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Recently investigated applications of polymeric materials for tissue engineering, regenerative

medicine, implants, stents, and medical devices are described in the present review. Papers

published during the last 2 years about polymeric materials used for preparation of various

polymeric scaffolds, methods of fabrication of such scaffolds and their effectiveness in providing

support for cell growth and development into various tissues and enhancing or mimicking

an extracellular network (ECM’s) have been cited. Papers describing the use of such polymeric

materials for tissue engineering of cartilage and bones were cited. The exciting developments in the

field of regenerative medicine, based on application of the self-assembled biocompatible polymeric

scaffolds for regeneration of tissues and organs are described in some detail. The use of the

biocompatible and biodegradable collapsible polymeric stents, as well as the use of biocompatible,

but not necessarily biodegradable polymeric materials for protective coatings of metallic stents and

reservoirs of drugs, preventing restenosis and other post-operative complications that may occur after

insertion of a stent, have been reviewed. Clinical results pointing out the advantages of such

treatments, as well as results indicating their limitations, have been cited. New formulas, for coating

implants, stents, and other medical devices, have been discussed. Copyright # 2006 John Wiley &

Sons, Ltd.
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INTRODUCTION

General reviews of polymeric materials for biomedical

applications, with references to numerous review papers

dealingwith various specific aspects of this subject have been

published by the author in 1999 and in 2003.1,2 Ruth Duncan

published in 2003 an extensive review of the up to date

achievements in the field of polymeric therapeutics, and

discussed her expectations for the future. She believes that

many further developments in medicine will be achieved

thanks to such materials.3 A bottom-up design of biomimetic

assemblies has been suggested by Tirrell and Tu.4 These

authors pointed out that such design requires development

of functional molecular building-blocks that assemble to

form biologically specific components. To achieve this goal

one must be able to synthesize in controlled fashion

molecular fragments and to predict their ability to self-

assemble so as to form structure aggregates of the required

form. They suggested that creation of a toolbox of biomimetic

molecules, which will self-assemble with biological pre-

cision, should be one of the goals of the research.4 Exciting

and promising results of this kind reported by Stupp and his
ndence to: J. Jagur-Grodzinski, Weizmann Institute of
. O. Box 26, Rehovot 76100, Israel.
seph.jagur@weizmann.ac.il
collaborators and by other research groups will be discussed

in a section devoted to regenerative medicine.5
TISSUE ENGINEERING

Peppas and Langer defined biomedical engineering as an

extension of chemical engineering towards biomaterials.6

Tissue engineering is one of its main branches. Its concept

was born when several investigators realized that when cells

are placed close enough to each other they form structures

identical with those formed by such cells in a living body.

This, apparently, may be achieved thanks to signals that

living cells are able to exchange with the neighboring ones.

Various disciplines, such as materials science, cell biology,

reactor engineering, as well as clinical research must

contribute to tissue engineering. It requires a balanced

combination of cell culture growth with biomaterials to

support it and with bioactive molecules to enhance and

direct it. A quite successful approach to the goals of tissue

engineering involves replacement or repair of damaged or

failed tissues with viable ones by creation of an environment,

which promotes the native capacity of cells to integrate,
Copyright # 2006 John Wiley & Sons, Ltd.
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differentiate and proliferate.7–9 It is more ambitious, but

difficult to achieve, when the goals include generation of new

tissues or organs. The creation of the required environment is

usually achieved by implantation of three-dimensional (3D)

scaffolds seeded with appropriate living cells secreting their

own extracellular matrix (ECM). The proliferation of the cells

is usually induced by addition of growth factors and other

ECM components. The added bioactive molecules should

also promote the intercellular communication and attach-

ment of cells to a scaffold. Vascularization of the growing

tissue is usually ‘‘a sine qua non’’ requirement for its

successful completion. Biodegradable porous polymeric

scaffolds, which support and direct generation of a tissue

by the seeded cells, may be also associated with undesired

effects, such as inflammatory response to the implanted

materials. A novel approach known as cell sheet engineering

has recently been developed to avoid such complications. It

is based, either on direct transplantation of cell sheets to the

host tissues, or generation of 3D structures, via assembly of

individual cell sheets. Cell tissue engineering utilizes

temperature responsive intelligent surfaces of various

acrylamides. Yang et al. stated that this technique may

enable one to overcome problems encountered in recreating

various tissues and organs and establish a new basis for

regenerative medicine.10 Among natural and synthetic

polymeric materials which have been found to be suitable

for tissue engineering applications, special attention has been

given recently to chitosan derivatives in combination with

various polysaccharides. Grafted chitosans are extensively

investigated for applications in cell transplantation and for

tissue regeneration.11–13

Scaffolds
Advanced tissue engineering involves the use of 3D

polymeric scaffolds implanted at the defective site. They

provide frameworks for cells to attach, proliferate, and form

ECM. Scaffolds may be endowed with a spectrum of

bioactivemolecules, such as ligands for adhesion of receptors

to the cells, growth factors or their functional activators,

hormones, enzymes and other regulators of cell behavior,

which control cell attachment, growth, proliferation and

differentiation. Biodegradable natural and synthetic poly-

mers as well as some non-biodegradable polymers, which

are currently used for cartilage tissue engineering, have been

described by Li and Tuan.14a Polymer scaffolds suitable for

stem cell growth have been discussed by Godbey.14b

Biodegradable scaffolds should be bioabsorbed at a pre-

determined rate and the space initially occupied by them

should be fully replaced by the regenerated tissue.14c

Polylactides, polyglycolides, polycaprolactone (PCL) and

their copolymers have been often used for the preparation of

scaffolds. However, their hydrophobicity, the acidity of their

decomposition products, and the self acceleration of their

degradation, have constituted serious drawbacks. Chitosan,

a non-toxic, biodegradable, biocompatible natural polymer,

fully soluble at pH 5 in a very slightly acidic aqueous

medium, does not have these disadvantages. It can be

formed into fibers in various coagulating solutions. Chitosan

fibers used for scaffold preparation seemed to combine

adequate porous structure with sufficient degradability and
Copyright # 2006 John Wiley & Sons, Ltd.
mechanical properties. They were produced by a wet

spinning technique and treated with methanol to improve

their mechanical strength. They also showed bioactive

behavior important for bone repair by tissue engineering.

In vitro studies indicated that the mesh structure of such

scaffolds has been suitable for cell in-growth.15 Porous

conductive chitosan scaffolds have been prepared by the

phase separation technique, responsible for the dispersion of

2wt% of polypyrrole (PPy) nanoparticles in a chitosan

matrix. The conductivity of the scaffolds was 10�3 S/cm.

They were prepared by dissolving 1.5wt% of chitosan

powder in 1% aqueous acetic acid, adding suspension of PPy,

pre-evaporating it at ambient temperature and immersing

the gelled membranes for 24 hr in aqueous NaOH. The

porosity of a scaffold was controlled by changes in theNaOH

concentrations from 0.5 to 2.5wt%. It is expected that such

conductive scaffolds will be able to support and modulate

growth of various types of cells.16 It was claimed that

partially de-acetylated high molecular weight chitosan was

more suitable for tissue engineering applications than the

unmodified natural material. The hydrophobicity, biocom-

patibility andmaximum elongation increased, when alginate

was added to chitosan.17 To evaluate the effect of release of

growth factor on the formation of a cartilage, a 3D chitosan

scaffold was prepared. Chitosan microspheres, loaded with

the transforming growth factor, TGF-1, as well as chon-

drocytes, were planted into this scaffold and placed in a

rabbit. It was found that the inserted TGF-1 significantly

promoted regeneration of the cartilage.18 Porous

scaffolds made of chitosan, poly(L-lactic acid) (PLLA),

poly(D,L-lactide-co-glycolide) (PLGA), alginate, or combi-

nations of these polymeric materials have been prepared by

the freeze-gelation or freeze-extraction methods. These

methods involved preparation of the diluted solution of a

polymer in appropriate solvent (deionized water for

alginate), freezing it between glass plates and immersing it

into a gelation bath (for alginate: aqueous ethanol solution of

CaCl2 pre-cooled to �208C). Gelation was induced by the

replacement of the initial solvent by a non-solvent for a given

polymer. Finally, the porous scaffolds were dried at room

temperature. If the gelation takes place below the freezing

point of the solvent, the method is called freeze-gelation. If it

takes place above the freezing point of the solvent it is called

freeze-extraction. Most pores formed were in the 60 to

150mm range. These methods seemed to be less time and

energy consuming than the generally used freeze-drying

method.19 Other natural polymers, such as silk fibroin or

collagen blends with PCL or with glycosoaminoglycan

(GAG) have been used for the preparation of scaffolds by

electrospinning.20–22 Controlled, slow rates of the in vivo

degradation of silks provide templating effects, which

enhance bone mineral deposition during tissue formation.20

The electrospun collagen-GAG scaffold had a porous

nanofibrous structure. Scaffolds prepared from the uniform

nanofibers, with mean diameter of 260 nm closely mimic the

native ECM found in the human body and are expected to

support active tissue regeneration.22 PLLA–collagen hybrid

sponge seemed to be preferable to the PLLA sponge or to

collagen sponge for the integration of the tissue engineered

cartilage into skeletal systems. The PLLA-collagen hybrid
Polym. Adv. Technol. 2006; 17: 395–418
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sponge maintained its original shape through out the

implantation period of 8 weeks, while the collagen sponge

collapsed. The cartilaginous tissues were more widely

distributed in the PLLA-collagen scaffold than in the PLLA

sponge. The former did not require pre-wetting for cell

seeding. Its precise seeding efficiency has not been evaluated

yet.23 Preparation and properties of PLLA scaffolds, by

thermally induced phase separation from a ternary polymer-

solvent system, was also investigated. It was established for

the ternary PLLA/dioxane/tetrahydrofuran (THF) system

that larger pore density and higher interconnectivity of the

pores has been obtained at 70% of the dioxane (good solvent),

while higher void fractions, with ca. 90% of voids, have been

obtained at 50 or 90% of dioxane.24 The in vitro degradation,

during 15-weeks storage at 378C in a phosphate

buffered saline (PBS) solution, of the 3D composite scaffold

made from poly(3-hydroxybutyrate-co-3-hydroxyvalerate)

(PHCV) and wollastonite, was investigated. The results of

these studies indicated that, in order to match the

degradation rate of the polymer scaffold with the process

of tissue regeneration, one should modulate the degradation

rate of the composite scaffold by changing the amount of

wollastonite added to the matrix.25 PLGA porous tubular

foams were prepared by the thermally induced phase

separation process. Their application as soft-tissue scaffolds

was assessed in vivo by subcutaneous implantation in rats for

periods up to 8 weeks. They were rapidly cellularized,

indicating that they may be of use in biomedical applications

requiring tubular constructs.26 Scaffold, hydrophilized by

addition to chitosan of 10wt% of Tween 80, has had an

improved cell compatibility and could be seeded with cells

without pre-wetting.27 The growth of a new bone has been

greatly induced by the addition of demineralized bone

powder to the PLGA scaffolds.28 Melt spinning from blends

of PLLA with corn starch was used for the production of

biodegradable fibers with adequate mechanical properties

(highest modulus and strength were obtained with the 70:30

PLLA/starch blends). It was shown that this technique could

be adapted for the fabrication of 3D porous meshes, with

porosity and interconnectivity appropriate for tissue engin-

eering.29 In scaffolds for soft- and hard-tissue engineering,

prepared using the PLLA/Bioglass (BG) composites, the

effect of BG content (up to 40wt%)was explored. An increase

in cell proliferation due to the increased BG content in

blends, used for fabrication of scaffolds seeded with human

osteosarcoma cell line, was observed. For scaffolds seeded

with human lung carcinoma cell line, a maximum in

proliferation of these cells was observed at 5wt% of BG in

the blend. Results of this investigation seemed to imply that

addition of the right concentration of 45S5 of BG particles to a

PLLA scaffold may have a positive effect on the human

endothelial lung cell adhesion and proliferation due to a

favorable change of pH of the medium.30 Rapid prototyping

technique with selective laser sintering (SLS) was applied for

the preparation of tissue engineering scaffolds in a highly

reproducible fashion. Results of this study have shown that

SLS-fabricated scaffolds have a good potential to be used for

tissue engineering applications.31 Micro-porous materials

were produced by gradual precipitation of PCL from its

solutions in acetone. Porosity was induced by diffusion of a
Copyright # 2006 John Wiley & Sons, Ltd.
non-solvent (methanol) across the PCL membrane, formed

in situ at the interface between polymer solution and a

non-solvent. The non-solvent was extracted with water from

the hardened polymer by immersion for 3 days in water that

was replaced with fresh water every 24 hr. Hydro-apatite

(HAP) could be incorporated into micro-porous membranes

by dispersion in a solution of PCL in acetone. Micro-porous

PCL and PCL/HAP discs were seeded with human

osteoblastic cell culture. Cell/biomaterial interactions were

investigated after various incubation times. Coombes et al.

suggested that such micro-porous polymeric materials could

be useful for the extended residence of cells on supports and

for a slow sustained release of bioactive molecules.32 Micro-

porous interconnected dextran scaffolds with controlled

porosity were prepared using methacrylate coupled to

dextran and radically polymerizing the former in an aqueous

solution of (poly(ethylene glycol) (PEG). Porous gels were

obtained as result of immiscibility of dextran-co-poly(metha-

crylate) (DEX-PMA) and PEG in such solutions. Both macro-

and micro-porous gels could be obtained depending on the

ratio between DEX-PMA and PEG and on their concen-

trations in an aqueous medium.33 Biocompatible and

biodegradable amphoteric poly(amido-amine) (PAA) based

hydrogels have also been designed as scaffolds for tissue

engineering. PAAS are amphoteric due to the tertiary amino

and carboxylic groups in the main chain. They proved to be

cytobiocompatible as free bases and as salts of strong and

medium strong acids. The biological performance of PAAS

was not affected by the nature of a counter ion. They could

also be copolymerized with proteins and peptides via e-
lysine or their terminal amino groups. Linear PAAS,

synthesized by hydrogen transfer-poly-addition of second-

ary amines or tertiary a,v-diamines to bisacrylamido-

aliphatic acids (BAAACs), could be converted into gels by

crosslinking them with a,v-diamines.34 Two crosslinkers

were used for their gellation: AG1 and AG2. The AG1

crosslinking and grafting agent was prepared by the addition

of 4-aminobutylguanidine (agmatine) (3,6meq), a bioactive

molecule known to induce adhesion to cell membrane, which

was followed by addition of 2-methylpiperazine (2.4meq)

and by addition of 1,10-diaminodecane (1meq) to 2,2-

bisacrylamido-acetic acid (7meq). The AG2 crosslinker was

prepared in an analogous fashion. However, PAA-NH2

(obtained by poly-addition of an excess of ethylene diamine

to BAAAC) was used for its preparation instead of the 1,10-

diaminodecane. PAA hydrogels containing both tert-amino

and carboxylic groups in repeating units can be synthesized

using agmatine (a mimic of RGD peptide), as co-monomer

and as a multifunctional cross-linking agent. Cell adhesion

and proliferation on fibroblast cell lines was excellent for

both crosslinkers and the degradation products of both

hydrogels were non-toxic.35 Collagen scaffolds with

improved mechanical strength and stabilized microstructure

could be prepared by photo-crosslinking. This technique

could be used for tissue engineering of collagen scaffolds for

weight-bearing tissues.36 Adsorption of blood cells on

porous polylactide scaffolds indicated that these scaffolds

are highly thrombogenic. Lower, but still significant

adsorption of blood cells was observed on the expanded

polytetrafluoroethylene (ePTFE) surfaces. Therefore, they
Polym. Adv. Technol. 2006; 17: 395–418
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should only be implanted in vitro to provide ECM support to

the tissue engineered organ.37 Biodegradable PLGA micro-

spheres were used as both cell matrix and transplantation

vehicle of skin cells for skin regeneration.38 Injection

molding/solvent evaporation technique has been used in

order to form scaffolds with multi-channel geometry. Their

void fraction could be modulated by changing the initial

polymer concentration. Interconnectivity of voids increased

with the increase in their fraction. Distinct channels in the

scaffold have been seeded individually with Schwann cells,

which promoted axon regeneration in vivo.39 Advantages of

supercritical fluid processing methods for preparation of

scaffolds for tissue engineering involve the ability to

incorporate delicate biological molecules without loss in

their activity, and exclusion of organic solvents.40a Super-

critical carbon dioxide foaming of a blend of the SIS

copolymer with tetrahydrofuryl methacrylate (THFMA)

was investigated. Non-degradable scaffolds for tissue repair

were obtained. THFMA-rich formulations have been found

to be suitable for tissue engineering applications. A high

foaming factor responsible for higher porosity and open pore

structure was obtained for such formulations.40b Many

methods can be used for the preparation of porous scaffolds

they include gas forming, salt leaching, templating, phase

separation due to freezing or to solvent precipitation and

electrospinning.41–43 (see also 19–22,33,38) A modification of the

last method, involving formation of colloidal foams gener-

ated by propeller-driven high speed stirring, was used for

the preparation of poly(vinyl acetate) (PVA)-amino acid

(AA) scaffolds. Rotation produces waves that re-enter the

PVA-AA aqueous solution, creating uniform, micrometer

scale bubbles, encapsulated by a liquid shell. In order to

promote cell adhesion to the scaffold, a small amount of

collagen was added during the last 2min of stirring.

Following foam formation, samples were frozen at �808C,
left overnight, and lyophilized. Inherently strong, sponge

like material was obtained. The mild conditions of this

technique enable incorporation of various biological moieties

(e.g. growth factors) and possibly incorporation of cells

during scaffold formation.41 Fibroin spongy porous 3D

structures were prepared by freezing and thawing fibroin

aqueous solutions in the presence of a small amount of

organic solvent. Sponge formation, porous structure and

mechanical properties is affected by fibroin and solvent

concentration, and by freezing temperature and duration.

Thus prepared scaffolds can be sterilized in an autoclave

and used for cell growth and handling.42 PDLLA, PLLA,

PEG- PDLLA, and PEG-PLLA were electrospun from their

solutions in 1,1,3, 3-hexafluoro-2-propanol (HFIP) to form

random fused fiber topographies. Mean fiber diameters were

in the 0.14–2.1mm range. Osteoprogenitor cells were able to

adhere and proliferate on them. In the presence of osteogenic

factors cell density on fibers was equal to or greater than on

smooth surfaces. It increased with the fiber diameter. Cells

on fibers with 2.1mmdiameter extended lamella-podia along

individual fibers and exhibited a higher aspect ratio,

consistent with a contact guidance phenomenon. The cell

morphology and proliferation is affected by the surface topology

of such electrospun fibers.43 A laser-based layer-by-layer

photo-polymerization process was used for micro-fabrica-
Copyright # 2006 John Wiley & Sons, Ltd.
tion of the poly(ethylene glycol)dimethacryate) PEG-DMA

scaffolds. PEG acrylates covalently modified with RGD

peptide or with heparin sulfate (ECM component) was

incorporated within the scaffolds. Cell attachment was thus

facilitated and spatial sequestration of heparin-binding

growth factors was allowed.44 Mechanical strength and

porosity of scaffolds prepared by room temperature

compression molding of PLGA containing either cubic NaCl

particles or paraffin spheres, followed by leeching was

investigated. Scaffolds with spherical pores obtained in this

manner showed better interconnectivity then scaffolds

containing cubical pores.45 PLGA-collagen scaffolds were

prepared using pre-prepared ice particulates as porogen

material.46 Chitosan scaffolds were prepared by electrolysis

of its formic or acetic acid solutions. Their pore sizes were in

the 0.5–2mm range.47 Relatively stiff scaffolds for tissue

engineering based on collagen gel containing poly(ethylene

oxide) (PEO)-poly(propylene oxide) (PPO) block copolymer,

modified with positively charged quaternary ammonium-

MAA were prepared by radical polymerization of the

aqueous solutions of the methacrylic acid (MAA) and

MAA-(CH3)4N
þ modified poloxamine in the presence of

collagen. The cell attachment studies suggested, however,

that the interaction with the cells was not sufficient to induce

cell spreading. Therefore pre-adsorption of serum proteins

was required.48a,48b Three-dimensional porous scaffolds of

complicated shape have been prepared by combining

modified compression molding with conventional particu-

late leaching.49 The application of such biodegradable

polymers as PLA, PLGA, PGA, fibrin, copolymers of ethyl

acrylate (EA) and hydroxyethyl methacrylate (HEMA),

copolymers of hydroxy-butyrate-co-valerate, for the prep-

aration of porous scaffolds and matrices and a study of their

physico-chemical characteristics has also been examined by

several other investigators (see for example refs.51–55). Stable,

non-toxic, biocompatible, mechanically strong polymeric

networks have been produced by crosslinking chitosan/

gelatin membranes with proanthocyanidin, a natural poly-

phenolic crosslinker. Changes in the chitosan and crosslinker

amount may control their degradation.56 Polylactide vas-

cular scaffolds are highly thrombogenic. Their thrombo-

genicity may be reduced to some extent by hybridizing them

with ePTFE. It has been recommended to insert the

polylactide and surface modified ePTFE scaffolds for

vascular tissue engineering after developing in vitro the

non-vascularized tissue.37 A model was developed for the

diffusion of oxygen through a vascular scaffold, fed by a

blood vessel at its base, with matrix elements 15–60 nm in

diameter.57 PLLA-co-ePCL (70:30) nanofiber mesh (NFM),

with fiber diameter of 470� 170 nm and 64–67% porosity,

was fabricated by electrospinning followed by plasma

treatment and collagen coating. Collagen coating of the

NFM enhanced spreading, viability and attachment of

endothelial cells with preserved phenotype.58,59

Cell seeding and delivery of ECM agents
The delivery of living cells to scaffolds and insertion of

biological molecules inducing creation of an ECM, which

controls all aspects of cell and tissue function providing

mechanical support, is an essential part of tissue engineering.
Polym. Adv. Technol. 2006; 17: 395–418
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ECM is responsible for enhancement of cell proliferation and

growth, their differentiation and cell–cell interactions. The

earlier described collagen-blended nanofiber mesh closely

mimics, both morphologically and chemically, effects due to

natural ECM. (cf. refs. 58,59). The addition of sodium

ascorbate to the aortic smooth muscle cells (SMC) on a

hyularonan based vascular construct, improved cell viabi-

lity, helped to maintain SMC phenotype, and enhanced

secretion of the natural ECM.60 Degradable hydrogels have

been used as vehicles for delivery of growth factors and for

promoting regeneration of a damaged tissue. Langer and

coworkers investigated the possibility of using PEG based

hydrogels, prepared by photoinitiated polymerization, for

the delivery of neurotrophins, as treatment for spinal cord

injury. (They found that Ciliary-neurotropic factor released

from a gel above explanted retina stimulated outgrowth of a

significantly higher number of neuritis than those grown

without it.) They were also able to deliver simultaneously

several neurotrophins with individual release rates, by using

spherical particles of hydrogel/composites.61 Degradable

hydrogel composites consisting of poly(PEG(oligo)fumarate)

(OPF) and gelatinmicroparticles (MPs) were used as vehicles

for the delivery of transforming growth factor (TGF-b1) and/

or of the insulin growth factor (IGF-1) together with TGF-1.

The bovine chondrocytes were embedded in composite

hydrogels co-encapsulating MPs and TGF-b1 or TGF-

b1 þ IGF-1, to achieve this. Rate of release could be

controlled by adding the growth factors, either to MPs or

to the OPF phase of the hydrogel.62,63 In order to enhance

activity of liver tissue cells (hepatocrytes) seeded on a

scaffold, one can activate them by interaction with the

galactose-carrying synthetic or natural polymers, which

mimic action of ECMs. Their binding through a receptor-

mediated mechanism enhanced hepatocryte functions, such

as albumin secretion and urea secretion and guided their

adhesion. Effect due to these interactions depended strongly

on the geometry as well as on the density and orientation of

the attached hepatocrytes to PLGA, or to poly(acrylic acid),

or to alginate galactose.64 An atomizerwas developed to seed

mammalian cells suspended in phosphate buffered saline

solutions in the presence of pluronic F-127, or without. Cell

suspension flowed in the atomizer through the inner

tube and the air flowed through the outer pipe. Airborne

micro-droplets were generated. Cell viability was not

affected significantly by such treatment. The growth rate

and appearance of the sprayed cells were comparable to

pipetted samples, used as controls. The viability, growth and

proliferation of cells was not affected by this method of

spraying and seemed to be similar with andwithout addition

of pluronic F-127.65 Comparison between seeding of

chondrocyte suspension on PGA or on chitosan scaffolds

by the vacuum bioreactor technique and by rotation with the

spinner flask was the object of another investigation. A

suspension containing 5� 10 exp 6 porcine chondrocytes per

scaffold was used. Yield of both seeding techniques was

similar. However, the percentage of seeded cells in the center

of the PGA construct wasmuch higher than in the bioreactor,

resulting in much lower uniformity of the seeding by the

former technique. Formation of ECM seemed to be

stimulated by seeding on chitosan in a vacuum bioreactor.66
Copyright # 2006 John Wiley & Sons, Ltd.
Ingrowth rates of tissue in PCL-co-polyurethane (PU) and in

PU scaffolds was investigated by computer based histomor-

phometric method, involving examination of a number of

computer defined concentric zones, situated a pixel from the

scaffold edge. Each zone was automatically analyzed for

tissue content. Penetration of a tissue into PCL-co-PU was

much faster than into PU. PCL-co-PU seems to be, therefore,

a promising candidate for meniscus tissue engineering.67

Segmented PU (PCL-PU) films coated with gelatin, laminin,

or collagen IV, were seeded with embryonic stem cells of

cardiomyocytes. Investigation of the constructs conducted 30

days after seeding, revealed that cells seeded on laminin or

collagen exhibited preferential attachment (assessed by

cellular count and viability) to those seeded on gelatin.

The investigators concluded that degradable elastomers,

seeded with the embryonic stem cell-derived cardiomyo-

cytes, have the potential to be used for repair of damaged

heart tissue.68 Fourier transform infrared imaging spec-

troscopy (FT-IRIS) was applied to the study of collagen

orientation in collagen molecules in cartilage. This is an

important factor determining their functionality in a

connective tissue. Comparison of results, obtained by FT-

IRIS technique with those obtained by polarized light

microscopy (PML), revealed that zonal discrimination and

orientation detected by PML in human osteoarthritic

cartilage, were less obvious than those detected by FT-IRIS.

Apparently, FT-IRIS detects molecular orientation changes

prior to its manifestation at the microscopic level.69

Cartilaginous tissue engineering
Cartilage is a connecting soft elastic tissue found in various

parts of the body. It is generated by chondrocytes. Its

network constituents are primarily Type II collagen,

proteoglycans, water and mobile ions. It is able to lubricate

joints and withstand static and dynamic loads remarkably

well. In order to describe lubrication and load bearing

characteristics of cartilage, Basser and Horkay proposed to

treat cartilage ECM as a composite medium, with a

proteoglycans phase exerting swelling pressure and collagen

phase resisting it. The two constituents have distinct

biological roles.70 Chondroitin sulfate proteoglycan—aggre-

can forms complexes with hyaluronan, stabilized via its N-

terminal G-domain link-protein. They provide cartilage with

its load bearing properties. Similar aggregates of chondroitin

sulfate proteoglycans (containing other members of the link-

protein family, such as versican, may contribute to the

structural integrity of other tissues, such as skin and brain.71

Ear-shaped constructs, mimicking human-ear shape, were

prepared by mixing chondrocytes with fibrin polymer and

gelling it. The constructs were implanted into athymic mice

and extensively stented for 6 weeks. Implants histology and

mechanical properties were checked after 12 weeks. These

studies demonstrated that it is possible to engineer a cartilage

construct similar to the human ear not only in shape, but also

in size and flexibility.72 Effect of hydrogels of alginate, of

type I collagen, of methylcellulose (MC), and of pluronic F-

127 on the production of tissue engineered cartilage on

poly(glycolic acid) (PGA) scaffolds was evaluated and

compared with controls prepared without hydrogels.

Cartilagematrix deposition in the presence of type I collagen,
Polym. Adv. Technol. 2006; 17: 395–418
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methyl cellulose (MC), or pluronic F-127 was significantly

improved as compared to alginate. Quantitative ECM

analysis did not show, however, that combined seeding of

chondrocytes and hydrogels leads to significantly better

performance than seeding without hydrogels. Nevertheless,

it was concluded on the basis of the effect of chondrocytes

proliferation on cartilage regeneration that type I collagen or

MCwere the best candidates for this purpose. Pluronic F-127

was the next best because it also did not affect negatively

cartilage matrix secretion and did not prevent chondrocytes

from maintaining their condition in balance with cellular

morphology.73 The effect of fabrication variables on the

potency of poly(ethylene imine)(DNA-PEI)-loaded collagen

films was tested. Conditions leading to various levels of

transgenic expression were identified.74 Self-diffusion of

PEG in bovine nasal cartilage was determined by pulsed-

field gradient NMR. At low PEG concentrations (<10wt%)

the effect of restricted polymer diffusion was negligible. Its

values have primary been determined by water content and

molecular-weight (MW) of PEG.75 The investigation of

structure of the PEG-PPO-PEO (F-127) in the mammalian

cell media (MEM) revealed that the gel-sol transition

temperature and concentration, corresponding to the for-

mation of close-packed cubic assembly of spherical micelles,

is shifted down in comparison to pure water. At 258C the

critical micelle concentration (CMC) in MEM decreased

significantly. However, its basic structure remained the same

in MEM and in water.76 A novel 3D fiber deposition

technique was designed to form porous interconnecting

scaffolds containing, either homogeneously spaced pores

(fiber spacing:1mm, pore size �680mm diameter), or pore

size gradients (fiber spacing: 0.5–2mm, pore size �200–

1650mm in diameter), but with similar overall porosity and

volume fraction available for cell attachment and ECM

formation. Such pore distribution closely resembled cell

distribution observed in native cells.77

Cartilage can be tissue engineered in rabbits using

poly(glycolic acid) (PGA) mesh embedded with autologous

chondrocytes, encapsulated in alginate. This study demon-

strated that the reconstruction of tracheal defects by cartilage

engineering is feasible.78 The application of PLGA MPs as

biodegradable injectable scaffold for cartilage tissue engin-

eering was also investigated. Chondrocytes were injected to

subcutaneous space in mice in the presence and in the

absence of PLGA MPs. Progressive formation of a cartilage,

increase in the amount of GAG and uniformity of type II

collagen deposition was observed in samples containing

MPs. Larger mass of cartilage formed and higher content of

proteoglycanes was obtainedwhenMWof PLGAwas higher

or/and contained methyl ester end groups. However, in a

latter case the mass distribution was not homogeneous.

Mercier et al. believed that their data show promise for

utilization of the injectable PLGA-chondrocytes system in

tissue engineering applications.79

Amathematical model was developed in order to examine

strong interactions between profiles of diffusing oxygen and

cell distribution within cartilaginous constructs. Predictions

of this model were in agreement with experimental results.

Both the experimental and the predicted results showed that

cell-scaffold constructs that rely solely on diffusion for the
Copyright # 2006 John Wiley & Sons, Ltd.
supply of nutrients will produce proliferation dominated

regions near the outer edge of the scaffold, when oxygen

level or/and cell density exceeded critical level. Conven-

tional methods of enhancing oxygen supply may help to

reduce the non-uniform cell distribution.80 The electro-spun

meshes from PU, were coated with films of different relative

surface charge: hydrofluoropropylene (HFP) (neutral), N,

N-dimethylaminoethyl methacrylate (AMA) (positive

charge), and methacrylic acid (MMA) (negative charge).

An uncoated mesh had also a slightly negative surface

charge. Samples were implanted in rats for 5 weeks. Fibrous

capsule presence around the implants, cell nuclei density,

and the number of vessels, were assessed. There was no

significant difference between the four groups in cell nuclei

density and coating. However the number of generated

vessels was higher for the uncoated and for the MA-coated

samples, than for the HFP- and AMA-coated ones. This

suggests that an ingrowth of vessels was favored in the

negatively charged samples.81 Cartilaginous tissue formed

in vitro is deficient in collagen and has only a fraction of the

compressive strength of natural cartilage. Waldman et al.

proposed to improve its quality by long-term intermittent

stimulation. They harvested chondrocytes from bovine

metacarpal-carpal reticular cartilage and prepared an

in vitro-formed tissue. In order to determine the optimal

stimulation parameters, they submitted this tissue to various

stimulation protocols. They found that 5% compressive

amplitude, applied every second day during a 4week period,

at a frequency of 1Hz for 400 cycles, resulted in ca. 40%

increase in collagen synthesis, 30% increase in proteoglycans,

and a two to three-fold increase in compressive mechanical

properties. Accumulation of the ECMwas accelerated. These

studies showed that short intermittent stimulations improve

significantly the compression properties of cartilaginous

tissue. Prolongation of such intermittent treatment, by

application of 2000 cycles instead of 400 cycles, did not

affect the result significantly, though changes in compression

amplitude did occur.82

Bone tissue engineering
Applications of polymers for bone tissue repair and

reinforcement, for regeneration of cartilage associated with

bones, for helping in partial replacement of bones bymetallic

parts, and as carriers of antibiotics to the infected bone

tissues, have been extensively investigated. Relevant inves-

tigations, conducted during the last 2 years, will be reviewed

in this section. Re-absorbable or degradable biomaterials

containing the high MW hyaluronan (HA)-based polymers

have been extensively explored for tissue engineering

applications. HA-based biomaterials with excellent histo-

compatibility and biodegradability were prepared for the

synthetic bio-skin and biosynthetic osteo-cartilage used for

the reconstruction of tissues. The addition of growth factors

and cytokines promoted cell migration, proliferation and

formation of a new tissue.83 The synthetic polyester

poly(cyclohexyl sebacate) (PCS) and two natural polyesters

D400G andD600G, containing 8 and 12% of hydroxyvalerate,

respectively, were tested for repair of the musculoskeletal

tissues. In vivo experiments indicated that PCS caused amore

extensive inflammatory reaction and yielded lower vascular
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densities than D400G and D600G. Giavaresi et al. concluded,

on the basis of in vitro experiments with fibroblast cultures

and in vivo subcutaneously implanted tissues in rats, that

D400G may perhaps be the most suitable polymeric material

for this application.84 Repair of skeletal defects with

vascularized bone grafts was much more successful than

with non-vascularized free grafts. Osteoblastic cells were

seeded into a non-woven multifilament of PGA, which

provided 3D support during in vitro generation of a culture.

After 2 weeks these constructs were implanted around

femoral vessels of athymic nude rats. New bone formation

was evident in 10 out of 12 seeded implants. After 6 weeks

the tissue was primarily composed of cartilage enveloping

small islands of osteoids. It became later an organized bone

with vascular pedicle.85 The natural repair of osteochondral

defects can be enhanced by using biocompatible materials

that support repair process and are biocompatible. HA-based

scaffolds seem to allow faster cell infiltration leading to faster

tissue formation than the synthetic polylactides and their

copolymers. This may be due to the polysaccharides

provided by the natural polymers.86 A water soluble

formulation based on sulfated poly(N-acetyl glucosamine)

has been shown to enhance healing of osteochondral defects

in animal models.87 Magnetic iron oxide nanoparticles,

colloidally stabilized by addition of oleic acid as a long chain

surfactant, were coated with transferin. Cell proliferation,

cytoskeletal organization and formation of an ECM was

enhanced when super-paramagnetic, transferin coated

nanoparticles, were added to the human dermal fibroblast.

Moreover, many genes in the cells were up-regulated,

particularly in the area of cytoskeleton and cell signaling.

Though the transferin coated particles were attached to cell

membranes they were not internalized by them and did not

instigate receptor mediated endocytosis.88 The effect on cell

morphology and expression of surface markers of osteogenic

cells, due to cell–polymer interactions with bioresorbable

polylactides and with their copolymers with glycolic, was

investigated. Differential effects on the bone-progenitor cells,

due to expression of factors involved in cell–cell and cell–

matrix interactions, have been demonstrated.89 Development

of bone analogues on the biomimetic PCL/ceramic polymer

(CaP) was explored. Human marrow stem cells (MSCs) were

seeded together with fibrin glue on PCL/CaP scaffolds and

cultured in vitro for periods of up to 8 weeks. MSCswere able

to adhere, migrate, and differentiate along the osteogenic

lineage of these biodegradable scaffolds, which degraded 27

times faster than PCL alone.90 Osteochondral graft based on a

microsphere scaffold, prepared from a hybrid of a polymeric

hydrogel with a bioactive glass composite (PLGA-BG),

improves healing of osteochondral defects and promotes

integration with the host tissue. This graft consists of three

regions: gel only, gel/composite interface, composite only.

Effects of composition of a scaffold on chondrocytes response

were also investigated.91 Scaffolds consisting of two layers:

bone forming layer on the top and cartilage forming layer at

the bottom, were used. These scaffolds were based on OPF

and various amounts of TGF-b1, added to the cell culture.

They support healthy tissue growth in rabbit osteochondral

defects, and undergo biocompatible degradation. Tissue

quality improved over time with hyaline cartilage filling the
Copyright # 2006 John Wiley & Sons, Ltd.
chondral region and mixture of a compact trabecular bone,

filling the sub-chondral region. New bone tissue was

completely integrated with the surrounding bone after 14

weeks and no bone up-growth into the chondral region was

observed.92 A study of the influence of TGF-b1 on the bone-

like tissue formation in 3D cultures of ratMSCs seeded on the

PLGA fiber meshes, showed that addition of TGF-1 has a

positive effect on the formation of procollagen type I,

collagen type I, and collagen type V. This was confirmed in a

long-term study of formation of an ECM. Matrix mineral-

ization was also improved by the TGF-b1 treatment.

However, study of the differentiation of the marrow stromal

cells into osteoblastic phenotype, in a dynamic cell culture,

revealed that while bone sialoprotein increased with the

increase in the dose of TGF-b1, the osteonectin was not

affected by it.Moreover, both alkaline phosphate activity and

osteocalcin formation were suppressed by high doses of

TGF-b1. In view of these findings and considering the

beneficiary effect of TGF-b1 on matrix formation and

mineralization, and on cell differentiation, it was decided

that addition of only 1 ng of TGF-b1 a week for the first 2

weeks may be optimal for the formation in vitro of bone-like

tissue.93 The chitosan-alginate scaffolds were prepared from

solutions at physiological pH, which provide favorable

environment for incorporating proteins. Bone forming

osteoblastsic cells attached readily to chitosan-alginate

scaffolds, proliferated well, and deposited calcified matrix.

In vivo studies showed that a hybrid scaffold has a high

degree of tissue compatibility. Calcium deposition appeared

4 weeks after insertion. These investigators believed that the

biological and mechanical properties of these scaffolds

warrant clinical trials.94 Scaffolds suitable for bone tissue

engineering were prepared by combining ceramic materials

with biocompatible, water soluble polymers based on N-

vinylpyrrolidone and acrolein diethyl acetal. The aldehyde

groups on the copolymer may conjugate with proteins and

peptides controlling cell adhesion and growth. The intro-

duction of positively charged lisyl ligands further increased

the adsorption capacity of the composite scaffolds. The

compatibility with bone tissue was enhanced by the mineral

components. These scaffolds were found to be non-

cytotoxic.95 Several other research groups also investigated,

during the last 2 years, bone tissue formation on scaffolds

prepared from composites, such as the calcium metapho-

sphate, hydroxyapatite, carbonated fluoroapatite, or phos-

phate glass, combined with such biodegradable polymers, as

polylactides and their copolymers, PCL etc., which were

seeded with osteoblastsic cells.96–101 Articular cartilage is a

dense white tissue that covers surfaces of bone joints. It

shows limited reparative capacity after injury. An attempt

was made to repair it by seeding the appropriate chon-

drocyte cells in biocompatible composite scaffolds, culture

them in vitro, and then implant the cell material complex in

the damaged tissue. Several investigations dealing with this

problem have recently been published.102–107
REGENERATIVE MEDICINE

The aim of regenerativemedicine is to regenerate the soft and

hard tissues, organs, and nerves responsible for main human
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disabilities. Though it initially looked as an extension of

tissue engineering, it is now considered to be one of themajor

interdisciplinary scientific challenges. It requires integration

of emerging knowledge in the physical and life sciences with

bioengineering and with clinical medicine so as to learn how

to trigger the failed human tissues and organs.108 Several

investigators recently came to the conclusion that in order to

achieve a breakthrough in this field one must mimic the

natural biological processes.4,5 Self-assembly, based on

supramolecular interactions, plays a prominent role in

biology. Fulfillment of this requirement is, of course, not

an easy task, but spectacular results achieved recently by

Stupp and his coworkers, briefly discussed later, give

hope that this goal may, indeed, be achieved in the future.

They reported on the preparation and properties of

self-assembling nanostructures composed of peptide amphi-

philes in which cells encapsulated in vitro within a bundle of

amphiphilic nanofibers survived organization and growth of

the nanofibers around them forming regular 3D structures.

The encapsulated cells proliferated and differentiated

rapidly, when peptides acting as cell stimulating epitopes,

that promote receptor based interactions with cells, were

used for the synthesis of the amphiphile molecules.109

Constructs self-assembled from such molecules mimicked

natural ECMs. However, possible problems related to

formation of such constructs in living organisms have not

been investigated in depth, if at all. The immunogenicity of

the constructs or of their parts may constitute a hurdle

difficult to overcome. Perhaps, generation in vitro of the

entire organ by self-assembly of a construct seeded with

appropriate cell cultures and its subsequent partial degra-

dation prior to the in vivo implantation of an organ may

provide solutions to such problems. Stupp prepared a

number of self-organized nanostructures that are highly

regular in size and shape. He used amphiphilic triblock

copolymers. Repulsive forces among some segments of these

triblock molecules have been responsible for the regularity

and finite size of the supramolecular units.110 Formation of

nanoribbons111 that may be twisted to generate nano-helixes

has been reported by these investigators.112 Nanofibers can

form double layer patterns.113 The self-assembling peptide

amphiphiles contain a hydrophobic peptide covalently

coupled to lipid tails. As such, they are analogous to

phospholipids and other membrane-forming amphiphiles.

The self-assembled aggregates were precursors of various

supramolecular structures: from individual fiber-like

micelles to larger aggregates and membrane mimics.

Cylindrical structures, of theN-acylated oligopeptides joined

with palmitic acid, were formed by self-assembly in aqueous

media. The ionizable amino acids in the peptide segment

drive the self-assembly through hydrophobic collapse into

high aspect ratio cylindrical nanostructures, with dimen-

sions of the molecular components in the 6–8 nm range. The

repeated residues of such amino acids, as alanine, leucine, or

valine, promoted formation of b-sheet like structures, which

stabilized the aggregates and imparted them with a high

degree of order. These cylindrical structures can display

signaling to cell epitopes on their surface.113,114 Chemical

formulae of the self-assembling peptide amphiphiles used in

such experiments are shown in Figs. 1 and 2. Study of the
Copyright # 2006 John Wiley & Sons, Ltd.
properties of these constructs revealed significant sequestra-

tion by them of hydrophobic molecules, as well as sufficient

salvation allowing diffusion and release of sequestered

species into the local environment. These results demon-

strated the potential of such constructs, as carriers of drugs

and proteins.115

Scaffolds that have been made of PLLA had satisfactory

mechanical properties, but their wettability and cell adhesion

were poor. Attempts made in the past to correct this situation

by depositing on them amphiphilic block copolymers, by

using Langmuir–Blodgett technique, were not very success-

ful. Stupp et al. approached this problem by coating PLLA

with the self-assembled triblock oligomer consisting of the

rigid cholesteryl segments followed by the L-(lactic acid)

oligomers and the second generation L-lysine dendrons. The

self assembly of amphiphilic peptides into nanofibers is

depicted in Figs. 3 and 4. The adhesion of cells and their

proliferation on the modified PLLA scaffolds was signifi-

cantly enhanced.

Apparently, the deposition of the bioactive multilayers on

the surfaces may trigger cell response, which may be useful

in tissue engineering, and for generation and transplantation

of cell cultures.116,117 Suspension of the neural progenitor

cells in physiological media was mixed with 1% aqueous

solution of amphiphilic peptides consisting of a pentapep-

tide isolucine-lysine-valine-alanine-valine (ILnVAV) com-

bined with four alanine and three glycine residues, followed

by an alkyl tail of 16 carbons. The ILnVAV segment (also

found in laminin) is known to promote neurite sprouting and

direct its growth.Mixing of neural progenitor cell suspension

with the solution of the amphiphilic peptide promoted self-

organization of the molecules into a solid construct. The cells

survived the growth of nanofibers around them. Scaffolds

formed from these nanofibers induced rapid differentiation

of the cells into neurons, while formation of astrocytes was

discouraged. Area of the cell body and the rate of growth of

neuritis on the bioactive scaffolds were significantly larger

and faster than for cell cultures grown on PDL or laminin-

coated substrates.109 It has also been shown by Li and Stupp

that peptide based nanofibers can serve as scaffolds for the

one-dimensional assembly in organic solvents of lipophilic

inorganic nanoparticles.118 Stupp stated during the FBPS 05

meeting in Granada, Spain, that his group is involved in the

in vivo testing of performance of such systems for bone

regeneration, angiogenenesis, regeneration of heart tissue,

and transplantation of insulin productive tissues. He claimed

that the initial results were very encouraging.119

Self-assembly of other amphiphilic peptides and of the

amphiphilic peptide nucleic acids has also been investigated

during the last 2 years by other research groups.120–123

Several investigators were particularly interested in using

these techniques for the preparation and/or investigation of

bioactive constructs and related materials as artificial ECMs.

Self-assembled nanofibrous scaffolds have a high surface-to-

volume ratio that enhances cell adhesion and proliferation.

They are expected to provide more efficiently acting ECMs

than those in the lowest range of the natural ECMs. On the

other hand, cross-sections of nanofibers generated from

collagen by the phase separation and by electrospinning

methods are in the middle and in the upper range,
Polym. Adv. Technol. 2006; 17: 395–418
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Figure 1. Chemical structures of the self-assembling amphiphilic peptide. Reproduced by

permission from chart 1 from J.D. Tovar, et al. J. Am. Chem. Soc. 2005; 127(20): 7337–

7345. Copyright # 2005 American Chemical Society.

Review of recent studies 403
respectively, of natural collagen ECMs.124 Zhang and his

coworkers found that also peptides consisting of periodic

repeats of alternating domains of the hydrophobic and of the

ionic hydrophilic AAs self-assemble when exposed to

physiological salt containing solutions.125 Peptides that

self-assembled with pores of a size suitable for accommo-

dation of cells, were used by Zhang and his coworkers for the

preparation of 3D scaffolds acting as ECMs for the attached

cells. Thus formed 3D matrices supported cell attachment,

induced differentiation of a variety of mammalian primary

tissues and/or tissue cultured cells, and enhanced their

survival.126–129 Tissue engineered human blood vessels

reconstructed using the self-assembling approach were

tested for the presence of endothelin vasopresssor ETA

receptors, and for functionality in such reconstructed blood

vessels. Reverse transcriptase polymerase chain reaction

studies demonstrated that mRNA of the ETA receptor was

indeed present and functional in vessels developed in self-

assembled constructs, as was also the endothelin converting

enzyme, responsible for the formation of the biologically

active endothelin peptides. However, mRNA of the ETB

receptor was missing.130 One of the major present tasks of
Copyright # 2006 John Wiley & Sons, Ltd.
regenerative medicine is replacement of damaged human

nerve tissue. Two papers were recently published within the

framework of the nerve regeneration attempts. Outcome of

nerve regeneration studies conducted on peripheral nerve

injury of rat models demonstrated that nerve guidance

channels prepared, by using coil reinforced PHEMA-MMA

hydrogels, show equivalence to nerve autografts. However,

second surgery for the removal of such non-biodegradable

tubes was required after nerve regeneration was completed.

Authors of this report declared that they are investigating the

possibility of using biodegradable polymeric tubes for the

repair of the peripheral nerve of the spinal cord.131 Extension

of neonatal rat dorsal root ganglion neurons, cultured on

grooved substrates of polydimethylsiloxane (PDMS) coated

with laminin and poly-L-lysine, across micropatterned

groves, tens of microns in size, has been investigated. The

size of a grove corresponded to the size of pores in a scaffold

and depended on the design of the biomaterial. Such studies

have been of interest for understanding the cytoskeletal

dynamics and designing biomaterials for axon guidance.132

Population of neurons showed an unique growth pattern

with neuritis bridging across grooves between adjacent
Polym. Adv. Technol. 2006; 17: 395–418
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Figure 2. Structure of peptide nucleic acid/peptide amphiphile conjugate (PNA-PA). The thymine

nucleic acid base was attached through an acetyl linker to an N-(2-aminoethyl) glycine PNA

derivative, shown in gray. Reproduced by permission from Guler et al. Bioconjugate Chem. 16(3):

Fig. 1 pp. 501–503. Copyright # 2005 American Chemical Society.
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plateaus. In absence of underlying solid support, neurons

were pulled 50mm above the initial adhesion point in order

to suspend themselves between groves. In order to do this in

nature neurons must navigate a complex 3D matrix of

molecules and cells. Attempts to promote cell regeneration

must take this into account. One must also remember that

neurons and glial cells have the capacity to grow counter to

the intended direction of growth. Authors of this report

stated that their results will influence the future deign of

scaffolds supporting nerve cell regeneration.133 It has been

indicated in the introduction to this review that a novel

method—cell sheet engineering—has recently been devised

for generation or regeneration of tissues from cell cultures.

This method is based on either direct transplantation of cell

sheets from Petri dishes to the host tissues, or generation on

host tissues of 3D structures, via assembly of individual cell

sheets. It eliminates complications due to the application of

scaffolds or carrier substrates. In this way host inflammatory

response to the implanted polymeric materials can be

avoided. Cell sheets have been generated by placing cells

on Petri dishes coated with temperature responsive poly-

mers. Cells will adhere to the coated surface and form a cell

sheet at initial temperature. But upon change in temperature

the entire sheet will be released. At present, the prospective

applications of this method include regeneration of period-

ontal, heart, corneal, liver tissues, as well as reconstruction of

the bladder. It is believed that this approach will overcome
Figure 3. Self-assembled amphiphilic pept

phan residues in the self-assembled molec

chart 2 in a paper by J.D. Tovar, et al. J. Am. C

Copyright # 2005 American Chemical Soc
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problems that in the past have limited the traditional

methods. This will establish a new basis for some aspects of

regenerative medicine.134 A novel multi-functional linear,

terblock copolymer, poly(N-isopropylacrylamide-co-acrylic

acid)-b-(lactic acid) (NAL) was synthesized for cell sheet

engineering applications. Spin-cast NAL films were thermo-

responsive. At 378C their surface was more hydrophobic and

rougher than at 228C. At the lower temperature it was

hydrophilic and smooth. Murine osteoblastsic MC3T-E1 cells

displayed comparable adhesion but slower proliferation

on NAL films than on PLLA or on end-silylated polystyrene.

A well-established MC3T-E1 cell sheet was successfully

detached from NAL films by lowering the temperature from

378C to room temperature. NAL copolymer may be

applicable for non-invasive two- or three-dimensional cell

sheet harvesting. Apparently, it may also have potential for

controlled release of therapeutic agents, while supporting

growth of the cells.135

IMPLANTS, STENTS AND MEDICAL
DEVICES

Implants

Implants for bone repair and reconstruction
Bone implants are themost common body implants. They are

implanted in order to replace surgically removed parts or

minimize or, if possible, eliminate damages or defects due to
ides. Black arrows indicate the trypto-

ules. Reproduced by permission from

hem. Soc. 2005; 127(20): 7337–7345.

iety.
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Figure 4. Atomic force microscopy tapping mode images of PA nanofibers. (a) Topogra-

phical an. (b) phase images of isolated PA nanofibers lying on a top of a close-packed layer of

nanofibers. (c) Topographical image of random network of nanofibers. (d) Topographical

image of ‘‘patches’’ of close-packed layer of monolayers, with isolated single fibers on top.

Reproduced by permission from Fig. 1 in a paper by H.J. Jiang, et al. Langmuir 2005; 21:

hem
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diseases, accidents, birth defects, crimes or wars. Polymeric

materials have often been used for such purposes. Chitosan

has been crosslinked by reaction of its amino groups with

PEG600 terminated at its two ends with carboxyls. Thus

covalently crosslinked networks are obtained forming pH-

sensitive hydrophilic hydrogels. The in vivo studies revealed

that such hydrogels facilitated bone regeneration. When the

degradation of the implant was completed, bone defects

filled with such hydrogels were completely regenerated.136a

Tests conducted in vivo on sheep, with microfructere defects

in the knees, showed that implants of chitosan-glycerol

phosphate plus full autologous blood can improve the

structural and compositional properties of repaired cartila-

ge.136b The application of the hydroxy-apatite/collagen-

alginate (APC) composite as bone filler and carrier of

recombinant human bone morphogenetic protein (rh-BMP2)

was investigated by Shinomiya and coworkers.137 Fiveweeks

after filling bone defects by implantation with APC plus rh-

BMP2, it was found that bone was formed through the

implant without any obvious deformation. The compression

strength of APC sponges was high enough to prevent

squeezing out of the rh-BMP2 protein during bone

formation. However, its brittleness in a dry state imposed

limitations on its use. Shinomiya and coworkers concluded

5242–5246. Copyright # 2005 American C
Copyright # 2006 John Wiley & Sons, Ltd.
that APC may be useful as a drug carrier.137 Acrylic bone

cement is generally used as a delivery system for depot

administration of antibiotics to the infected bones. However,

it is not biodegradable and requires secondary procedure for

its removal. Though many biodegradable polymeric and

natural materials have been investigated, none has yet been

approved for clinical use in the US.138 An implant made of

PLA with the carbonated calcium phosphate/CaCO3, was

prepared by combination of hot pressing and gas forming. It

contained the macroporous, fast degradable poly(D,L-lactic

acid)þCaCO3, on the inside, which promoted the ingrowth

of bone cells. To ensuremechanical stability and protection of

the implant, it contained the slowly degradable compact

PLLAþ the carbonated calcium phosphate on the outside.

Calcium carbonate neutralized lactic acid formed as a result

of degradation of PLA. Good proliferation of the human

osteoblastsic cells was observed in vitro, testifying to the

biocompatibility of this implant for cranial reconstruction.139

Satisfactory results were obtained, when PLLA implants

were used for healing 23 human patients, with scaphoid

failure of broken bones.140a The application of implants,

prepared from 80:20 poly((L/DL)-lactide) instead of the

commercially available 30:70 poly((L/DL)-lactide), was inves-

tigated for fixation of fractures of bones in regions of low

ical Society.
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load. The higher chemical strength and loading capacity, due

to higher crystallinity, promised advantages for long-term

implantation. They were tested in vivo to promote bone

regeneration of circular cranial defects in white rabbits.

Short-term studies demonstrated that there was almost

complete regeneration of cranial defects after an 8 week

period. However, long-term studies must be conducted to

confirm the expected advantages of this formulation.140b The

glycerol-L-lactide polymer, obtained by ring-opening

polymerization (ROP) of L-lactide in the presence of glycerol,

could not be used for the fibroblast factor (BFBF)-coated

hydroxyapatite discs, because it did not have pores enabling

ingrowth of a tissue into the implant.141 HAPEX and

AWPEX, composites of high-density polyethylene with

hydroxyapatite or with glass-ceramic apatite-wollastonite,

showed potential as orthopedic implant materials. HAPEX

had clinical successes. In order to explore their biological

responses, samples of these implants were immersed at

36.58C for up to 14 days in the simulated body fluid (SBF),

with ion concentration similar to that of human blood

plasma. Osteoblast-like cells proliferated on both composite

materials. However, preferential attachment to ceramic

particles was evident onAWPEX. Therewas no development

of apatite within 14 days of immersion of HAPEX in SBF,

while immersion of AWPEX in SBF produced a layer of

apatite after 7 days. Its thickness and crystallinity increased

continuously during the subsequent 7 days. This study

showed that AWPEX, apparently, had a higher level

of bioactivity than HAPEX. Both promoted growth of

osteoblast-like cells contact guided by the topography of

their surfaces, with preferential attachment to ceramic

particles.142 Deformities of the facial skeleton in the

maxillofacial region have been reconstructed using high-

density porous polyethylene. Its fixation was easy and did

show neither tissue ingrowth nor capsule formation.

However, placement under the skin without a facial

envelope posed the risk of an early or late exposure. Authors

of this report stated that autogenic implants instead of

allogenic material may be preferable.143 Modulus mismatch

between bone and the implanted material alters load

distribution transferred through the bone, and may cause

reduction of stress in some regions of the remaining bone.

This may lead to a loss of bone. The unnatural stresses at the

bone implant interface may cause bone hypertrophy.

Polymeric cups have been developed to eliminate such

problems. Brooks et al. evaluated body responses to the use

for such cups of carbon-fiber reinforced poly(butylene

terephthalate). They did not observe any adverse effects

and found good bone binding to the hyaluronan coated

prostheses.144a The new acetabular cup consists of three

zones: surface of the implant is 100% ultra high molecular

weight polyethylene (UHMWPE), zone 2 consists of a blend

of UHMWPE with PDMS, zone 3, which is the shock

absorbing layer of the cup, consists of PDMS only.144b

Deformation of the acetabular cup can be decreased and its

strength increased by exposing UHMWPE to a 60–66KGy

dose of b-radiation.144c Metal implants are in general not

compatible with the human body. In particular, blood

exhibits haemostatic response to them. The adverse effects

may be minimized by coating prostheses with HA. Pitt et al.
Copyright # 2006 John Wiley & Sons, Ltd.
coupled HA with the stainless steel surfaces via a silane

coupling layer. To achieve this they dipped clean metal

surfaces in the aqueous emulsion of crosslinked silane. After

drying they dipped it again in an epoxidized silane, and

oxidized epoxy to aldehyde by exposing the surfaces to

sodiumperiodate. Subsequently, a layer of the lowmolecular

weight HA, modified by reaction with adipic dihydrazide

(ADH), was attached. Aldehydic groups reacted directly

with the hydrazide linker. The response of platelets to the

HA coated surfaces was passive and non-adhesive.145

Adhesion of the Staphylococcus aureus bacteria to the

implanted surfaces has been the main cause of post-implant

infections. Coating the TiO2 layer on the surface of the

implanted titaniumwith PEG grafted on poly(L-lysine) (PLL-

g-PEG), reduced adhesion of bacteria by 89%. However, such

coating also caused a decrease in adhesion of osteoblastsic

and fibroblastic cells. They could be restored by functionaliz-

ing PLL-g-PEG layer with RGD type peptide (Arg-Asp-Gly).

Coating obtained by interacting PLL-g-PEG with PEG-RGD

did not affect adhesion of the osteoblastsic and fibroblastic

cells, while reducing by 69% adhesion of S. aureus. Such

coatings may be used in the orthopedic and dental

implantology and for other medical devices.146 Another

variant of this approach involves embedding an antibacterial

peptide between multilayered PLL-g-PEG coats. Positive

results were achieved when the positively charged lysine

was the outermost layer of the film.147a Fully absorbable

osteogenic material was generated by mixing porous b-

Ca3PO4 with the recombinant human bone morphogenic

protein (rh-BMP2), block-copolymerized with D,L-lactic acid

(PLA), which contained randomly inserted p-dioxane (DX)-

PEG segments. These studies indicated that rh-BMP2(PLA-

DX-PEG)b-Ca3PO4 composite seems to be an efficient

enough agent for repairing large bone defects.147b The a-

MSH, a melanocortin derivative, attached to the negatively

charged PGA, inserted between two positively charged

layers of PLL conferred the anti-inflammatory properties on

the coating.148 When protein body fluids are in contact with

an implant, and protein adsorption occurs, it is followed by

cell adhesion, which may cause undesirable biological

responses, such as inflammation, thrombus formation,

and encapsulation. In order to minimize cell adhesion,

poly(ethylene terephthalate) (PET) surfaces were grafted

with a linear-PEI or with poly(allyl amine), and reacted with

PEG, which had chain ends functionalized with epoxy or

aldehyde groups. Absorption of proteins was eliminated,

when PET surface was completely covered by the PEG

chains.149 The properties of bone implants are a crucial factor

for their successful oseointegration, though they must also

satisfy many other requirements that cannot be satisfied by a

single material. Composite materials may provide the

desired solutions. Relatively high values of push-out force

and ultimate sheer strength have been observed for

composite implants of the poly(methyl methacrylate)

(PMMA)/hydroxylapatite reinforced by E-glass fibers

coated by PHEMA.150 Successful fixation between bone

and implant material in knee arthoplasty was achieved by

filling titanium fibers, surrounding a titanium implant, with

hydroxyapatite slurry prepared by soaking its powder in an

ethanol solution of hydroxy-propyl-cellulose. As result of
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such treatment significantly higher bonding strength was

obtained.151 Durability of the composite of polysulfone (PSu)

with carbon fibers (which contained 15% of short and 45% of

long fibers) in body fluids environment was investigated and

compared with that of PSu. It was found that PSu and its

composites can work safely at a level of 30–40% of initial

strength, under long-term load, for a period required for

bone fixation. Degradation processes were accelerated in

body fluids by the presence of carbon fibers.152 PCL, that has

been successfully applied for the delivery of anti-inflamma-

tory agents and protein for bone regeneration, seemed to be a

leading candidate for application in case of musculoskeletal

pathologies. Giaveresi et al. decided to compare with PCL the

biocompatibility, biodegradation rate, and vascular density

induced by four polyester copolymers and by the substituted

poly(organo) phosphazene (POP). All investigated polye-

sters were in some respects superior and in others inferior to

PCL, with the exception of poly(cyclohexyl-sebacate) that

was definitely inferior to it. However, POP substituted by

phenylalanine and imidazole in 80:20 ratio, showed increase

in vascular density in comparison to PCL, while amild tissue

reaction caused by it was similar to that due to contact with

PCL.153 The investigation of adhesion of the Escherichia coli

bacteria to surfaces of PMMA, low-density polyethylene

(LDPE), and poly(vinyl chloride) (PVC) showed that

adhesion to PVC surface was the highest one, apparently

due to its acidity. The adhesion of E. coli to the surface of

PMMA was much lower and was strongly affected by

surface purity. After cleaning the PMMA surface with

tetrachloroethane it was even lower, possibly due to the

effect of trace amounts of the residual solvent.154

Other implants
Polyisobutylene-based thermoplastic elastomers are con-

sidered to be prospective implant materials for replacement

and reconstruction of soft tissues. Presently, silicones, PET,

PTFE, PE, and PUs, which are relatively inert and

biocompatible, are being used for such purposes.155 The

formation of fibrous capsules around implants, which

require communication/interaction with the surrounding

tissue or with the circulatory system, render them ineffective.

It is essential for such implants not only to be surrounded by

a highly vascularized tissue, but also to be penetrated by it.

Microporous PHEMA hydrogels grafted with PEG have an

interconnected pore structure and high porosity for a given

fraction of active solvent. PHEMA sponges, prepared with at

least 70% of a solvent, are capable of supporting in vitro

tubule formation, essential for vascularization. Though

attachment of the endothelial cells to PEG grafted networks

is reduced, it is not crucial for vascularization of a hydrogel.

PEG containing networks were better suited for tubules

formation than those without PEG. (Apparently, due to the

increased interconnectivity of the pores and greater poros-

ity.156) Intracortical neural implants, with embedded micro-

fluidic channels, were fabricated on the basis of poly(benzo-

cyclobutene) (BCB). It did not exert in vitro any toxic effects

on the cultured cells, and was not impedimental to their

growth and adhesion. Stiff BCB electrodes with silicon

backbone penetrated pia of a rat without buckling.157 Novel

chronically implantable cortical electrodes, based on poly-
Copyright # 2006 John Wiley & Sons, Ltd.
imide biopolymer, were devised. The load distribution

provided flexibility for micro-motion compliance between

brain tissue and skull at brain/implant interface, but were

stiff enough for surgical handling. A 5–10 nm thick silicone

backbone layer was attached to the tip of an electrode to

enhance its structural stiffness.158,159

Sutures made of poly(hydroxy butyrate) (PHB) or of its

blend with poly(hydroxy valerate) (PHV) were compared

with sutures made of silk and catgut. High purity PHB or

PHB/PHV (85:15) sutures remained sufficiently strong

through the period of healing. Post-traumatic inflammation,

lasting up to 4-weeks, was caused by all four investigated

implants, Fibrous capsules (less than 200m thick) encircled

them as result of tissue reaction to the implants. Thickness of

capsules formed around the silk and catgut implants did not

decrease with time. However, PHB and PHB/PHV capsules

later become 40–60 nm thin. Adverse effects, such as

suppurating, inflammation, necrosis, calcification or malig-

nant tumor formation, have not been observed even when

the intramuscular PHB and PHB/PHV sutures remained in

the body for an extended period of time.160 On the basis of

experiments involving implantations of a single polypropy-

lene microfiber into subcutaneous tissue of rats, Sanders and

Rochefort noted that vertical separation of collagen fibers

was induced by distortion of ECM for fibers with vertical

dimensions higher than 5.9 nm. Distortions adjacent to the

fibers created dead space regions that attracted cells and

initiated encapsulation of an implant.161 Gellan-based scleral

implants of indomethacin were evaluated in vitro and in vivo.

Ethylene and propylene glycol were chosen as plasticizers of

these implants. The pharmacodynamic studies showed a

considerable improvement in the eyes of rabbits with the

induced uveitis, as the result of injection of the indomethacin

loaded implants into their sclera. Such implants survived in

sclera up to 3 weeks.162 The thermosensitive polydepsipep-

tide poly(Glc-Asn-NIPPAAm) can be degraded in vitro at

room temperature by cleavage of the ester bonds in the main

chain. It is non-toxic, and so are products of its degradation.

Its degradability, lack of toxicity, and cloud point at 298C
(between room and body temperature) make it attractive for

implants and other biomedical applications.163 Biodegrad-

able implant polymeric materials with shape-memory have

been developed for application in biomedicine. These

polymers have the capability to change their shape when

stimulated by changes in environmental factors such as

temperature. The shape-memory effect may be due tominute

changes in polymer structure and morphology. Examples of

thermoplastic materials or of the covalently crosslinked

elastomers have been given.164 An implantable glucose

micro-biosensor for the determination of level of glucose in

blood has been developed. It consists of an electrodeposited

redox polymer/glucose sensing membrane and of an

overcoat, analyte flow, regulating membrane made of the

highly hydrophilic poly(4-vinyl pyridine-co-acrylic acid).

The response time in amperometric measurements was less

than 10 sec. Good correlation was obtained between glucose

level in the blood and the readings of a subcutaneously

injected sensor.165 PHEMA hydrogels were modified to

improve their in vitro potential and their in vivobiocompat-

ibility166 by blending them with methacryloyloxyethyl
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phosphorylcholine (MPC) and with PEGylated methyl

methacrylate (PEGMA), and crosslinking the modified

PHEMA with 3mol% of tetraethylene glycol diacrylate

(TEGDA). PHEMAwith 5–10mol% of TEGDA and 0.5mol%

of PEGMA displayed proton adsorption reduced by 64% in

comparison with the unmodified PHEMA, when incubated

with such ECM proteins as collagen, fibronectin, or laminin.

Optimal viability (>80%) [but low proliferation (<40%)] and

lack of cytotoxicity characterized these hydrogels.167 Higher

values of push-out force and ultimate sheer strength were

observed for implants of the PMMA/hydroxyl-apatite

composites reinforced by E-glass fibers coated by PHEM.168

The biocompatibility of implanted chemical sensors was

enhanced by coating them with nitric oxide releasing/

generating polymers.169

Injectable liquids in situ forming semi-solid implants
The hydroxy acids ricinoleic (RA) and lactic (LA) have been

copolymerized by three methods: (a) random polycondensa-

tion, (b) trans-esterification followed by their repolymeriza-

tion, (c) ROP of the respective cyclic anhydrides. The

composition of the copolymers prepared by different

methods and their thermal properties differed. ROP yielded

a predominantly lactic acid homopolymer, and contained a

small fraction only of the LARA segments. It was highly

crystalline and melting points ranged from 1628C for a

homopolymer preparedwith pure LA in the feed to 1378C for

a copolymer prepared with 50:50 LA/RA in the feed and

contained 6% of LA-RA segments. Melting points of

copolymers prepared by the trans-esterification-repolymeriza-

tion ranged from 1478C (for a copolymerwith 90, 8, and 2% of

LA-LA, LA-RA, and RA-LA segments, respectively) to a

liquid at room temperature prepared with the 50:50 feed.

Copolymers prepared by direct polycondensation were

liquid at room temperature when prepared with feed that

contained only 20% of the RA monomer. These investigators

stated that the biocompatible liquid copolymers may be used

as injectable implants for local drug delivery to diseased

tissues.170,171 Domb and coworkers reported that the

injection of a mixture of the liquid biocompatible copolymer

with an anti-cancer drug into a body, solidifies on contact

with body fluids to form a depot implant. They claimed that

such injectable therapeutic implants may offer a more

effective and safer alternative to standard chemotherapy.

They prepared biocompatible and biodegradable liquid

polyester-anhydrides by trans-esterification of RA and

sebacic acid. Its mixture with paclitaxel or with cis-platinum

injected into animal models, solidified in vivo and formed a

solid implant, which released the drug in a controlled

manner. It provided high local concentration of the anti-

cancer drug, which was able to destroy malignant cells, with

minimal systemic drug distribution.172 Various physico-

chemical principles can be used to prepare injectable

biocompatible liquids (liquid embolics) that solidify in situ

to form semi-solid implants. Solubility changes, responsible

for precipitation of water insoluble polymers, may be used

for certain therapeutic applications. Other methods include

ionic or thermal crosslinking or/and polymerization. The

use of such implants for the minimally invasive, image-

guided treatment of vascular lesions was recently described
Copyright # 2006 John Wiley & Sons, Ltd.
by Jordan et al. When liquid embolics reach the vascular

space, they block it by hardening or by inducing a thrombotic

effect. These authors discussed polymers that can be applied

for such implants, mechanism and reasons for solidification,

and criteria for selecting effective injectable implants, such as

cyanoacrylates polymerize with blood clots, partially hydro-

lyzed PVA dissolved in 50% alcohol, poly(HEMA-co-MMA)

in 75% alcohol precipitated in contact with blood, alginate

gels crosslink ionically, and so on. Criteria for choosing a

particular material for a liquid implant include

its biocompatibility, non-toxicity, biodegradability, visibility

under a fluoroscopy, viscosity before setting, setting time,

and its eventual bioactivity.173,174 The preparation and

properties of the reversibly thermo-responsive polymers

for the in situ generation of implants was investigated by

Cohn and his collaborators. They pursued two strategies to

reach this goal:
(A) T
he PEO-PPO-PEO triblocks (known as F-127)were end-

capedwith tri-ethoxysilane. Their mechanical properties

could be further improved by crosslinking with

dimethacryate. The mechanical properties of the

hydrated gels prepared by this procedure increasedwith

time as the result of an increase in the degree of cross-

linking following their hydrolysis. The initial value of

�1.3MPa for compression modulus of 30% solution of

such a gel increased after a week to 4MPa.
(B) T
he PEO6000 segments were coupled with PPO3000 seg-

ments by phosgene (ClCOCl) as a coupling agent.

Viscosity of a 20% aqueous solution of thus prepared

polyether carbonate was very low below 308C and

jumped above it to very high values (its value

approached 100 000Pa at 378C).175 Obviously, such a

solution, which may contain a water soluble drug, con-

verts in the body into a semi-solid implant after it is

percutaneously injected at room temperature.
Vascular stents
Stenosis and/or formation of thrombus on arteries bringing

blood to the heart may be a precursor of cardiac infarct.

Medical treatment may involve insertion of a stent into the

obstructed blood vessel, which is expected to restore normal

blood flow. The use of bare metallic stents for such

treatments may, however, cause severe problems. Most of

such problems, caused by restenosis, may develop several

months after insertion of an implant, however, some may

develop within a few days as a result of slight accidental

injury to the walls of a blood vessel during insertion of a

metallic stent. Inflammation, which may develop on the

injured spot, may be followed by formation of a thrombus

that can severely obstruct blood flow into the heart. More

common problems, apart from the not very frequent

accidents, are due to the response of the immune system

to the stent. Obstruction of a blood vessel by deposition of

platelets on the insertedmetallic surface may eventually lead

to stent restenosis. A close loop system, perfused with

platelets-reach but low-grade thrombogenic plasma, at flow

sheer rates much below the value at which it induces

thrombocites activation, was recently used to compare

hemocompatibility of polymer coated stents with that of
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the bare steel stents. Such comparison revealed that the

number of activated circulating thrombocites and their

platelet reactivity were much higher for bare steel stents than

for polymer coated ones. Moreover the number of platelets

adhering to the steel surface was also much higher for

the bare steel stents.176 As a matter of fact, the incidence rate

of 30 to 50% of restenosis after implantation of bare

metallic stents represents a serious limitation to the

success of coronary angioplasty involving application of

such stents.177 Coating of metallic stents with a thin layer of

biocompatible polymeric material was believed to be

an answer. The application of several polymeric materials,

such as hemocompatible copolymers of phosphorylcholine

and methacrylates, copolymers of derivatives of the

poly(paracyclophane), coated using the chemical vapors

deposition (CVD) technique, have been tested (cf. p. 24 in ref. 2).

Such polymeric coatings reduced the occurrence of rest-

enosis only to some extent. It has been proposed, therefore, to

combine coating of a stent with release of a drug. Use of the

coated polymeric layer as a reservoir of drugs seemed to

provide an obvious solution, though quantities of drug

which can be stored in the coated layer are rather limited.

Polymeric coating of a stent and the drugs eluted from it

must satisfy many physical, biological, and regulatory

criteria. The stability of a coating, its biocompatibility, good

adhesion to the metal surface, and slow controlled release of

a drug dissolved or occluded by the polymeric matrix are

among the key requirements. In vivo studies on animal

models must be conducted before clinical trials are

permitted. Many relevant investigations have been con-

ducted during the last 2 years. The promising in vitro and

in vivo experiments conducted on small animals, were

eventually continued on porcine models.178–182 In view of

the positive results of some of these investigations, they were

followed by clinical trials of various drug-eluting stents

(DESs). Investigated were such polymeric materials as:

blends of segmented polyurethanes (SPUs) combined

with copolymers of the methacryloylphosphorylcholine-co-

lauryl-co-hydroxypropyl-g-tetramethylsilyl methacrylates;

derivatives of poly(paracyclophane) deposited by chemical

vapor vacuum deposition technique;2 polylactic acid and its

copolymers;183 polyalkylmethacrylates and polyacrylate

copolymers;184 glycidyloxypropyl-3-methoxy-silane com-

bined with polyether- and polycarbonate-PU;185 ethylene-

or butyl methacrylate-co-vinyl acetate and poly(vinyl

pyrrolidone)(PVP);186 ePTFE;187 triblock copolymer with

isobutylene block in the center and cyclohexyl vinyl ether-

vinyl alcohol blocks on the outsides;188 triblock copolymer

with isobutylene block in the center and hydroxystyrene, or

styrene blocks on the outside.189,190

Poly(bis(trifluoroethoxy)phosphazene) (PTFEP) as a pro-

spective late in-stent stenosis reducing and non-thrombo-

genic coating was tested in vivo on rabbits.191 Effects due

elution of such anti-proliferative and anti-inflammatory

substances and therapeutics, such as Sirolimus (rapamycin),

Tacrolimus, QP2, Everolimus, Biolimus, Paclitaxel, ABT-578,

Methotrexat, Dexamethasone, 17-beta-Estradiol, Batimastat,

Angiopeptin, Actinomycin-D, Tyrosinkinase inhibitors, were

tested. Both non-clinical and clinical parameters were

evaluated in such trials. In 2004 only three polymer coated
Copyright # 2006 John Wiley & Sons, Ltd.
DESmodels satisfied all requirements of such trials. Namely:

Cypher stent (Cordis, J&J) releasing Sirolimus from the

copolymer of poly(n-butyl methacrylate) and poly(ethylene

vinyl acetate) (PEVA); Taxus (Boston Sci. Corp.) releasing

Paclitaxel from the poly(hydroxystyrene-b-polyisobutylene-

b-hydroxystyrene) (HSIBHS) or poly(styrene-b-isobutylene-

styrene) (SIBS) triblock copolymer189,191 and, apparently,

Dexamet stent (Abbott) releasing Dexamethasone from the

PU coating. Since the goal of these tests is to improve patient

outcome, the choice of DES for routine treatment must be

directed by results of the randomized clinical studies, based

on clinical primary end-points such asMACE (major adverse

cardiac event) and TVF (target vessel failure), obtained after

an appropriately long-time interval. These criteria have been

met last year only by CYPHER192 and TAXUS.179,191,193 In

March 2005 results were published of a large clinical trial of

the commercial DES systems (sponsored by Johnson &

Johnson, producer of the Sirolimus eluting CYPHER stent)

showing that efficacy and safety of CYPHER is nearly equal

to that of TAXUS Express2. Incidence of stent thrombosis due

to CYPHER was lower than to TAXUS Express2. Moreover,

clinical trials conducted byWindecker et al. and published in

August 2005, favored Sirolimus over Paclitaxel. Namely,

occurrence of MACE during 9 months period after stent

insertion was 6.2% in the first group and 10.8% in the

second.192 Controlled release of Paclitaxel by the TAXUS

Express2 stent coated with triblock elastomer SIBS, which

have had microphase-separated morphology, was investi-

gated by Ranade et al.192 References to other papers,

reporting on the reduction in adverse effects caused by a

percutaneous coronary angioplasty, due to elution of

Paclitaxel or Sirolimus from polymer coated stents, are cited

in refs. 194–199. Papers, in which short-term benefits due to

prevention of stent restenosis by these DESs have in principle

been confirmed, but doubts have been expressed, either on

their beneficiary effect to diabetic patients, or about their

possible long-term disadvantages, are cited in refs. 177 and

200–209. For example, Virmani et al. cautioned against total

disregard of various complications that may be related with

the implantation of these stents. Such as increased possibility

of the development of a DES induced thrombosis, or an

in-stent restenosis, due to hypersensitivity of certain

individuals to the polymeric coating or to the eluted drug.

They pointed out 290 cases of sub-acute thrombosis (60 fatal),

which followed Cypher deployment and were confirmed by

‘‘Cordis’’ and posted in an FDA (Federal Drug Adminis-

tration) alert, and to reported cases of hypersensitive

reactions. They also pointed out that not all results obtained

by the in vivo testing on animals were unqualifiedly positive.

They observed that it is very unlikely that the polymers and

drugs used are fully benign. They concluded their review of

this subject with the following statement: ‘‘Drug-eluting

stents are not a panacea as suggested bymany interventional

cardiologists’’;202 Virmani et al. cited in another report the

case of a 58 year oldmanwho died of late state thrombosis 18

months after receiving two Cypher stents for unstable

angina. They pointed out that the aneurismal dilation of the

stented arterial segment discovered during his autopsy and

the presence in this area of giant T lymphocytes and

eosinophiles suggested that reaction of his body to the
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polymer caused the late stent thrombosis. They recom-

mended careful long-term follow-up after Cypher stent

placement.202b Radke et al. pointed out that conventional

intracoronary radiation (ICR) treatment of the long-term in-

stent restenosis caused by bare and by Paclitaxel-eluting

stents led to comparable results.206 Steffel et al. recently

reported that their studies revealed that rapamycin (Sir-

olimus) enhanced endothelial cell expression, induced by

thrombin and tumor necrosis factor. These effects may favor

the development of thrombus formation as the result of

deployment of Sirolimus-eluting stents. Particularly after

withdrawal of anti-thrombotic drugs.207 Serruys et al.

pointed out that the marked reduction of in-stent restenosis

on the implanted TAXUS II stents is not associated with a

decrease in edge stenosis. Actually, the reduction of the

lumen loss at the distal edge was significantly smaller after

implantation of TAXUS II than after implantation of a bare

stent.208 Wessely et al. pointed out that since current

commercially available DESs use non-biodegradable poly-

mers, some investigators suspect the possibility of develop-

ment of late stent thrombosis in patients who received them.

Moreover, the development of late in-stent restenosis is still

an unresolved issue. They reported two cases in which each

patient received one bare stent and one Sirolimus-eluting

stent. During the first 7 months the minimal lumen diameter

remained constant in the blood vessel stented with the

Sirolimus-eluting stent and significantly decreased in the

vessel with a bare stent. However, during the following 11–

14 months it slightly increased in the bare stent stented

vessel, while it drastically decreased in the Sirolimus-eluting

one. As a result recurrent angina at exertion occurred, which

had to be treated by percutaneous intervention. They

recommended further studies of clinical relevance of this

phenomenon and the determination of the length of follow-

up for patients receiving DESs.209 Stents with a composite

coating, consisting of Everolimus or Tacrolimus (Sirolimus-

like agents) mixed with an equal quantity of a biodegradable

poly(hydroxy acid), were recently introduced by Biosensors

International Inc. Preclinical trials of these stents, in which

non-clinical criteria were used in evaluation, were encoura-

ging. However, results of some clinical trials were dis-

appointing. Nevertheless, the initial clinical experience of

Grube and Buellesfeld with Everolimus-eluting stents,

coated with bioabsorbable polymer, indicated that this

may be a safe and efficacious method for reducing in-stent

neointimal hyperplasia and restenosis.210 Actinomycin

D-eluting stents investigated by Serruys et al. have shown

increase instead of decrease of restenosis after percutaneous

coronary angioplasty. However, the rate of survival after

coronary incident increased. Perhaps a small percentage of

this drug could be added to drugs that effectively reduce

restenosis.211 Jeong and coworkers studied the use of

Abciximab, an inhibitor that blocks the final pathway of

platelet aggregation and which, even when applied systemi-

cally, may decrease to some extent the short- and long-term

event rates after percutaneous coronary intervention. It was

attached to the surface of a stent functionalized by plasma

polymerization of diamino-cyclohexene. Amidation of the

carboxylic group of Abciximab produced a link to the layer of

the polycyclohexene on the stent surface. Clinical trials with
Copyright # 2006 John Wiley & Sons, Ltd.
the Abciximab-coated stents demonstrated that they were

effective in prevention of the intimal hyperplasia and of stent

thrombosis, even in patients with myocardial infections and

unstable angina. Jeong and coworkers suggested that

vasculo-protective agents such as Abciximab may provide

an alternative to the antiproliferative agents.212 Kenan and

coworkers proposed to consider the use the environment-

responsive (TRP) hydrogels, based on NIPAAm, as stent

coatings. They pointed out that these hydrogels show an

ability to incorporate and release drugs, modify activity of

platelets, enhance proliferation of smooth muscle cells, and

promote attachment of vascular endothelial cells to the walls

of an artery. He admitted, however, that some important

issues must be clarified before such use of the TRP hydrogels

may be attempted.213 Phospholipid-like copolymers based

on 2-methacryloyloxyethyl phosphorylcholine (MPC) copo-

lymerized with other methacrylic segments (see also ref. 2

pp. 24–25) were modified by incorporation of 5 to 20% of the

positively charged choline methacrylate (CMA). This

modification imparted it with the ability to absorb/adsorb

many drugs, proteins, nucleotides, and to release them in a

controlled fashion. Coronary stents coated with the CMA

containing polymer were loaded with such compounds as

the cell migration inhibitor-Batimastat, the anti-proliferative

agent-angiopepsin,theIIIb/IIIareceptorinhibitor-Abciximab,

anticoagulant-heparin, plasmid DNA for gene therapy and

several other oligonucleotides. In vivo studies have indicated

that these compounds can be delivered to the stented section

of the vessel, while very small quantities were delivered

outside the target area. Moreover, coatings remained stable

after the elution of a drug and after 6 months implantation

in vivo. After successful in vitro and in vivo experiments,

these stents were sent for clinical evaluation to several

hospitals and pharmaceutical companies.214,215 A stent

produced by BiodivYsio, coated with MPC based polymer,

was loaded with phVEGF 2-plasmid, which contained DNA

encoded for vascular endothelial growth factor (VEGF)-2. It

was tested in vivo by implantation in rabbits. The reen-

dothelialization was nearly completed after 10 days in the

VEGF stent group and was significantly greater than in the

control group. Moreover, after 3 months the lumen cross-

sectional area was significantly greater and a narrowing

significantly lower for VEGF stents implanted in hyper-

cholesterolemic rabbits then for the control. Losordo and

coworkers concluded on the basis of these results that

reendothelialization via VEGF-2 gene-eluting stents provides

an alternative treatment for prevention of restenosis. It may

be applied alone or as combination therapy.216 Radioactive

devices have been obtained by coating plasma functionalized

surfaces of stents or catheters, made of TiNi alloy or of Teflon,

with a HA-diethylenetriamine pentaacetic acid (HA-DTPA)

conjugate complexed with yttrium or indium. The edges of

the stent can be made more radioactive to eliminate edge

effects, related to the re-narrowing of an artery at stent edges.

These investigators suggested that combination of the

hemocompatibility of a HA-coated stent with the anti-

proliferative effects of radiotherapy will help to alleviate

restenosis induced by existing devices.217 Caprolactone was

grafted in situ onto the activated surface of a metallic stent.

Good adhesion of the biodegradable aliphatic polyester
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PLA, PGA, or PLGA deposited on the PCL layer grafted

onto a metal surface was achieved. Coated stents loaded

with a therapeutic active compound, such as Rapamycin

(Sirolimus) or CVT313-aCDK2 inhibitor, could control their

slow release for a period of several months. The biocompat-

ibility of these coated stents was investigated in vitro in cell

cultures and in vivo in pigs. However, it is not clear that these

investigators were aware of the fact the TAXUS stent

(produced by Boston Sci.) originally used the copolymer of e-
caprolactone and LA, which was later replaced by currently

used non-biodegradable hydrocarbon copolymers [probably

because of some not disclosed negative results!! (cf. p. 316 in

ref. 202)]. The relationship between properties of the coated

stent and system performance was analyzed.218 Release of

Paclitaxel and Rapamycin loaded into the collapsible stents

coated with PDLLA and PDLLGA was investigated in vitro

by Venkatraman and coworkers. They showed that the initial

burst of the drug can be eliminated by judicious selection of

the polymer/drug combination. Drugs were released in a

sustained fashion for a month from PDLLGA and for several

months from PDLLA.219 Bioresorbable expandable poly-

meric stents were prepared from the high MW PLLA fibers.

They were coated with poly(DL-lactictide-co-glycolide)

(PDLGA) loaded with albumin. Stents were immersed for

3 sec in 70:30 CH2Cl2/ethanol solution to slightly dissolve

their surface layer and then dipped in microsphere powders

containing albumin. The initial radial compression strength

of these stents was 200KPa and it started to decrease only

after immersion for 8–12 weeks, at 378C in buffered saline

solution. A reservoir of albumin in microspheres enabled a

sustained slow release over periods of several months.220

Self-expanding biodegradable stents made from

PLAþP(D,L)LA or of PLAþPCL loaded with Dexametha-

sone or with Simvastin were tested in vivo on porcine model.

They appear to be biocompatible and reliable [(?)see

exclamation signs in the discussion of ref. 219]. They caused

only a minimal neointimal hyperplasia. However, these

investigators stated that these stents should be further

investigated, to prove their safety and efficacy.221 Inhibitory

effect of heparin on formation of aggregates of leukocytes

with platelets and platelets-monocyte conjugates, in acute

myocardial infraction patients, implanted with heparin

coated stents was demonstrated. This seems to indicate that

implantation of the heparin coated stents is less thrombo-

genic than balloon angioplasty alone.222 Collagens weak

antigenic character makes it an attractive candidate for stent

coating or vascular grafts. However its thrombogenic nature

limits this application. Heparinization, which makes it less

thrombogenic, performed by crosslinking with heparin,

extensively oxidized by periodate, was performed to solve

this problem. Results of this study indicated that immobil-

ization of heparin on collagen prevents thrombus for-

mation.223 Paclitaxel derivative 7-hexanoyltaxol was

loaded into novel polymer-coated stent QuaDDS supplied

by Quantum Medical Corp./Boston Scientific Corp. Clinical

tests on patients, after percutaneous coronary angioplasty,

led to the conclusion that the safety profile of this stent was

unacceptable, because of the increased rates of stent

thrombosis, myocardial infarctions, and cardiac death.224

Stents coated with poly(hydroxy-methyl-p-xylene-co-propy-
Copyright # 2006 John Wiley & Sons, Ltd.
lene) were tested in vitro and in vivo for their biocompat-

ibility. Results of this study indicated that this coating is

unacceptable for medical applications.225

Catheters and other stents
A review of the current status of biomaterials available for

the urinary tract, their biocompatibility, and clinical use,

were discussed by Denstedt et al. They pointed out that the

ongoing research in this field is involved in optimizing their

biocompatibility and the biomaterials related complications

such as infections and encrustation within the urinary

tract.226a Another paper of Denstedt and coworkers provides

a concise review of the use of stents in urology and of the

progress made in development of a bioactive infection and

thrombosis resistant catheter.226b The range of materials

currently used for manufacturing Foley catheters from both

latex and silicone was described. Problems associated with

their hospital-acquired infection, encrustation and blockage

were outlined. The use of slow release polymers introducing

disinfectants and antibacterial agents is proposed. Attempts

to use hydrogel, PTFE, or silicon coatings based on silver

were described. It was pointed out, however, that problems

still remain with the design and materials currently used to

manufacture catheters.227 A stent coated with pu-urea

(PUU), which was crosslinked in situ, was loaded with

glucocorticoid prednisolone by equilibrium immersion in its

solution. It was submitted to ion implantation, in order to

improve kinetics of release of the drug, by destroying it in a

surface layer. The toxicity caused by its initial fast releasewas

minimized. Moreover, the PUU matrix was modified by ion

implantation, which introduced oxidized groups and double

carbon bonds.228 Teflon coated guide wires for catheteriza-

tion were tested for the bending force of the tip and the shaft,

tip puncture force, and force required to pull it out. The

measurements indicated safety of the tip.229 A new tubular

mesh configuration of self-reinforced biodegradable poly-

lactic urethral stents was developed. Their biocompatibility

and degradation time was tested in rabbit urethra. Changes

caused by operative trauma gradually abated in biodegrad-

able stent groups, while chronic inflammatory changes and

fibrosis was evident even after 6 months in metallic stents.

These biodegradable, self-expanding braided stents have

been found to be suitable for clinical studies.230 Catheter-

related infectionmay beminimized by coating catheters with

a silicon or pu layer loaded with silver nanoparticles. In vitro

tests of the Pu matrix impregnated with silver nanoparticles

demonstrated its hydrophilic character and its antibacterial

activity. The adherence of bacteria to the surface of such

catheters was minimal, proliferation of bacteria adhered to it

was prevented, as was formation of a biofilm.231 The

alterations of chemical, biological, immunological and

physical properties of polymeric materials used for central

venous catheters have been extensively investigated to

prevent their bacterial colonization. The current state-of-

the-art strategies to minimize risk of catheter-related blood-

stream infections (CRBSIs) are analyzed. Progress made in

developing infection- and thrombosis-resistant dialysis

catheters have been described.232 A novel biodegradable

fluoroquinolone polymer has been developed. It releases

malidixic acid (an antibiotic) slowly and continuously and
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prevents catheter-induced infection during drainage of

cerebrospinal fluid. It was prepared from diisopropyl-

carbodiimide, PCL, and malidixic acid. The released

antibiotic and its derivatives are active for 3 months against

E. coli, S. aureus and Salmonella typhi. Application of this

polymer will enable manufacture of drainage catheters that

will resist catheter-induced infection by delivering anti-

biotics for more then 1 month.233

A polymer-based bioabsorbable biocompatible urethral

stent was developed. The efficacy of this stent loaded with

methotrexate was tested in vitro before and during stent

degradation.234 Tenenbaum-type Teflon coated stainless

steel stents for distal malignant biliary obstruction were

clinically tested as an alternative to the presently used

polyethylene stents. However, this study did not indicate

that its patency was better than that of the presently used

one, and its resign will be attempted.235

Polymeric and polymer coated medical devices
Implantable medical devices are still a major source of

hospital acquired infections. A new approach based on

impregnation of silicon made devices with silver nanopar-

ticles. To achieve this, silicon was impregnated with silver

nanoparticles in supercritical carbon dioxide.236In vitro

degradation of self-reinforced PLGA 80L:20G material was

studied in artificial urine and in phosphate buffer solutions.

The measured changes in the bending, shear, and com-

pression strength after immersion in these solutions for 6, 8,

12, and 15 weeks coincided with clinical tests. These results

seemed to indicate that, for urological purposes, it was

possible to make sufficiently accurate models of the

degradation rate of bioabsorbable polymers, on the basis

of the in vitro studies.237 A polymeric microreservoir device

for controlled pulsatile drug delivery is based on the rate of

degradation of a thin PLGA membrane that seals each

reservoir. In vitro measurements indicated correlation

between the time at which maximum swelling of the

membranes was observed and the release time of various

molecules. Changes in MW values and in the hydrophilicity

or hydrophobicity of drugs loaded into such a device does

not appear to affect neither time of their release or membrane

swelling. Burst of a membrane occurred when the MW of

PLGA went down to the 5000–15000Da region.238 Pro-

grammed polymeric devices for pulsed drug delivery rely

either on the membrane degradation, or on their osmotic

burst, or on both. In systems using spontaneous hydrolysis of

membranes, rate of release is controlled by bulk erosion of

PLGA or by the surface erosion of dextran-HEMA or of PLA.

Systems, which depended on an enzymatic degradation,

have also been designed. Systems relying on osmotic

bursting have a reservoir of NaCl or other salts attached.

Dextran systems rely on biodegradation plus osmotic

bursting. Osmotic pumping involves permeation of water

through a semi-permeable membrane into a solid salt

reservoir. The increase in osmotic pressure, due to dissol-

ution of a salt, stretches a membrane until it opens an orifice

of an elastic cap through which a drug is released as a pulse.

Osmotic pressure goes down, cap closes and a new cycle

starts again.239 Models may be constructed to predict

absorption rates of bioabsorbable devices as a function of
Copyright # 2006 John Wiley & Sons, Ltd.
the initial degradation properties. The degradation rate of

PLLA/HA screw was predicted on the basis of a decrease in

the MW value and flexural strength during 55 weeks of

degradation in vitro.240 Self-lubricating silicone biomaterial

has been prepared by crosslinking silicone elastomers with

tetra-oleyloxy-silane. Malcolm et al. found that this cross-

linking agent not only imparted an inherently lubricious

character to the condensation-cure silicone elastomers but

also enhanced the release of the antibacterial drug metro-

nidazole loaded into it. This effect was due to the increased

solubility of the drug in oleic alcohol as compared to its

solubility in silicon.241 SPU has been found to be the best

synthetic material for artificial heart valves. However, in

long-term implantations serious problems may develop due

to calcification of its surface, Apparently, calcification can be

prevented by grafting PDMS onto a SPU surface. The grafted

PDMS showed no cytotoxicity and was compatible with

fibroblast cells. Adhesion of platelets to the grafted surface

and to SPU seemed to be unchanged.242 A new dual acting

trilayer polymeric coating that combines NO release with

effect due to the surface-immobilized heparin was prepared.

It contained a dense bottom polymer layer, a middle layer

(polymer matrix doped with the NO-donor), and upper

polymeric layer (aminated PVC or aminated medical grades

PU) to which heparin was bound). It was confirmed that the

surface bound heparin did not significantly affect the level/

release duration of NO complexed with the NO-donor in the

middle layer. This coating is supposed to mimic the action of

the endothelial cell layer that lines the inner wall of blood

vessels. Greater thromboresistivity is expected from poly-

mers utilizing either NO-release or immobilized heparin

alone.243 State of the art of the novel, NO-releasing or

generating polymers, in respect to their preparation, proper-

ties, and application as coatings of medical devices to render

themhighly biocompatible, have been reviewed.244 The long-

term safety of the coated stainless steel or Nitinol stents,

which contain chromium or nickel as additives, is con-

troversial, since their eventual corrosion may lead to the

release of potentially toxic and carcinogenic compounds.

Plasma deposition on the metallic surface of an ultra-thin

layer of a fluorocarbon has been proposed to prevent such

harmful developments. A thin strongly adherent layer of an

inert polymeric material will provide complete isolation of

the device from the body fluids.245
CONCLUDING REMARKS

Numerous papers published during the last 2 years on the

application of polymers in the fields of tissue engineering,

regenerative medicine, and medical devices, attest to the great

and still growing interest of the scientific community in the

biomedical applications of macromolecules. Very considerable

progress has, indeed, been made recently in these fields. Very

optimistic assessments of benefits that such discoveries, for

example self-assembly of certain biomolecules, will make in

the near future to the well-being of mankind seem to be,

however, a bit exaggerated. Solution of problems involved in

these very complicated subjects is difficult andmany obstacles

are probably still ahead. A very enthusiastic response to the

introduction of the DESs seems also to be a bit premature.
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Many very favorable reports on the results of their implan-

tation have been cited in the present concise review. However,

a few papers calling for caution and pointing out the adverse

effects to certain individuals and to the possibility of enhanced

late thrombogenicity, have also been included.
REFERENCES

1. Jagur-Grodzinski J. Biomedical applications of functional
polymers. React. Funct. Polym. 1999; 39: 99–138.

2. Jagur-Grodzinski J. Review: biomedical applications of
polymers. e-Polymers 2003; 012.

3. Duncan R. The dawning era of polymer therapeutics.
Nature Rev./Drug Discovery 2003; 2: 347–360.

4. Tu RS, Tirrell M. Bottom-up design of biomimetic assem-
blies. Adv. Drug Delivery Rev. 2004; 56: 1537–1563.

5. Stupp SI. Biomaterials for regenerative medicine. MRS bull.
2005; 30: 546–553.

6. Peppas NA, Langer R. Origins and development of biome-
dical engineering within chemical engineering. AICHE J.
2004; 50: 536–545.

7. Lavik E, Langer R. Tissue engineering: current state and
perspectives. Appl. Microbiol. Biotechnol. 2004; 65: 1–8.

8. Cao Y, Carol TI, et al. Scaffolds, stem cells, and tissue
engineering: a potent combination! Aust. J. Chem. 2005;
58: 691–703.

9. Wang YK, Yong T, Ramakrishna S. Nanofibers and their
influence on cells for tissue engineering. Aust. J. Chem. 2005;
58: 704–712.

10. Yang J, Yamato M, et al. Cell sheet engineering: recreating
tissues without biodegradable scaffolds. Biomaterials 2005;
26: 6415–6422.

11. Kumar RNVR, Domb AJ, et al. Chitosan chemistry and
pharmaceutical perspectives. Chem. Rev. 2005; 104: 6017–
6083.

12. Jayakumar R, Mano JF, et al. Graft copolymerized chitosan-
present status and applications. Carbohydr. Polym. 2005; 62:
142–158.

13. Bernkop-Schnurch A, Hornof M, Guggi D. Thiolated chit-
osans—review article. Eur. J. Pharmaceut. Biopharmaceut.
2004; 57: 9–17.

14. (a) Li W-J, Tuan RS. Polymeric scaffolds for cartilage tissue
engineering. Macromol. Symp. 2005; 227: 65–75. (b) Godbey
WT. Polymeric scaffolds for stem cell growth. Aust. J. Chem.
2005; 58: 689–690. (c) Bacakowa L, Rypacek F, et al. Cell
adhesion on artificial materials for tissue engineering.
Physiological Research 2004; 53: S35–S45.

15. Tuzlakoglu K, Reis RL, et al. Production and characterization
of chitosan fibers and 3-D fiber mesh scaffold for tissue
engineering applications. Macromol. Biosci. 2004; 4: 811–819.

16. Wan Y, WuH,Wen D. Porous conductive chitosan scaffold
for tissue engineering, 1. Preparation and characterization.
Macromol. Biosci. 2004; 4: 882–890.

17. Hsu SH, Whu SW, et al. Chitosan as scaffold materials:
effect of molecular weight and degree of deacetylation.
J. Polym. Res.—Taiwan 2004; 11: 141–147.

18. Lee JE, Lee MC, et al. Effect of chitosan scaffold containing
TGF-ß1 encapsulated chitosan microspheres on in vitro
chondrocyte culture. Artificial Organs 2004; 28: 829–839.

19. Ho M-H, Wang D-M, et al. Preparation of porous scaffolds
using freeze-extraction and freeze-gelation methods. Bio-
materials 2004; 25: 129–138.

20. KimHJ, KimHS, et al. Processing windows for forming silk
fibroin biomaterials in 3-D porous matrix. Aust. J. Chem.
2005; 58: 716–720.

21. (a) Zhang YZ, Venugopal J, et al. Characterization of the
surface biocompatibility of the electrospun PCL-collagen
nanofibers using fibroblasts. Biomacromolecules 2005; 6:
2583–2589. (b) Lin T, Wang H, Wang X. Self-crimping
bicomponent nanofibers electrospun from polyacrylonitrile
and elastomeric polyurethane. Adv. Mater. 2005; 17: 2699–
2703.

22. Zhong S, Yung L, et al. Formation of collagen-
glycosoaminoglycan blended nanofibrous scaffolds and
their biological properties. Biomacromolecules 2005; 6:
2998–3004.
Copyright # 2006 John Wiley & Sons, Ltd.
23. Sato T, Chen G, et al. Evaluation of PLLA-collagen hybrid
sponge as a scaffold for cartilage tissue engineering. Mater.
Sci. Eng. C 2004; 24: 365–372.

24. Li S, La Carrubba V, et al. Preparation and properties of
poly(L- lactic acid) scaffolds by thermally induced phase
separation from a ternary-solvent system. Polym. Int. 2004;
53: 2079–2085.

25. Li HY, Chang J. In vitro degradation of porous degradable
and bioactive PHBV/wollastonite composite scaffolds.
Polym. Degrad. Stab. 2004; 87: 301–307.

26. Day RM, Boccaccini AR, et al. In vivo degradation of novel
bioresorbable poly(lacticide-co-glucolide) tubular foam
scaffold for tissue engineering applications. J. Mater. Sci.
Mater. Med. 2004; 15: 729–734.

27. Oh SH, Cho SH, Lee JH. Preparation and characterization of
PLGA/Tween 80 films and porous scaffolds. Molecular
Cryst. Liquid Cryst. 2004; 418: 957–969.

28. Jang JW, Lee B, et al. Preparation and characterization of
demineralized bone particle-loaded PLGA scaffold for tis-
sue engineered bone. Polymer–Korea 2004; 28: 382– 390.

29. Pavlov MP, Neves NM, et al. Fibers and 3D mesh scaffold
from biodegradable starch-based blends: production and
characterization. Macromol. Biosci. 2004; 4: 776–784.

30. Verrier S, Boccaccini AR, et al. PDLLA/Bioglass1 compo-
sites for soft-tissue and hard tissue engineering: an
in vitro cell biology assessment. Biomaterials 2004; 25:
3013–3021.

31. Chua CK, Leong KF, et al. Development of tissue scaffolds
using selective laser sintering of polyvinyl alcohol/hydro-
xyapatite biocomposite for craniofacial and joint defects.
J. Mater. Sci. Mater. Med. 2004; 15: 1113–1121.

32. Coombes AGA, Rizzi SC, et al. Precipitation casting of
polycaprolactone for applications in tissue engineering
and drug delivery. Biomaterials 2004; 25: 315–325.

33. Levesque SG, Lim RM, Shoichet MS. Macroporous inter-
connected dextran scaffolds of controlled porosity for
tissue engineering applications. Biomaterials 2005; 26:
7436–7446.

34. Ferruti P, Bianchi S. et al. Novel poly(amido-amine)-based
hydrogels as scaffolds for tissue engineering. Macromol.
Biosci. 2005; 5: 613–622.

35. Ferruti P, Bianchi S, Ranucci E. Novel agmatine-containing
poly(amidoamine) hydrogels as scaffolds for tissue engin-
eering. Biomacromolecules 2005; 6: 2229–2235.

36. Chan BP, So K-F. Photochemical crosslinking improves the
physico-chemical properties of collagen scaffolds. J. Biomed.
Mater. Res. 2005; 75A: 689–701.

37. Choi BP, Noh I, et al. Evaluation of blood compatibility
via protein adsorption treatment of the vascular
scaffold surfaces fabricated with polylactide and
surface modified expanded polytetrafluoroethylene for
tissue engineering. J. Biomed. Mater. Res. 2005; 75A:
824–831.

38. Kim SS, Kim BS, et al. Skin regeneration using keratinocytes
and dermal fibroblasts cultured on biodegradable micro-
spherical polymer scaffolds J. Biomed. Mat. Res. -B Appl.
Biomat. 2005; 75B: 369–377.

39. Moor MJ, Yaszemski MJ, et al. Multiple channel scaffolds to
promote spinal cord axon regeneration. Biomaterials 2006;
27: 419–429.

40. (a) Quirk RA, France RM, et al. Supercritical fluid technol-
ogies and tissue engineering scaffolds. Curr. Opin. Solid
State Mater. Sci. 2004; 8: 313–321. (b) Barry JJA, Nazhat SN,
et al. Supercritical carbon dioxide foaming of elastomers/
heterocyclic methacrylate blends as scaffolds for tissue
engineering. J. Mater. Chem. 2005; 15: 4881–4888.

41. Donaldson E, Ratner B, et al. Poly(vinyl alcohol)-amino acid
hydrogels fabricated into tissue engineering scaffolds by
colloidal gas aphron technology. Macromol. Symp. 2005; 227:
115–122.

42. Tamada Y. New process to form a silk fibroin porous 3-D
structure. Biomacromolecules 2005; 6: 3100–3106.

43. Badami AS, Goldstein AS, et al. Effect of fiber diameter on
spreading, proliferation, and differentiation of osteoblastic
cells on electrospun poly(lactic acid) substrates. Biomaterials
2006; 27: 596–606.

44. Mapili G, Roy K, et al. Laser-layered microfabrication of
spatially patterned functionalized tissue-engineering scaf-
folds. J. Biomed. Mater. Res. 2005; 75B: 414–424.
Polym. Adv. Technol. 2006; 17: 395–418

DOI: 10.1002/pat



414 J. Jagur-Grodzinski
45. Zhang JC, Wu LB, et al. A comparative study of porous
scaffolds with cubic and spherical micro-pores. Polymer
2005; 46: 4979–4985.

46. Teteishi T, Chen G. Biodegradable polymer scaffolds for
tissue engineering. ASBM6 Adv. Biomater. VI Key Eng.
Mater. 2005; 288–289: 59–62.

47. Twu YK, Chang YT, Ping CC. Preparation of novel chitosan
scaffolds by electrochemical process. Carbohydr. Polym.
2005; 62: 113–119.

48. (a) Sosnik A, Sefton MV. Semi-synthetic collagen/polox-
amine matrices for tissue engineering. Biomaterials 2005; 26:
7425–7435. (b) Sosnik A, Sefton MV. Poloxamine hydrogels
with a quaternary ammonium modification to improve
cell attachment. J. Biomed. Mater. Res. 2005; 75A: 296–
305.

49. Wu LB, Zhang H, et al. Fabrication of three-dimensional
porous scaffolds of complicated shape for tissue-
engineering. I. Compression molding based on flexible-
rigid combined mold. Tissue Eng. 2005; 11: 1105–1114.

50. Liu XH, Won YJ, Ma PX. Surface modification of intercon-
nected pores of controlled hydrophilicity for tissue engin-
eering. J. Biomed. Mater. Res. 2005; 74A: 84–91.

51. Diego RB, Olmedilla MP, et al. Acrylic scaffolds with
interconnected spherical pores and controlled hydrophili-
city fot tissue engineering. J. Mater. Sci. 2005; 40: 4881–4887.

52. Sun JY, Wu J, et al. Macroporous poly(3-hydroxybutyrate-
co-hydroxyvalerate) matrices for cartilage tissue-engineer-
ing. Eur. Polym. J. 2005; 41: 2443–2449.

53. Hokugo A, Takamoto T, Tabata Y. Preparation of hybrid
scaffold from fibrin and biodegradable polymer fiber. Bio-
materials 2006; 27: 61–67.

54. Kim TK, Yoon JJ, et al. Gas foamed open porous biodegrad-
able polymeric microspheres. Biomaterials 2006; 27: 152–
159.

55. Kim HJ, Kim H, et al. Processing windows for forming
biomaterials into a 3D porous matrix. Aust. J. Chem. 2005;
58: 716–720.

56. Kim S, Nimni ME, et al. Chitosan/gelatin-based films
crosslinked by proanthocyanidin. J. Biomed. Mater. Res.
2005; 75: 442–450.

57. Croll TI, Cooper-White JJ, et al. Modeling oxygen diffusion
and cell growth in a porous vascularising scaffold for soft
tissue engineering applications. Chem. Eng. Sci. 2005; 60:
4924–4934.

58. He W, Ma ZW, et al. Fabrication of collagen-coated
biodegradable polymer nanofiber mesh and its
potential for endothelial cells growth. Biomaterials 2005;
26: 760615.

59. He W, Yong T, Ramakrishna S, et al. Fabrication and
endothelialization collagen-blended biodegradable poly-
mer nanofibers: potential vascular graft for blood vessel
tissue engineering. Tissue Eng. 2005; 11: 1574–1588.

60. Arrigoni C, Remuzzi A, et al. The effect of sodium ascorbate
on the mechanical properties of hyaluronan-based vascular
constructs. Biomaterials 2006; 27: 623–630.

61. Burdick JA, Langer R, et al. Stimulation of neurite out-
growth by neurotrophins from degradable hydrogels. Bio-
materials 2006; 27: 452–459.

62. Park H, Temenoff JS, et al. Delivery of TGF-b1 and chon-
drocytes via injectable hydrogels for cartilage tissue engin-
eering. Biomaterials 2005; 26: 7095–7103.

63. Holland TA, Tabata Y, Mikos AG. Dual growth factor from
degradable oligo(poly(ethylene glycol)fumarate) hydrogel
scaffolds of cartilage tissue engineering. J. Control. Release
2005; 101: 111–125.

64. Cho CS, Akaike T, et al. Galactose-carrying polymers as
extracellular matrices for liver tissue engineering. Bioma-
terials 2006; 27: 576–585.

65. Roberts A, Wyslouzil BE, Bonassar L. Aerosol delivery of
mammalian cells for tissue engineering. Biotechnol. Bioeng.
2005; 91: 801–807.

66. Griffin DJ, Sedighi MR, et al. Evaluation of vacuum and
dynamic cell seeding of polyglycolic acid for cartilage
engineering. Am. J. Vet. Res. 2005; 66: 599–605.

67. Ramrattan NN, Heijkants RGJC. Assessment of tissue
ingrowth rates in polyurethane scaffolds for tissue engin-
eering. Tissue Eng. 2005; 11: 1212–1223.

68. Alperin C, Zandstra PW, Woodhouse KA. Polyurethane
films seeded with embryonic stem cell-derived cardiomyo-
Copyright # 2006 John Wiley & Sons, Ltd.
cytes for use in cardiac tissue engineering applications.
Biomaterials 2005; 26: 7377–7386.

69. Bi X, Li GW, et al. A novel method for determination of
collagen orientation in cartilage by Fourier transform infra-
red imaging spectroscopy (FT-IRIS). Osteoart. Cartilage
2005; 13: 7050–7058.

70. Basser PJ, Horkay F. Towards a constitutive law of carti-
lage: A polymer physics perspective. Macromol. Symp. 2005;
227: 53–64.

71. Seyfried NT, McVey GF, et al. Expression and purification
of functionally active hyaluronan-binding domains from
human cartilage link protein, agrecan and verican-
formation of ternary complexes with defined hyaluronan
oligosaccharides. J. Biol. Chem. 2005; 280: 5435–5448.

72. Xu JW, Johnson TS, et al. Tissue-engineered flexible ear-
shaped cartilage. Plastic Recons. Surgery 2005; 115: 1633–
1641.

73. Terada S, Yoshimoto H, et al. Hydrogel optimization for
cultured elastic chondrocytes seeded onto polyglycolic acid
scaffold. J. Biomed. Mater. Res. 2005; 75A: 907–916.

74. Katz JM, Roth CM, et al. Factors that influence transgenic
expression and cell viability of DNA-PEI-seeded collagen
films. Tissue Eng. 2005; 11: 1398–1406.

75. Mohaned EETEA, Gregor S, et al. The self-diffusion beha-
vior of polyethylene glycol in cartilage as studied by pulse-
field gradient NMR. Phys. Med. 2005; 21: 69–73.

76. Sharma PK,Matthew JE, Bhatia SR. Structure and assembly
of PEO-PPO-PEO copolymers in mammalian cell-culture
media. J. Biomat. Sci.—Polym. Ed. 2005; 16: 1139–1151.

77. (a) Woodfield TBF, Van Blitterswijk CA, et al. Polymer
scaffolds fabricated with pore-size gradients as a model
for studying the zonal organization within tissue engin-
eered cartilage constructs. Tissue Eng. 2005; 11: 1297–1311.
(b) Woodfield TBF, Malada J, et al. Design of porous scaf-
folds for cartilage tissue-engineering using a three dimen-
sional fiber-deposition technique. Biomaterials 2004; 25:
4149–4161.

78. Grimmer JF, Gunnlaugsson CB, et al. Tracheal reconstruc-
tion using tissue-engineered cartilage. Archives Otolaryngol-
ogy.—Head & Neck Surgery 2004; 130: 1191–1196.

79. (a) Mercier NR, Bonassar LJ, et al. A novel injectable
approach for cartilage formation in vivo using PLG micro-
spheres. Ann. Biomed. Eng. 2004; 32: 418–429. (b) Duan SF,
Zhu W, et al. Negative cooperative effects of cytotoxicity of
di-component initiating system for a novel injectable tissue-
engineering hydrogel. Chin. Sci. Bull. 2005; 50: 1093–1096.

80. Lewis MC, MacArthur BD, et al. Heterogeneous prolifer-
ation within engineered cartilaginous tissue. Biotech.
Bioeng. 2005; 91: 607–615.

81. Sanders JE, Ratner BD, et al. Fibro-porous meshes made
from polyurethane micro-fibers: Effects of surface charge
on tissue response. Biomaterials. 2005; 26: 813–818.

82. Waldman SD, Spiteri CG, et al. Long-term intermittent
compressive stimulation improves the composition and
mechanical properties of tissue-engineered cartilage. Tissue
Eng. 2004; 10: 1323–1331.

83. Mori M, Yamaguchi M, et al. Hyaluronan-based biomater-
ials for tissue-engineering. Acta Histochem. Cytochem 2004;
37: 1–5.

84. Giavaresi G, Tschon M, et al. Natural and synthetic polye-
sters formusculoskeletal tissue repair: Experimental in vitro
and in vivo evaluation. Int. J. Artificial Organs 2004; 27: 796–
805.

85. Kim WS, Kim HK. Tissue engineered vascularized bone
formation using in vivo implanted osteoblastsic-polygly-
colic acid scaffold. J. Korean Med. Sci. 2005; 20: 479–482.

86. Solchaga LA, Temenoff JS, et al. Repair of osteochondral
defects with hyaluronan- and polyester-based scaffolds.
Osteoart. Cartil. 2005; 13: 297–309.

87. Kang QK, Temenoff JS, et al. Poly-N-acetyl glucosamine-
SO4 for repairing osteochondral defect in rabbits. ASBMS
Adv. Biomat. VI 2005; 288–289: 83–86.

88. Berry CC, Charles S, et al. The influence of transferin
stabilized magnetic nanoparticles on human dermal
fibroblast in culture. Int. J. Pharmaceutics 2004; 269: 211–
225.

89. Shur J, Zilberman M, et al. Adhesion molecule expression
by osteogenic cells cultured on various biodegradable
scaffolds. J. Biomed. Mater. Res. 2005; 75A: 870–876.
Polym. Adv. Technol. 2006; 17: 395–418

DOI: 10.1002/pat



Review of recent studies 415
90. Shwantz JT, Brandwood A, et al. Osteogenic differentiation
of mesenchymal progenitor cells in computer designed
fibrin-polymer-ceramic scaffolds manufactured by fused
deposition modeling. J. Mater. Sci.-Mater. Med. 2005; 16:
807–819.

91. Lu HH, Jiang G, et al. Development of controlled hetero-
geneity on a polymer-ceramic hydrogel scaffold for osteo-
chondral repair. Bioceramics 2005; 17: 607–610.

92. Holland TA, Jansen JA, et al. Osteochondral repair in the
rabbit model utilizing bilayered, degradable oligo((poly
ethylene glycol) fumarate) hydrogel scaffolds. J. Biomed.
Mater. Res. 2005; 75A: 156–167.

93. (a) Lieb E,Milz S, et al. Effects of transforming growth factor
b1 on bone like tissue formation in three dimensional cell
culture. I: Culture conditions and tissue formation. Tissue
Eng. 2004; 10: 1399–1413. (b) Lieb E, Vogel T, et al. Effects of
transforming growth factor BI on bone like tissue formation
in three dimensional cell culture. II: Osteoblastic differen-
tiation. Tissue Eng. 2004; 10: 1414–1425.

94. Li ZS, Ramay HR, et al. Chitosan-alginate hybrid scaffold
for bone tissue engineering. Biomaterials 2005; 26: 3919–
3928.

95. Vlakh EG, Kasper C, et al. Development of multifunctional
polymer-mineral composite for bone tissue engineering.
J. Biomed. Mater. Res. 2005; 75A: 333–341.

96. Jung Y, Kim SS, et al. A poly(lactic acid) calcium metapho-
sphate composite for bone tissue engineering. Biomaterials
2005; 26: 6314–6322.

97. Kim H-W, Knowles J, Kim H-E. Development of hydro-
xyapatite bone scaffold for controlled drug release via
poly(e-caprolactone) and hydroxyapatite hybrid coatings.
J. Biomed. Mater. Res.- Appl. Biomater. 2004; 70B: 240–
249.

98. NavarroM, GinebraMP, et al.Development of cell response
of a new biodegradable composite scaffold for guided bone
regeneration. J. Mater. Sci.: Mater. Med. 2004; 15: 419–422.

99. Gross KA, Rodriguez-Lorenzo LM. Biodegradable compo-
site scaffold with an interconnected spherical network
for bone tissue engineering. Biomaterials 2004; 25: 4955–
4962.

100. (a) Wei G, Ma PX. Structure and properties of nano-hydro-
xyapatite/polymer composite scaffold for bone tissue
engineering. Biomaterials 2004; 25: 4749–4757. (b) Li X, Li
D, et al. Design and fabrication of CAP scaffolds by indirect
solid free form fabrication. Rapid Prototyping J. 2005; 11:
312–318.

101. Subramanian A, Lin H-Y. Crosslinked chitosan: its physical
properties and the effects of matrix stiffness on chondro-
cytes cell morphology and proliferation. J. Biomed. Mater.
Res. 2005; 75A: 742–753.

102. Tamai N, Yoshikawa H, et al. A new biotechnology of
articular cartilage repair: sub-chondral implantation of a
composite of interconnected porous hydroxyapatite, syn-
thetic polymer (PLA-PEG), and bone morphogenetic
protein-2 (rhBMP-2). Osteoart. Cartilage 2005; 13: 405–
417.

103. MasuokaK, IshiharaM, et al. Tissue engineering of articular
cartilage using an allograft of cultured chondrocytes in
membrane-sealed atelocollagen honeycomb shaped scaf-
fold (ACHMS scaffold). J. Biomed. Mater. Res. 2005; 75: 177–
184.

104. MarcacciM, BerrutoM, et al.Articular cartilage engineering
with Hyalograft (R)C—3year clinical results. Clinic.
Orthoped. Related Res. 2005; 435: 96–105.

105. Su SL, Tsai CD, et al. Expression and regulation of toll like
receptor 2 by IL-1 b and fibronectin fragments in human
articular chondrocytes. Osteoart. Cartilage 2005; 13: 879–
886.

106. Hoeman CD, Sun J, et al. Tissue engineering of cartilage
using an injectable and adhesive chitosan-based cell-deliv-
ery vehicle. Osteoart. Cartilage 2005; 13: 318–329.

107. (a) Stupp SI. Biomaterials for regenerative medicine. MRS
Bull. 2005; 30: 546–553. (b) Stupp SI, Jack JJM. Expending
frontiers in biomaterials. MRS Bull. 2005; 30: 864–872.

108. Silva GA, Czeisler C, Stupp SI, et al. Selective differentiation
of neural progenitor cells by high-epitope density nanofi-
ber. Science 2004; 303: 1352–1355.

109. Stupp SI, LeBonhear V, et al. Supramolecular materials: self
organized nanostructures. Science 1997; 276: 384–387.
Copyright # 2006 John Wiley & Sons, Ltd.
110. Zubarev ER, Stupp SI, et al. Scaffolding of polymers by
supramolecular nanoribbons. Adv. Mater. 2002; 14: 198–203.

111. Sone ED, Stupp SI, Zubarev ER. Semiconductor nanohelics
templated by supramolecular nanoribbons. Angew. Chem.
Int. Ed. 2002; 41: 1706–1709.

112. Guler MO, Stupp SI, et al. Enhanced oligonucleotide bind-
ing to self-assembled nanofibers. Bioconj. Chem. 2005; 16:
501–503.

113. Jiang HJ, Stupp SI. Dip-pen pattering and surface assembly
of peptide amphiphiles. Langmuir 2005; 21: 5242–5246.

114. Tovar JD, Stupp SI, et al. Probing the interior of peptide
amphiphile supramolecular aggregates. J. Am. Chem. Soc.
2005; 127: 7337–7345.

115. Bahanna HA, Stupp SI, et al. Coassembly of amphiphiles
with opposite peptide polarities into nanofibers. J. Am.
Chem. Soc. 2005; 127: 1193–1200.

116. Stendahl JC, Stupp SI, et al. Modification of fibrous poly(L-
lactic acid) scaffolds with self-assembling triblock mol-
ecules. Biomaterials 2004; 25: 5847–5856.

117. Li L-S, Stupp SI. One-dimensional assembly of lipophilic
inorganic nanoparticles templated by peptide-based nano-
fibers with binding functionalities. Angew. Chem. Int. Ed.
2005; 44: 1833–1836.

118. Stupp SI. Self-assembly polymerizations for regenerative
medicine. Abstracts of the Proceedings of the 6th Inter-
national Symposium on Biomedical Polymers, Granada,
July 16–18, 2005.

119. Lee H-F, Chang F-C, et al. Preparation and supramolecular
self-assembly of polypeptide-block-polyseudorotaxane.
Macromolecules 2005; 38: 6551–6558.

120. (a) Smenk JM, Tirrell D, van Hest JCM, et al. Controlled
assembly of macromolecular b-sheet fibrils. Angew. Chem.
Int. Ed. 2005; 44: 1968–1971. (b) Babin J, Rodrigues-Fernam-
dez J, et al. Self-assembled nanostructures from peptide-
synthetic hybrid block copolymers: Complex stimuli
responsive rod-coil architectures. Faraday Discuss. 2005;
128: 179–192.

121. Kayser V, Beddard GS, et al. Energy migration in novel pH-
triggered self-assembling b-sheets ribbons. J. Am. Chem.
Soc. 2004; 126: 336–343.

122. Vernille JP, Kovell LC, Schneider JW. Peptide nucleic acid
(PNA) amphiphiles: Synthesis, self-assembly and duplex
stability. Bioconj. Chem. 2004; 15: 1314–1321.

123. Smith LA, Ma PX. Nano-fibrous scaffolds for tissue engin-
eering. Colloids Surfaces B: Bioinerform 2004; 39: 125–131.

124. Yokoi H, Kinoshita T, Zhang SG. Dynamic reassembly of
peptide TADA16 nanofiber scaffold. Proc. Nat. Acad. Sci.
(PANAS) 2005; 102: 8414–8419.

125. Zhang S, Galatin F, Zhao X. Designer self-assembling pep-
tide nanofiber scaffolds for 3D tissue cultures. Seminars
Canc. Biol. 2005; 15: 413–420.

126. Holmes T, Zhang S, et al. Extensive neurite outgrowth and
active neuronal synapses on peptide scaffold. Proc. Nat.
Acad. Sci. 2000; 97: 6728–6733.

127. Semino CE, Zhang S, et al. Entrapment of hipocompal
neural cells in self assembling peptide scaffold. Tissue
Eng. 2004; 10: 643–655.

128. Bokhari NA, Zhang S, et al. The enhancement of osteoblast
growth and differentiation in vitro on a peptide hydrogel-
poly(HIPE) polymer hybrid material. Biomaterials 2005; 26:
5198–5208.

129. Genove E, Zhang S, et al. The effect of functionalized self-
assembling scaffolds on human aortic endothelial cell func-
tion. Biomaterials 2005; 26: 3341–3351.

130. Laflamme K, Germain L, et al. Tissue-engineered human
vascular media with endothelin system. Circulation 2005;
111: 459–464.

131. Katayama Y, Shoichet MS, et al. Coil reinforced hydrogel
tubes promote nerve regeneration equivalent to that of
nerve autografts. Biomaterials 2006; 27: 505–518.

132. Goldner JS, Hoffman-Kim D, et al. Neurite bridging across
micropatterned groves. Biomaterials 2006; 27: 460–472.

133. Yang J, Yamato M, Okano T. Cell-sheet engineering using
intelligent surface. MRS Bull. 2005; 30: 189–193.

134. Kim YS, Lim JY, et al. Termorespnsive terpolymeric films
applicable for osteoblastsic cell growth and non-invasive
cell-sheet harvesting. Tissue Eng. 2005; 11: 30–40.

135. (a)Mincheva R,ManolovaN, et al. Hydrogels from chitosan
crosslinked with poly(ethylene glycol) diacid as bone
Polym. Adv. Technol. 2006; 17: 395–418

DOI: 10.1002/pat



416 J. Jagur-Grodzinski
regeneration materials. e-Polymers 2004; 058. (b) Hoemann
CD, Hurtig M. Chitosan-glycerol phosphate/blood
implants improve hyaline cartilage repair in ovine micro-
fructere defects. J. Bone & Joint Surg.—Am. V 2005; 87A:
2671–2686.

136. Sotome S, Shinomiya K, et al. Synthesis and in vivo evalu-
ation of a novel hydroxyapatite/collagen-alginate as a bone
filler and a drug delivery carrier of bone morphogenetic
protein. Mater. Sci. Eng. 2004; C24: 341–347.

137. McLaren AC. Alternative materials to acrylic bone cement
for delivery of depot antibiotics in orthopaedic infections.
Clinic. Orthop. Related Res. 2004; 427: 101–106.

138. Schiller C, EppleM, et al. Geometrically structured implants
for cranial reconstruction made of biodegradable polye-
sters and calcium phosphate/calcium carbonate. Biomater-
ials 2004; 25: 1239–1247.

139. (a) Akmaz I, Kiral A, et al. Biodegradable implants in
the treatment of scaphoid nonunions. Int. Orthopaedics
2004; 28: 261–266. (b) Leiggener CS, Curtis R, et al. Influence
of copolymer composition of polylactide implants on
cranial bone regeneration. Biomaterials 2006; 27: 202–
207.

140. Alt V, Pfefferle H-J, et al. Effect of glycerol-L-lactide coating
polymer on bone ingrowth of BFGF-coated hydroxyapatite
implants. J. Control. Release 2004; 99: 103–111.

141. Rea SM, Best SM, Bonfield W. Bioactivity of ceramic-poly-
mer composites with varied composition and surface topo-
graphy. J. Mater Sci.—Mater. Med. 2004; 15: 997–1005.

142. Menderes A, Beytekin C, et al. Craniofacial reconstruction
with high-density porous polyethylene implants. J. Cranio-
facial Surgery 2004; 15: 719–724.

143. (a) Brooks RA, Jones E, et al. Biological evaluation of carbon-
fiber-reinforced poly-butyleneterephthalate (CFRPBT)
employed in a novel acetabular cup. Biomaterials 2004;
25: 3429–3438. (b) Khorasani MT, Zaghiyan M, Mirzadeh
H. Ultra high molecular weight polyethylene and polydi-
methylsiloxane blend as acetabular cup material. Colloids &
Surfaces B: Biointerfaces 2005; 41: 169–174. (c) Czel G, Zsoides
G. Acetabular cup deformation and strength improvement
by physical crosslinking. Mater. Sci. Test. Inform. II 2005;
473-474: 441–446.

144. Pitt WG, Morris RN, et al. Attachment of hyaluronan
to metallic surfaces. J. Biomed. Mater. Res. 2004; 68A: 95–
106.

145. Harris LG, Tossatti S, et al. Staphylococcus aureus adhesion
to titanium oxide surfaces coated with non-functionali-
zed and peptide-functionalized poly(L-lysine)-grafted-
poly (ethylene glycol) copolymers. Biomaterials 2004; 25:
4135–4148.

146. (a) Etienne O, Picart C, et al. Multilayer polyelectrolyte films
functionalized by insertion of defensin: A new approach for
protection of implants from bacterial colonization. Antimi-
crobial Agents Chemotherapy 2004; 48: 3662–3669. (b) Yoneda
M, Terai H, et al. Repair of an intercalated long bone defect
with a synthetic biodegradable bone-inducing implant.
Biomaterials 2005; 26: 5145–5152.

147. Bankirane-Jessel N, Lavalle Ph, et al. Control of monocyte
morphology on and response to model surfaces for
implants equipped with anti-inflammatory agents. Adv.
Mater. 2004; 16: 1507–1511.

148. Fukai R, Chen W, et al. Strategies towards biocompatible
artificial implants: Grafting of functionalized poly(ethylene
glycol) to poly(ethylene terephthalate) surfaces. J. Polym.
Sci. 2004; A42: 5389–5400.

149. Giaveresi G, Branda F, et al. Poly(2-hydroxyethyl metha-
crylate) biomimetic coating to improve osseointegration of
a PMMA/HA/glass implants: In vivo mechanical and his-
tomorphometric assessment. Int. J. Artificial Organs 2004;
27: 674–680.

150. Tsukeoka T, Suzuki M, et al. Enhanced fixation of implants
by bone ingrowth to titanium fiber mesh: effect of incorp-
oration of hydroxyapatite powder. J. Biomed. Mater. Res.
2005; 75B: 168–176.

151. Chlopek J. Effects of stress and biological environment
on polymeric implants durability. Polimery 2005; 50: 182–
199.

152. Giaveresi G, Tschon M, et al. New polymers for drug
delivery systems in orthopaedics: In vivo compatibility
evaluation. Biomed. Pharmacotherapy 2004; 58: 411–417.
Copyright # 2006 John Wiley & Sons, Ltd.
153. Speranza G, GottardG, et al. Role of chemical interactions in
bacterial adhesion to polymer surfaces. Biomaterials 2004;
25: 2029–2037.

154. Puskas JE, Chen Y, Biomedical application of commercial
polymers and novel polyisobutylene-based thermoplastic
elastomers for soft tissue replacement. Biomacromolecules
2004; 5: 1141–1154.

155. Dziubla TD, Lowman AM. Vascularization of PEG-grafted
macroporous hydrogel sponges: A three-dimensional in
vitro angiogenesis model using human micro-vascular
endothelial cells. J. Biomed. Mater. Res. 2004; 68A: 603–614.

156. Lee K, He J, et al. Biocompatible benzocyclobutene (BCB)-
based neural implants with micro-fluidic channel. Biosens.
Bioelectr. 2004; 20: 404–407.

157. Lee KK, He J, et al. Polyimide based intracortical neural
implant with improved structural stiffness. J. Micromech.
Microeng. 2004; 14: 32–37.

158. Lee K, Singh A, et al. Polyimide based neural implants with
stiffness improvement. Sensors Actuators B-Chem. 2004; 102:
67–72.

159. Shishatskaya AI, Volova AP, et al. Tissue response to the
implantation of polyhydroxy-alkanoate sutures. J. Mater.
Sci.: Mater. Med. 2004; 15: 719–728.

160. Sanders JE, Rochefort JR. Fibrous encapsulation of single
polymer microfibers depends on their vertical dimensions
in subcutaneous tissue. J. Biomed. Mater. Res. 2003; 67A:
1181–1187.

161. Balasubramaniam J, Kumar MT. Gelan-based scleral
implants of indomethacin. Drug Delivery 2004; 11: 371–
379.

162. Ohya Y, Toyohara M, et al. Thermosensitive biodegradable
polydepsipeptide. Macromol. Biosci. 2005; 5: 273–276.

163. Landlein A, Kelch S. Shape-memory polymers as stimuli-
sensitive implant materials. Clin. Hemorheol. Microcirc. 2005;
32: 105–116.

164. Xie G, Tan XL, Gao ZQ. An interference-free implantable
glucose microbiosensor based on use of a polymeric ana-
lyte-regulating membrane. Frontiers Biosci. 2005; 10: 1797–
1801.

165. Abraham S, Brahim S, et al. Molecular engineered
p(HEMA)-based hydrogels for implant biochip biocompat-
ibility. Biomaterials 2005; 26: 4767–4778.

166. Williams SK, Patula VB, et al. Dual porosity expanded
polytetrafluoro-ethylene for soft-tissue augmentation.
Plast. Reconstr. Surgery 2005; 115: 1995–2006.

167. Acosta AC, Fernandez V, et al. Ocular biocompatibility of
quatromer (TM) (polystyrene-polyisobutylene triblock
polymers) for glaucoma implants. Invest. Ophthalmol.
Visual. Sci. 2004; 45: U35–35 2929 Suppl.

168. Mayerhoft ME. Use of nitric oxide release/generating poly-
meric coatings to enhance the biocompatibility of
implanted chemical sensors. Abstract Papers American
Chemical Society, Part 1, U144 229: 340-ANYL, March 13,
2005.

169. Sliwniak R, Domb AJ. Macrolactones and polyesters from
ricinoleic acid. Biomacromolecules 2005; 6: 1679–1688.

170. Sliwniak R, Domb AJ. Lactic acid and ricinoleic acid based
copolyesters. Macromolecules 2005; 38: 5545–5553.

171. Domb AJ. Polymeric carriers for regional drug therapy. VI
International Symposium on Frontiers in Biomedical Poly-
mers, Granada, June 16–18, 2005.

172. Jordan O, Rufenacht DA, et al. Biomaterials for injectable
therapeutic implants. Chimia 2005; 59: 353–356.

173. Jordan O, Doelker E, Rufenacht DA. Biomaterials used in
injectable implants (liquid embolics) foe percutaneous fill-
ing of vascular spaces. Cardiovasc. Intervent. Radiology 2005;
28: 561–569.

174. Cohn D, Sosnik A, Garty S. Smart hydrogels for in situ
generated implants. Biomacromolecules 2005; 6: 1168–1171.

175. Mrovietz C, Franke RP, et al. Haemocompatibility of poly-
mer-coated stainless steel stents as compared to the
uncoated stents. Clin. Hemorheol. Microencapsulation 2005;
32: 89–103.

176. Kipshidze N, Leon MB, et al. Update on Sirolimus drug-
eluting stents. Curr. Pharmaceut. Design 2004; 10: 337–
348.

177. Carter AJ, Aggrawal M, et al. Long term effects of polymer
based, slow release Sirolimus eluting stents in a porcine
coronary model. Cadiovasc. Res. 2004; 63: 617–624.
Polym. Adv. Technol. 2006; 17: 395–418

DOI: 10.1002/pat



Review of recent studies 417
178. Vogt F, Stein A, et al. Long term assessment of novel
biodegradable paclitaxel-eluting coronary polylactide
stent. Eur. Heart J. 2004; 25: 1330–1340.

179. Carter AJ, Wang CA, et al. Comparative efficacy of Ever-
olimus and Sirolimus delivered via polymeric drug eluting
stents in the porcine coronary model. J. Am. College Cardio-
logy 2004; 43: S83A–83A.

180. Group author(s): Consensus Comm. Preclinical evaluation
of drug eluting stents for peripheral applications. Circula-
tion 2004; 110: 2498–2505.

181. Groothuis A, Nanasato M, et al. Total paclitaxel dose
optimization with minimized abluminal bioerodible poly-
mer stent coatings provide safe delivery of paclitaxel in
porcine coronary arteries. Am. J. Cardiology 2005; 96: 208Hs.

182. Sharkawi T, Leyni-Barbaz D, et al. Evaluation of the in vitro
drug release from resorbable biocompatible coating for
vascular stents. J. Bioact. Compat. Polym. 2005; 20: 153–168.

183. (a) Wormuth KR, DeWitt DM, et al. Characterization of
drug eluting coatings on medical devices. Polym. Preprints.
2005; 46(2): 1222. (b) Richard RE, Matyjaszewski K, et al.
Evaluation of acrylate-based block copolymers prepared by
atom transfer radical polymerization as matrices for pacli-
taxel delivery from coronary stents. Biomacromolecules 2005;
6: 3410–3418.

184. Kensuke E, Rayuichi M, et al. Stents having NF-kB decoy,
oligonucleotide-releasing polymer layer for prevention of
vascular restenosis. Japanese Patent 2004267368, March 3,
2003.

185. Kishore U, Peiwer C, et al. Biocompatible controlled release
polymer coatings for medical devices and related methods.
US Patent 2005 084515, 2005.

186. Cagiannos C, Abul-Khoudoud OR, et al. Rapamycin-coated
expanded polytetrafluoroethylene bypass grafts exhibit
decreased anastomotic neointimal hyperplasia in a porcine
model. J. Vascul. Surgery 2005; 42: 980–987.

187. Zhou YH, Faust R, et al. Synthesis and characterization of
poly(cyclohexyl vinyl ether-stat-vinyl alcohol)-b-polyiso-
butylene-b-poly(cyclohexyl vinyl ether-stat-vinyl alcohol)
triblock copolymers and their application as coatings to
deliver paclitaxel from coronary stents. Macromolecules
2005; 38: 8183–8191.

188. Sipos L, Som A, Faust R. Controlled delivery of paclitaxel
from stent coatings using poly(hydroxystyrene-b-polyiso-
butylene-b-hydroxystyrene) and its acetylated derivative.
Biomacromolecules 2005; 6: 2570–2582.

189. Silber S. When are drug eluting stents effective? A critical
analysis of the presently available data. Zeitsch fur Kardio-
logie 2004; 93: 649–663.

190. Richter GM, Stampfl U, et al. A new polymer concept by
coatings vascular stents using PTFEP poly(bis(trifluor-
oethoxy)phosphazene) to reduce thrombo-genicity and late
in-stent stenosis. Invest. Radiology 2005; 40: 210–218.

191. Ranade SV, Miller KM, et al. Physical characterization of
controlled release of Paclitaxel from TaxusTM Express2TM

drug eluting stent. J. Biomed. Mater. Res. 2005; 71A: 625–634.
192. Windecker S, Remondino A, et al. Sirolimus-eluting and

Paclitaxel-eluting stents for coronary revascularization.
New Engl. J. Med. 2005; 353: 653–662.

193. Silber S, Hamburger J, et al. Direct stenting with Taxus
stents seems to be as save and effective as with predilata-
tion—a post hoc analysis of Taxus II. Herz 2004; 29: 171–180.

194. Stone GW, Ellis SG, et al. (Taxus-IV investigators). A poly-
mer-based paclitaxel eluting-stent in patients with coron-
ary artery disease. New Engl. J. Med. 2004; 350: 221–231.

195. (a) Stone GW, Ellis SG, et al. (Taxus-IV investigators). One
year clinical results with the slow-release, polymer-based,
paclitaxel-eluting TAXUS stent the TAXUS-IV trial. Circu-
lation 2004; 109: 1942–1947. (b) Colombo AJ, Dudek R, et al.
Persistent remodeling and neointimal suppression 2 years
after polymer-based, paclitaxel-eluting stent implantation:
insights from serial intravascular ultrasound analysis in
the TAXUS II study group. Circulation 2005; 112: 3876–
3883.

196. (a) Chieffo A, Colombo A. Polymer-based, paclitaxel-elut-
ing coronary stents—clinical results in de novo lesions. Herz
2004; 29: 147–151. (b) Cosgrave J, Agostoni P, et al. Clinical
outcome following aleatory implantation of paclitaxel-elut-
ing or sirolimus-eluting stents in complex coronary lesions.
Am. J. Cardiol. 2005; 96: 1663–1668.
Copyright # 2006 John Wiley & Sons, Ltd.
197. Babapulle MN, Lawrence J. A hierarchical Bayesian meta-
analysis of randomized clinical results for eluting stents.
Lancet 2004; (ASAP document) 364.9434, 14 August, 583–
603.

198. (a) Grube E, Sonoda S, et al. Six- and twelve-month results
from first human experience using Everolimus-eluting
stents with bioabsorbable polymer. Circulation 2004; 109:
2168–2171.

199. Moussa I, Leon MB, et al. Impact of Sirolimus eluting stents
on outcome in diabetic patients—a Sirius (Sirolimus
coated-coated Bx balloon-expandable stent in the treatment
of patients with de novo coronary artery lesions) sub-study.
Circulation 2004; 109: 2273–2278.

200. Schuler G. Polymer-sirolimus-eluting stents in de nano
lesions. Herz 2004; 29: 152–161.

201. (a) Virmani R, Farb A, et al. Drug-eluting stents cautions
and concerns for long term outcome. Coronary Artery Dis-
ease 2004; 15: 313–318. (b) Virmani R, Guagliumi G, et al.
Localized hypersensitivity and late coronary thrombosis
secondary to a sirolimus-eluting stent should we be cau-
tious? Circulation 2004; 109: 701–705.

202. Doggreli SA. Sirolimus- or paclitaxel-eluting stents to pre-
vent coronary artery restenosis. Exp. Op. Pharmacotherapy
2004; 5: 2209–2220.

203. Tanaube K, Serruys PW, et al. Chronic arterial responses to
polymer-controlled paclitaxel-eluting stents—comparison
with bare metal stents by serial intravascular analyses.
Circulation 2004; 109: 196–200.

204. Bavry AA, Kumbhani DJ, et al. What is the risk of stent
thrombosis associated with paclitaxel-eluting stents for
percutaneous coronary intervention? A meta-analysis. J.
Am. Coll. Cardiol. 2005; 45: 941–946.

205. Radke PW, Kobella S, et al. Treatment of in-stent restenosis
using a paclitaxel-eluting stent: acute results and long-
term follow-up of a matched pair comparison with
intracoronary radiation therapy. Eur. Heart J. 2004; 25:
920–925.

206. Steffel J, Latini RA, et al. Rapamycin, but not FK-506,
increases endothelial tissue factor expression. Implications
for drug eluting stent design. Circulation 2005; 112: 2002–
2011.

207. Serruys PW, Dagertekin M, et al. Vascular responses at
proximal and distal edges of paclitaxel-eluting stents—
serial intravascular ultrasound analysis from the TAXUS
II trial. Circulation 2004; 109: 627–633.

208. Wessely R, Kastrati A, et al. Late restenosis in patients
receiving a polymer-coated sirolimus-eluting stent. Annals
Intern. Med. 2005; 143: 392–394.

209. Grube B, Buellesfeld L, Rapamycin analogs for stent-based
local drug delivery—Everolimus and Tacrolimus-eluting
stents. Herz 2004; 29: 162–166.

210. Serruys PW, Ormiston JA, et al. Actinomycin-eluting stent
for coronary revascularization. J. Am. Coll. Cardiol. 2004; 44:
1383–1387.

211. Hong YJ, Jeong MH, et al. Effect of Abciximab-coated stent
on in-stent intimal hyperplasia in human coronary arteries.
Am. J. Cardiol. 2004; 94: 1050–1054.

212. Kavanagh CA, Keenan AK, et al. Local drug delivery in
restenosis injury: thermo-responsive co-polymers as poten-
tial drug delivery systems. Pharmacol. Therapeutics 2004;
102: 1–15.

213. Palmer RR, Lewis AL, et al. Biological evaluation and drug
delivery application of cationically modified phospholipid
polymers. Biomaterials 2004; 25: 4785–4796.

214. Lewis AL, Willis SL, et al. Drug loading and elution from
phosphorylcholine polymer-coated coronary stent does not
affect long-term stability of the coating in vivo. Bio-Medical
Mater. Eng. 2004; 14: 355–370.

215. Walter DH, Losordo DW, et al. Local gene transfer of
phVEGF-2 plasmid by gene-eluting stents: an alternative
strategy for inhibition of restenosis. Circulation 2004; 110:
36–45.

216. Thierry B, Winnik FM, et al. Radionuclides-hyaluronan-
conjugate thromboresistant coatings to prevent in-stent
restenosis. Biomaterials 2004; 25: 3895–3905.

217. Rypacek F, Lapcikowa M, et al. Biodegradable polymer
coatings for drug eluting vascular stents. VI International
Symposium on Frontiers in Biomedical Polymers, Granada,
June 16–18, 2005.
Polym. Adv. Technol. 2006; 17: 395–418

DOI: 10.1002/pat



418 J. Jagur-Grodzinski
218. Alexis F, Venkatraman SS, et al. In vitro study of release
mechanism of paclitaxel and rapamycin from drug-incorp-
orated biodegradable stent matrices. J. Control. Release 2004;
98: 67–74.

219. Zilberman M, Schwande ND, Eberhart RC. Protein-loaded
bioresorbable fibers and expandable stents: Mechanical
properties and protein release. J. Biomed. Mater. Res.—Appl.
Biomater. 2004; 68B: 1–10.

220. Uurto I,Mikkonen J, et al. Drug-eluting biodegradable poly-
D/L-lactic acid vascular stents: an experimental pilot study.
J. Endovascular Therapy 2005; 12: 371–379.

221. Jaster M, Rauch U, et al. Randomized comparison of plate-
let-leukocyte aggregates and platelet activation in blood:
heparin-coated coiled wire stent implantation versus bal-
loon angioplasty in acute myocardial infraction. Thrombosis
Research 2004; 112: 285–289.

222. Keuren JFW, Wielders SJH, et al. Covalently bond heparin
make collagen thromboresistant. Arterioscl. Thromb. Vasc.
Biology 2004; 24: 613–617.

223. Grube E, Lansky A, et al. High-dose 7-hexanoyltaxol-elut-
ing stent with polymer sleeves for coronary revasculari-
zation: one year results from the SCORE randomized trial.
J. Am. Coll. Cardiol. 2004; 44: 1368–1372.

224. Shurmann K, Lahann J, et al. Biologic response to polymer-
coated stents: In vivo analysis and results in an lilac artery
sheep model. Radiology 2004; 230: 151–162.

225. (a) Denstedt JD, et al. Urinary tract biomaterials. J. Urology
2004; 171: 2238–2244. (b) Chew BH, Knudsen BE, Denstedt
JD. The use of stents in contemporary urology. Current Op.
Urology 2004; 14: 111–115.

226. Lawrence EL, Turner IG. Materials for urinary catheters: A
review of their history and development in the UK. Med.
Eng. Phys. 2005; 27: 443–453.

227. Kondyurin AV, Maitz AF, et al. Drug release from poly-
urethane coating modified by plasma immersion ion
implantation. J. Biomat. Sci.—Polym. Ed. 2004; 15: 145–150.

228. Clayman M, Uribe CA, et al. Comparison of guide wires in
urology, which, when, and why? Biomaterials. J. Urology
2004; 171: 2146–2150.

229. Isotalo T, Nuutinen JP, et al. Biocompatibility and implan-
tation properties of 2 differently braided, biodegradable,
self reinforced polylactic acid urethral stents: an exper-
imental study in the rabbit. J. Urology 2005; 174: 2401–
2404.

230. Samuel U, Guggenbichler JP. Prevention of catheter-related
infections: the potential of new nano-silver impregnated
catetheter. Int. J. Antimicrob. Agents 2004; 23: 75–78.

231. Saxena AK, Panhotra BR. Prevention of catheter-related
bloodstream infections: an appraisal of developments in
designing an infection resistant ‘dream’ dialysis-catetheter.
Nephrology 2005; 10: 240–248.
Copyright # 2006 John Wiley & Sons, Ltd.
232. Han SY, Yoon SH, et al. Biodegradable polymer releasing
antibiotic developed for drainage catheter of cerebrospinal
fluid: In vitro results. J. Korean Med. Sci. 2005; 20: 297–301.

233. Sternberg K, Selent C, et al. Tissue cultivation for in vitro
testing of polymer-based bioabsorbable urethral stents.
Urologe A 2004; 43: 1400.

234. van Berkel AM, Huibregtse IL, et al. A prospective random-
ized trial of Tanenbaum-type Teflon-coated stents versus
polyethylene stents for distal biliary obstruction. Eur. J.
Gastroent. Hepatology 2004; 16: 213–217.

235. Furno F, Morley KS, et al. Silver nanoparticles and poly-
meric medical devices: a new approach to prevention of
infection? J. Antimicrob. Chemother. 2004; 54: 1019–1024.

236. Valimaa T, Laaksovirta S. Degradation behavior of self-
reinforced 80L/20G PLGA devices in vitro. Biomaterials
2004; 25: 1225–1232.

237. (a) Grayson ACR, Cima MJ, Langer R. Molecular release
from a polymeric microreservoir device: influence of chem-
istry, polymer swelling, and loading on device perform-
ance. J. Biomed. Mater. Res. 2004; 69A: 502–512. (b) Grayson
ACR, Cima MJ, Langer R. Size and temperature effects on
poly (lactic-co-glycolic acid) degradation and micro-reser-
voir device performance. Biomaterials 2004; 26: 2137–
2145.

238. Stubbe BG, De Smedt SC, Demeester J. Programmed poly-
meric devices for pulsed drug delivery. Pharmaceut. Res.
2004; 21: 1732–1740.

239. Hile DD, Doherty SA, Trantolo DJ. Prediction of resorption
rates for composite polylactide/hydroxyapatite internal
fixation devices based on degradation profiles. J. Biomed.
Mater. Res. 2004; 71B: 201–205.

240. Malcolm RK, Woolfson AD, et al. Controlled release of
model antibacterial drug from a novel self-lubricating
silicone biomaterial. J. Control. Rel. 2004; 97: 313–320.

241. Dabagh M, Abdekhodaie J, Khorasani MT. Effects of poly-
dimethylsiloxane grafting on the calcification, physical
properties and biocompatibility of polyurethane in a heart
valve. J. Appl. Polym. Sci. 2004; 98: 758–766.

242. Zhou Z, Meyerhoff ME. Preparation characterization of
polymeric coatings with combined nitric oxide release
and immobilized active heparin. Biomaterials 2005; 26:
6505–6517.

243. Frost MC, Reynolds MM, Meyerhoff ME. Polymers incor-
porating nitric oxide releasing/generating substances for
improved biocompatibility of blood-contactincy medical
devices. Biomaterials 2005; 26: 1685–1693.

244. Haidopoulus M, Turgeon S, et al. Chemical and biological
characterization of ultra-thin fluorocarbon plasma-polymer
deposition on 316 stainless steel substances: a first step
toward the improvement of the long-term safety of coated-
stents. Plasma Proc. Polym. 2005; 2: 424–440.
Polym. Adv. Technol. 2006; 17: 395–418

DOI: 10.1002/pat


