups such as esters onto the
existing polymer back bone [239], or by copolymerizing, blending, or graft-
ing degradable oligomers with nondegradable polymers [260, 261]. Here, the
hydrogel degradation kinetics can be tuned by varying the scaffold chemistry
as well as the molecular weight of the polymer segments. Various research
groups have attempted to fine-tune hydrogel degradation.

Anseth et al. have created biodegradable PEG and PVA-based hydrogels by
incorporating PLA moieties through copolymerization [260]. Wang et al. in-
troduced a phosphate group into the PEGDA backbone by reacting PEG and
phophoryl chloride [239], whereas Jo et al. introduced fumerate groups into
the PEG backbone by reacting PEG with fumaryl chloride [259] to render PEG
polymers hydrolytically degradable. The incorporation of phosphate groups
into the PEGDA backbone allows one to create bio-interactive hydrogels for
bone engineering, where the phosphate group facilitates the mineralization
by directly interacting with the calcium ions. In all the studies discussed in
this section, the degradation profile of the hydrogel has been manipulated via
the choice of the degradable link, and not by the environment.

5.2
Enzymatically Degradable Hydrogels

Hydrogels made out of natural polymers can easily be degraded by en-
zymes, and this is one of their main advantages as potential scaffolding
materials. Hence a marriage between such natural polymers and synthetic
polymers can be creatively used to develop semi-synthetic degradable hydro-
gels [262, 263]. Recently, there has been a strong push towards incorporating
enzyme-susceptible groups into synthetic polymers to render them enzymat-
ically degradable [48, 264–267]. In these approaches, the rate of degradation
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depends upon both the susceptible bonds as well as the enzymatic concentra-
tion in the scaffold environment.

Lutolf et al. created a synthetic scaffold for bone grafts based on the bi-
ological recognition principle [48, 267]. Here, the authors have synthesized
a PEG-based hydrogel scaffold using a matrix metalloproteinase (MMP) la-
bile bi-functional peptide as a crosslinker, which is susceptible to cell-triggered
proteolysis, i.e. the hydrogel degrades into soluble products upon exposure to
cell-secreted MMPs. In this case, the crosslinker determines the hydrogel ma-
terial properties by responding to the cell-secreted MMPs. In another study,
Halstenberg et al. designed PEG-protein based biomaterial by grafting PEGDA
onto an artificial protein created by a recombinant DNA approach [266]. Here,
the protein was designed so as to perform cell-mediated degradation, while the
PEGDA were used to create the network via photopolymerization.

6
Minimally Invasive Strategies

Advances in polymeric materials engineering offer new opportunities for
minimally invasive surgeries (MIS), aimed at minimizing patient trauma and
speeding up recovery. Many research and clinical studies have indeed focused
on tissue engineering systems that can be injected in a noninvasive man-
ner for use in arthroscopic surgery [66, 101, 268]. One attractive method to
reduce the implantation invasiveness is to create hydrogels within the body
via in situ polymerization. The advantage of in situ polymerization is that
the functionalized oligomers (containing both insoluble and soluble bioac-
tive molecules) can be injected into the defect site through small incisions
and their subsequent polymerization enables a homogenous encapsulation of
cells within the hydrogel. Since the fluidic precursors of the cell-hydrogel sys-
tem can fill any irregular defect shapes, hydrogel-based scaffolds are highly
suitable for treating defects which are not easily accessible, unless one adopts
an invasive surgical procedure. The in situ polymerization also results in im-
proved contact between the native tissue and hydrogel. The use of hydrogels
also obviates many complications associated with residual toxic solvents since
the hydrogels are water based. To this end, various in situ polymerization
techniques/hydrogels such as photopolymerization, stimuli responsive poly-
mers, shape memory polymers, and self-assembling peptide-based systems
have been widely explored for minimally invasive applications.

6.1
Photopolymerization

In this approach, components of the scaffold along with viable cells are
injected in a fluid state into the defect site arthroscopically, followed by
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subsequent polymerization within the defect site using a light source such
as UV radiation. Figure 6 demonstrates such an arthroscopic immobiliza-
tion of PEGDA hydrogel in a human cadaveric knee where the defect was
made on the medial tibial condyle. Here, liquid bi-functional PEGDA solu-
tion along with the photoinitiator (Irgacure D2959) is injected into the defect
site using a syringe and an optical fiber with a low-intensity UV light is used
for polymerizing the reactants. The advantage of photogelation over other
crosslinking techniques is the spatial and temporal control, as well as the fast
curing rate obtained under physiological conditions at room temperature,
which makes photogelation especially attractive for tissue engineering [101].
Photopolymerization has been used to encapsulate various cell types such as
pancreatic islets [269], smooth muscle cells [270], osteoblasts [271], chondro-
cytes [24], MSCs [22], and ES (Hwang et al. 2005, personal communication).

Fig. 6 a Photograph showing the in situ photopolymerization of a hydrogel in a defect site
and; b defects in the femoropatellar groove of a bovine knee are filled with the hydrogel
after 5 mins of photopolymerization

Fig. 7 Scheme for creating bilayer hydrogels for stratified tissues using photopolymerization
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Photogelation is also a viable technique for controlling the spatial organi-
zation of different cell types within a three-dimensional system [24, 272]. This
is accomplished by creating multilayer hydrogels where each layer is poly-
merized sequentially as shown in the schematic (Fig. 7). Integration between
the layers is maintained while keeping cells confined within their respective
layers. In our laboratory, such an approach has been used to encapsulate cells
from different layers of the native cartilage within different hydrogel strips to
create a stratified tissue engineered cartilage with zonal organization akin to
the native one [24]. Additionally, multilayer hydrogels also enable the creation
of other musculoskeletal tissues such as a whole knee joint with integrated
cartilage and bone tissue [272].

6.2
Smart Hydrogels

Smart hydrogels, also known as stimuli-responsive hydrogels, are polymer
networks that can undergo a discontinuous and macroscopic phase transi-
tion between a liquid and a solid state when subjected to a small change in
one or more environmental stimuli such as temperature [105, 273], pH [105],
light [274], radiation forces [275], and chemical triggers [115, 126–128, 276].
In the case of thermally reversible hydrogels, a subtle rise in the temperature
near the lower critical solution temperature (LCST) can be used to trigger the
sol-gel transition, where water-soluble coil structures transform into water-
insoluble globular structures in aqueous medium, and vice versa. The LCST
temperature is the manifestation of a critical balance of hydrophilic and hy-
drophobic groups, and significant research has been performed to tune the
LCST temperature [105, 121].

One of the most extensively investigated stimuli responsive polymers is
poly(N-isopropyl acrylamide), or in short, PNIPAm. PNIPAm exhibits a LCST
temperature around 32 ◦C, which means PNIPAm hydrogels undergo a re-
versible swelling-collapse volume phase transition at 32 ◦C [105]. During
this volume phase transition, the hydrogel expels the imbibed water. How-
ever, the phenomenon is reversible and the collapsed gel re-swells in water
as the temperature is decreased below its LCST (i.e. 32 ◦C). The re-swelling
of the collapsed PNIPAm hydrogel as temperature decreases is accompa-
nied by hysteresis, i.e. the threshold temperature at which the swollen phase
transforms into a collapsed phase is different from the threshold tempera-
ture at which the reverse transition occurs. The transition temperature of
thermoreversible polymers can be manipulated by altering the hydrophilic-
hydrophobic balance [94]. For instance, copolymerizing PNIPAm with a hy-
drophobic monomer decreases its LCST temperature, whereas copolymeriz-
ing it with a hydrophilic monomer raises its LCST temperature [94].

In addition to PNIPAm, other synthetic thermoresponsive materials have
been developed by copolymerizing hydrophilic and hydrophobic monomers
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or oligomers, such that the resulting copolymers show an LCST behavior at
a certain critical composition of these reactants [105, 107]. The above phase
separation behavior of polymers that especially have an LCST temperature
close to the body temperature can be exploited to create tissue engineering
scaffolds. Here, the in situ gelation of the starting polymer solution could
be achieved by a subtle change in temperature [107]. Stile et al. used such
PNIPAm-based hydrogels for cartilage tissue engineering as an injectable
scaffold, which when gelled exhibited good chondrocyte cell viability [277].
In another study, peptide modified-PNIPAm hydrogels have been used to
encapsulate rat calvarial osteoblasts with good cell viability [278]. Thermore-
versible polypropylene fumerate-co-ethylene glycol hydrogels have also been
utilized for bone tissue engineering as discussed earlier [107].

The temperature-triggered gelation of PNIPAm has also been explored for
other biomedical applications such as drug delivery, and surface modifica-
tion of cell culture dishes in order to create thermoresponsive culture surfaces
upon which monolayers and multilayers of cells can be cultured and subse-
quently harvested noninvasively [279]. This technique known as “cell-sheet”
engineering has been applied to a number of different cell types such as en-
dothelial cells, kidney cells, and lung cells [280–283]. The latter application
arises due to fact that at body temperature (37 ◦C), PNIPAm is hydrophobic
and promotes cell adhesion, however at temperatures below 32 ◦C PNIPAm
becomes hydrophilic, loses its cell adhesion properties and consequently re-
leases the adhered cells. Therefore, one can easily lift off the cell sheets from
the surface since this technique still retains cell-cell contacts. Such cell-sheets
could be used to produce layered tissues by organizing the cell layers one on
top of each other [282, 283]. However, a close look at the swelling-collapse
phenomenon of PNIPAm shows that its hydration and dehydration kinetics
are slow, and which can adversely affect the spontaneous cell-sheet detach-
ment. In order to circumvent this limitation, Kwon et al. incorporated highly
hydrophilic PEG oligomers at the interface between the PNIPAm chains and
the cell layer [281].

Another approach to create a reversible biomimetic system is the creation
of antigen responsive hydrogels [114, 115]. Miyata et al. developed a hydro-
gel, which can swell reversibly in response to a specific antigen (rabbit IgG)
and change its structure. The hydrogel was prepared by grafting the anti-
gen (rabbit IgG) and the corresponding antibody (GAR IgG) to the polymer
network such that the binding between the antibody and antigen resulted in
a crosslinked network. The hydrogel swells in the presence of free antigens
because the physical crosslinks created by the antigen-antibody binding dis-
sociate via the exchange of grafted antigens with the free antigens. Similar
approaches can be used to create polymeric systems that could undergo in
situ gelation for tissue engineering.

In addition to the above discussed synthetic polymers, some natural
polymers such as gelatin, agarose, chitosan, etc, also undergo temperature-
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responsive gelation as mentioned earlier. The mechanism through which
these materials undergo gelation is different from that corresponding to syn-
thetic polymers. In these cases, denaturation of the triple helical confirma-
tion in gelatin and double helical confirmation in polysaccharides results in
a temperature-triggered gelation [284, 285]. Both gelatin and polysaccharides
have been extensively investigated as tissue engineering scaffolds, as men-
tioned earlier [213, 284].

6.3
Self-Assembling Proteins

Another effective approach towards minimally invasive tissue engineering is
via molecular self-assembly of proteins and protein-amphiphiles. The nov-
elty of this approach is that the starting aqueous solution of proteins un-
dergoes self-assembly-driven in situ gelation with respect to temperature,
pH, and chemical triggers in the presence of biological fluids [117, 118, 286–
290]. This self-assembly is generally mediated by secondary forces such as
ionic interactions (e.g. electrostatic interactions), hydrogen bonds, hydropho-
bic interactions, and van der Waals interactions [291]. In addition to their
in situ gelation capability, these protein-based hydrogels also provide the
necessary biochemical cues to support cell proliferation and tissue forma-
tion [60, 287, 292].

Petka and coworkers creatively developed an artificial triblock protein,
with a central hydrophilic peptide segment and terminal leucine zipper
domains on both the ends, using recombinant DNA technology [118].
This protein undergoes reversible gelation with respect to changes in tem-
perature and pH due to the dimerization and higher order aggregate
formations of the leucine zipper motifs [118]. In another study, Wang
et al. created another thermoreversible hydrogel hybrid containing both
a synthetic polymer and an artificial protein segment where the two dif-
ferent synthetic polymers, N-(2-hydroxypropyl)-methacrylamide and N-
(N9,N9-dicarboxymethylaminopropyl) methacrylamide, were crosslinked
using coiled-coil protein-folding motifs [119].

Artificial elastin-like proteins (created by DNA recombinant technology)
that undergo a reversible inverse phase separation were investigated as
an injectable scaffold for cartilage tissue engineering by Betre and cowor-
kers [293]. These elastin-like polypeptides enabled the encapsulated chondro-
cytes to retain their phenotype and produce extracellular matrix components
of the cartilage such as sulfated glycosaminoglycan and collagen. Below their
transition temperature, elastin-like polypeptides are soluble in water. Increas-
ing the temperature leads to phase separation resulting in aggregation of
polypeptides [293]. The LCST of elastin-like polypeptides can be controlled
by varying the aminoacid sequence [294]. Urry and co-workers demonstrated
that elastin-like polypeptides have mechanical properties reminiscent of na-



126 S. Varghese · J.H. Elisseeff

tive elastin, a protein found in muscle, ligaments, and cartilage [295]. In
another study, Kisiday et al. investigated the effect of KLD-12 peptide hy-
drogel scaffolds on cartilage tissue engineering [286]. Both young and adult
bovine chondrocytes seeded within these hydrogels were found to retain their
characteristic phenotype and produced abundant glycosaminoglycans and
type II collagen [286].

Self-assembly mediated in-situ gelation has also been utilized to create
matrices with nanometer dimensions resembling the native ECM compo-
nents [288, 296–299]. For example, Stupp and coworkers used supramolecu-
lar self-assembly to create nanofiber hydrogel scaffolds in situ by designing
a peptide-amphiphile with a suitable balance of hydrophilic and hydropho-
bic groups [296–298]. In another study, the same group has developed in situ
self-assembled nanofibrillar structures by utilizing electrostatic interactions
between two oppositely charged peptide amphiphiles [299]. This method can
also be applied to incorporate various bio-interactive ligands which promote
cell adhesion into a single nanofiber by exploiting electrostatic interactions
between peptides containing different amino acid sequences [288, 299].

6.4
Shape Memory Polymers

Another up-and-coming class of materials that could have a number of po-
tential applications in minimally invasive surgical procedures involves shape
memory polymers [127, 128, 300–303]. These materials have a huge poten-
tial application for many biomedical applications because of their unique
properties, although, strictly speaking, they have not yet been applied to tis-
sue engineering. Biomedical applications of shape memory materials hinge
on the basic idea that these materials change their shape in response to
certain external stimuli (such as temperature, pH, and light) from a com-
pressed state, which can be administered through a noninvasive manner, to
a bulky one, which can then fill the defect site. This application was moti-
vated by metallic alloys such as NiTi (nitinol), which are known to exhibit
shape memory (through martensitic structural transformation) and are well
known for their applications in biomedical fields, e.g. surgical devices and
implants [304]. However, polymer-based shape memory materials offer more
advantages over such metal alloys, naturally due to their superior biocompat-
ibility and biodegradability.

Polymers where reversible shape memory is induced by a change in tem-
perature are known as thermo-responsive shape memory polymers. For ex-
ample, a hydrogel formed by acrylic acid and stearyl acrylate shows signifi-
cant temperature dependent mechanical properties [128]. Below 50 ◦C, this
hydrogel behaves like a tough polymer whereas above 50 ◦C it behaves like
a soft material. This transition allows one to process the hydrogels above
50 ◦C, where they are easily malleable, into the desired shape, which can be
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maintained at temperatures below 50 ◦C (such as room temperature). The
hydrogel becomes soft and recovers its un-deformed original shape, which
is predetermined by the covalent network, upon increasing the temperature
above 50 ◦C [128]. Even though the concept is appealing, the use of this type
of hydrogel is limited because the transition temperature is not commensu-
rate with the body temperature.

Another class of hydrogels that demonstrate shape memory consists of
a spatially modulated blend of two different hydrogels with different proper-
ties [302, 303]. For instance, when a bi-gel strip consists of temperature sensi-
tive PNIPAm hydrogel and temperature insensitive polyacrylamide hydrogel,
temperature increases causes it to bend. This change in shape is reversible
and the gel can switch between the two shapes depending upon the exter-
nal temperature. Such modulated hydrogels could be used to create various
reversible shapes such as alphabets, numbers, wavy structures, and ribbon-
like structures (refer to Fig. 8). Hydrogels of this nature could potentially be
used to fill irregularly shaped defects in the biomedical field. However, one of
the major concerns about these shape memory hydrogels is their weak me-
chanical properties and researchers are seeking to find tougher modulated
polymers.

Recently, Lendlein et al. created a series of responsive shape memory
polymers which are mechanically tough, biocompatible, and biodegradable,
applicable to a number of biomedical applications [300, 301, 305]. Such shape
memory polymers are achieved by copolymerizing precursors with differ-
ent thermal characteristics such as the melting transition temperature. These
shape memory polymers can be deformed into a temporary compressed
state and they can recover the permanent shape only with the aid of an ex-
ternal stimulus such as temperature. This type of shape memory polymer
mainly consists of two components: (i) molecular switches—precursors that
can undergo stimuli responsive deformation and can fix the formed tempo-

Fig. 8 Schematic of a shape memory modulated gel exhibiting different shapes depending
upon the external stimuli
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rary shape by physical crosslinks such as crystallites; and (ii) netpoints—
precursors that determine the permanent shape of the polymer [301].
A biodegradable copolymer formed from oligo(ε-caprolactone)diol and
oligo(p-dioxanone) diol has been shown to be an excellent suture material,
as illustrated in Fig. 9. Here, the loose knots formed from fiber-like forms of
this copolymer are used for wound closure where the knots tighten upon an
increase in temperature, and thereafter keep the wound lips together under
the right stresses for better healing [300].

Photoresponsive shape memory polymers are created by incorporating
cinnamic groups which could be deformed to attain a temporary shape by
UV light illumination at ambient temperatures. The un-deformed shape of
these polymers can be recovered by exposing them to UV light with a dif-
ferent wavelength at ambient temperature [305]. The use of UV light as an
external stimulus obviates the need for temperature changes, as required in
the case of temperature-sensitive shape memory polymers.

Recently Thorton et al. designed chemically crosslinked alginate hydrogels
into a compressed form for a noninvasive administration of the cells-scaffold
system into the defect site. The inserted hydrogel is then swollen in vivo to
re-gain its original equilibrium swollen shape [306]. Here, the initially com-
pressed hydrogels regain their permanent shape through swelling and not
through any external stimuli. This attempt therefore shows the feasibility of

Fig. 9 A fiber of a thermoplastic shape-memory polymer was programmed by stretching
about 200%. After forming a loose knot, both ends of the suture were fixed. The photo
series shows, from top to bottom, how the knot tightened in 20 s when heated to 40 ◦C.
(Reprinted with permission from Lendlein A, Langer R (2002) Science 269:1673, copyright
2002 AAAS)
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using other more sophisticated shape memory polymers as discussed earlier
in minimally invasive tissue engineering approaches.

6.5
Multifunctional Polymers

Another approach that has been employed for in situ hydrogel formation in-
volves the mixing of two oligomer solutions having functional groups such
that they form viscoelastic hydrogels upon reaction between the functional
groups, similar to fibrin glue formation (Wang and Elisseeff, 2005, personal
communication) [174, 307, 308]. To this end, Schiff base reaction of amine and
aldehyde groups has been extensively explored in the past.

Balakrishnan et al. developed gelatin-based hydrogels in situ by mixing ox-
idized alginate and gelatin [307]. The hydrogels formed using this approach
were nontoxic to the encapsulated mouse fibroblasts. In our laboratory, Wang
and coworkers have used a similar approach for in situ integration of hydrogel
implants (that can be immobilized onto the defect site) with the native tissue,
which will be discussed in detail in Sect. 8 (Wang and Elisseeff, 2005, personal
communication). The in situ gelation ability of two liquid reactants containing
the functional groups, aldehyde functionalized CS and poly(vinyl alcohol-
co-vinylamine), have been used for sealing corneal incisions by Reyes and
coworkers [98]. Hyaluronic acid functionalized with various active groups such
as amine and aldehyde groups can undergo in situ hydrogel formation when
mixed with multifunctional monomers [174]. These materials are biocompat-
ible, and in the presence of appropriate growth factors, these hydrogels can be
used for bone or cartilage tissue engineering. Prestwich and coworkers used
similar in situ gelation techniques to create HA and CS-based hydrogel films
using poly(ethyleneglycol)-dialdehydes for wound healing applications [308].
These authors also applied in situ gelation of HA hydrogels for incorporat-
ing drugs that can be released in a controlled manner [263]. Sperinde and
Griffith utilized enzyme-mediated crosslinking of peptide-modified PEG pre-
cursors to achieve in situ gelation. Such in situ formation of hydrogels can be
used for tissue engineering and drug delivery applications without any toxic-
ity concerns [99, 100]. This reaction enjoys the ability of transglutaminase to
form amide linkage between the γ -carboxamide group of glutamine residues
and primary amines such as the one in lysine. These covalent bonds between
specific functional groups are strong and permanent unlike physical crosslinks.

7
Hydrogels for Stem Cell Differentiation

It is only in the last decade or so that the therapeutic value associated with
donor/patient differentiated cells is being exploited to create functional re-
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placements. Given the fact that the source of cells for repair is limited in such
cases, it is desirable to exploit other cell lines. It is well documented in the
literature that expansion of chondrocytes results in a loss of their phenotype
as discussed earlier. Using biomaterial scaffolds and growth factors to re-
differentiate the chondrocytes that have de-differentiated during monolayer
expansions has had little success so far. For instance, Homicz et al. showed
that only primary chondrocytes (immediately harvested prior to expansion)
are suitable as seed cells for cartilage tissue engineering [309]. Chondro-
cytes that are used from subsequent passages produced decreased amounts
of aggrecans and type II collagen as compared to those produced by primary
cells. This therefore limits the mechanical as well as structural properties of
the formed neocartilage [309]. Since chondrocytes lose their phenotype dur-
ing expansions, it becomes necessary to start with a large biopsy to achieve
enough cells for tissue engineering a cartilage sufficient in size for implan-
tation. This leads to the primary constraint in using differentiated cells for
cartilage tissue engineering, the lack in achieving adequate cell numbers. To
circumvent the above constraint, scientists have begun to use stem cells (adult
and embryonic) in tissue engineering for replacing dysfunctional tissues.
This also avoids problems related to harvesting tissue as well as morbidity
associated with the biopsy.

Nonhematopoietic stem cells (mesenchymal stem cells, MSCs) which are
present in the bone marrow are multipotent, or in other words, they are
capable of differentiating into various lineages such as cartilage [22, 310],
bone [31, 311], connective tissues [312], etc. The differentiation of MSCs into
a specific lineage requires a synergetic interaction between the cells and var-
ious insoluble and soluble growth factors during their culture [22, 313, 314].
This means that the tissue engineering scaffold needs to mimic the ECM
components both structurally and functionally in order to provide the de-
sired signals to direct cellular processes when using stem cells. Most of the
first generation hydrogel scaffolds provides structural supports for the en-
capsulated cells but lack the required functional (biological) support. To
increase the biofunctionality of the hydrogel scaffold one may covalently graft
bioactive factors such as adhesion peptides or growth factors to the hydro-
gel [147, 315].

Micromass pellet cultures have shown the ability of MSCs to undergo
chondrogenesis by providing enhanced cell-cell interactions [310]. However,
to create organized tissues for treating large defects, support from three-
dimensional scaffolds is required. Such three dimensional scaffolds accom-
modate a sufficient amount of cells, define the engineered tissue architecture,
and may also be decorated with suitable biochemical cues to enhance the
cell-matrix interactions. Hydrogels composed of various synthetic as well as
natural polymers such as PEGDA, silk, collagen, etc., have been explored for
the differentiation of MSCs into chondrocytes and osteoblasts [22, 230, 231]. In
our laboratory, we investigated the ability of MSCs to undergo chondrogenesis
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both in vivo and in vitro (Sharma et al, 2005, personal communication) [22].
Our studies and others demonstrate the great potential of MSCs as an al-
ternative cell source for cartilage tissue engineering, given the limitations of
chondrocytes. In the case of in vivo studies, Sharma et al. used high mo-
lecular weight hyaluronan along with PEGDA oligomer solution to create
a semi-interpenetrating network for the scaffold. In addition to increasing the
viscosity of the starting solution for easy handling, the presence of HA also fa-
cilitates the differentiation of MSCs to chondrocytes. Moreover, the presence
of HA in the hydrogel downregulates collagen type I expression indicating
that HA plays a crucial role in modulating chondrocyte phenotype. These
observations may be attributed to known biological functions of HA such
as ligand-specific interactions with the cells. Hegewald et al. also observed
a beneficial effect of HA on chondrogenic differentiation of equine MSCs [316].

In addition to their chondrogenic potential, MSCs have also been investi-
gated for their ability to regenerate bone with the aid of three-dimensional
hydrogel scaffolds. Recently, Meinel et al. investigated the effect of scaffold
properties on differentiation of human bone marrow-derived mesenchymal
stem cells (hMSC) into bone tissues by analyzing scaffolds made out of vari-
ous materials such as collagen, crosslinked collagen, and silk [230]. According
to these investigators, silk scaffolds outweigh the others in terms of per-
formance. The authors attributed these observations to silk’s high porosity,
slow biodegradation, and structural integrity. These findings indicate that
the differentiation of MSCs into the osteogenic lineage can be modulated
by scaffold chemistry of the hydrogel systems. Temeoff et al. used hydrogels
based on OPF for osteogenesis of MSCs. They observed enhanced osteogene-
sis within OPF hydrogels with higher swelling ability [31]. Wang et al. applied
phosphoester-polyethylene glycol-based hydrogels for the encapsulation of
MSCs and their subsequent osteogenic differentiation [311]. This hydrogel is
hydrolytically degradable. The presence of phosphate groups in the hydro-
gel promotes the osteogenic differentiation of MSCs and autocalcification in
addition to responding to the cell-secreted osteogenesis-related enzymes. The
above studies demonstrate the requirement of suitable material properties
and chemistry of scaffolds along with suitable growth factors and adequate
degradation kinetics for the proper differentiation of MSCs.

Another cell line that could potentially be used for musculoskeletal tis-
sue engineering is the embryonic stem (ES) cells. Embryonic stem cells are
termed as pluripotent due to their versatile differentiation potential. How-
ever, controlled differentiation of ES cells into a particular lineage poses
a grand challenge. Recently it has been reported that the encapsulation of
ES cells within a scaffold system could increase its differentiation efficiency
and allow formation of three-dimensional tissues (Hwang et al, 2005, per-
sonal communication) [72, 317, 318]. Guiding the differentiation of ES cells
using a biomaterial scaffold is currently a relatively unexplored area, which
has great potential in tissue engineering.
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Hwang et al. compared the chondrogenic potential of ES cells in three-
dimensional environments by encapsulating them within a PEGDA hydrogel
scaffold with their monolayer culture (Hwang et al, 2005, personal commu-
nication). They observed enhanced chondrogenesis in the 3D system as com-
pared to the conventional monolayer system. These findings further support
the argument that the differentiation of ES can be modulated by 3D systems.
Langer and coworkers also observed a similar trend in three-dimensional
scaffolds leading to the formation of neural, hepatic, and cartilage tissues [72,
318]. They further investigated the role of mechanical properties of the scaf-
fold on hES differentiation by using matrices such as matrigel, and a three-
dimensional PLGA-co PLA scaffold coated with matrigel [72]. Although ma-
trigel provides a three-dimensional environment to the encapsulated cells, it
failed to support 3D tissue formation compared to the matrigel-coated PLGA-
PLA scaffold. These findings indicate the importance of mechanical stiffness
of the scaffold as well as the presence of biochemical cues in the scaffold on
hES differentiation [72]. Philip et al. studied the effect of various ECM com-
ponents on differentiation of rhesus ES cells. Their in vivo results show that
the presence of cartrigel, an extract of cartilage matrix components, resulted
in enhanced musculoskeletal differentiation of the ES cells [222]. These re-
sults indicate that the differentiation of ES cells can be directed to a particular
lineage by using scaffolds containing ECM components derived from similar
tissues. Xu et al. developed a feeder-free culture system for the proliferation
of hES while retaining their undifferentiated state by exploiting the biological
functions of Matrigel which is rich in ECM components [223].

The ongoing discussion clearly indicates the need for designing biomate-
rial scaffolds with desired biological cues and physical properties for the con-
trolled differentiation of ES cells. To identify interactions between stem cells
with a large array of biomaterials and growth factors, Anderson et al. applied
high throughput microarray technology to screening biomaterials [319]. The
advantage of this approach is that it enables the screening of large libraries of
biomaterials in small quantities. Their findings indicate that certain bioma-
terials significantly induce the differentiation of hES cells into epithelial-like
cells, whereas other biomaterials support the differentiation only in the pres-
ence or absence of specific growth factors.

8
Chemical Integration of Engineered Tissue with Native Tissues

Biomaterials have played a significant role in creating tissue-engineered im-
plants and moving the field of regenerative medicine forward. The hurdle of
moving from in vitro design of tissue engineering systems to their in vivo
application still presents a challenge due to the lack of integration between
the implant and the host tissue. While biomaterials such as hydrogels may be
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able to integrate with soft tissues, mechanically dense tissues such as cartilage
and bone present significant challenges for creating strong tissue-biomaterial
interactions. Cartilage poses a particularly difficult challenge for biomate-
rial integration since it lacks the ability to self repair, and possesses a dense
extracellular matrix that impedes cellular migration and tissue integration.
Integration of cartilage tissue has been the focus of numerous recent investi-
gations with many studies examining the integration of both the engineered
and native cartilage with host tissue.

Jurgensen et al. investigated the efficacy of tissue transglutaminase as
a biological glue for integrating two cartilage pieces together [320]. In our lab-

Fig. 10 Schematic illustration for the strategy of hydrogel-cartilage integration by tissue-
initiated photopolymerization. Individual steps of the process are (1) clearance of the
proteoglycans in cartilage by chondroitinase to expose the collagen network; (2) in situ
generation of tyrosyl radicals by photo-oxidation of tyrosine residues on collagen with
H2O2 under low intensity UV irradiation; and (3) introduction of a macromer solution
and in situ photo-gelation via tyrosyl radical initiation and UV-excitation (Reprinted with
permission Advanced Functional Materials [321])
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Fig. 11 Reaction scheme of hydrogel-tissue integration using ALD-CS-MA primer. The
aldehyde groups react with amines in the cartilage tissue while methacrylate groups react
with the polymerizing PEGDA precursor

oratory, we have exploited the ability of collagen chains located in the ECM to
integrate covalently with the hydrogel implant via photopolymerization [321].
This technology, known as tissue-initiated photopolymerization, generates
reactive tyrosyl radicals on the cartilage collagen backbone with the help of
an oxidizing agent. The tyrosyl radicals on the cartilage, upon exposure to UV
light, react with the oligomers (which also react amongst themselves to create
a hydrogel) to create a well-integrated hydrogel-cartilage system, as shown in
the schematic illustration (Fig. 10) [321].

As an alternative strategy, Wang et al. created a CS-based tissue adhe-
sive to achieve covalent bond-mediated integration between the hydrogels
and the host tissue. Here, CS is multi-functionalized with both methacrylate
and aldehyde groups. The aldehyde groups react with collagen segments lo-
cated within the host tissue whereas the methacrylate groups form covalent
bonds between the adhesive and the PEGDA-cell solution during photopoly-
merization, which subsequently undergoes in situ gelation as shown in Fig. 11
(Wang and Elisseeff, 2005, personal communication). Our in vivo studies on
the rabbit knee joint demonstrate the viability of this technique. In addition
to anchoring the implant within the defect site initially, the strategy also
enhances the integration of the engineered tissue with the native tissue at
a molecular level by allowing migration of cells between the interface, and
thereby regenerating tissue across the interface.

9
Concluding Remarks

This review outlined the progress over the past few decades in tissue en-
gineering strategies that use hydrogels to treat musculoskeletal tissue loss.
Significant advancements have been made in the design and development
of hydrogel scaffolds which incorporate many of the required biochemical
and biophysical cues for tissue development. Novel methods have been de-
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veloped to create hydrogel scaffolds with excellent cell-adhesion properties
and cell-mediated degradation profiles. Exciting new materials and strategies
for in situ gelation of scaffold precursors have recently been formulated to
enable minimally invasive application of materials to tissue defects. The ap-
plication of stem cells, both adult and embryonic, to tissue repair strategies
has made an impact in musculoskeletal tissue engineering. Preliminary re-
sults on differentiation of MSCs and ES cells into musculoskeletal lineages are
very encouraging, thus pointing towards possible alternative sources of cells
for tissue engineering. Future clinical practice for the treatment of muscu-
loskeletal tissue loss will change and improve as these new technologies in
biomaterial hydrogels and alternative cell sources are translated.
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Abstract Combining physics, engineering, chemistry and biology, we can now design, syn-
thesize and fabricate biological nano-materials at the molecular scale using self-assembling
peptide systems. These peptides have been used for fabrication of nanomaterials including
nanofibers, nanotubes and vesicles, nanometer-thick surface coating and nanowires. Some
of these peptides are used for stabilizing membrane proteins, and others provide a more
permissive environment for cell growth, repair of tissues in regenerative medicine, and de-
livering genes and drugs. Self-assembling peptides are also useful for fabricating a wide
spectrum of exquisitely fine architectures, new materials and nanodevices for nanobiotech-
nology and a variety of engineering. These systems lie at the interface between molecular
biology, chemistry, materials science and engineering. Molecular self-assembly will har-
ness nature’s enormous power to benefit other disciplines and society.

Keywords Regenerative medicine · Polymers · Nanobiotechnology ·
Self-assembly peptide · Designer nanomaterials

1
Introduction

1.1
The Nature’s Building Blocks at the Molecular Scale and Design,
Synthesis and Fabrication

Nature is the grandmaster when it comes to building extraordinary materials
and molecular machines—from the bottom up, one atom and one molecule
at a time. Multifunctional macromolecular assemblies in living organisms,
including hemoglobin, polymerases, ATP synthase, membrane channels, the
spliceosome, the proteosome, ribosomes, and photosystems are all essentially
exquisitely designed molecular machines acquired through billions of years
of prebiotic molecular selection and evolution. Nature has produced a ba-
sic set of molecules that includes 20 amino acids, a few nucleotides, a dozen
or so lipid molecules and few dozens of sugars as well as naturally modi-
fied building blocks or metabolic intermediates. With these seemingly simple
molecules, natural processes are capable of fashioning an enormously di-
verse range of fabrication units, which can further self-organize into refined
structures, materials and molecular machines that not only have high preci-
sion, flexibility and error correction, but also are self-sustaining and evolving.
Indeed, nature favors bottom-up design, building up from molecular assem-
blies, bit by bit, more or less simultaneously in a well-defined manner.
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1.2
A Fabrication Tool: Nanobiotechnology Through Molecular Self-Assembly

Design of molecular biological nanostructures requires detailed structural
knowledge to build advanced materials and complex systems. Using basic
biological building blocks and a large number of diverse peptide structural
motifs [1, 2], it is possible to build new materials from the bottom up. Molecu-
lar self-assembly is ubiquitous in nature, from lipids that form oil droplets
in water and surfactants that form micelles and other complex structures in
water to sophisticated multiunit ribosome and virus assemblies. These sys-
tems lie at the interface of molecular and structural biology, protein science,
chemistry, polymer science, materials science and engineering. Many self-
assembling systems have been developed, which range from organic supra-
molecular systems, bi-, tri-block copolymers [3], and complex DNA struc-
tures [4, 5], simple and complex proteins [6–8] to peptides [9–22].

1.3
Basic Engineering Principles for Micro- and Nano-Fabrication
Based on Molecular Self-Assembly Phenomena

Programmed assembly and self-assembly are ubiquitous in nature at both
macroscopic and microscopic scales. The Great Wall of China, the Pyramids
of Egypt, the schools of fish in the ocean, flocks of birds in the sky, pro-
tein folding and oil droplets on water are all such examples. On the other
hand, self-assembly describes the spontaneous association of numerous in-
dividual entities into a coherent organization and well-defined structures to
maximize the benefit of the individual without external instruction. If we
shrink construction units by many orders of magnitude into nano-scale, such
as structurally well-ordered protein fragments, or peptides [21], we can ap-
ply similar principles to construct molecular materials and devices, through
molecular self-assembly and programmed molecular assembly.

1.4
Both Chemical Complementarity and Structural Compatibility
for Bionanotechnology

The “bottom-up” approach, by which materials are assembled molecule by
molecule (and in some cases even atom by atom) to produce novel supra-
molecular architectures is a powerful technology. This approach is likely to
become an integral part of materials manufacture and requires a deep un-
derstanding of individual molecular building blocks and their structures,
assembly properties and dynamic behaviors. Molecular self-assembly inter-
actions typically include hydrogen bonds, electrostatic attractions, and Van
der Waals interactions. Although these bonds are relatively insignificant in
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isolation, when combined together as a whole, they govern the structural con-
formation of all biological macromolecules and influence their interaction
with other molecules. The water-mediated hydrogen bond is especially im-
portant for living systems, as all biological materials interact with water. It
is a powerful approach for fabricating novel supramolecular architectures,
which is ubiquitous in nature and has now emerged as a new approach in
chemical synthesis, nanotechnology, polymer science, materials and engin-
eering.

To date, several self-assembling peptide systems have been studied, rang-
ing from models for studying protein folding and protein conformational
diseases, to molecular materials for producing peptide nanofibers, peptide
scaffolds, peptide surfactants and peptide ink [9, 10] easy to produce at a large
scale to drive the development of this new industry. These self-assembly pep-
tide systems represent a significant advance in molecular engineering for
diverse technological innovations. This field is growing at a rapid pace and
it is impossible to summarize all aspects of the work being done by others
in this limited space, and hence this review focuses on a few examples espe-
cially from our laboratory. We focus on our work from the past decade, but
those who are interested in trends over a longer period of time are referred to
earlier reviews [10, 11].

2
Self-Assembly Peptide Systems

A new class of oligopeptide-based biological materials was serendipitously
discovered from the self-assembly of ionic self-complementary oligopep-
tides [3]. A number of peptide molecular self-assembly systems has been
designed and developed. This new class of biological materials has con-
siderable potential for a number of applications, including scaffolding for
tissue repair and tissue engineering, drug delivery of molecular medicine
and biological surface engineering. Molecular self-assembly relies on chem-
ical complementarity and structural compatibility [23]. These fundamentals
are keys to the design of the molecular units required for the fabrication of
functional macrostructures, which in turn permit molecular self-assembly in
nanotechnology and nanobiotechnology.

The complementary ionic sides have been classified into several moduli
(modulus I, modulus II, modulus III, modulus IV, etc., and mixtures thereof).
This classification is based on the hydrophilic surfaces of the molecules,
which have alternating positively and negatively charged amino acids al-
ternating by one residue, two residues, and three residues and so on. For
example, charge arrangements for modulus I, modulus II, modulus III and
modulus IV are –+–+–+–+, ––++––++, –––+++ and ––––++++, respec-
tively. The charge orientation can also be designed in the reverse orientation,
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which can yield entirely different molecules. These well-defined sequences al-
low the peptides to undergo ordered self-assembly, in a process resembling
some situations found in well-studied polymer assemblies. A broad range
of peptides and proteins have been shown to produce very stable nanofiber
structures, also called amyloid fibers [24–34].

2.1
Peptides as Construction Motifs

Similar to the construction of a house, many other parts of the house, such
as doors and windows can be prefabricated and program-assembled accord-
ing to architectural plans. If we shrink the construction units many orders of
magnitude to the nanoscale, we can apply similar principles for construct-
ing molecular materials and devices, through molecular self-assembly and
programmed molecular assembly.

2.2
Modulus I: “Peptide Lego”

Type I peptides, also called “molecular Lego” are the first member of the
“peptide Lego”, which was serendipitously discovered from a segment in
a left-handed Z-DNA binding protein in yeast and named Zuotin [14]. Lego
bricks have pegs and holes, which can be assembled into particular struc-
tures. In a similar way, these peptides can be assembled at the molecular
level. The nanometer scale “peptide Lego” resembles Lego bricks that have
both pegs and holes in a precisely determined organization and can be pro-
grammed to assemble into well-formed structures. This class of “peptide
Lego” can spontaneously assemble into well-formed nanostructures at the
molecular level [15].

The molecular structure and proposed complementary ionic pairings of
the modulus I peptides between positively charged lysines and negatively
charged glutamates in an overlapping arrangement are modeled in Fig. 1.
This structure represents an example of this class of self-assembling β-sheet
peptides that spontaneously undergo association under physiological con-
ditions. If the charged residues are substituted, i.e. the positively charged
lysines (Lys) are replaced by the positively charged arginines (Arg) and the
negatively charged glutamates (Glu) were replaced by negatively charged as-
partates (Asp), the peptide would still be able to undergo self-assembly into
macroscopic materials. However, if the positively charged residues, Lys and
Arg, were replaced by negatively charged residues, Asp and Glu, the peptide
would not be able to undergo self-assembly and form macroscopic materials
although β-sheet structures have been observed in the presence of salt. If the
alanines (Ala) were changed to more hydrophobic residues, such as Leu, Ile,
Phe or Tyr, the molecules had a greater tendency to self-assemble and formed
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Fig. 1 Fabrication of various peptide materials. Peptide Lego, also called ionic self-
complementary peptide has 16 amino acids, 5 nm in size, with an alternating polar and
non-polar pattern. They form stable b-strand and b-sheet structures, thus the side chains
partition into two sides, one polar and the other non-polar. They undergo self-assembly
to form nanofibers with the non-polar residues inside (green) and positive (blue) and
negative (red) charged residues forming complementary ionic interactions, like a checker-
board. These nanofibers form interwoven matrices that produce a scaffold hydrogel with
very high water content, 99.5% water (images courtesy of Hidenori Yokoi)

peptide matrices with enhanced strength [35]. The fundamental design prin-
ciples of such self-assembling peptide systems can be readily extended to
polymers and polymer composites, where copolymers can be designed and
produced.

2.3
Molecular Switches

Several peptides have been developed as “molecular switches” in which the
peptides can drastically change their molecular structure. One of the pep-
tides with 16 amino acids, DAR16-IV, has a β-sheet structure 5 nm in length
at ambient temperature but can undergo an abrupt structural transition at
high temperatures to form a stable α-helical structure 2.5 nm long [13].
Similar structural transformations can be induced by changes in pH. This
suggests that secondary structures of some sequences, especially segments
flanked by clusters of negative charges on the N-terminus and positive
charges on the C-terminus, may undergo drastic conformational transform-
ations under the appropriate conditions. These findings do not only pro-
vide insights into protein–protein interactions during protein folding and the
pathogenesis of some protein conformational diseases, such as Alzheimer’s
disease, Gestmann–Straussler–Scheiker syndrome and/or kuru in humans
and scrapie in sheep, cow, mink or elk, as well as certain types of cancer,
all of which are examples of such conformational disorder [34–41], but can
also be developed as molecular switches for a new generation of nanoac-
tuators. Both peptides of DAR16-IV (DADADADARARARARA) and EAK12
(AEAEAEAEAKAK) have a cluster of negatively charged glutamate residues
close to the N-terminus and a cluster of positively charged Arg residues
near the C-terminus. It is well known that all α-helices have a helical dipole
moment with a partially negative C-terminus toward a partially positive
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N-terminus [42]. Because of the unique sequence of DAR16-IV and EAK12,
their side chain charges balance the helical dipole moment, therefore favoring
helical structure formation. However, they also have alternating hydrophilic
and hydrophobic residues as well as ionic self-complementarity, which have
been previously found to form stable β-sheets. Thus, the behavior of these
Type II molecules is likely to be more complex and dynamic than other
stable β-sheet peptides. Additional molecules with such dipoles have been de-
signed and studied, and the results confirmed the initial findings. Others have
also reported similar findings that proteins and peptides can undergo self-
assembly and disassembly or change their conformations depending on the
environmental influence, such as its location, pH change, and temperature, or
crystal lattice packing [43–45].

2.4
Peptide Ink

“Peptide inks”, undergo self-assembly on the surface rather than with them-
selves. They form monolayers on surfaces for a specific cell pattern formation
or to interact with other molecules. These oligopeptides have three distinct
features. The first feature is the terminal segment of ligands that incorporate
a variety of functional groups for recognition by other molecules or cells. The
second feature is the central linker where a variable spacer is not only used
to allow freedom of interaction at a specified distance away from the surface
but also controls the flexibility or rigidity. The third feature is the surface an-

Fig. 2 Peptide ink. This type of peptide has three distinct segments: a functional segment
where it interacts with other proteins and cells; a linker segment that is either flexible or
stiff and sets the distance from the surface, and an anchor for covalent attachment to the
surface. These peptides can be used as ink for an inkjet printer to directly print on a sur-
face, instantly creating any arbitrary pattern, as shown here. Bovine aortic endothelial
cells were confined to the patterns of squares connected with linear tracks. The patterns
were made with an oxygen gas treated PDMS stamp to increase the surface hydrophilicity
to facilitate EG6SH wetting
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chor where a chemical group on the peptide can react with the surface to form
a covalent bond [17].

Whitesides and coworkers developed a microcontact printing technology
that combines semi-conducting industry fabrication, chemistry and polymer
science to produce defined features on a surface down to the micrometer
or nanometer scale [46–48]. Following microcontact printing, a surface can
be functionalized with different molecules using a variety of methods which
have now been modified with a variety of chemical compounds. Furthermore,
peptides and proteins as inks have also been printed onto surfaces. This de-
velopment has spurred new research into the control of molecular and cellular
patterning, cell morphology and cellular interactions, and fueled new tech-
nology development. Peptide or protein inks have been directly printed on
surfaces to allow adhesion molecules to interact with cells and adhere to the
surface (Fig. 2) [49].

2.5
Peptide Surfactants/Detergents

Peptide surfactants or detergents stabilize membrane proteins, although
membrane proteins make up approximately one-third of total cellular pro-
teins and carry out some of the most important functions in cells, only several
dozen membrane protein structures have been elucidated. This is in strik-
ing contrast to about 33 000 non-membrane protein structures that have been
solved [50, 51].

The main reason for this delay is the difficulty in purifying and crystalliz-
ing membrane proteins because removal of lipids from membrane proteins

Fig. 3 Peptide surfactants of A6D and V6D. These simple self-assembling peptide surfac-
tant/detergents can be used to solubilize, stabilize and crystallize membrane proteins
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affects protein solubility and conformational stability. Although a variety of
detergents and lipids as surfactants have been used to solubilize, stabilize
and crystallize membrane proteins for several decades, these surfactants are
still unable to significantly maintain structural stability of membrane pro-
teins during experimental handling. In the other words, there is no “magic
material” surfactant working on membrane proteins and there is an urgent
need to develop new types of surfactants. We have used A6K (AAAAAAK)
and V6D (VVVVVVD) to stabilize the photosynthetic protein-molecular
complexes in solid-state devices and we showed that this new type of pep-
tide detergents was very effective in stabilizing membrane protein functions,
providing a powerful tool for membrane proteins research and application
(Fig. 3) [10, 52–54].

2.6
Other Systems

Molecular self-assembly systems using nucleic acids on a chip have been de-
veloped. This new technology is based entirely on the principles of nucleic
acid molecular self-assembly. Numerous new devices and technologies have
been advanced. The most well-known example is the biochip technology “Lab
on a Chip”, “GeneChip”, or “Microarray Technology” [55]. This microarray
system is widely used in gene expression analysis, the human genome project,
diagnostics, discovery of new functions of genes, and high-throughput drug
discovery and screenings. In addition, people are now beginning to turn to
testing the ability of peptide-based biomaterials to respond to external cues;
this responsiveness has been collectively referred to as “smart behavior”. Re-
sponsiveness can be defined at either the structural level or the functional
level [56].

3
Fabrication of Nanomaterials Through Self-Assembling Systems

3.1
Nanofibers

The peptide Lego molecules can undergo self-assembly in aqueous solutions
to form well-ordered nanofibers that further associate to form nanofiber scaf-
folds [15, 16, 57]. One of them, RADA16-I [58], is called PuraMatrix, because
of its purity as a designed biological scaffold in contrast to other biolog-
ically derived scaffolds from animal collagen and Matrigel. Because these
nanofiber scaffolds have 5–200 nm pores and have very high water content
(99.5% or 5 mg/ml) (Fig. 4), they are useful in the preparation of 3D cell-
culture media. The scaffolds closely mimic the porosity and gross structure
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Fig. 4 Peptide RADA16-I. a Amino acid sequence and molecular model of RADA16-I. The
dimensions are 5 nm long, 1.3 nm wide, and 0.8 nm thick; b–d AFM images of RADA16-I
nanofiber scaffold. Note the different height of the nanofiber, ≈ 1.3 nm in d, suggesting
a double-layer structure. e–h Photographs of RADA16-I hydrogel at various conditions:
0.5 wt% (pH 7.5) in e, 0.1 wt% (pH 7.5, Tris.HCl) in f, 0.1 wt% (pH 7.5, PBS) in g before
sonication, and reassembled RADA16-I hydrogel after four rounds of sonication in h.

of extracellular matrices, allowing cells to reside and migrate in a 3D environ-
ment, and molecules, such as growth factors and nutrients, to diffuse in and
out very slowly. These peptide scaffolds have been used for 3D cell culture,
controlled cell differentiation, tissue engineering and regenerative medicine
applications [59, 60].

3.1.1
Nanofibrils from α-helices

Several laboratories have designed fibrillar structures based on coiled-coil
structural motifs, ranging from two-stranded to five-stranded coiled-coil
structures [61–65]. In each case, investigators have recognized that peptides
containing the coiled-coil motifs can self-assemble into a staggered interaction
structure. Electrostatic interactions favor the formation of staggered arrange-
ments of helices by two different 28-residue peptides. To help stabilize the
staggered interactions, Woolfson’s laboratory also took advantage of a buried
asparagine residue in each of the two peptides, which can form structure sta-
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bilizing hydrogen bonds with its partner on the opposite strand only in the
staggered conformation [61]. In addition, they have also described a clever
synthetic method for introducing kinks and branches into fibrils [66, 67].

3.1.2
Nanofibrils from β-strands

We have studied sequences that form helical and sheet structures by in-
corporating specific interactions within a peptide sequence that would sta-
bilize both sheet and helix formation [18]. In these sequences, such as
DADADADARARARARA, a preformed β-sheet could be induced to adopt
a α-helix in response to temperature and pH changes. Other groups have also
studied this structural plasticity [45, 68]. In addition, investigators laid out
a carefully reasoned strategy for the design of short hexapeptide sequences
(i.e. KTVIIE, STVIIE, KTVIIT and KTVLIE) in order to test sequence elem-
ents critical for the formation of cross β-sheet structures and further test how
polymeric β-sheets can mature into amyloid fibrils [69]. Towards this goal it
is important to know how the cross β-sheet aggregates form and its role in
neurodegenerative disease; recent efforts in the de novo design of peptide-
based amyloid fibrils have aimed to identify simple sequences that minimally
satisfy the requirements of fibril formation [69, 70].

3.2
Bionanotubes and Vesicles

These amphiphilic molecules readily interact with water and form various
semi-enclosed environments. One of the best examples are phospholipids,
the predominant constituents of the plasma membrane, which encapsulate
and protect the cellular contents from the environment and are an abso-
lute prerequisite for almost all living systems. Phospholipids readily undergo
self-assembly in aqueous solution to form distinct structures that include mi-
celles, vesicles and tubules. This is largely a result of the hydrophobic forces
that drive the non-polar region of each molecule away from water and toward
one another.

3.2.1
Short Amphiphilic Peptides

Our laboratory has designed a simple peptide system with those proper-
ties [52, 53]. We made short peptides of around six to seven amino acids that
had the properties of surfactant molecules in that each monomer contained
a polar and a non-polar region. For example, a peptide called A6D, the pep-
tide molecule looked like a phospholipid in that it had a polar head group and
a non-polar tail.
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The homogeneity and size of the supramolecular assembly were sequence-
sensitive: peptides of the same length behaved differently when they had
different polar head or hydrophobic tail sequences. Such phenomena have been
described theoretically and experimentally in other amphiphilic systems. The
shape and size of the assemblies are ultimately dependent on the size and geom-
etry of their constituents [71]. In order to visualize the structures in solution, we
utilized the transmission electron microscope with the quick-freeze/deep-etch
method for sample preparation [72], to preserve the structures that formed in
solution for electron microscopy. We observed discrete nanotubes and vesicles

Fig. 5 A Molecular models of surfactant peptides V6D and K2V6. These peptides have hy-
drophilic heads; either negatively charged aspartic acid or positively charged lysine with
hydrophobic valine tails [13–15]. a V6D in nanotube form. Billions of these molecules
self-assemble to sequester the valine tails from water in b vesicle form or c nanotube
form with positively charged heads. These nanostructures are rather dynamic undergo-
ing assembly and disassembly. Color code: green-hydrophobic tails, red-aspartic acid,
and blue-lysine. B Quick-freeze/deep-etch transmission electron micrographs of struc-
tures from surfactant peptides. a The nanotubes are clearly represented, with a diameter
∼ 30–50 nm. b The nanotubes and vesicles are visible in the same frame suggesting that
these structures are quite dynamic. It is plausible that the vesicles may be budded out
from the nanotubes and/or they may fuse to form nanotubes in a reversible manner [13–
15]. The diameter of these nanostructures is ∼ 30–50 nm. c Phosphor-serine surfactant
peptides form nano Q-tips
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(Fig. 5) in the samples that gave homogeneous size distribution in the dynamic
light scattering experiment. Those samples that were polydispersed tended to
give irregular membranous layers. The nanotubes that formed had an average
diameter of around 30 nanometers as examined by TEM, consistent with results
obtained from the dynamic light scattering.

These nanotubes have the potential to act as templates for metallization
and formation of nanowires. Furthermore, the nanovesicles may be useful
as an encapsulating system for drug delivery. Chemical modification of the
peptide monomer may expand the function of these structures. For example,
a specific cell-surface ligand can be directly incorporated into a vesicle for
targeted delivery of insoluble drugs to particular cells.

3.3
Nanometer-Thick

Molecular assembly can be targeted to alter the chemical and physical proper-
ties of a material’s surface. Surface coatings instantly alter a material’s texture,
color, compatibility with and responsiveness to the environment. Conven-
tional coatings are typically applied by painting or electroplating. Erosion
is common mostly because the coatings are usually in the ten- and hun-
dred micron size ranges and the interface is often not complementary at
the molecular level [47, 73]. Peptides and proteins have also been printed
onto surfaces which have now been modified with a vast family of chem-
ical compounds; Mirkin and colleagues [74–76] have also developed dip-pen
nanolithography to directly print micro- and nano-features onto surfaces.
These developments have spurred new research into the control of molecular
and cellular patterning, cell morphology, and cellular interactions [73, 77–79]
and fueled new technology development.

Work in our laboratory has focused on designing a variety of peptides to
self-assemble into a monolayer on surfaces and to allow adhesion molecules
to interact with cells and adhere to the surface. Using proteins or peptides
as ink, we have directly microprinted specific features onto the non-adhesive
surface of polyethylene glycol to write any arbitrary patterns rapidly without
preparing the mask or stamps (Fig. 6). This simple and rapid printing tech-
nology allowed us to design arbitrary patterns to address questions in neuro-
biology that would not have been possible before. Because understanding of
correct complex neuronal connections is absolutely central to comprehension
of our own consciousness, human beings are always interested in finding ways
to further investigate this. However, the neuronal connections are exceed-
ingly complex, and we must dissect the complex neuronal connections into
smaller and more-manageable units to study them in a well-controlled man-
ner through systematic biomedical engineering approaches. Therefore, nerve
fiber guidance and connections can now be studied on special engineered
pattern surfaces that are printed with protein and peptide materials [49].
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Fig. 6 Molecular structure of peptide ink. a This class of peptide ink has three general
regions along their lengths: a ligand for specific cell recognition and attachment, a linker
for physical separation from the surface, and an anchor for covalent attachment to the
surface. Color code: carbon, green; hydrogen, white; oxygen, red; nitrogen, blue; thiol
group, yellow. b Cells adhere to printed patterns. The protein was printed onto a uniform
PEG inhibitory background. Cells adhered to patterns after 8–10 days in culture. (Images
courtesy Sawyer Fuller and Neville Sanjana)

We are interested in studying the nerve fiber navigation on designed
pattern surfaces in detail. Studies of nerve fiber navigation and nerve cell
connections will undoubtedly enhance our general understanding of the fun-
damental aspects of neuronal activities in the human brain and brain–body
connections. It will probably also have applications in screening neuropep-
tides and drugs that stimulate or inhibit nerve fiber navigation and nerve cell
connections.

3.4
Nanowires

In the computing industry, the fabrication of nanowires using the “top-down”
approach faces tremendous challenges. Thus, the possibility of fabricating
conducting nanowires by molecular means using peptide scaffolds is of par-
ticular interest to the electronics industry. One can readily envision that
nanotubes made from self-assembling peptides might serve as templates for
metallization. Once the organic scaffold has been removed, a pure conducting
wire is left behind and immobilized on a surface (Fig. 7). There is great inter-
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Fig. 7 Lipid, peptide and protein scaffold nanowires. a Lipid tubule–coated wire. Nanopar-
ticles are coated on the left-handed helical lipid tubules. The nanoparticles are aligned
inside the tubule along the regular helical pattern [66]. (Image courtesy of J. Schnur.)
b Silver ions fill the nanotubes formed from a dipeptide, Phe-Phe, the shortest pep-
tide possible. The silver alone formed a wire after removal of the Phe-Phe peptide
scaffold [67]. (Image courtesy of M. Reches and E. Gazit.) c Discovery and selection of
electronic materials using a bacteriophage display system. A combinatorial phage library
was used to selectively bind to electronic materials. Selected recombinant phage peptide
has a high affinity for GaAs. Fluorescently labeled phage has displaced the peptide speci-
ficity for GaAs and is capable of binding to the patterned GaAs nested in the square
pattern on a wafer. The red line (1 µm in diameter) corresponds to GaAs and the black
spaces (4 µm in diameter) are SiO2. This peptide-specific binding could also potentially
be used to deliver nanocrystals to specific locations [69]. (Image courtesy of A. Belcher.)

est in developing various methods for attaching conducting metal nanocrys-
tals to a peptide for such a purpose.

3.4.1
From Nanotube to Nanowire

Matsui and colleagues [80] have reported success in functionalizing pep-
tide nanotubes into nanowires. They not only coated the peptide nanotube
with copper and nickel but also showed that their nanotubes can be coated
with avidin, making them able to bind specifically to gold surfaces that have
previously been treated with biotinylated self-assembled nanolayers. Lvov
et al. [81] have fabricated nano- and microwires by coating the lipid tubules
with silica and gold nanocrystals. They found that these nanocrystals are
linked to the tubules according to the tubules’ helical periodicity. These wires
have been used for coating in a number of industrial applications. Reches
and Gazit have demonstrated that a Phe-Phe dipeptide—the shortest pep-
tide length possible, consisting of only two amino acids with a single amide
bond—can form stable nanotubes. They then diffused silver ions into the
defined tubes and were able to remove the peptide either enzymatically,
chemically or through heat burning to reveal the silver wire [82].

In other recent work, amyloid protein nanofibers have been used as scaf-
fold to align gold nanocrystals. Lindquist and colleagues [83] have reported
how a bioengineered version of the prion-determining (NM) domain of the
yeast prion protein Sup35 can provide a scaffold for fabricating nanowires,
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and tested the conducting capability of the resulting wires. These efforts col-
lectively open a new direction in the fabrication of electronic nanomaterials.

3.4.2
Templates for Nanowires: DNA for Nano-Electronics

The DNA molecule has been suggested as a template for making nanoscale
wires for the emergent field of nano-electronics. This is due to the regularity
of the width of the DNA double helix and its robust mechanical properties.
Several groups have succeeded in coating DNA molecules with metallic par-
ticles and have shown data on the conductive properties of these biotemplated
materials. Braun et al. non-covalently bound a stretch (16 µm) of bacterio-
phage λ-DNA between two gold electrodes by allowing it to hybridize with
short DNA fragments that had been covalently attached to those surfaces [84].
Electrical measurements indicated that the wires were non-conducting at
low voltage bias, with resistances greater than the experimentally measurable
1013. Furthermore, the shape of the I–V curve obtained was dependent on
the voltage scan direction. Richter et al. employed a similar strategy to pro-
duce DNA-templated nanowires that showed relatively low resistances under
low-voltage bias [85]. They reduced palladium on λ-DNA and immobilized
the nanowire on gold electrodes. The resistances obtained were lower than
1 kv, with the specific conductivity approximately one order of magnitude
lower than bulk palladium. Subsequently, the resistances of these palladium
nanowires [86] were studied at low temperatures which discovered that the
palladium metals reduced on a DNA template showed the expected quantum
mechanical behavior, with their resistances increasing at low temperatures.
This behavior is similar to that of thin palladium films and shows that wires
templated with DNA molecules behave normally.

Mertig et al. discovered conditions in which fine and regular platinum
clusters formed on DNA molecules by using first-principle molecular dynam-
ics (FPMD), which ultimately yielded a faster rate of growth and finer metal
clusters on the template [87]. Another metal that has been investigated for
surface templating of DNA is gold. Harnack et al. investigated the binding
and reduction of tris(hydroxymethyl) phosphine derivatized gold particles on
calf-thymus DNA [88]. The rapidly formed nanowires show electrical con-
ductivities about 1/1000th that of gold, which the authors attributed to the
graininess of the material.

Patolsky et al. modified N-hydroxysuccinimide-gold nanoparticles with
a nucleic-acid intercalating agent, amino psoralen [89]. In addition, Belcher
and colleagues [75, 90–92] took a very different approach toward not only
discovering, but also fabricating, electronic and magnetic materials, depart-
ing sharply from traditional materials process technology. Such approaches
for producing finer and finer features at the nanoscale, with increasing dens-
ity and in finite areas, may prove complementary to the microcontact printing
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process. Although the latter approach has become widely used and is rapidly
being perfected, fabrication of the finest feature using microcontact printing
is limited by the capabilities of lithography technologies currently used in the
semiconductor industry.

3.5
Other Nanomaterials

The most advanced top-down technology for fabricating complex optical
systems falls far short when compared with the accomplishments of liv-
ing organisms at ambient temperature and low pressure (and without clean
rooms) [93, 94]. Several groups have studied biomineralization in diverse ma-
rine organisms, notably the brittlestar Ophiocoma wendtii and the sponge
Euplectella. Some remarkable living optical systems have been uncovered,
such as the fiber-optical spicules from Euplectella that have the dimensions of
a single human hair and can act as multimode waveguides. These discoveries
have inspired Aizenberg et al. [95] to fabricate micropatterned single crys-
tals and photonics with potential applications in communication technology.
Christopher et al. report the synthesis and characterization of tethered PNA
molecules (bisPNAs) designed to assemble two individual DNA molecules
through Watson–Crick base pairing. The spacer regions linking the PNAs
were varied in length and contained amino acids with different electrostatic
properties [96, 97], their results indicate that the bisPNAs can be used for
nanotechnology applications and that their favorable characteristics may lead
to improved assemblies.

4
Application of Self-Assembling Systems

4.1
Simple Peptides Stabilize Mighty Membrane Proteins for Study

Cell membranes are largely made up of proteins, and membrane proteins ac-
count for about a third of all genes. Despite their importance, they are very
hard to isolate and stabilize, which therefore prevents further understand-
ing of membrane protein functions and related disease study. We have made
a new type of peptide detergent and successfully stabilized the dauntingly
large protein complex photosystem I (PS-I), an integral part of the photosyn-
thetic machinery.

Two key technologies were employed to preserve the functionality of
these photosynthetic complexes outside of their native environment. First,
we added two peptide surfactants, one cationic A6K (AAAAAAK), and the
other anionic V6D (VVVVVVD) into the photosynthetic complex fraction to
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stabilize it during device fabrication. Secondly, we examined the stability of
PS-I by testing its fluorescence after attaching the detergent-protein complex
to a glass slide [53, 54]. The intact PS-I emits red light with a characteristic
peak wavelength as it degrades. This peak subsides and is replaced by another
bluer peak. Even the two best standard surfactants did poorly at maintaining
the red peak. In contrast, the spectrum after A6K extraction was almost a per-
fect match for the normal one, indicating the complex was largely intact after
drying. Furthermore, the complex appeared to remain stable for up to three
weeks on the glass slide. PS-I itself remains to be fully characterized, and this
stabilization technique offers new means to explore its properties [98].

In addition, photosynthetic complexes are archetypal molecular electronic
devices, containing molecular optical and electronic circuitry organized by
a protein scaffold. Conventional technology cannot equal the density of the
molecular circuitry found in photosynthetic complexes. Thus, if integrated
with solid-state electronics, photosynthetic complexes might offer an attrac-
tive architecture for future generations of circuitry where molecular compo-
nents are organized by a macromolecular scaffold. For utilization in practical
technological devices they must be stabilized and integrated with solid-state
electronics. Our results suggest that photosynthetic complexes may be used
as an interfacial material in photovoltaic devices. Evolved within a thin mem-
brane interface, photosynthetic complexes sustain large open circuit voltages
of 1.1 V without significant electron-hole recombination, and they may be
self-assembled into an insulating membrane, further reducing recombina-
tion losses. Peptide surfactants have been shown to stabilize these complexes
during and after device fabrication. It is expected that the power conversion
efficiency of a peptide-stabilized solid-state photosynthetic device may ap-
proach or exceed 20%. Similar integration techniques may apply to other
biological or synthetic protein-molecular complexes [99].

These simply designed peptide detergents may now open a new avenue to
overcome one of the biggest challenges in biology—to obtain large number
of high resolution structures of membrane proteins. Study of the membrane
proteins will not only enrich and deepen our knowledge of how cells com-
municate with their surroundings since all living systems respond to their
environments, but these membrane proteins can also be used to fabricate
the most advanced molecular devices, from energy harnessing devices to ex-
tremely sensitive sensors and medical detection devices.

4.2
Tissue Engineering

A new type of self-assembling peptide nano-fibril that serves as a substrate
for neurite outgrowth and synapse formation is described (Fig. 8). The self-
assembling peptide scaffolds are formed through the spontaneous assembly
of ionic self-complementary β-sheet peptides under physiological conditions,
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Fig. 8 Primary rat hippocampal neurons form active synapses on peptide scaffolds. The
confocal images show bright discrete green labeling indicative of synaptically active mem-
branes after FM1-43 incubation of neurons. A Active synapses on the peptide surface.
B Active synapses on Matrigel. The active synapses on these different materials are not
readily distinguishable, indicating that the peptide scaffold is a permissible substrate for
synapse formation. Bar = 5–10 mm

producing a hydrogel material. The scaffolds can support neuronal cell at-
tachment and differentiation as well as extensive neurite outgrowth. Fur-
thermore, they are permissive substrates for functional synapse formation
between the attached neurons. That primary rat neurons form active synapses
on such scaffold surfaces in situ suggests these scaffolds could be useful for
tissue engineering applications. The buoyant self-assembling peptide scaf-
folds with attached cells in culture can be transported readily from one
environment to another. These biological materials created through molecu-
lar design and self-assembly may be developed as a biologically compatible
scaffold for tissue repair and tissue engineering [100].

Self-assembling peptides are being developed as scaffolds for tissue regen-
eration purposes, including cartilage repair and the promotion of nerve cell
growth [101]. A major benefit of synthetic materials is that they minimize
the risk of biological contamination. Self-assembling peptides also frequently
show favorable properties concerning biocompatibility, immunogenicity and
biodegradability, producing non-toxic waste products. The amphiphilic pep-
tide construct discussed above, containing a long hydrophobic tail linked to
a cell-recognizing tag, can be customized for specific cell response by tailor-
ing the sequence of the tag. Laminin is an extracellular matrix protein that
influences neurite outgrowth. A peptide amphiphile shown to promote the
re-growth of nerve cells in rats was made by including a neurite-promoting
laminin epitope tag, IKVAV (C16-G3A4-IKVAV) [102]. Another construct,
containing a heparin-binding site, shows very exciting preliminary results in
being able to promote angiogenesis, the growth of blood vessels [103]. These
types of peptide amphiphiles have been further modified with biotin [104]
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and a Gd3+ metal-chelating moiety suitable for detection by magnetic reson-
ance imaging (MRI) [105].

Because an adequate blood supply to and within tissues is an essential
factor for successful tissue regeneration, promoting a functional microvascu-
lature is a crucial factor for biomaterials.

In 2005, Lee et al. demonstrated that short self-assembling peptides form
scaffolds that provide an angiogenic environment promoting long-term cell
survival and capillary-like network formation in three-dimensional cultures
of human microvascular endothelial cells. Data showed that, in contrast to
collagen type I, the peptide scaffold inhibited endothelial cell apoptosis in the
absence of added angiogenic factors, accompanied by enhanced gene expres-
sion of the angiogenic factor VEGF. In addition, the results suggest that the
process of capillary-like network formation and the size and spatial organiza-
tion of cell networks may be controlled through manipulation of the scaffold
properties, with a more rigid scaffold promoting extended structures with
a larger inter-structure distance, as compared with more dense structures of
smaller size observed in a more compliant scaffold. These findings indicate
that self-assembling peptide scaffolds have potential for engineering vascular-
ized tissues with control over angiogenic processes. Since these peptides can
be modified in many ways, they may be uniquely valuable in the regeneration
of vascularized tissues [106].

Emerging medical technologies for effective and lasting repair of articular
cartilage include delivery of cells or cell-seeded scaffolds to a defect site to ini-
tiate de novo tissue regeneration. Biocompatible scaffolds assist in providing
a template for cell distribution and extracellular matrix (ECM) accumulation
in a three-dimensional geometry. A major challenge in choosing an appro-
priate scaffold for cartilage repair is the identification of a material that can
simultaneously stimulate high rates of cell division and high rates of cell syn-
thesis of phenotypically specific ECM macromolecules until repair evolves
into steady-state tissue maintenance.

In 2002, we made a self-assembling peptide hydrogel scaffold for cartilage
repair and developed a method to encapsulate chondrocytes within the pep-
tide hydrogel. During 4 weeks of culture in vitro, chondrocytes seeded within
the peptide hydrogel retained their morphology and developed a cartilage-
like ECM rich in proteoglycans and type II collagen, indicative of a stable
chondrocyte phenotype. Time-dependent accumulation of this ECM was par-
alleled by increases in material stiffness, indicative of deposition of mech-
anically functional neo-tissue. Taken together, these results demonstrate the
potential of a self-assembling peptide hydrogel as a scaffold for the synthesis
and accumulation of a true cartilage-like ECM within a three-dimensional cell
culture for cartilage tissue repair.

In 2005, Lee and colleagues demonstrated that self-assembling peptides
can be injected and that the resulting nanofiber microenvironments are
readily detectable within the myocardium. Furthermore, the self-assembling
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peptide nanofiber microenvironments recruited progenitor cells that express
endothelial markers, as determined by staining with isolectin and for the
endothelial-specific protein platelet-endothelial cell adhesion molecule. Vas-
cular smooth muscle cells were recruited to the microenvironment and ap-
pear to form functional vascular structures. After the endothelial cell pop-
ulation, cells that expressed sarcomeric actin and the transcription factor
Nkx2.5 infiltrated the peptide microenvironment. When exogenous donor
green fluorescent protein–positive neonatal cardiomyocytes were injected
with the self-assembling peptides, transplanted cardiomyocytes in the pep-
tide microenvironment survived and also augmented endogenous cell re-
cruitment [107].

4.3
Gene and Drug Delivery

The lack of predictable safety and efficacy standards in somatic gene ther-
apy systems, have brought the whole field to a crossroads. Replication-
incompetent viruses, naked DNA injection and liposomal agents have been
the predominant means of genetic transfer. To date, there has been little last-
ing impact in the typical practice of medicine conferred by these gene therapy
technologies. The crux of today’s gene therapy dilemma is still the same as it
has always been: efficient, safe, targeted delivery and persistent gene expres-
sion [108, 109].

Peptide-based gene delivery agents are emerging as alternatives for safer
in vivo delivery. The main attraction of these peptide systems is their versa-
tility. Peptide-based delivery systems have the ability to deliver therapeutic
proteins, bioactive peptides, small molecules and any size of nucleic acids.
The use of these agents allows the researcher to intervene at multiple levels
in the cells genetics and biochemistry and is a fundamental new technology
in the gene therapy field [110, 111]. Peptide-delivery agents are more like tra-
ditional pharmacological drugs than gene therapy vectors. With the past to
guide us, a critical re-evaluation of the best characteristics for an ideal deliv-
ery system is in order. The desirable features may include the items displayed
in the paper [112].

We developed a series of surfactant peptides comprising a hydrophobic tail
attached to a polar headgroup consisting of one to two positively charged
residues at the C- or N-terminus, one example being LLLLLLKK. These pep-
tides self-assemble in water to produce nanovesicles and nanotubes [54] as re-
ported in a Science News commentary [113] and in recent reviews [114, 115];
these peptides have been used as DNA delivery vehicles. When placed in a so-
lution of DNA, the positively charged peptides self-assembled into a nanotube
or vessel, encapsulating the negatively charged DNA. This “minivan” was then
able, at least in some cases, to deliver the DNA to growing cells as the mini-
van surface can be tagged with a marker that is specific to a particular cell
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type [113]. We expect that out of this emerging field, self-assembling peptide
systems will play an increasing role in targeted molecular therapeutics and
gene therapy.

4.4
Other Applications

Since peptides that can specifically bind to inorganic surfaces for particular
applications that have no known analog in biology, molecular design may not
be an efficient route to pursue. Even though one can potentially test many
different biomolecular species to perform a particular function, the sheer
number of samples that must be screened makes such an endeavor prohibitive
in cost. For binding to GaAs (100), peptides with a higher number of un-
charged polar and Lewis base side-chains became more predominant with
successive rounds of selection. This could be attributed to the interaction of
these functional groups with the Lewis acid sites of the GaAs surface.

Using a similar selection strategy, Lee et al. identified a bacteriophage that
had the propensity to bind to ZnS crystal surfaces [116]. These phages were
then mixed with ZnS quantum dots, forming a liquid crystalline suspension
of the complex. This will push forward the areas of nano-electronic, optical
and magnetic sciences and engineering.

Artificial peptide and protein libraries have been constructed for selec-
tion of novel proteins and peptide motifs that Nature never made [117–119].
Many investigators completely designed the peptide and protein libraries de
novo, without a pre-existing protein basis. Although Nature has selected and
evolved many diverse proteins for all sorts of functions that support life, it
has not ventured into the functions outside of life. The protein universe is
enormous, in comparison with what we know today. There are, undoubt-
edly, a great number of proteins that can exist beyond what has been founded
in living systems. Numerous new proteins and peptides with desired and
novel properties have been selected for a particular application. This strat-
egy permits us to purposely select and rapidly evolve non-natural materials,
nano-scaffolds and nano-construction motifs for a growing demand in nano-
technology. The numbers of these biologically based scaffolds are limitless
and they will likely play an increasingly important role for the design of mo-
lecular machines, nanodevices and countless other novel, unanticipated new
tools and applications.

5
Conclusions and Perspectives

From physics and engineering to biology, molecular design of self-assembling
peptides is an enabling technology that will likely play an increasingly im-
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portant role in the future of bionanotechnology and will change our lives in
the coming decades. We have encountered many surprises since we started
our serendipitous journey of working on various self-assembling peptide sys-
tems: from developing a class of pure peptide nanofiber scaffolds for cell
engineering and for tissue repairing and tissue engineering, studying of the
model system of protein conformational diseases, and designing peptide or
protein inks for surface printing to finding peptide surfactants that solubilize
and stabilize membrane proteins, bionanotubes and vesicles for delivering
genes and drugs. Self-assembling peptide systems will create a new class
of materials at the molecular scale and will have a high impact in many
fields. We believe that application of these simple and versatile molecular
self-assembly systems will provide us with new opportunities for studying
complex and previously intractable biological phenomena.
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Abstract Cell adhesion to adsorbed proteins and adhesive sequences engineered on sur-
faces is crucial to cellular and host responses to implanted devices, biological integration
of biomaterials and tissue-engineered constructs, and the performance of biosensors,
cell-based arrays, and biotechnological cell-culture supports. This review focuses on
interfaces controlling cell-adhesive interactions, with particular emphasis on surfaces
controlling protein adsorption, biomimetic substrates presenting bioadhesive motifs, and
micropatterned surfaces to engineer adhesive areas. These approaches represent promis-
ing strategies to engineer cell-material biomolecular interactions in order to elicit specific
cellular responses and enhance the biological performance of materials in biomedical and
biotechnological applications.
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Abbreviations
COL-I Type I collagen
ECM Extracellular matrix
ELISA Enzyme-linked immunosorbent assay
FN Fibronectin
GFOGER Glycine-phenylalanine-hydroxyproline-glycine-glutamate-arginine
LN Laminin
PEG Poly(ethelyne glycol)
RGD Arginine-glycine-aspartic acid
SAM Self-assembled monolayers
YIGSR Tyrosine-isoleucine-glycine-serine-arginine

1
Cell Adhesion

1.1
Significance of Cell Adhesion

Cell adhesion to extracellular matrix (ECM) components is central to embry-
onic development, wound healing, and the organization, maintenance, and
repair of numerous tissues [1, 2]. Cell-matrix adhesive interactions provide
tissue structure and generate anchorage forces that mediate cell spreading
and migration, neurite extension, muscle-cell contraction, and cytokinesis [3–
5]. Moreover, cell adhesion triggers signals regulating the survival, cell-cycle
progression, and expression of differentiated phenotypes in multiple cell sys-
tems [2, 6, 7]. The critical importance of cell-ECM adhesion is underscored
by the absolute lethality at early embryonic stages in mice that have genetic
deletions for adhesion receptors, ligands, and adhesion-associated compo-
nents [1, 8]. Furthermore, abnormalities in adhesive interactions are often
associated with pathological states, including blood-clotting and wound-
healing defects as well as malignant tumor formation [9, 10]. In addition to
pivotal roles in physiological and pathological processes, cell adhesion to ad-
sorbed proteins or adhesive sequences engineered on surfaces is crucial to
cellular and host responses to implanted devices, biological integration of bio-
materials and tissue-engineered constructs, and the performance of cell-based
arrays and sensors as well as biotechnological cell-culture supports [11–14].
Therefore, the development of biointerfaces that elicit specific cell-adhesive re-
sponses is central to numerous biomedical and biotechnological applications.

1.2
Integrin Adhesion Receptors

Integrins, a widely expressed family of glycosylated transmembrane recep-
tors, constitute the primary adhesion mechanism to ECM components, in-
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cluding fibronectin (FN), laminin (LN), and type I collagen (COL-I) [8].
In addition, several integrins bind to Ig-superfamily counterreceptors (e.g.,
VCAM, ICAM) to mediate cell–cell adhesion. Integrins are αβ heterodimers;
18 α and 8 β subunits have been identified to dimerize into 24 distinct re-
ceptors. Most integrins are expressed on a wide variety of cell types, and
most cells express several integrin receptors. However, some subclasses are
only expressed in particular lineages, such as the leukocyte-specific β2 inte-
grins. The integrin receptor has a large extracellular domain formed by both
α and β subunits, a single transmembrane pass, and two short cytoplasmic
tails that do not contain catalytic motifs. The extracellular portions of the re-
ceptor also contain divalent metal-ion-binding sites, which are required for
functional binding. Most integrins recognize short peptide sequences, such
as the arginine-glycine-aspartic acid (RGD) motif present in many ECM pro-

Table 1 Selected integrins and their ligands

Integrin Ligand Binding site

α1β1 COL-IV CNBr frag. a1(IV)2
LN E1-4, P1

α2β1 COL-I GFOGER (triple helix)

α3β1 LN E3, GD6 peptide
Thrombospondin TSP-768

α4β1 FN IIICS (EILDV, REDV)
Osteopontin Hep II (IDAPS)

α5β1 FN RGD + PHRSN

α6β1 LN E8

αIIbβ3 Fibrinogen RGD (a); KQAGD (g)
FN RGD
Vitronectin RGD
von Willebrand factor RGD

αVβ3 FN RGD
Vitronectin RGD
Fibrinogen RGD
von Willebrand factor RGD
Thrombospondin RGD
Osteopontin RGD
Bone sialoprotein RGD
Tenascin RGD
COL (nonfibrillar) RGD

αMβ2 Fibrinogen P1, P2
iC3b
Factor X
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Fig. 1 Cell adhesion to ECM components involves binding of integrin receptors. Fol-
lowing binding, integrins cluster, interact with the actin cytoskeleton, and form focal
adhesions, supramolecular complexes containing structural and signaling components.
Signals from focal adhesions regulate protein activity and gene expression (diagram, left).
Immunofluorescence staining (right) for cells spreading on FN (blue – DNA; red – F-actin
cytoskeleton; green – vinculin)

teins including FN and vitronectin, and these motifs often contain an acidic
amino acid. Ligand specificity is dictated by both subunits of a given αβ het-
erodimer, and in many instances individual integrins can bind to more than
one ligand (Table 1).

Integrin-mediated adhesion is a highly regulated process that involves re-
ceptor activation and mechanical coupling to extracellular ligands [4, 15, 16].
Integrins undergo conformational changes between high-affinity (“ON”) and
low-affinity (“OFF”) states that provide for spatial and temporal control of lig-
and binding activity. Following activation, bound receptors rapidly associate
with the actin cytoskeleton and cluster together to form focal adhesions, dis-
crete supramolecular complexes that contain structural proteins, such as vin-
culin, talin, and α-actinin, and signaling molecules, including FAK, Src, and
paxillin (Fig. 1) [17]. Interestingly, there are differences in the state of activa-
tion and components of focal adhesive structures, possibly reflecting different
functional complexes [18]. Focal adhesions are central elements in the ad-
hesion process, functioning as structural links between the cytoskeleton and
ECM to generate mechanical forces mediating stable adhesion, spreading, and
migration. Furthermore, in combination with growth factor receptors, focal
adhesions activate signaling pathways, such as MAPK and JNK, that regulate
transcription factor activity and direct cell cycle progression and differenti-
ation [6]. For example, binding of integrins α5β1 to FN and α2β1 to COL-I
directs osteoblast cell survivial, proliferation, bone-specific gene expression,
and matrix mineralization [19–21].
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1.3
Adhesive Interactions in Cell and Host Responses to Biomaterials

Because of their essential roles in cell adhesion to ECM components, inte-
grins are critically involved in host and cellular responses to biomaterials.
For example, the platelet integrin αIIbβ3 (GP IIb/IIIa) binds to several lig-
ands involved in platelet aggregation in hemostasis and thrombosis, such as
fibrinogen, von Willebrand factor, and fibronectin [8]. Furthermore, this re-
ceptor mediates initial events in the blood-activation cascade upon blood
contact with synthetic materials [22, 23]. Leukocyte-specific β2 integrins,
in particular αMβ2 (Mac-1), mediate monocyte and macrophage adhesion
to various ligands, including fibrinogen, fibronectin, IgG, and complement
fragment iC3b, and these receptors play central roles in inflammatory re-
sponses in vivo [24, 25]. Binding of αMβ2 integrin to fibrinogen P1 and P2
domains exposed upon adsorption to biomaterial surfaces controls recruit-
ment and accumulation of inflammatory cells on implanted devices [26].
This integrin is also involved in macrophage adhesion and fusion into giant
foreign-body cells [25, 26]. For numerous connective, muscular, neural, and
epithelial cell types, β1 integrins provide the dominant adhesion mechanism
to extracellular matrix ligands, including proteins adsorbed onto biomaterial
surfaces [27]. In addition to supporting adhesion, spreading, and migra-
tion, these receptors activate intracellular signaling pathways controlling gene
expression and protein activity that regulate cell proliferation and the expres-
sion of differentiated phenotypes.

Integrins mediate cellular interactions with biomaterials by binding to ad-
hesive extracellular ligands that can be (i) adsorbed from solution (e.g., pro-
tein adsorption from blood, plasma, or serum); (ii) secreted and deposited
onto the biomaterial surface by cells (for example, FN and COL-I deposi-
tion); and/or (iii) engineered at the interface (e.g., bioadhesive motifs such as
RGD incorporated onto synthetic supports) (Fig. 2). These interactions are of-
ten highly dynamic in nature, and the dominant adhesion mechanism may
change over time and for different cell types. For example, the dominant
adhesive ligand present on biomaterials when exposed to plasma is fibrino-
gen, while vitronectin is generally responsible for cell adhesion to surfaces
exposed to serum [28, 29]. These adhesive ligands may be displaced and re-
placed by other adhesive proteins in the surrounding medium. Additionally,
while cells may initially adhere to synthetic surfaces via proteins precoated
(e.g., FN treatment) or adsorbed from solution, many cell types rapidly de-
grade/reorganize this layer of adsorbed proteins and deposit their own ECM.
Furthermore, the integrin expression and activity profiles on a particular cell
can change over time. As mentioned above, most cells exhibit several inte-
grins specific for the same ligand, and the binding activity of these receptors
can be rapidly regulated via changes in integrin conformation. It is import-
ant to note that the integrin expression profile does not necessarily correlate
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Fig. 2 Integrins mediate cellular interactions with biomaterials by binding to adhesive ex-
tracellular ligands that can be (i) adsorbed from solution, (ii) deposited onto the surface
by cells, and/or (iii) engineered at the interface (e.g., bioadhesive motifs such as RGD
incorporated onto synthetic supports). Adapted from [53]

with integrin function on a particular substrate. Finally, multiple integrins are
typically involved in a particular cellular response. For example, initial mono-
cyte adhesion to biomaterials is mediated primarily by β2 integrin, while both
β1 and β2 integrins are involved in macrophage adhesion and fusion into
foreign-body giant cells [30].

2
Surfaces Controlling Protein Adsorption and Activity

The chemical and topographical characteristics of surfaces have profound
effects on cellular, tissue, and host responses to synthetic materials [11,
31]. Consequently, surface modifications of chemistry and roughness have
been introduced to improve performance in virtually all materials used in
biotechnological [e.g., tissue culture and enzyme-linked immunosorbent as-
say (ELISA) plates, gene and protein array chips, bioseparation and biopro-
cess matrices] and biomedical (e.g., vascular grafts, orthopedic and dental
implants, biosensors, catheters) applications. This review focuses on inter-
faces controlling cell-biomaterial adhesive interactions via manipulations of
material surface chemistry to modulate protein adsorption and activity.

2.1
Protein Adsorption in Cell-Biomaterial Interactions

Protein adsorption onto synthetic surfaces plays central roles in numerous
biomedical and biotechnological applications. Adsorption of blood compo-
nents onto material surfaces triggers coagulation and complent activation as
well as providing adhesive ligands mediating inflammatory responses to im-
planted devices. As discussed previously, cell adhesion to synthetic surfaces,
including tissue-culture supports, tissue-engineering scaffolds, and affinity
chromatography media, often involves binding of cellular receptors to pro-
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teins adsorbed onto the biomaterial support. In addition, protein adsorption
considerations are critical to various classes of biosensors, where nonspecific
adsorption (fouling) typically limits sensor performance. Hence, adsorbed
proteins function as signal transduction elements at the interface of the ma-
terial and the biological system.

Protein adsorption is a complex, dynamic, energy-driven process involv-
ing noncovalent interactions, including hydrophobic interactions, electro-
static interactions, hydrogen bonding, and van der Waals forces [32, 33]. Pro-
tein parameters such as primary structure, size, and structural stability and
surface properties including surface energy, roughness, and chemistry have
been identified as key factors influencing the adsorption process. Further-
more, multicomponent systems, such as plasma and serum, exhibit dynamic
adsorption profiles. In this phenomenon, known as the Vroman effect, the
protein film at the interface changes over time as proteins in high concentra-
tion adsorb first but are subsequently displaced by proteins that have higher
affinitiy for the surface [32]. Therefore, adsorption from protein mixtures
is selective and leads to enrichment of the surface phase in particular pro-
teins. In addition to differences in adsorbed density, many proteins undergo
changes in structure upon adsorption, and these structural changes alter their
biological activity. Thus, analyses of protein adsorption must consider ad-
sorbed protein species (for multicomponent systems), density, and biological
activity. Finally, while most detailed studies of protein adsorption continue
to be experimental in nature, new computational approaches are expected to
provide insights into mechanisms controlling protein adsorption at the mo-
lecular level [34–36].

2.2
Surfaces That Resist Protein Adsorption

The generation of nonfouling surfaces that resist the nonspecific adsorp-
tion of biomolecules is critical to the biological performance of numerous
biomedical devices, including blood-contacting devices, catheters, and sens-
ing/stimulating leads [33]. In addition, nonfouling surfaces are important to
in vitro applications such as oligonucleotide, protein, and cell arrays. The mo-
tivation for the development of these nonfouling surfaces is that prevention of
protein adsorption will minimize cell adhesion and inflammatory responses
and result in improved device performance. Despite considerable research ef-
forts over the last three decades, robust surface treatments that completely
eliminate protein adsorption over the lifetime of a device have not been ob-
tained. Nevertheless, significant progress has been attained in understanding
the mechanisms driving protein adsorption, and several chemical groups that
resist protein adsorption have been identified. A key element in resistance to
protein adsorption is the energetics of interfacial solvent water molecules, i.e.,
hydration layers associated with the proteins and the surface. For example, it
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is generally agreed that the major driving force for the irreversible adsorption
of proteins onto hydrophobic surfaces is the unfolding of the protein and sub-
sequent release of “bound” water molecules, which provides a huge increase
in the entropy of the system favoring protein adsorption. Therefore, surfaces
that retain interfacial water molecules, i.e., present an interface that “looks
like” bulk water, should have low protein adsorption. Based on this inference,
most common approaches to reducing protein adsorption onto biomaterial
surfaces involve treatments that render surfaces more hydrophilic. In fact,
simple treatments with hydrophilic biomolecules, such as albumin, casein,
dextran, and even lipid bilayers, generally reduce protein adsorption to low
levels. However, these treatments lose their nonfouling properties over time
due to displacement by other proteins and lipids and/or cell-mediated degra-
dation.

Poly(ethelyne glycol) (PEG) (– [CH2CH2O]n) groups have proven to be the
most protein-resistant functionality and remain the standard for compari-
son [37]. A strong correlation exists between PEG chain density and length
and resistance to protein adsorption, and consequently cell adhesion [38, 39].
The mechanism of resistance to protein adsorption of PEG surfaces prob-
ably involves a combination of the ability of the polymer chain to retain
interfacial water (“osmotic repulsion”) and the resistance of the polymer
coil to compression due to its tendency to remain as a random coil (“en-
tropic repulsion”) [33]. Well-packed, self-assembled monolayers (SAMs) of
EG repeats as short as three repeats display excellent nonfouling character-
istics [40, 41]. The nonfouling properties of these surfaces are dependent on
the conformation of the oligoEG chain—a helical or amorphous conform-
ation exhibits significantly higher resistance to protein adsorption compared
to an all trans conformation, probably due to stronger EG-interfacial water
interactions [42]. Other hydrophilic polymers, such as poly(2-hydroxyethyl
methacrylate), polyacrylamide, and phosphoryl choline polymers, also re-
sist protein adsorption [33]. In addition, mannitol, oligomaltose, and tau-
rine groups have emerged as promising moieties to prevent protein adsorp-
tion [43–45]. Nevertheless, more comprehensive analyses, including in vivo
studies, are required to establish the efficacy and applicability of these ap-
proaches in preventing protein adsorption and biofouling.

2.3
Substrates Modulating Adsorbed Protein Activity

Surface modifications to enhance protein adsorption and cell adhesion have
been extensively pursued to improve device performance for both in vitro
and in vivo applications. Everyday examples are tissue-culture-treated poly-
styrene and substrates for enzyme-linked immunosorbent assays (ELISA). In
these applications, the base polymer is treated to reduce hydrophobicity and
improve cell adhesion, as for tissue-culture-treated substrates, or modified to
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enhance protein adsorption in order to increase signal detection by antibod-
ies in ELISA plates.

A promising strategy to direct cellular responses is to engineer surfaces
that control the biological activity of adsorbed proteins. Using SAMs of
ω-functionalized alkanethiols on gold to present well-defined chemistries
(CH3, OH, COOH, NH2), García and colleagues demonstrated that surface
chemistry modulates the structure of adsorbed FN [46]. The structure of the
cell-binding domain of FN, which includes the integrin-binding RGD site,
is particularly sensitive to the underlying support chemistry. These surface-
dependent differences in FN structure alter integrin receptor binding, result-
ing in selective binding of α5β1 integrin on OH and NH2 surfaces, binding
of both α5β1 and αVβ3 in the COOH surface, and poor binding of either
integrin on the CH3 support [46] (Fig. 3). Surface-chemistry-dependent dif-
ferences in integrin binding differentially regulate focal adhesion assembly
in terms of molecular composition and signaling [47]. Furthermore, differ-
ences in integrin binding specificity modulate osteoblastic differentiation and
mineralization [48] (Fig. 3). Biomaterial-chemistry-dependent differences in
integrin binding specificity also regulate the switch between myogenic prolif-
eration and differentiation [49], demonstrating a general surface engineering
approach to control cell function. This strategy of biomaterial-directed con-

Fig. 3 Biomaterial surface chemistry modulates cellular responses. A SAMs presenting
different chemistries differentially modulate integrin receptor binding in osteoblasts.
B Substrate-dependent differences in osteoblast-specific gene expression correlate with
integrin binding specificity. C Matrix mineralization is dependent on integrin binding
specificity. Surfaces that support specific binding of α5β1 integrin exhibit high levels of
mineralization. Adapted from [46, 48]
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trol of integrin binding specificity could be exploited to precisely engineer
cell-material biomolecular interactions to activate specific signaling pathways
and differentiation programs.

3
Biomimetic Interfaces Promoting Cell Adhesion

3.1
Biological Motifs as Targets for Biomaterial Applications

Significant advances in the engineering of biomaterials that elicit specific
cellular responses have been attained over the last decade by exploiting
biomolecular recognition. These biomimetic engineering approaches focus on
integrating recognition and structural motifs from biological macromolecules
with synthetic and natural substrates to generate materials with biofunc-
tionality [14, 50]. These strategies represent a paradigm shift in biomaterials
development from conventional approaches dealing with purely synthetic or
natural materials to hybrid materials incorporating biological motifs. These
biomimetic strategies provide promising schemes for the development of novel
bioactive substrates for enhanced tissue replacement and regeneration. Be-
cause of the central roles that ECMs play in tissue morphogenesis, homeosta-
sis, and repair, these natural scaffolds provide several attractive characteristics
worthy of copying or mimicking to convey functionality for molecular control
of cell function, tissue structure, and regeneration. Four ECM “themes” have
been targeted: (i) motifs to promote cell adhesion, (ii) growth factor binding
sites that control presentation and delivery, (iii) protease-sensitive sequences
for controlled degradation, and (iv) structural motifs to convey mechanical
properties. This review focuses on bioadhesive materials; excellent reviews on
other biomimetic strategies can be found elsewhere [14].

3.2
First-Generation Biomimetic Adhesive Supports: Short Oligopeptides

Following the identification of adhesion motifs from ECM components,
such as the RGD sequence in FN and the tyrosine-isoleucine-glycine-serine-
arginine (YIGSR) oligopeptide in LN, short bioadhesive oligopeptides have
been tethered/immobilized onto synthetic or natural substrates and three-
dimensional scaffolds to produce biofunctional materials that bind integrin
receptors and promote adhesion in various cell types [51–53] (Fig. 4). Non-
fouling supports, such as PEG, polyacrylamide, and alginate, are often used
to reduce nonspecific protein adsorption and present the bioadhesive motif
within a nonadhesive background. Tethering of these short bioactive se-
quences promotes in vitro cellular activities, including adhesion, migration,



Interfaces to Control Cell-Biomaterial Adhesive Interactions 181

Fig. 4 Tethering of short bioadhesive peptides onto nonfouling surfaces supports cell-
adhesive activities. A Schematic diagram showing specific integrin binding to bioadhesive
RGD motif. B RGD immobilization onto nonfouling support promotes cell adhesion and
spreading

and expression of differentiated phenotypes in multiple cellular systems. The
density of tethered peptides is an important design parameter as cell adhe-
sion, focal adhesion assembly, spreading and migration, neurite extension,
and cell differentiation exhibit peptide-density-dependent effects [54–61].
More importantly, these biomimetic approaches enhance tissue regeneration
in vivo, including as bone and cartilage formation, peripheral-nerve regener-
ation, and corneal tissue repair [62–67].

The use of short oligopeptides derived from ECM biomolecules presents
advantages over the native biomolecules, such as conveying biospecificity
while avoiding unwanted interactions with other regions of the native ligand,
facile incorporation into synthetic and natural backbones under conditions
incompatible with most biomacromolecules, and enhanced stability. The
early successes with biomaterials displaying short bioadhesive oligopeptides
established the potential of this biomolecular engineering strategy as a route
to generate biointerfaces that interact with cells in prescribed and specific
fashions. Nonetheless, functionalization of biomaterials with short bioadhe-
sive motifs is limited by (i) reduced activity of oligopeptides compared to
native biomacromolecule due to the absence of complementary or modu-
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latory domains, (ii) limited specificity among integrin adhesion receptors,
and (iii) inability to bind certain receptors due to conformational differences
compared to the native ligand. These limitations are critical shortcomings
because specific integrin receptors trigger different signaling pathways and
cellular programs [48, 68–72]. Consequently, “second-generation” bioligands
have been pursued to address the limitations associated with short bioadhe-
sive oligopeptides.

3.3
Second-Generation Biomimetic Adhesive Supports:
Ligands with Integrin Specificity

Engineered ligands, both short oligopeptides and recombinant protein frag-
ments, incorporating additional residues or/and structural characteristics
mimicking the native ligand have been developed to convey receptor speci-
ficity among RGD-binding integrins (Fig. 5). As discussed in Sect. 2.3, binding
of specific integrin receptors can be exploited to regulate distinct cellular out-
comes. Inclusion of flanking residues and constraining the conformation of
the RGD motif to a loop via cyclization improve ligand specificity for inte-
grins [73–75]. Nevertheless, these short peptides are limited in their ability to
support specific integrin binding. For example, RGD domains in a loop con-
formation similar to FN bind αVβ3 but support poor α5β1 binding when com-
pared to native FN [76]. Binding of α5β1 requires both the PHSRN sequence
in the 9th type III repeat and RGD motif in the 10th type III repeat of FN [77].
Each domain independently contributes little to binding, but in combination,
they synergistically bind to α5β1 [78, 79]. In efforts to include this essential
PHSRN synergy site outside the RGD binding motif in fibronectin, mixtures
of RGD and PHSRN peptides, either independently or within the same back-
bone, have been tethered onto nonfouling supports [80, 81]. Although these
ligands support integrin binding and cell adhesion, their activity has not been
directly compared to FN. Due to the high sensitivity of α5β1-FN binding to
small perturbations in the structural alignment of these domains [70, 82], re-
constitution of the proper binding structure using short peptides remains
a challenging task. As an alternative to these synthetic routes, recombinant
FN fragments spanning the 9th and 10th type III repeats have been teth-
ered onto supports or incorporated into peptide backbones [83, 84]. These
engineered ligands support robust α5β1-mediated adhesion and focal ad-
hesion assembly at levels comparable to native FN (Fig. 5). In addition to
providing increased specificity over linear RGD peptides, the use of recombi-
nant fibronectin fragments offers several advantages compared to whole FN,
including reduced antigenicity, elimination of domains that may elicit unde-
sirable reactions, and enhanced cost efficiency. Recombinant fragments also
provide flexibility in the engineering of specific characteristics on the frag-
ment via site-directed mutagenesis in order to enhance tethering and activity.
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Fig. 5 Second-generation biomimetic adhesive supports. A Schematic showing major
strategies pursued to improve integrin binding specificity. B A recombinant fragment of
FN (FN7-10) containing the PHSRN and RGD binding sites supports dose-dependent lev-
els of α5β1 integrin-mediated adhesion. Adhesion levels are comparable to the native
ligand plasma FN (pFN) and are completely blocked by antibodies against the binding
site in FN (anti-FN) or α5β1 integrin (anti-α5). Adapted from [53, 83]

Non-RGD binding integrins are also critical to many cellular activities and,
thus, represent important targets for therapeutic manipulations. For example,
the collagen-binding integrin α2β1 regulates various cellular activities, in-
cluding adhesion, migration, proliferation, and differentiation in osteoblasts,
keratinocytes, smooth muscle cells, and platelets [85]. Integrin α2β1 recog-
nizes the glycine-phenylalanine-hydroxyproline-glycine-glutamate-arginine
(GFOGER) motif in residues 502–507 of the α1[I] chain of COL-I [86]. Inte-
grin recognition is entirely dependent on the triple-helical conformation of
the ligand similar to that of native collagen. Tethering of a triple helical pep-
tide incorporating the GFOGER motif to surfaces promotes α2β1-mediated
adhesion, focal adhesion signaling, and osteoblast differentiation to levels
comparable to COL-I-coated supports [87, 88]. These results indicate that



184 A.J. García

integrin binding specificity can be conveyed by engineering ligands that
recapitulate the secondary and tertiary structure of the natural biopoly-
mers (Fig. 6). The improved activity/selectivity of these “second-generation”
biomolecular interfaces enhances the therapeutic and biotechnological po-
tential of biomimetic materials.

Fig. 6 Ligands with secondary/tertiary structure promote binding of α2β1 integrin, a non-
RGD binding integrin. A Diagram showing strategy for presenting collagen-mimetic,
triple-helical GFOGER peptide. B Tethering of GFOGER onto nonfouling surfaces sup-
ports cell adhesion comparable to COL-I, and adhesion is completely blocked by anti-
bodies against α2β1 integrin. C Equivalent levels of matrix mineralization for osteoblasts
grown on GFOGER-functionalized and COL-I-coated surfaces. Adapted from [87, 88]



Interfaces to Control Cell-Biomaterial Adhesive Interactions 185

4
Micropatterned Supports to Control Cell Adhesion

4.1
Engineering Cell Shape and Adhesive Area

Micropatterning techniques have been extensively applied to engineer cell
position, shape, and adhesive area [89, 90]. These approaches generally rely
on creating domains that readily adsorb proteins, and hence are cell-adhesive,
and are surrounded by a nonfouling, nonadhesive background. These mi-
cropatterned supports can be easily generated by conventional photolitho-
graphy as well as “soft” lithography approaches, including microcontact
printing. In addition, direct protein stamping has been applied to create
cell adhesive domains, but the stability of these patterns is limited by cell-
mediated ECM reorganization and deposition. These substrates with defined
adhesive areas have been exploited to analyze the roles of cell shape and cell–
cell interactions on cell survival, expression of tissue-specific markers, and
commitment to differentiated lineages [91–94]. Conversely, micropatterned
substrata allow engineering of adhesive area, and in particular focal adhe-

Fig. 7 Micropatterned surfaces to engineer focal adhesion size. A Adhesive islands within
nonfouling background showing preferential FN adsorption and cell adhesion. Cells
adhere and remain constrained to micropatterned island. Bar: 20 µm. B Vinculin local-
ization to micropatterned domain, showing precise control over focal adhesion assembly.
Bar: 10 µm. Adapted from [95, 99]



186 A.J. García

sion size, while maintaining a constant cell shape constant in order to analyze
the contributions of cell-substrate contact area to adhesive processes such
as adhesion strength and spreading [95, 96] (Fig. 7). Finally, micropatterning
approaches provide robust tools for the creation of cellular arrays for high-
throughput screening [97, 98].

4.2
Adhesion Strengthening Responses to Micropatterned Surfaces

Functional analyses of cell adhesion strengthening on micropatterned sub-
strates provide an excellent illustration of the ability to engineer cell-material
interactions via surface engineering. Previous analyses of cell adhesion
strengthening have been limited by time-dependent changes in adhesive area,

Fig. 8 Micropatterning of cell-substrate adhesive area regulates A cell adhesion strength,
B integrin binding, and C focal adhesion assembly. Adapted from [99]
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cell shape, and focal adhesion assembly. In a recent study, microcontact
printing of SAMs was used to generate arrays of circular adhesive islands
surrounded by a nonadhesive background to analyze the role of adhesive
area on adhesion strengthening [99]. The use of micropatterned surfaces
affords precise control over adhesive area, cell spreading/shape, and the pos-
ition and size of focal adhesions, allowing decoupling of cell shape/spreading
from focal adhesion formation. Cells individually adhere to the adhesive is-
lands and maintain a nearly spherical shape, while the cell-substrate adhesive
area conforms to the pattern dimensions (Fig. 7). Adhesion strength ex-
hibits hyperbolic increases with available contact area, reaching a saturation
value equivalent to the strength of unpatterned cells (Fig. 8). Moreover, inte-
grin binding and focal adhesion assembly on the engineered adhesive ligand
display nonlinear increases with available contact area, approaching saturat-
ing levels at high adhesive areas (Fig. 8). These results demonstrate precise
control over adhesive interactions in terms of molecular events (integrin
binding and focal adhesion assembly) and functional outcomes (adhesion
strength).

5
Conclusions and Future Prospects

Surface-engineering approaches focusing on controlling cell-adhesive inter-
actions represent promising strategies to engineer cell-biomaterial biomolec-
ular interactions in order to elicit specific cellular responses and enhance
the biological performance of materials in biomedical and biotechnological
applications. While considerable progress has been made in developing sur-
faces that control protein adsorption and substrates that present biomimetic
motifs, next-generation bioadhesive interfaces should consider incorporat-
ing multiple binding motifs that support binding to various integrin and
nonintegrin receptors, gradients in ligand density, nanoscale clustering,
dynamic interfacial properties, and structural as well as mechanical charac-
teristics of the ECM. For example, recent research indicates that materials
with elastic moduli comparable to native tissues and surfaces that direct
ECM deposition and assembly up-regulate cellular activities, including pro-
liferation and differentiation [100, 101]. Successful development of these
bioactive interfaces will rely heavily on the integration of advances in bio-
chemistry, cell biology, synthetic chemistry, and materials science and engin-
eering.
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Abstract Growth factors are increasingly utilized to promote regeneration of lost or com-
promised tissues and organs. However, current strategies applying growth factors by
bolus injections typically fail to restore tissue functions. Delivery from polymeric systems
may overcome this limitation by supplying growth factors in a well-controlled, localized,
and sustained manner to the defect site. Traditional polymeric delivery vehicles have been
developed based on physicochemical design variables; however, it has now become clear
that the appropriate mimicry of certain biologic signaling events may be necessary to
achieve full function from the delivered growth factors. Because of its central impor-
tance in the development and regeneration of various tissues (e.g., blood vessels, bone,
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and nerves) bioinspired VEGF supply may be particularly useful to successfully restore
tissue functions. Following a brief overview of VEGF’s biology, design attributes for poly-
meric systems for VEGF delivery will be discussed, and subsequently illustrated in the
context of three specific applications: therapeutic angiogenesis, bone regeneration, and
nerve regeneration.

Keywords Angiogenesis · Drug delivery · Growth factor · Polymer · VEGF

Abbreviations
Ang-1 angiopoietin-1
Ang-2 angiopoietin-2
bFGF basic fibroblast growth factor
BMP-2 bone morphogenetic protein-2
3-D three-dimensional
ECM extracellular matrix
G alpha-L-guluronic acid
LCST lower critical solution temperature
M beta-D-mannuronic acid
MW molecular weight
MMP matrix metalloproteinase
NGF nerve growth factor
NRP neuropilin
PAA poly(acrylic acid)
PDGF platelet derived growth factor
PEG poly(ethylene glycol)
PEI poly(ethylenimine)
PGA poly(glycolic acid)
PLA poly(lactic acid)
PLGA poly(lactic-co-glycolic acid)
PNIPAAm poly(N-isopropylacrylamide)
PPE-EA polyaminoethyl propylene phosphate
RGD arginine-glycine-aspartic acid
GRGD glycine-arginine-aspartic acid
Tg glass transition temperature
TGF-beta transforming growth factor-beta
VEGF vascular endothelial growth factor
VEGF-R vascular endothelial growth factor receptor
VPF vascular permeability factor

1
Introduction

Growth factor signaling is key to the sequences of events responsible for both
development and regeneration of tissues. Growth factors constitute a com-
plex family of polypeptide molecules exerting versatile biological functions
through specific binding to receptors on the cell surface. They are expressed
by a variety of different cell types to control cellular migration, proliferation,
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differentiation, and survival, and ultimately lead to spatially and temporally
guided tissue and organ development. Growth factors usually act as local me-
diators at very low concentrations (about 10–9–10–11 M), and control over
their signaling activity is mediated through the existence of a biological deliv-
ery system. This dynamic system tightly connects growth factor availability,
and, thus, signaling activity, to specific cellular needs and involves both intra-
cellular and extracellular control mechanisms [1, 2].

A major aim of medicine is now to generate or regenerate functional tis-
sues to replace lost or compromised tissues and organs, and the rapidly
evolving field of tissue engineering increasingly seeks to exploit growth factor
signaling pathways to accomplish these goals. The three common strategies
presently pursued in tissue regeneration and engineering include (A) con-
duction (i.e., implantation of biomaterials that provide structural support for
ingrowth of the desired healthy host cells), (B) induction (i.e., delivery of
growth factors promoting tissue regeneration), and (C) the transplantation of
cells capable of participating in tissue regeneration [3, 4]. Growth factors act
as potent tissue-inducing substances and may either be administered alone,
or in combination with the conductive and cell transplantation approaches.

The goal in growth factor delivery strategies for tissue regeneration is
to mimic physiological signaling and achieve biologic functionality. Growth
factors restore tissue functions by locally signaling to specific target cell pop-
ulations. At the same time, signal propagation to more distant, nontarget cells
is minimized and this allows for reduction of undesired side effects. Eluci-
dation of cellular proliferation and differentiation cascades furthermore has
revealed that isolated signaling of a single growth factor is oftentimes not
sufficient for regeneration of functional, mature tissues; but rather simultan-
eous or sequential cooperation of multiple growth factors may be required
for therapeutic efficacy. Temporal and spatial control over the bioavailability
of growth factors is critical to all of the above processes. With the aim of re-
constituting tissue functions, biomimetic delivery systems may be required
to recapitulate these physiological patterns (i.e., to provide growth factors in
a controlled localized and sustained fashion).

Because of the central importance of new blood vessel formation in almost
all regenerative processes, the design of strategies for delivery of factors that
promote the formation of new blood vessels (angiogenesis) is of particular
interest. Blood vessels not only provide nutrients and oxygen to cells and re-
move waste products, but also supply soluble factors and circulating progenitor
cells critical to tissue repair. First discovered and termed “vascular permeabil-
ity factor” (VPF) by Dvorak and co-workers in 1983, and cloned in 1989 by
Ferrara and co-workers, VEGF has been intensively examined for its role in
blood vessel formation [5, 6]. The central importance of VEGF in development
is highlighted by the finding that a 50% reduction in its expression results in
embryonic lethality [7, 8]. Since its cloning, recombinant VEGF is available in
large quantities, making it an attractive molecule for therapeutic applications.
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For almost two decades VEGF was presumed to act specifically on en-
dothelial cells (i.e., the cells that line the lumen of blood vessels). Recent
evidence, however, indicates that it can no longer be considered exclusively as
an angiogenic growth factor, but must also be considered to be a key regulator
of other tissues (e.g., bone and nervous tissue). VEGF indirectly affects many
biologic processes as a result of its enhancement of blood vessel ingrowth,
which provides for the mass transport requirements and delivery of circu-
lating factors and stem cells participating in tissue repair [9]. Importantly,
VEGF also provokes direct effects on nonendothelial cells expressing VEGF
receptors, such as smooth muscle cells, chondrocytes, osteoblasts, and neu-
rons [10–14]. VEGF therapy may therefore prove valuable for a much wider
range of regenerative applications than originally thought.

Polymeric systems offer great potential as readily controlled carrier sys-
tems that allow for spatially and temporally controlled delivery of growth
factors. At present, growth factors are most commonly applied in solution
form via bolus injection (Fig. 1). However, this delivery route results in un-
localized supply, short tissue exposure times, entails potential problems at
nontarget sites such as promotion of diseases, and is expensive because high
concentrations of growth factors are typically applied.

Fig. 1 Currently, growth factors (e.g., VEGF) are most commonly applied via bolus in-
jection. However, this application route typically results in unlocalized supply and short
tissue exposure times. In order to overcome these restrictions higher quantities of growth
factors may be injected. This approach, however, may still not lead to regeneration of
functional tissues but may be associated with negative side effects at nontarget sites, de-
coupling of the factors providing normal regulation of growth factor signaling (e.g., VEGF
receptor downregulation [15]), and higher costs
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This article reviews the design and potential importance of polymeric ve-
hicles for bioinspired supply of angiogenic growth factors, and VEGF will be
used as a paradigm for the discussion of specific design parameters for bioin-
spired growth factor delivery. A short overview of VEGF’s biology precedes
the description of design variables. Currently, therapeutic angiogenesis, bone
regeneration, and nerve regeneration represent the best understood areas for
VEGF delivery from polymeric systems, and multifactor approaches for these
specific applications will be described.

2
VEGF Biology

Angiogenesis is a complex multilevel process regulated by a well-concerted
interplay between numerous cell types, proteolytic enzymes, cytokines, and
growth factors, and VEGF is one of the most widely studied angiogenic fac-
tors [16–18]. It initiates activation, migration, and proliferation of endothelial
cells to sprout neovessels (Fig. 2). These newly formed tubes are stabilized
through recruitment of and association with mural cells (smooth muscle cells
and pericytes) [18–21]. Withdrawal of VEGF prior to stabilization causes re-
gression of nascent vessels due to endothelial cell death. During this sequence
of events, VEGF acts in cooperation with other growth factors [18–21]. While
fibroblast growth factor (bFGF) and angiopoietin-2 (Ang-2) collaborate in the
initiation of the cascade, platelet derived growth factor (PDGF), transform-
ing growth factor-beta (TGF-beta), and angiopoietin-1 (Ang-1) are required
in later stages mediating maturation of neovessels by promoting interactions

Fig. 2 Angiogenesis is a multistep process involving the synergistic interplay of different
growth factors and cell types. VEGF initiates the angiogenic cascade in cooperation with
bFGF and Ang-2. Mature and functional blood vessels develop in the presence of PDGF,
TGF-beta, and Ang-1; VEGF withdrawal before maturation leads to endothelial cell death
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with mural cells (Fig. 2) [18–20]. In order to regenerate functional blood ves-
sels, VEGF may need to be constantly supplied over an extended time period,
and in combination with other growth factors.

Polymer systems used for VEGF delivery mimic key aspects by which the
extracellular matrix (ECM) of tissues controls the bioavailability and signal-
ing activity of VEGF in the body. Specific characteristics of the ECM regulate
the versatile functions of VEGF in tissue regeneration, and provide design cri-
teria for polymeric delivery systems. Specifically, the ECM sequesters VEGF
and enables storage of this otherwise rapidly biodegraded factor, presents it
in a localized fashion, and enhances the efficiency of signal transduction. Bio-
logic control over VEGF binding to the ECM, and thus its bioavailability, is re-
alized by cellular production of four different isoforms (VEGF121, VEGF165,
VEGF189, and VEGF206). A process called alternative splicing generates all
four isoforms from the same gene. To what extent the individual isoforms
are bound to the ECM is determined by the molecular size of their ECM-
binding regions (Fig. 3). VEGF121 completely lacks this part of the molecule
and is, therefore, freely diffusible and immediately bioavailable upon secre-
tion from cells. VEGF165, the predominant isoform in the body, exists in
both free and bound forms, whereas VEGF189 and VEGF209 are almost com-
pletely sequestered, and only liberated on cellular demand (Fig. 3) [22–24].
Cells produce proteolytic, ECM-degrading enzymes (e.g., heparanase or ma-
trix metalloproteinases [MMPs]), and these ultimately trigger the release of
soluble, bioactive VEGF from its ECM depots [23, 24]. Furthermore, mechan-
ical stimuli contribute to the release of VEGF from its ECM depots [25].

ECM-binding of VEGF significantly modulates the interactions with its
receptors, and consequently, plays an important role in the physiological con-
trol of VEGF signal transmission. VEGF receptor-2 (VEGFR-2), currently
considered the main receptor, is expressed by a variety of cells, including en-
dothelial cells and nerve cells [14, 22] and transmits signals in cooperation
with neuropilin-1 (NRP-1). ECM-binding improves the interactions between

Fig. 3 VEGF exists in four different isoforms that are generated from a single gene and
exhibit distinct ECM binding characteristics. Lack of ECM binding allows free diffusion
of the VEGF through tissues, and immediate signaling, whereas VEGF sequestered in the
ECM represents a depot form that is bioavailable on cellular demand
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VEGF, VEGFR-2, and NRP-1, and this ultimately enhances the effectiveness
of signal transduction [22, 24, 26]. The importance of ECM components in
VEGFR signaling is further emphasized by the finding that VEGF121 appears
to elicit reduced biologic potency relative to the ECM-binding isoforms [24].

Biomimicry of the ECM’s sustained release properties is critical to the ther-
apeutic success of polymeric systems for VEGF delivery. Specifically, recre-
ation of the physiological ECM binding characteristics may result in ways to
stabilize incorporated VEGF, present it in a localized fashion, and improve its
signaling capacity.

3
Bioinspired Polymer Delivery Strategies

The main goal of polymeric VEGF delivery systems is controlling the lo-
calized and sustained availability of the growth factor. Towards this end,
investigation of the physicochemical properties of the delivery vehicle has
been the focus of most research to date. Over the last few years, however, an
improved understanding of VEGF biology has made it clear that it is not suffi-
cient to only equip VEGF delivery systems with appropriate physicochemical
properties, but also that it may be necessary to mimic certain physiological
signaling events. Appropriate design of polymeric vehicles in the context of
the local biology may result in advanced, bioinspired delivery systems that
improve tissue regeneration. In addition, independent from the application,
VEGF delivery systems should readily incorporate into the defect site while
not compromising the remaining tissue functions or limiting the body’s in-
trinsic regenerative capacity.

3.1
Biological Design Attributes

The properties specifically demanded from the system are prescribed by the
characteristics of the tissue to be treated. For example, chronic degenerative
diseases such as neurologic diseases and osteoporosis may require continu-
ous delivery of VEGF over a prolonged period of time (months or years) [27],
whereas in acute cases of tissue damage (e.g., myocardial infarction or bone
fracture) VEGF may prove most beneficial if made bioavailable during a time
frame of days or weeks [28, 29]. Furthermore, the spatial dimensions of the
devices may vary significantly for different applications. Specifically, slowly
progressing, degenerative diseases (e.g., Alzheimer’s or Parkinson’s disease)
not associated with large lesions in early stages of the disease, may be treated
with relatively small VEGF delivery devices. In contrast, acute and oftentimes
large defects resulting from accidents or tissue resections may require bulkier
delivery vehicles that temporarily fill gaps and maintain sufficient space and
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structural integrity for subsequent tissue formation. Strategies suitable to
meet the particular needs of different applications may closely mimic normal
VEGF signaling, or be bioinspired approaches that go beyond what normally
occurs in the body. Strategies using both concepts may prove particularly
beneficial.

3.1.1
Biomimicry of ECM Sequestering Characteristics

Polymer systems that simulate normal ECM-sequestering characteristics may
enable control over VEGF temporal and spatial availability, and potentially
enhance the effectiveness of VEGF signaling. Delivery of VEGF in associa-
tion with polymeric ECM mimics may maintain the bioactivity of the growth
factor by protecting it from proteolytic degradation and stabilizing the active
conformation of the protein. This concept has been supported by the finding
that VEGF release from alginate, which exhibits macromolecular properties
similar to the natural ECM, leads to greater bioactivity of the factor than
direct administration of VEGF [30]. Similarly, VEGF conjugation to fibrin,
heparin, or hyaluronan oligosaccharides protects it from clearance, and in-
duces vessel formation more effectively as compared to VEGF alone [31–34].
Incorporation and release of VEGF from polymeric depots in which it is en-
capsulated have demonstrated maintenance of VEGF bioactivity for up to
30 days [67].

Mechanical stimulation and enzymatic matrix degradation represent typ-
ical biologic mechanisms triggering the liberation of VEGF from its ECM
depots [24, 25], and their mimicry may allow for localized VEGF supply in
concentrations that correspond to the specific cellular demands. Alginate en-
capsulated VEGF binds in a reversible fashion to the polysaccharide and its
release is regulated through mechanical stimuli (Fig. 4) [25]. Implantation
of these matrices, followed by mechanical stimulation in vivo, can enhance
blood vessel formation, indicating the efficacy and potential clinical utility of
mechanically responsive VEGF delivery systems (Fig. 4) [25]. To mimic en-
zymatically driven VEGF release from ECM stores, polymeric vehicles have
been developed that respond to the local activity of proteolytic enzymes (e.g.,
MMPs, plasmin, heparanase) provided by invading cells [32, 35]. For example,
fibrin or peptide cross-linked poly (ethylene glycol) (PEG) gels [31, 35] incor-
porate VEGF via covalent linkages, or by covalently linking heparin-binding
peptides, which then provide affinity sites for VEGF [35–38]. Cellular inva-
sion leads to VEGF release due to the action of ECM degrading proteases [38].

In addition to modifying the VEGF binding characteristics of the poly-
meric vehicle, one also may exploit the distinct ECM-binding and diffusion
characteristics of the different VEGF isoforms. Specifically, VEGF121 is not
retained by matrix proteins, and is freely diffusible [24]. Delivery of VEGF121
may allow signaling over great distances. In contrast, delivery of VEGF165,
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Fig. 4 The release rate of VEGF incorporated into alginate hydrogels is regulated by me-
chanical strain in vitro and cyclic strain results in enhanced angiogenesis in vivo [25].
Specifically, 6 cycles of mechanical stimulation were performed (mechanical compres-
sion for 2 min followed by relaxation for 8 min) and the VEGF release rate monitored in
vitro (a). Increased amplitude of strain led to increased VEGF release (10% = open circles,
25% = open squares, no compression = filled circles) (b). In vivo, mechanical stimulation
of alginate gels (d) yielded enhanced blood vessel densities relative to un-stimulated gels
(c). Arrows indicate blood vessels in the muscle tissue surrounding the implanted gels
(Nature [25], with permission of Nature Publishing Group)

189 and 206 may provide strong, localized signals [24]. Depending on the re-
spective clinical application, combined delivery of VEGF121 along with ECM
binding VEGF isoforms may prove beneficial by recreating the favorable func-
tions of both isoforms.

3.1.2
Modulation of Cellular Interactions

The appropriate receipt and transmission of VEGF signaling by cells is af-
fected by their interaction with the surrounding ECM and neighboring cells.
Hence, there is considerable interest in controlling the interfacial interactions
of polymeric delivery vehicles with the biological system in a way that mim-
ics natural processes. Integrins and cadherins are important families of cell
surface receptors that mediate cell–ECM and cell–cell interactions, respec-
tively [39, 40], and coordinately modulate VEGF signaling activity [41–43].
Integrins typically initiate cellular interactions with implanted polymeric de-
vices by recognizing and binding to adsorbed ECM molecules and communi-
cating through the cell membrane into the cells (outside-in signaling). Vice
versa, integrins alter cell–ECM interactions in response to intracellular sig-
nals (inside-out signaling) [40, 44]. This well-concerted interplay ultimately
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leads to changes in cell morphology, migration, differentiation, and survival,
and is necessary for optimal activation of growth factor receptors (e.g., VEGF
receptors) [40–42]. Consequently, integrins can act as master regulators in
VEGF signaling.

Delivery systems that promote adhesion of specific cell type(s) (e.g., cells
involved in angiogenesis, bone repair, and nerve regeneration) may be re-
quired in certain applications of VEGF, specifically those in which it is de-
sirable to mimic integrin signaling events normally occurring during tissue
repair. Traditional biomaterials, however, induce nonselective cell adhesion
via unspecific protein adsorption, and this may lead to unwanted tissue re-
sponses, such as foreign body reactions and fibrous encapsulation of the
delivery vehicle [44, 45]. In order to selectively guide cell adhesion, VEGF
may be delivered from matrices fabricated from naturally occurring ECM ma-
terials (e.g., collagen, fibrin) that inherently provide the desirable integrin
ligands [32, 33, 46]. Alternatively, ECM molecules may be used to simply coat
the surface of polymer vehicles. However, the binding mediated by secondary
forces (e.g., hydrophobic and electrostatic interactions, and hydrogen bond-
ing) is often weak, reversible, and may change the active conformation of the
proteins [44, 47]. To increase the quantity of adsorbed ECM molecules physi-
cochemical modifications of the polymer may prove useful [48–50], however,
in these approaches the ECM molecules may still be subject to denaturation.

The limitations associated with protein adsorption may effectively be over-
come by presenting cell adhesion sites in the form of small immobilized
peptides. Many ECM molecules (e.g., fibronectin and collagens) contain the
tripeptide arginine-glycine-aspartic acid (RGD) as their cell recognition mo-
tif [51, 52], and this peptide sequence may serve as a useful cue to modulate
cellular interactions with VEGF delivery systems. Presentation of RGD se-
quences on otherwise nonadhesive matrices such as alginate and PEG renders
these matrices bioactive, and may selectively guide tissue formation in re-
sponse to VEGF release [35, 53, 54]. The peptides are typically covalently
linked to the materials (e.g., between carboxyl groups present on polymers
and amino groups on the peptide) by means of bifunctional reagents. Vari-
ation of the surface density, the particular type (e.g., GRGD vs. RGD), and
the conformation (e.g., cyclic peptides vs. linear) of the utilized sequence fa-
cilitates further control over the cell responses (for detailed review see [55]).
Alginate gels, for example, have been successfully modified with RGD pep-
tides using carbodiimides chemistry [53, 56–58]. Adjustment of the peptide
density and degradation rate of the alginate chains allowed for specific control
over cellular adhesion, cell phenotype, and tissue formation, while caus-
ing minimal immune response and little capsule formation around the im-
plant [58–60].

In some cases, the polymeric systems may need to effectively prevent cellu-
lar adhesion. In particular, VEGF delivery systems in contact with blood (e.g.,
polymeric coatings of vascular stents) must prevent unspecific adhesion of
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blood cells, which may otherwise mediate clotting and vessel occlusion [61].
As outlined above, protein adsorption is critical to cellular adhesion and,
therefore, PEG has been widely studied for its role in decreasing protein and
unspecific cell adhesion [47, 62]. A variety of approaches has been developed
to attach PEG to polymer surfaces. For example, synthesis of PEG containing
copolymers and covalent grafting of PEG to surfaces that were functionalized
with reactive silanol groups proved useful to decrease both protein adsorp-
tion and cell attachment [63–65]. Since the nonfouling properties of PEG are
dependent on the surface chain density, alternative approaches using plasma
deposition of tetraglyme to prepare highly cross-linked PEG-like surfaces
have been explored [65].

3.1.3
Multiple Growth Factor Signaling

In the body, VEGF acts in a well-concerted interplay with various other
growth factors, and the adequate mimicry of these simultaneous and se-
quential interactions may be essential to regenerate functional tissues. Sim-
ultaneous interactions occur, for example, between VEGF and bFGF during
initiation of blood vessel formation [18, 19], and may be recreated by simply
incorporating the different proteins into the same polymer delivery system.
The utility of this general concept has earlier been demonstrated in the con-
text of bone regeneration and blood vessel formation with growth factor
combinations that did not involve VEGF [57, 66]. For example, simultaneous
delivery of bone morphogenetic protein-2 (BMP-2) and TGF-beta improved
bone formation relative to the individual delivery of either growth factor [57].

Sequential delivery of growth factors has been realized with composite
systems that are composed of multiple polymer phases with distinct release
kinetics [67, 68]. The growth factor(s) acting early during regeneration are
typically incorporated into a rapidly releasing phase, whereas the growth fac-
tor(s) signaling later in the process are loaded in a phase with more sustained
release characteristics. This approach has been applied in the context of ther-
apeutic angiogenesis for sequential delivery of VEGF and PDGF from poly
(lactic-co-glycolic acid) (PLGA) scaffolds [67]. This specific system was de-
signed to release the two growth factors with differential kinetics by mixing
polymer microspheres containing pre-encapsulated PDGF with lyophilized
VEGF before processing into scaffolds. Since VEGF largely associates with the
surface of the scaffold it is subject to rapid release. In contrast, the PDGF in-
corporation approach results in a more even distribution of factor throughout
the matrix, with release regulated by the degradation of the polymer used to
form microspheres. In a different approach, sequential delivery of growth fac-
tors has been achieved by the development of composite systems consisting
of gelatin microspheres incorporated into a synthetic hydrogel matrix (oligo
[poly (ethylene glycol) fumarate]) [68].
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3.1.4
Gene Transfer

A biologically inspired, but not biomimetic approach for delivery of growth
factors, utilizes polymeric delivery of plasmid DNA encoding the desired
growth factors (localized gene therapy). Sustained protein delivery is typ-
ically controlled by the release properties of the system, but gene transfer
strategies additionally rely on the cellular production and secretion of the en-
coded protein [4]. The key steps in this approach are (A) the release of DNA
from its delivery vehicle and cellular uptake of the plasmid and (B) in situ
cellular production and secretion of the gene product. The staged process re-
sults in a delay in growth factor availability, relative to direct protein delivery.
Gene transfer approaches may overcome some of the limitations (e.g., insta-
bility within polymers over extended time) associated with direct delivery of
proteins [69]. One limitation of this approach is delivery of naked DNA results
in low efficiency of transfection, low levels of growth factor production, and
factor production for a short time [70]. Condensing DNA with polycationic
substances such as poly (ethyleneimine) (PEI) or poly (lysine) to form small
positively charged particles prior to delivery can lead to prolonged expression
of factors both in vitro and in vivo (Fig. 5) [71–75].

Fig. 5 Release of PEI-condensed plasmid DNA from a porous polymeric scaffold results
in prolonged expression of the marker gene beta-galactosidase (d) as compared to blank
scaffold (a), scaffold incorporating plasmid DNA (b), and bolus injection of condensed
DNA (c) [75]. This was shown by macroscopic analysis of X-gal stained scaffolds 15 weeks
after subcutaneous implantation (size bars are 3 mm) and by luminescence measure-
ment, which quantitatively assesses gene expression levels (Hum Gene Ther [75], with
permission of Mary Ann Liebert, Inc, Publishers)

3.2
Physicochemical Design Variables

Bioinspired VEGF delivery may be implemented by physicochemical strate-
gies that enable temporally and spatially controlled growth factor availability
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for the desired application, while equipping the respective systems with ap-
propriate physical properties. Relevant physicochemical properties include
the rheology and mechanism of gel formation, degradation behavior, and me-
chanical properties of the system. These features are specified by the polymer
and fabrication technique used to form the polymeric vehicle.

3.2.1
Polymers for VEGF Delivery

Synthetic polymers are readily available and exhibit well-defined chemical
and physical characteristics allowing for the reproducible fabrication of VEGF
delivery systems. Thermoplastic, aliphatic polyesters including poly(glycolic
acid) (PGA), poly(lactic acid) (PLA), and their copolymers (PLGA) are
the most widely used synthetic polymers for this purpose (Fig. 6). These
polyesters are FDA approved and considered biocompatible [76]. When
placed in an aqueous environment the otherwise water-insoluble materi-
als degrade through hydrolysis yielding naturally occurring metabolic by-
products (lactic and glycolic acid). In order to provide systems that allow for
the controlled release of bioactive factors for extended periods of time, these
aliphatic polyesters are most commonly processed into microspheres and
porous polymer scaffolds [77, 78]. VEGF incorporation into microspheres
is typically accomplished with emulsion techniques involving organic sol-
vents, and yields delivery systems that may be readily injected into the
body [77, 79, 80]. However, the stability of growth factors incorporated into
polymer in this manner may be negatively affected by the organic solvents,
and the microclimate in the microspheres may deteriorate the bioactivity of
the VEGF [69, 81]. Efforts have been made to overcome these limitations by
appropriately modifying the microsphere composition, and developing tech-
nologies that do not require organic solvents [69, 82].

Porous polymer scaffolds made from aliphatic polyesters often serve as
three-dimensional (3-D) cell carriers in tissue engineering [83–85]. Recently,
a gas foaming particulate leaching procedure has been established to allow for
scaffold fabrication without the use of the organic solvents or high tempera-

Fig. 6 Chemical structure of the aliphatic polyesters poly(glycolic acid) (PGA) and
pol(lactic acid) (PLA), sodium alginate, and oxidized sodium alginate
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tures commonly applied in other protocols [86]. PLGA scaffolds fabricated
using this procedure proved useful as vehicles for sustained VEGF deliv-
ery [67, 78], and the VEGF was released in a bioactive form (Fig. 7) [78].
These scaffolds allow for delivery of multiple growth factors in the form of
recombinant proteins [67] or plasmid DNA [87].

As an alternative to solid vehicles, VEGF may be delivered from hydrogel-
based systems that exhibit structural similarity to the macromolecular-based
ECM of many tissues [88]. Importantly, this physical form can typically be in-
troduced into the body using minimally invasive approaches (e.g., injection
with syringe). Synthetic materials currently used to form gels for VEGF de-
livery include derivatives of PEG and poly(acrylic acid) (PAA) [35, 89–92].
PEG hydrogels can be prepared by photopolymerization of macromers modi-
fied to contain reactive acrylate termini [89, 90] or via chemical reaction
of functionalized PEG macromers with thiol-containing substances [35, 91].
PAA hydrogels based on copolymers containing poly(N-isopropylacrylamide)
(PNIPAAm) are attractive VEGF delivery matrices because of their ther-
moresponsive gelling properties [92]. The lower critical solution temperature
(LCST) of PNIPAAm in water, defining the temperature above which gelation
occurs, is approximately 32 ◦C [92]. It can be adjusted to body temperature by
copolymerization in order to yield solutions which gel upon injection into the
body [88]. Despite offering suitable physical and chemical properties, these
synthetic materials may currently be limited in regard to their biocompatibil-
ity and biodegradability.

Naturally derived hydrogel forming polymers may provide highly bio-
compatible vehicles for VEGF delivery. ECM components isolated from tis-
sues and used for VEGF delivery include collagen, hyaluronic acid, and
fibrin [36, 93, 94]. Furthermore, chitosan derived from chitin of anthropod
exoskeletons has been used for VEGF delivery devices [95, 96]. Alginates rep-

Fig. 7 a The cumulative release of VEGF from PLGA scaffolds fabricated by a gas foaming
particulate leaching technique. b The bioactivity of VEGF released from these matrices
at days 2, 7, and 14 was comparable to the effect obtained with known doses (5 and
20 ng/mL) of VEGF not incorporated into matrices (determined by an endothelial cell
proliferation assay) (J. Control. Release [78], with permission of Elsevier)
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resent another class of naturally derived materials with potential for VEGF
delivery. They are widely used because of their biocompatibility, low toxicity,
relatively low cost, and gentle gelling properties [88, 97]. Alginates are linear
polysaccharide copolymers extracted from seaweed, and consist of (1-4)-
linked beta-D-mannuronic acid (M) and alpha-L-guluronic acid (G) (Fig. 6).
Gelation occurs in the presence of divalent cations (e.g., Ca2+), which ioni-
cally crosslink the carboxylate groups in the poly-G blocks. Modulation of the
crosslinking density by varying the MW of the polymer chains and the M to
G ratio yields gels with controlled mechanical properties and pore sizes [97].
One limitation to the use of alginates is their typically slow and unpredictable
degradation behavior in the body, which is controlled by the loss of diva-
lent cations, dissolution of the gels, and release of high MW polymer strands
that may be difficult for the body to eliminate [88]. To address these restric-
tions, hydrolytically degradable alginate derivatives have been synthesized
by partial oxidation (Fig. 6) and gamma-irradiation [59, 98]. These modified
polymers may also be covalently cross-linked with a variety of agents [98, 99].
Gels formed from polymers with a bimodal MW distribution at various oxi-
dation degrees can be formulated to allow decoupling of pre-gel rheological
properties from the gel mechanical properties, and control of degradation
rate over a wide range [100, 101].

3.2.2
Modulation of Growth Factor Release Kinetics

VEGF release from polymer systems is often controlled by diffusion or poly-
mer degradation, and the desired kinetics are prescribed by the therapeutic
application. The highly hydrated, nanoporous gel networks formed by many
hydrophilic synthetic or natural polymers that are used for VEGF delivery
typically release the factor in a diffusion-controlled manner [30, 88, 97, 102].
The structural integrity and release properties of the swollen networks may
be controlled by crosslinking the polymer chains in a covalent or physical
fashion. Gels formed by covalently-crosslinked networks are termed “chem-
ical gels”, whereas gels generated through secondary forces (e.g., ionic or
H-bonding) are denoted as “physical gels” [102]. The rate and distance of
VEGF diffusion through these hydrogels is governed by the characteristics
of both the network and VEGF. Specifically, the concentration, size, charge,
and crosslinking density of the polymer define the nano-porosity of the net-
work and the extent of water absorption [88, 97, 102], whereas the molecular
properties of VEGF determine the type and strength of interactions with the
polymer. Ionically crosslinked alginate gels represent typical examples of hy-
drogels that release proteins in a diffusion-controlled manner [30, 103]. If the
given hydrodynamic volume of VEGF (roughly correlating with the molecu-
lar weight of 45 kDa [24]) is large relative to the pore size of the network
VEGF diffusion will be retarded. If one wants to promote cellular infiltra-
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tion into the delivery vehicle, it is often not desirable to decrease the pore
size to regulate VEGF release kinetics, as this may inhibit tissue regenera-
tion [104, 105].

VEGF release from degrading polymeric systems is determined by the rate
of degradation and subsequent dissolution [97, 106, 107]. Hydrolysis is fre-
quently exploited as the mechanism to regulate degradation of the polymer
system, as this process typically occurs at a consistent rate that is not in-
fluenced by local conditions. The molecular weight (MW) distribution and
chemical structure of the polymer provide means to readily adjust the VEGF
release rate to the specific regenerative needs [108, 109]. For example, de-
livery systems made from PLGA degrade through hydrolysis of the back-
bone ester linkages, and the biodegradation rate of PLGA vehicles can be
modified on the basis of their MW and molar ratio of lactic and glycolic
acid [106, 110–112]. The release rate from vehicles created with naturally
derived ECM components that degrade by enzymatic cleavage can also be
controlled. For example, growth factor release from collagen, gelatin, and chi-
tosan can depend on enzymatic degradation rather than diffusion [97], and
may be decreased by additional crosslinking of the polymer network to slow
degradation and dissolution [68, 93, 96, 113].

The desire to control the release of multiple growth factors with distinct
kinetics from a single delivery device has motivated the creation of com-
posite systems. A combination of microspheres with a second matrix is an
example of these more complex systems. Microspheres may be equipped with
differential release properties by fabricating them in different sizes [114],
utilizing different natural and synthetic materials (e.g., alginate [56, 95],
gelatin [68], collagen [115], and PLGA [67, 77]), and/or retroactively altering
them by physicochemical modification (e.g., crosslinking [68, 93] or coating
with a second material [95]). The subsequent incorporation of these micro-
spheres into a second matrix (e.g., a synthetic hydrogel matrix [68] or PLGA
scaffolds [67]), which may have been equally modified may ultimately lead to
a wide spectrum of release kinetics.

3.2.3
Mechanical Properties

Growth factor delivery systems are required to withstand physical forces
present at the diseased tissue site. Upon placement into the body, the poly-
meric vehicles must be able to bear loads and maintain the structural prop-
erties critical to the release of the growth factors (e.g., the pore size of
hydrogels enabling diffusion) and tissue formation (e.g., provision of space
for cellular invasion). At the same time, they often need to effectively trans-
duce biomechanical stimuli to the surrounding cells and tissues. Such signals
may be critical to the cellular response to growth factor supply [116–119],
and may directly induce cellular proliferation and differentiation [116, 117].
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Mechanically competent VEGF delivery systems may be designed on the ba-
sis of the estimated mechanical thresholds that the vehicles may encounter
in situ.

The mechanical competence of hydrogels is almost entirely controlled by
the selected polymer and the type and density of cross-links in the sys-
tem [120]. Furthermore, the conditions under which the hydrogel network is
formed (e.g., temperature, pH, medium), actively influence mechanical per-
formance [97, 120]. The strength of alginate gels, for example, may be raised
by increasing the concentration of G residues and the alginate concentration
of the polymer [121, 122]. Additionally, the mechanical characteristics of algi-
nate hydrogels may be readily controlled by covalently cross-linking the indi-
vidual alginate chains with different types and concentrations of crosslinking
molecules [123]. Similarly, the mechanical characteristics of other hydrogel
matrices such as collagen, chitin, fibrin, and PEG directly correlate with their
respective polymer concentration [124–127] and may be further modified by
chemical crosslinking [128, 129].

The mechanical strength of solid VEGF delivery systems fabricated from
aliphatic polyesters (e.g., PLGA) is prescribed by the polymer MW, crys-
tallinity, and the molar ratio of the individual monomer components (e.g.,
lactide and glycolide). Matrices made from the homopolymers L-PLA or PGA,
as well as copolymers with a high ratio of one monomer are crystalline and
exhibit a melting point, whereas those prepared from D,L-PLA and copoly-
mers with less than 90% of one monomer display amorphous properties and
undergo glass transition above a critical temperature (Tg) [106, 130]. More
crystalline polymers usually exhibit increased physical strength [130]. Since
the Tg of the amorphous polymers is typically higher than the body tempera-
ture, the respective delivery systems maintain a glassy structure once placed
in the body [106, 130, 131], although the absorption of significant amounts of
water may decrease Tg to less than 37 ◦C for certain polymers [132].

The mechanical capacity of polymers is often enhanced by the formation
of composite structures composed of (1) oriented reinforcing units, such as
fibrils, fibers, or extended chain crystals and (2) the use of binding matri-
ces of the same chemical structure [133]. An alternative that mediates im-
proved mechanical performance while providing space for cellular invasion
is the deposition of a bonelike mineral film on the interior pore surfaces of
PLGA scaffolds (Fig. 8) [134, 135]. This approach not only leads to increased
compressive moduli, but also confers the scaffolds with osteoconductive char-
acteristics and the ability to modulate proliferation and differentiation of
multipotent stem cells [134–137].

The size and mechanical characteristics of a delivery system furthermore
prescribe its delivery route (i.e., whether it may be surgically inserted into the
repair site or injected in a minimally invasive manner). Typically, polymer
scaffolds and compact implants are inserted in an invasive fashion, whereas
microspheres and gels can be readily applied through injections. The utility of
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Fig. 8 Electron micrographs of the surface of a a nonmineralized PLG film (molar ratio
lactide : glycolide = 85 : 15), or b a PLG film with deposited bonelike minerals. c Higher
magnification image of the mineral film (Biomaterials [136], with permission of Elsevier)

hydrogels as injectable VEGF delivery systems, however, is dependent on the
fluid properties of the pre-gelled solution, and the mechanical properties of
the post-gel. Specifically, the gel has to be fluid-like during the injection pro-
cedure (e.g., flow through a needle, or endoscope), and then transform into
a mechanically stable gel upon injection into the body [138]. Alginate hydro-
gels exhibiting a bimodal MW distribution may represent attractive systems
fulfilling these prerequisites, as their fluid and mechanical properties can be
decoupled from the total polymer concentration [139]. This finding may be
attributed to the fact that low MW alginate components contribute only negli-
gibly to the viscosity of a pre-gelled solution, while they significantly enhance
the stiffness of the formed gel; adding a small fraction of high MW alginate
to the binary hydrogels additionally maintains a high strain at failure [139].
Consequently, alginate gels with adjusted MW distribution may be readily
used as injectable delivery systems for VEGF, and offer favorable properties
in mechanically dynamic environments.

4
Applications for VEGF Delivery Systems

VEGF driven tissue regeneration is highly dynamic and involves an elabo-
rate spatiotemporal interplay between cells, the ECM, mechanical signals, and
other soluble factors (e.g., growth factors and cytokines). Although these base
elements are present in all tissues, the specific characteristics of these compo-
nents and the kinetics of their interactions may vary according to the precise
defect. Traditional polymeric drug carriers may not appropriately mimic the
natural complexity of VEGF signaling, whereas bioinspired multifactor ap-
proaches have the potential to recapitulate the specific interactions elicited
during normal tissue repair (Fig. 9). The diversity of polymeric delivery sys-
tems required for various applications will be described below in the context
of three specific applications: therapeutic angiogenesis, bone regeneration,
and nerve regeneration.



Polymeric Systems for Bioinspired Delivery of Angiogenic Molecules 209

Fig. 9 Functional tissues may be regenerated by designing sophisticated polymeric sys-
tems that supply growth factors in a sustained and localized fashion inspired by normal
biologic mechanisms, while exhibiting appropriate physicochemical properties

4.1
Therapeutic Angiogenesis

4.1.1
Therapeutic Significance of VEGF

Coronary heart disease, which involves the blockage of coronary arteries and
thus reduced blood flow, is the leading cause of death in the United States.
It accounts for more than one quarter of all deaths each year. Current treat-
ment options to restore perfusion include lifestyle changes, medication, and
invasive surgical procedures [140–142]. However, these approaches are often
either restricted to moderately diseased patients or suffer from limitations
such as frequent re-narrowing of arteries at later times. The development
of alternative strategies may allow better treatment options for patients, and
therapeutic angiogenesis, the promotion of blood vessel formation in is-
chemic tissues, holds great potential as one treatment for cardiovascular
occlusive diseases.

Current approaches to therapeutically administer VEGF, either as recom-
binant protein or by gene transfer, have yielded promising results in an-
imal models and small-scale clinical trials; however, larger trials failed to
clearly demonstrate efficacy [16, 143, 144]. In many of these studies recom-
binant VEGF has been delivered as a single growth factor through bolus
injection [143, 145, 146]. Since the elimination half-life of VEGF is approxi-
mately 1 h, this approach results in only a temporary supply of the growth
factor [147]. Furthermore, spatially confined presentation of growth factors
is not achieved with this approach, as highlighted by the finding that injected
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radio-labeled growth factors yielded target recovery rates of 0.5% after intra-
venous injection and 3–5% after injection into the heart [148]. Consequently,
inappropriate local and temporal availability of VEGF, and the lack of interac-
tion with other important growth factors likely account for the disappointing
results of clinical trials. Enhancing the applied dose may improve the desired
outcome at the diseased tissue site; however, this could cause pathologic an-
giogenesis at nontarget sites (e.g., the eye or dormant tumors) (Fig. 1).

Biomimetic polymeric vehicles may represent an ideal approach to deliver
VEGF in a biologically relevant manner. We suggest that appropriately de-
signed systems are capable of regenerating functional blood vessel networks,
and that high drug target levels, prolonged presence of the factor, minimized
systemic exposure, and simultaneous or sequential supply of multiple growth
factors are critical to this end. Specifically, polymeric devices that allow com-
bination therapy of VEGF with vessel stabilizing factors such as PDGF or
Ang-1 may lead to enhanced functionality of regenerated blood vessels.

4.1.2
Polymeric Delivery Systems

Polymeric VEGF delivery systems that can be applied in a minimally invasive
manner are ideal for therapeutic angiogenesis applications. Acute situations
(e.g., infarctions due to occlusion of blood vessels that supply the heart mus-
cle) may require VEGF delivery for weeks, while chronic diseases may require
more prolonged VEGF delivery. The physical characteristics of the circula-
tory system and the heart are amenable to delivery with a vehicle that may
be placed by injection through a syringe or catheter, or implantable systems.
Hydrogels and microspheres may be suitable candidates for injection as their
characteristics can be adjusted according to the local geometry and physi-
cal environment (e.g., delivery to either the apex or the base of the heart
wall [149]), while porous polymer scaffolds may be useful as patches and
wraps.

A variety of different injectable gels and microspheres may be used to en-
hance local angiogenesis. Delivery from glutaraldehyde cross-linked gelatin
microspheres may result in prolonged local presentation of angiogenic fac-
tors, relative to bolus injection [150, 151], although the advantage of this car-
rier over bolus injection has still to be proven [150, 151]. Injectable systems
releasing VEGF upon cellular demand have also been prepared from PEG and
fibrin matrices [31, 35]. Fibrin inherently promotes blood vessel formation.
PEG hydrogel matrices, in contrast, need to be rendered adhesive by polymer
conjugation with cell recognition motifs such as RGD-peptides [35, 91]. The
concentration of incorporated VEGF can regulate proteolytic enzyme pro-
duction by endothelial cells, while incorporation of additional growth factors
(e.g., TGF-beta) may aid in bioactivation of these enzymes [91], and con-
comitantly provides signal necessary for the maturation of neovessels [18, 19].
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The rheological and mechanical properties of biodegradable, binary algi-
nate systems may be readily adjusted to the physical demands prescribed
by the injection procedure and injection site [139]. Binary gels designed to
exhibit both a high stiffness and a high strain at failure will likely allow pro-
longed release of VEGF in response to mechanically dynamic environments.
In contrast, less rigid or brittle gels may lead to accelerated release and fail-
ure due the strains imposed on the vehicle in the body. Covalent linkage
of cell-adhesion peptides to alginate may allow for control over blood ves-
sel formation by affecting endothelial cell invasion and proliferation [152],
and modulating mural cell properties that stabilize neovessels [153]. Impor-
tantly, the gel stiffness may modify the cell phenotype directly and thus VEGF
signaling and blood vessel formation [154]. This characteristic may be partic-
ularly useful to improve growth factor production when nonviral VEGF gene
delivery approaches are used to promote vascularization [155]. While hydro-
gels enable growth factor release over a time-frame of days to approximately
a month [30, 68, 95], microspheres made from aliphatic polyesters may be de-
signed to release drugs over this time frame or longer [110, 130]. However,
long-term release is dependent on growth factor stability in the device [69].

Porous 3-D PLGA scaffolds may be suitable for various therapeutic needs
that benefit from structural support. For example, healing of diabetic ulcers
or enhancing angiogenesis in the lower limbs secondary to diseases such as
diabetes may benefit from the controlled sequential delivery of angiogenic
growth factors from this form of vehicle [67]. These systems additionally pro-
vide 3-D support structures that may be readily seeded with cells that can
participate in regeneration. This approach may be particularly useful in the
treatment of patients with a reduced number of competent cells caused, for
example, by aging, disease, or irradiation therapy [156, 157]. In these cases,
the therapeutic efficacy of VEGF delivery may be enhanced by transplantation
of responsive cell populations that are able to actively participate in blood
vessel regeneration (e.g., endothelial cells, bone marrow derived stem cells,
endothelial progenitor cells circulating in the blood) [158–160].

4.2
Bone Regeneration

4.2.1
Therapeutic Significance of VEGF

Significant bone loss caused by accidents, sports injuries, or diseases such as
osteoporosis is frequently associated with severely impaired or nonhealing
defects. Major economic issues arise from an increasingly aged population
that typically exhibits slower healing of fractures, and this leads to a demand
for new therapies to promote bone formation. Bone formation (osteogenesis)
has long been appreciated to be dependent on vascularization, but not until
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recently was the critical role of VEGF in this process recognized. After bone
injury, VEGF is up-regulated during the first days and gradually decreases
in the second week [28]. It directly signals to cells involved in bone forma-
tion such as osteoblasts, and mediates their function during bone repair [12,
161–164]. Inhibition of VEGF activity leads to decreased angiogenesis, bone
formation, and mineralization [11, 165]. VEGF furthermore interacts with
signaling pathways of various osteogenic growth factors [163]. Bone morpho-
genetic proteins (BMPs) are widely studied for their multifaceted functions
in growth and differentiation of bone. Recent studies indicate that their os-
teogenic potential may be due to synergistic actions with VEGF, and crosstalk
between osteoblasts and endothelial cells [166–168].

Polymeric VEGF delivery systems for regeneration of functional bone are
required to be mechanically competent, and may also need to appropriately
mimic spatial and temporal presentation of multiple growth factors. VEGF
supply for two weeks after the initial injury may prove therapeutically benefi-
cial [28]. However, complex and difficult fractures resulting in delayed healing
may require a more prolonged application scheme [29]. Synergistic delivery
of VEGF with osteogenic growth factors, such as BMPs, may accelerate bone
formation and improve the functionality of the regenerated bone. The ther-
apeutic benefit will likely depend on the individual doses, as well as their
ratio [169].

4.2.2
Polymeric Delivery Systems

Mineralized PLGA scaffolds provide systems for multiple growth factor deliv-
ery that exhibit improved mechanical properties, and offer porous, bone-like
substrates that allow for bone conduction [67, 134, 137]. They may be placed
during the surgeries frequently required for severe bone fractures. The VEGF
release kinetics from these scaffolds is retarded through the mineralization
process, and may be further controlled by the polymer composition [170]. Be-
fore implantation, these vehicles may be readily seeded with cells that either
intrinsically possess bone regenerative properties [136] or that were previ-
ously subjected to ex vivo gene therapy to express angiogenic and osteogenic
factors (e.g., VEGF and BMPs) [169]. The sustained delivery of condensed
plasmid DNA encoding for both VEGF and BMP represents an alternative
strategy to yield localized and sustained presentation of these growth fac-
tors [87]. Since such approaches rely on the presence of cells that can take up,
produce, and secrete the respective factors, simultaneous delivery of compe-
tent osteogenic precursor cells may prove beneficial [87]. Furthermore, bone
healing and VEGF signaling may be improved by utilizing RGD-modified
alginate gels [57, 59, 171], and bone formation with these materials may be
regulated by the polymer degradation rate [59]. Providing multiple growth
factors [57], and/or incorporating other cell types that can actively partici-
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Fig. 10 Cotransplantation of osteoblasts and chondrocytes in RGD-modified alginate en-
abled formation of growth plate-like structures similar to those in developing long bones.
The cellular and tissue morphology at the interface between cartilaginous and bony re-
gions demonstrated cartilage (a), transition (b), and bone and marrow space (c) typical
of the corresponding regions in a growth plate (magnification: 200×) (Proc Natl Acad Sci
USA [171], with permission of National Academy of Sciences)

pate in bone regeneration (e.g., osteoblasts, bone marrow derived stem cells,
chondrocytes) may also be beneficial (Fig. 10) [57, 59, 171].

4.3
Nerve Regeneration

4.3.1
Therapeutic Significance of VEGF

Severe nerve damage, as a consequence of injuries or degenerative disor-
ders such as Alzheimer’s or Parkinson’s disease, affects millions of people
in the prime of their life, and is often incurable, disabling, and fatal. VEGF
has recently been recognized to play a fundamental role in nerve regen-
eration by both providing growth and survival signals to neural cells, and
enhancing vascularization. Following nerve damage, VEGF is up-regulated
and activates proliferation, migration, and survival of various nerve cells, in-
cluding neurons and glial cells [27, 172–174]. Concomitantly, VEGF promotes
blood vessel ingrowth and ultimately guides the branching, differentiation,
and overall function of nerves. A synergistic interplay of VEGF and other
growth factors, as well as crosstalk between nerve cells and endothelial cells,
are critical to this end. Nerve growth factor (NGF) was the first identified and
best characterized neurotrophic factor. Recent evidence suggests that NGF
elicits an angiogenic response from cells, and that its neurotrophic capacity
may at least partly be linked to this ability [175–177]. Despite the therapeutic
potential of NGF, early attempts to develop clinical treatments with this factor
were not successful [178]. The inability of these approaches to mimic biologic
events, such as combined presentation of VEGF and NGF, may be partially
responsible for the failure of the trials.
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Development of biomimetic delivery strategies that provide VEGF locally,
and in an appropriately timed fashion offer great potential for recreation
of damaged nerve functions. Recent data indicate that chronic delivery of
VEGF may delay progression of brain-related degenerative diseases [27]. Sys-
temic VEGF delivery would prove ineffective for these applications because
of its inability to cross the blood-brain barrier, and implantation of sus-
tained release vehicles into the brain may overcome this issue and other
limitations of bolus delivery. Combined delivery of VEGF with neurotrophic
factors such as NGF may further improve the functions of regenerated
nerves.

4.3.2
Polymeric Delivery Systems

Polymeric guidance channels, microspheres, and hydrogels may all be useful
for long-term release of VEGF. A widely explored strategy to treat periph-
eral nerve and spinal cord injuries is to physically guide neuronal outgrowth
by utilizing conduits typically prepared from biodegradable polymers (e.g.,
PLGA [179, 180] or magnetically aligned collagen or fibrin gels [181, 182]).
These grafts are placed across lesions and may exhibit either single or mul-
tiple lumens, and serve to support axonal outgrowth, allow the generation of
growth factor diffusion gradients, and minimize the infiltration of scar tis-
sue [183]. The release of growth factors from these grafts may render them
more effective, as shown with PLGA conduits that released NGF [184]. By
varying the approach to factor incorporation, and the PLGA composition,
different release kinetics could be readily achieved.

Microspheres are versatile, injectable systems for delivery of neurotrophic
growth factors, and the release kinetics with this system may be readily tai-
lored. Long-term release of neurotrophic growth factors has, for example,
been achieved with PLGA microspheres [185–187], and alginate and chitosan
microspheres may also prove valuable for this application [188]. Furthermore,
microspheres may be used in composite systems for multiple growth factor
delivery, and incorporated into hydrogel systems that physically direct growth
of regenerating nerves. The latter approach yields contact guiding neuro-
trophic matrices [186], whose effectiveness may potentially be improved by
incorporation of additional microspheres that release synergistically acting
growth factors such as VEGF.

The performance of polymeric VEGF delivery systems may be further
improved by modulation of cellular interactions, transplantation of cells,
and delivery of condensed DNA encoding neurotrophic growth factors. Ax-
onal outgrowth may be controlled by providing interfaces that present nerve
cell specific recognition motifs, and the modification of hydrogels (e.g., al-
ginate, PEG, fibrin) with integrin ligands known to be involved in nerve
regeneration may prove useful [189–191]. These hydrogels may either be
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used alone, or as a filling of solid nerve conduits. Cellular therapies may
particularly aid patients with decreased neural cell signaling activity due
to deficits in VEGF supply, and may utilize both mature neural cell types
(e.g., glial cells, olfactory ensheathing cells) and progenitor cells (e.g., neu-
ral stem cells, glial progenitor cells) [180, 183, 187]. For example, neural stem
cells can be seeded onto appropriately designed PLGA scaffolds that emu-
late their spatial arrangement into the gray and white matter of the spinal
cord, and implantation of these constructs mediated functional recovery sub-
sequent to spinal cord injuries [180]. In the future, nonviral gene therapy
approaches may become an option to obtain prolonged presentation of neu-
rotrophic factors, and could be achieved with localized delivery of polyca-
tion/plasmid DNA complexes to damaged nerve tissue. For example, poly-
cationic polyaminoethyl propylene phosphate (PPE-EA) may mediate gene
transfer in the brain, and display prolonged gene expression, lower cytotoxic-
ity, and better nervous tissue compatibility as compared to other condensing
agents [192].

5
Summary and Future Directions

Current strategies of growth factor delivery for tissue regeneration most com-
monly rely on bolus injections, but this approach typically fails to restore
compromised tissue functions. Delivery from polymeric systems may over-
come the limitations associated with bolus delivery by supplying the growth
factor in a well-controlled, localized, and sustained manner to the defect site.
Polymeric delivery vehicles have traditionally been developed by modulating
physicochemical characteristics. However, it has now become clear that the
appropriate mimicry of certain biologic signaling events is useful to achieve
full function from the delivered growth factors.

Originally examined solely for its role in blood vessel formation, VEGF
has recently been attributed potential in other tissue regeneration therapies.
At present, therapeutic angiogenesis, bone regeneration, and nerve regenera-
tion represent the best understood application areas for VEGF delivery from
polymeric delivery systems. In the body, VEGF is delivered from a sophis-
ticated, biologic delivery system, whose functionalities may be mimicked by
the polymer systems to obtain increased signaling activities from the deliv-
ered VEGF. Simulation of the ECM binding and sequestering of VEGF by
polymer systems may not only enable control over the temporal and spatial
availability of VEGF, but also enhance the effectiveness of signal transduction.
ECM molecules furthermore contain cell recognition motifs that are critical
to both the cellular interactions with the delivery system and the signaling
functions of VEGF. Incorporation of these motifs into the polymer delivery
vehicle may more appropriately prime host cells to the delivered factor. A key
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issue will likely be to present VEGF in the context of other growth factors, as
the concerted sequential interplay of multiple factors is critical to blood vessel
formation, and tissue regeneration more broadly.

Finally, normal tissue repair is based on elaborate spatiotemporal interac-
tions between the growth factors, cells, the host ECM, and mechanical signals,
and it may be necessary to create polymer systems that enable the interplay
of these multi-components in an appropriate manner. Depending on the af-
fected tissue type (e.g., blood vessels vs. bone), the patient (e.g., aged patients
with fewer competent cells vs. young patients), and the form of tissue dam-
age (e.g., acute injury or degenerative disease), different strategies of VEGF
delivery and different polymeric systems may be needed.
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