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Abstract—The needs of modern surgery triggered the intensive development of transplantology, medical
materials science, and tissue engineering. These directions require the use of innovative materials, among
which porous polymers occupy one of the leading positions. The use of natural and synthetic polymers makes
it possible to adjust the structure and combination of properties of a material to its particular application. This
review generalizes and systematizes the results of recent studies describing requirements imposed on the
structure and properties of synthetic (or artificial) porous polymer materials and implants on their basis and
the advantages and limitations of synthesis methods. The most extensively employed, promising initial mate-
rials are considered, and the possible areas of application of polymer implants based on these materials are
highlighted.
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Fig. 1. Number of publications in the Scopus database
(https://www.scopus.com/) found by search for keywords
(1) “{scaffold},” (2) “{tissue engineering},” and (3) “3{D
printing}” vs. the year of publication from 2000 to 2019.

2000 2004 2008 2012 2016 2020

0

2000

4000

6000

8000

10 000

12 000

3

2

1

Year

Number
INTRODUCTION

The need of society for modern implants and tissue
engineering products is steadily increasing owing to an
increase in operative interventions caused by diseases,
injuries, and age-related changes. The huge number of
transplantation operations led to a high demand for
donor organs and tissues. The use of autotransplants
and allotransplants is effective but suffers from a num-
ber of limitations. Medical materials science, whose
task is to design functional substitutes of the damaged
tissue and which lies at the intersection of sciences,
such as chemistry, biology, and engineering, offers an
alternative—various implants based on metals and
alloys, bioceramics and bioglass, and natural and syn-
thetic polymers. New materials and compounds are a
basis for the manufacture of tissue-engineering prod-
ucts using scaffold technologies and cellular cultures.
In the past two decades, the number of studies con-
cerning scaffold development and tissue engineering
has increased exponentially (Fig. 1).

The development and practical application of
medical implants have revolutionized the field of pub-
lic health. Orthopedic, dental, and vascular implants
and heart valves and stents make it possible to consid-
erably improve the duration and quality of life. At
present, the manufacture of modern functional
implants is an extremely urgent issue. The reconstruc-
tion of large or critical size bone defects resulting from
injuries, osteoporosis, and surgical intervention
during bone infection or bone tumor resection is a dif-
2

ficult task [1, 2]. The annual global demand for
implants applied to fill bone defects is above a million
units and to treat cardiovascular diseases is on the
order of five hundred thousand units.
9
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Fig. 2. Number of publications in the Scopus database
(https://www.scopus.com/) found by search for keywords
(1) “(scaffold *polymer*),” (2) “(scaffold *metal*),” and
(3) “(scaffold *ceram*)” vs. the year of publication from
2000 to 2019.
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The key element of tissue engineering, a porous
material “scaffold,” functions as an artificial extracel-
lular matrix (ЕСМ) and provides the migration, dif-
ferentiation, and proliferation of cells. Control over
porosity, architecture, and biomimetic properties of
engineering frameworks is of crucial importance to
ensure the appropriate biological function in addition
to mechanical integrity and mass transfer (diffusion
and permeability).

In recent years, natural and synthetic polymers
have taken leading positions among materials suitable
for designing customized implants (Fig. 2). These are
first of all porous biocompatible polymer materials;
their properties and operating time can be varied and
adjusted to a specific task [3].

The use of polymers allows the physicomechanical
characteristics, structure, and properties of the formed
material to be transformed over a wide range. A change
in the nature of the synthesized (co)polymer presents
an opportunity to design novel biocompatible and
noncytotoxic materials with required physicomechan-
ical characteristics for manufacturing modern func-
tional customized implants. The application of poly-
mer materials with a system of open interconnected
pores of the specified size enables one either to repro-
duce the necessary structure of a tissue or to form a
framework (scaffold) for further manufacture of a tis-
sue or organ. One of the advantages of polymer mate-
rials is their reduced immunogenicity compared, for
PO
example, with commonly used xenogenic materials.
Another undoubted advantage of polymer materials is
that they can be functionalized with various drugs and
growth factors; this widens opportunities and
improves their application efficiency. The classical
fabrication techniques for tissue-engineering scaffolds
are solvent casting/particulate leaching, gas foaming,
electrospinning, cryogelation, freeze drying, and ther-
mally induced phase separation. Each of these tech-
niques has its own advantages and disadvantages. The
growing demand for customized implants necessitates
the use of new effective approaches, especially within
the framework of additive manufacturing technolo-
gies, also called “3D printing.” A rapid growth in the
number of publications on 3D printing has been
observed only during the past six years (Fig. 1,
curve 3). This is largely associated with the technical
development and improvement of personal computers
as well as the expiration of 3D printing patents
acquired in the 1980s. However, the creation of effec-
tive porous polymer implants under lab conditions and
their successful implementation in clinical practice are
a global challenge to date.

Earlier, the authors of [4] considered polymers in
orthopedic surgery and tissue engineering while focus-
ing on biofunctionalization of the surface. The main
goals of this review are to generalize and systematize
the most influential publications on methods for the
synthesis of porous polymer materials and implants, to
highlight the advantages and disadvantages of a partic-
ular technology depending on the purpose of the final
product, to list the most commonly used and
advanced initial materials (polymers and polymeriz-
able systems) pertinent to the manufacture of porous
polymer scaffolds, to address requirements for porous
polymer implants depending on their application, and
to consider promising applications of such implants.

REQUIREMENTS IMPOSED ON IMPLANTS

Physicomechanical Characteristics

The physicomechanical characteristics of implants
may be estimated by measuring a number of physical
parameters, such as the elastic modulus or the Young
modulus, the bulk modulus, and the shear modulus
[5, 6]. In the vast majority of studies, the physicome-
chanical characteristics of porous polymer biomateri-
als are assessed in terms of the Young modulus. For
various tissues, this parameter varies in a very wide
range. It is less than 1 kPa for the brain, ~1 MPa for
cartilage, ~10 kPa for muscle, 100 kPa for calcified
bone, and 2–4 GPa for bone [7, 8]. It was found that,
upon cultivation in polyacrylamide gels of different
stiffness (0.1–1.0, 8–17, and 25–40 kPa), human mes-
enchymal stem cells (hMSC) are capable of differenti-
ating into nerve, muscle, or bone cells, respectively
[9]. Hence, the elastic properties of a biomaterial used
for implant fabrication strongly influence the fate of
LYMER SCIENCE, SERIES C  Vol. 63  No. 1  2021
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stem cells encapsulated into the gel. This provides a
tool to control their differentiation. The dependence
of cell migration, proliferation, and differentiation
processes on the physicomechanical characteristics of
implants is studied by a new branch of science, mech-
anobiology [10, 11].

Porosity, Size, and Randomness of Pore Distribution
The important characteristics of implant materials

are porosity and pore structure. The porosity of
implants is of prime importance, because it influences
the formation and growth of the vasculature and the
diffusion of biological compounds. It is important that
pores be open and interconnected. In materials not
featuring optimal porosity, the necessary processes of
cell adhesion, proliferation, differentiation, and
migration are suppressed. Porosity is determined as
the ratio of the total volume of voids (pores) to the
total volume of the implant and is closely related to the
physicomechanical characteristics of the implant [12].
The experimental data on the effect of porosity of
polymers (polymers based on emulsions and foamed
polymers) on the elastic modulus were theoretically
substantiated in a recent paper [13].

The porous structure of an osteochondral implant
is considered optimal if it contains pores with sizes
from 5 to 200–400 μm [14, 15]. In stereolithography
and selective laser sintering methods, each element of
the porous structure “is drawn” by a laser beam with
the minimum diameter of the beam spot being 40 μm.
Therefore, the production of polymer materials with a
pore size from 5 μm by these methods is hardly possible.
The nanolithography technique makes possible the
manufacture of scaffolds with a minimum size of the
scaffold structure element of ~100 nm. However,
because of a low “printing” rate, this process is used for
creating 3D objects with a size of 102–103 μm [16, 17].

Microstructure of Polymer Surface
The microstructure of polymer surface exerts a

considerable effect on the adhesion and proliferation
of cells [18]. Recent progress in the field of microtech-
nologies and nanotechnologies made it possible to
achieve a breakthrough in gaining insight into the
effect of material microstructure on the behavior of
cells. It was shown that cells can “sense” relief up to
several nanometers [19] and can envelop submicron
structures [20]. For example, the nanotextured surface
of poly(methyl methacrylate) exhibits an increased
cell adhesion compared with the nontextured surface
[21].

Biofunctionalization of Polymers
Not all polymer materials can be immediately suit-

able for manufacturing implants. For example, bio-
compatible poly(ethylene glycol) diacrylate and
POLYMER SCIENCE, SERIES C  Vol. 63  No. 1  2021
poly(methyl methacrylate) are bioinert and require
pretreatment. The possibility to functionalize a mate-
rial with biological compounds, such as laminin,
fibronectin, vitronectin, RGD peptides, or growth
factors, is particularly important in the manufacture of
porous implants. This functionalization may be
accomplished via noncovalent interactions (e.g.,
hydrogen bonds, ionic or hydrophobic interactions) or
covalent (chemical) bonding. Noncovalent interac-
tions are often achieved by impregnating a porous
polymer implant with solution of a functionalizing
compound and subsequent drying [22]. If the pro-
longed release of a biological compound (suppose,
antibiotic, VEGF) in the body is required, then its
solutions in biodegradable materials, for example,
poly(ε-caprolactone) [23] or gelatin [24], may be used
for treatment. The chemical bonding of functionaliz-
ing compounds is as a rule less effective, because in
most cases it causes a partial loss in activity of the
compound being grafted. From this point of view, the
application of porous polymer materials for manufac-
turing functional implants is the most promising,
because polymers make it possible to realize many
approaches not only to the surface modification but
also to the bulk chemical modification.

There are three ways of polymer surface modifica-
tion to ensure a better interaction of polymer materials
with cells: the first way involves a change in polymer
morphology, that is, the creation of roughnessеs and
porous coatings to enhance the germination of tissues;
the second way consists in the noncovalent adsorption
of biologically active compounds or drugs on the pore
surface of the polymer material [25, 26]; and the third
way includes chemical modification, that is, plasma or
glow discharge treatment and grafting of biologically
active compounds, macromolecules, or cellular adhe-
sion functional groups [27–29].

Biocompatibility and Biodegradability
The most important and necessary property of

materials for biomedical applications is biocompati-
bility, that is, the ability of materials not to cause
adverse reactions upon introduction into the body [30,
31]. According to GOST [Russian State Standard] R
ISO 10993-2-2009, biocompatibility implies the
absence of a local inflammatory response, toxic and
allergic effects, oncogenicity, and immunogenicity
while maintaining functional characteristics of the
implant for a specified time.

The nature of natural and synthetic polymers plays
the decisive role in biocompatibility, because it defines
their effect on the immune system of the host. Natural
biopolymers, for example, finely dispersed suspen-
sions of allogeneic tissues obtained by “decellulariza-
tion” technologies, are frequently used in bioprinting
or electrospinning methods [32]. The as-manufac-
tured implants are composed solely of components of
the extracellular matrix. However, the accuracy of the
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reproduction of the geometry of implants manufac-
tured by these methods still cannot reach the accuracy
of additive technologies based on UV, visible, or near
infrared light initiation. The latter, in turn, suffer from
limitations related to the toxicity of initial materials,
because the majority of necessary light-sensitive mate-
rials are not intended for biological applications [33].

Requirements for polymers and polymer products
may be different depending on their purpose. For
example, for products operating in contact with blood,
vessel prostheses, cardiac valves, and the whole heart,
hemocompatibility, that is, the ability of a material to
cause no changes in blood functions, transformation
of its components, or clotting, is of vital importance.
For these products the interaction of a polymer with a
biological medium should be reduced to a minimum.
In contrast, in the case of orthopedic applications, the
intense interaction and fusion of the implant with the
tissue are required [34].

Sometimes implants should be not only biocompat-
ible but also biodegradable. Biodegradability is the abil-
ity to a material to degrade within the framework of a
certain biological system at which the degradation
products are nontoxic for this system (body). The
formed degradation products in the body should be
involved in metabolic and biochemical processes or
absorbed by macrophages. Subsequently, the structures
of this implant may be replaced with tissues of the body.

In general, each material for medical application
should conform to certain biological characteristics
and should be studied before clinical testing according
to GOST R ISO 10993.5-99. The main parameters in
terms of which each material is evaluated are cytotox-
icity, chronic toxicity, immunogenicity, oncogenicity,
safety, and efficiency when applied for a specific task.

MANUFACTURE OF POROUS POLYMER 
IMPLANTS

There are two main groups of manufacturing tech-
niques for porous polymer implants: classical tech-
niques and techniques based on additive technologies.
Classical techniques can be easily implemented and
are quite common. However, they do not allow the
manufacture of customized implants with a complex
of required properties and structural characteristics.
These limitations can be removed using the second
group of techniques, additive technologies, which
have been vigorously developed in recent years. The
additive technologies provide a way to manufacture
implants with a high resolution and to use simultane-
ously several biomaterials.

Classical Techniques
Classical techniques include solvent casting/par-

ticulate leaching, gas foaming, electrospinning, cryo-
gelation, freeze drying, and thermally induced phase
separation. The production of porous polymer implants
PO
by these techniques is optimal if defects are small in size
and there is no need to accurately reproduce the geom-
etry of the lost tissue area. Owing to their purpose, these
implants are as a rule bioresorbable.

Solvent сasting/particulate leaching (SCPL) is
among the first techniques used for the manufacture
of porous scaffolds that can be easily implemented. It
is in wide use for the manufacture of scaffolds with a
porous structure. According to this technique, a poly-
mer solution containing porogenic components is
loaded in a mold and the solvent is then evaporated to
form a solid polymer block. Afterwards, porogenic
components are removed from the block via repeated
leaching with water or another solvent; as a result, a
pore system appears in the material. Instead of the
polymer solution, the solution of a monomer which
polymerizes when the composition is loaded in the
mold can be used. In most cases, the introduction of
porogenic components insignificantly changes the
initiation process and the resulting scaffolds are cross-
linked homogeneously. Porogenic components are,
for example, salts [35, 36], poly(ethylene glycol) [37],
and sugar [38]. Among considerable drawbacks of the
technique are the absence of accurate control over the
shape and size of scaffold pores and pore size distribu-
tion as well as the difficulty of obtaning uniform pore
interconnectivity. In addition, the presence of sol-
vents, frequently toxic, does not enable the immediate
loading of cells and biological compounds. The need
to remove the solvent and to create the mold increases
time and material expenditures. Among benefits of the
SCPL method are a wide range of pore sizes, indepen-
dent control of porosity and pore size, and the oppor-
tunity to produce scaffolds with the required porosity.
In the case of osteochondral scaffolds, it should be at
least 65%. There is a modified SCPL technique which
allows the manufacture of porous polymer scaffolds
with a porosity of 91% and a pore size of ~400 μm on
the basis of poly(ε-caprolactone) (PCL) [39]. The
potential of their use for bone tissue engineering was
assessed in vitro using mouse calvaria-derived preos-
teoblastic cells. Strong composite porous scaffolds are
manufactured from granulated calcium phosphate and
polylactide (PLA) using a modified salt particulate
leaching method [40]. For example, a pressure of
2.5 GPa was applied to a mixture of precompressed
granules of calcium phosphate, polylactide, and
sodium sulfate and the salt was then leached out. The
samples produced with a porosity of 50% combined
the compressive strength (4–6 MPa) and permeability
typical of the trabecular bone. An elastic biodegrad-
able implant with a pore size of 250 μm was prepared
by SCPL from the copolymer of glycolide and ε-capro-
lactone (PGCL) [41]. Histological and immunohisto-
chemical analyses revealed that rat smooth muscle
cells seeded on scaffolds form smooth muscle tissues.
Porous implants derived from poly(3-hydroxybutyr-
ate) and a bioactive glass powder which were produced
by SCPL in the presence of sugar particles had an
LYMER SCIENCE, SERIES C  Vol. 63  No. 1  2021
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interconnected porosity of 85% and exhibited good
adsorption and proliferation of osteoblast cells [42]. In
addition, the samples demonstrated bactericidal, bio-
active, electroconducting, and antioxidant properties.

Gas foaming. The gas foaming technique relies on
the nucleation and growth of gas bubbles dispersed in
a polymer to create the porous structure. This method
makes it possible to prepare highly porous scaffolds,
f lexibly control porosity, and introduce bioactive
compounds and drugs. Foaming can be accomplished
via chemical reaction or polymer treatment with
supercritical CO2. The chemical reaction is carried out
using a gas-foaming agent, a compound that is added
to the initial mixture and evolves gas during chemical
decomposition. The most frequently used gas-foam-
ing agents are sodium or ammonium bicarbonates.
Owing to the accessibility of gas-foaming agents and
easy implementation, this technique became wide-
spread. It is important that gas-foaming agents are
usually nontoxic for cells and there is no need to
employ organic solvents. This makes the technique
relevant for tissue engineering.

In another version, foaming is performed with the
use of supercritical CO2. A high-pressure cell is filled
with a polymer which is then melted and saturated
with supercritical CO2 under high pressure. Next, the
pressure is rapidly reduced to atmospheric; as a result,
the boiling off of the melt occurs, followed by the evo-
lution of СО2 and the formation of the porous polymer
structure. The parameters of the process, such as pres-
sure, temperature, and time of polymer saturation
with gas, considerably affect the microstructure,
mechanical properties, and biological activity of
porous polymer materials [43]. The treatment of poly-
mers with supercritical CO2 is an attractive strategy for
producing porous implants, since this gas is inert,
nontoxic, and inexpensive. A change in pressure
enables one to design objects with gradient porosity.
Supercritical CO2 is in wide use as a gas-foaming agent
for creating porosity in PLA, PCL, and poly(lactide–
co–glycolide) copolymer (PLGA).

The treatment of PLA with supercritical CO2 pro-
duced high strength scaffolds with the open cellular
structure of pores having sizes from 60 to 140 μm [44].
Experiments showed that such materials maintain the
adhesion, proliferation, and differentiation of mouse
embryonic fibroblasts cells. Porous polymer scaffolds
based on PCL and reduced graphene oxide additives
which are manufactured by supercritical CO2 foaming
show promise as bone implants [45].

Electrospinning is a simple and versatile technique
for manufacturing porous implants from polymer
fibers. The electrospinning setup usually consists of
three components: a high voltage supply, a grounded
metallic collector, and a solution container with a
spinneret. During the electrospinning process, a
strong electric field is applied between the end of the
spinneret and the collector and a charged polymer
POLYMER SCIENCE, SERIES C  Vol. 63  No. 1  2021
solution is pushed out from the spinneret and split
owing to the instability of the liquid f low. As a result,
continuous ultrathin fibers are formed, which are
deposited as an unwoven material on the collector.
The structure, composition, morphology, diameter,
and degree of interweaving of fibers in the material
depend on the concentration of polymer solution, its
viscosity, presence of additives, applied stress, dis-
tance between the collector and spinneret, and its
diameter. Among advantages of electrospinning are a
relative ease of implementation of the process and high
values of porosity and ratio of surface area to volume.
Using ultrathin fibers, electrospinning makes it possi-
ble to fabricate sheets, tubes, or more complex struc-
tures with the same thickness, porosity, high surface
area, gradient of mechanical properties, and high ratio
of surface area to volume, which is important for tissue
engineering. Bifurcated vascular implants with varied
diameter were produced by electrospinning from PCL
[46]. A vascular implant with a small diameter (1 mm),
a wall thickness of 250 μm, and a pore size of 420 nm
was electrospun from a bioresorbable material,
poly(ester urea) [47]. The use of these implants in
mice experiments demonstrated their long-term per-
meability and extensive remodeling of tissues. The in
situ electrospinning procedure was applied to manu-
facture a personalized nanofibrous dressing from PCL
and silver nanoparticles [48]. The material provided
the continuous release of silver ions and showed a
wide-spectrum antimicrobial activity against two
common types of pathogens, Staphylococcus aureus
and Escherichia coli. The in vivo experiments revealed
that such antibacterial dressings can reduce the
inflammatory reaction and accelerate the healing of
rat wounds.

Cryogelation. Cryotropic gelation involves the
preparation of porous structures by cooling a solution
of a precursor compound (monomer or polymer capa-
ble of crosslinking) in water or another solvent to a
temperature lower than the freezing temperature in
order to create conditions for phase separation of the
system. As the temperature is decreased, the solvent
crystallizes and crosslinking occurs in the unfrozen
liquid microphase, the concentrated solution of the
precursor compound. Further, water crystals present
in the volume of the crosslinked polymer undergo
melting during heating; as a result, the porous struc-
ture is formed. The time of the crosslinking stage
exerts a direct effect on the morphology of the scaf-
fold: the longer the time of crosslinking, the higher the
porosity of the scaffold and the smaller the thickness
of the wall separating pores [49]. The method makes it
possible to change the porosity by varying the ratio
between the solvent and the crosslinked polymer pre-
cursor solution. Moreover, the porosity and mechani-
cal properties of a cryogel can be changed by adding
composite nanofillers, fibers, and polymers [50]. Mild
synthesis conditions and accessibility of various bio-
compatible polymers made the cryogelation method
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popular. The method allows the use of compositions
loaded with biological objects, for example growth
factors [51, 52]. Among drawbacks of the method are
the absence of accurate control of pore size distribu-
tion and geometry of the final implant. A hybrid
porous implant for tissue engineering which is based
on covalently bound PCL and methacrylamide-func-
tionalized gelatin was produced by the combination of
3D printing and cryogelation techniques [52]. A good
colonization of osteoblast precursors and the attach-
ment of viable cells to the cryogel part of the implant
were demonstrated.

Freeze drying. In the freeze-drying technique, a
polymer solution is poured in a mold of the desired
geometry and kept at a low temperature to attain solid-
ification of the solution. The frozen polymer solution
is then dried in vacuum; as a result, the sublimation of
the solvent occurs and voids are formed in place of the
solvent. The pore size and porosity depend on the pro-
cess temperature and the rates of freezing and drying
of polymer solution [53]. The freeze-drying method
does not require the stage of leaching and allows one
to obtain the structure of uniform ordered pores.
However, the method is fairly time consuming. Scaf-
folds with a pore size of 50–220 μm and a porosity of
55–64% promising for bone tissue regeneration were
produced from a mixture of zein, chitosan, and
hydroxyapatite (HA) according to this method [54].
A composite implant based on collagen and hydroxy-
apatite mimicking the gradient porous structure of the
bone tissue was manufactured by freeze drying [55].
Owing to the seamlessly bound structure of layers,
high porosity, uniform structure of pores, and high
level of their interconnectivity, the implant provided
optimum conditions for the adhesion and prolifera-
tion of cells. It was shown that the material possesses
good biocompatibility and osteoconductivity, which
contributes to secretion of the extracellular matrix and
formation of the bone tissue.

Thermally induced phase separation. In this
method, a change in temperature is used to create two
different phases (with low and high polymer concen-
tration) in a polymer solution [56]. A polymer is dis-
solved under heating, and subsequently the solution is
cooled. In this case, two phase options may appear,
namely, liquid–liquid and liquid–solid. In the first
case, the polymer solution is cooled to a temperature
lower than the freezing point of the solvent. The
emerging thermodynamic instability results in phase
separation. When solid and liquid phases appear,
phase separation proceeds owing to solidification of
the solvent. In both cases, after the induced phase sep-
aration, the solvent is removed by extraction, evapora-
tion, or freeze drying. In this way, the porous structure
is formed. HA additives are used to improve the adhe-
sion of cells on implants [57]. When hydroxyapatite
was introduced into PLA-based implants manufac-
tured by thermally induced phase separation, the com-
pressive modulus doubled [58]. Using the thermally
PO
induced phase separation method, an elastic PLA
implant containing macropores with sizes above
300 μm was manufactured and then modified with
chitosan [59]. The testing of this implant on the model
of the rat calvarial bone defect of critical size demon-
strated that bone regeneration improved considerably.

Additive Technologies
Large or critical size defects are difficult to restore

completely in clinical practice. The additive technolo-
gies attract considerable attention as an alternative to
classical procedures since they allow the manufacture
of customized implants with preset characteristics.
The use of additive technologies for the development
of porous polymer implants makes it possible to pro-
duce a 3D object with the targeted distribution in its
structure of biomaterial, cells, growth factors, drugs,
and other components needed for the recovery of liv-
ing tissues. There are two main types of additive tech-
nologies. The first type is bioprinting, where a 3D
object having the desired geometry and containing the
necessary cells and biological components is
“printed” via one step. The second type is multistage
and consists in the manufacture of an acellular 3D
structure followed by its functionalization with signal
molecules and seeding with bio-objects [60].

The creation of a customized three-dimensional
porous polymer implant always begins with collecting
magnetic resonance imaging or computed tomogra-
phy data on the damaged tissue or organ. The data
obtained provide information on the macrostructure
of tissues and organs and are used to construct a math-
ematical model of the future implant. In fact, the
“printing” of the customized implant according to the
mathematical model may be conducted within the
framework of several technologies that have been
developed in the past decades and have become widely
used. The examples of such technologies are 3D pow-
der binding, selective laser sintering, stereolithogra-
phy, digital light processing, fused deposition model-
ing, extrusion bioprinting, and inkjet printing. The
principle of each of the above-mentioned methods is
schematically shown in Fig. 3. It should be empha-
sized that each additive technology method has its
own advantages and disadvantages related to the
choice of polymers, printing resolution, possibility to
encapsulate biological objects, cost, and need for sub-
sequent treatment. The influence of additive technol-
ogies on the environment was analyzed in a recent
paper [61]. In what follows, we will address additive
technology methods as applied to the manufacture of
porous polymer implants, as well as several recent
reviews addressing them in general [62–64].

3D powder binding/binder jetting (3DP). The
binder jetting technology, which has a great potential
for use in tissue engineering applications, was
advanced in 1995 for the manufacture of 3D objects
from aluminum oxide powder [65]. At present, the
LYMER SCIENCE, SERIES C  Vol. 63  No. 1  2021
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Fig. 3. Principle of manufacturing 3D porous materials by (a) stereolithography, (b) selective laser sintering, (c) digital light pro-
cessing, (d) fused deposition modeling, (e) 3D powder binding, (f) inkjet printing, and (g) extrusion bioprinting.
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binder jetting process is extensively used for fabricating
products from ceramics, metals, polymers, and com-
posite materials. The manufacture of a 3D object from
a powder occurs through the layer-by-layer joining of
particles by a binder which is fed from a nozzle. When
the binder is deposited directly, the initial powder for
producing the porous polymer implant of the desired
geometry may be poly(glycolic acid) (PGA),
poly(lactic acid), poly(ε-caprolactone), or poly(eth-
ylene oxide) (PEO), and an appropriate solvent usu-
ally serves as a binder. The advantage of this method
is the accurate control of the microarchitecture and
macroarchitecture of the final implant. The intro-
duction of a porogenic agent into the powder enables
one to reach a high degree of pore interconnectivity
as well as uniform porosity and desired pore size
upon leaching of the porogenic agent. At the same
time, the need to use organic solvents able to dissolve
the components of printheads of industrial 3D print-
POLYMER SCIENCE, SERIES C  Vol. 63  No. 1  2021
ers as porogenic agents and also a low resolution
related to spreading of the binder deposited on the
powder impose substantial restrictions on the use of
this technology in practice.

The above limitations were overcome using a mix-
ture of poly(lactic-co-glycolic acid) and sucrose parti-
cles as a printing powder [66]. After printing with a liq-
uid binder, polymer particles were bound together to
produce a 3D object and fixed by the solvent vapor.
The sucrose was then removed from the object, and
the resulting scaffold was placed in a plasticizer (meth-
anol) which was a nonsolvent to reach the rearrange-
ment and effective packing of polymer chains. Here, it
is of interest to consider an alternative technology, one
which involves the indirect deposition of the binder.
Initially the positive replica of the desired shape is
printed and the polymer solution is then poured in the
printing plate cavity. At the next stage, the replica is
removed. Using the indirect binder jetting technology,
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customized implants mimicking human mandibular
condyle were successfully manufactured [67]. A gelatin
powder was used as a material for 3D printing of the
replica, and PCL and chitosan played the role of a poly-
mer. It was shown that the created implants can be
modified with a bioactive apatite coating which acti-
vates the spreading and proliferation of bone marrow
stromal cells. Nevertheless, because of the complexity
of removal of the replica material from the inner pores
of the implant, this approach does not allow the manu-
facture of objects with a complex internal architecture.

Selective laser sintering (SLS). This technology is
similar to 3DP. However, instead of gluing particles by
the binder in SLS, particles are sintered under expo-
sure to laser radiation [68]. Grains are sintered under
high-intensity laser irradiation, and a radiation source
is positioned with the aid of a computer according to
the specified model. After treatment of one layer, a
platform with the implant is lowered, the next powder
layer is applied on the top, and the sintering process is
repeated. The fabrication of porous polymer implants
by SLS is limited to the use of the powders of thermo-
plastics, for example, PCL [69] or polyetheretherke-
tone. As in the 3DP technology, the mechanical prop-
erties, roughness, and porosity can be adjusted by
changing the size of powder grains [70]. The accuracy
of reproduction and the mechanical strength of
implants depend on laser power, particle size, and
printing temperature [71]. The main benefits of SLS
are a high accuracy of reproduction, the absence of
potentially toxic additives (e.g., photoinitiators), and a
higher mechanical strength of the product compared
with other additive technologies. Moreover, the SLS
process makes it possible to manufacture 3D objects
with rigidity and porosity gradients [35]. This prede-
termines the wide use of SLS in bone tissue engineer-
ing. [69, 72–74]. A serious disadvantage of SLS is a
high local sintering temperature which may destroy
cells, proteins, and other bioactive components
encapsulated into the polymer. This drawback may be
eliminated by adding carbon particles to absorb IR
radiation used for sintering [75]. Among other factors
restraining the development and implementation of
the SLS technology are the complexity of the manu-
facturing technique and its high cost.

Stereolithography (SLА). The concept of the stere-
olithographic manufacturing of 3D objects was devel-
oped by Н. Kodama at the onset of the 1980s, and in
1986, C.W. Hull received a patent on layer-by-layer
lithographic synthesis [76, 77]. The process is based
on the layer-by-layer formation of a 3D polymer
object of arbitrary shape from the photopolymerizing
composition. For this purpose, a mathematical model
of the object sliced into layers of preset thickness is
built. At the next step, in a reservoir filled with a com-
position, a platform is placed over which a layer of the
composition corresponding to the thickness of the
first layer of the mathematical model remains. Next,
the image of the first layer is scanned by the laser beam
PO
over the surface of the photopolymerizing composi-
tion layer; as a result, curing of the irradiated regions
of the composition layer occurs through the entire
layer thickness. Afterwards, the platform is lowered in
the composition by the thickness of the second layer
and irradiated with the scanning beam in accordance
with the profile of the second layer of the model and
so on. When applying a new layer of the photopoly-
merizing composition, its viscosity plays an important
role. In most cases, the introduction of inert additives
or solvents is needed to reduce the viscosity. The time
of manufacturing one layer depends on the rate of
beam scanning and the size of the printable region. In
the classical SLA technology, polymerization is initi-
ated by UV laser radiation. An alternative may be ini-
tiation by visible light [78, 79]. When ultraviolet is
replaced with visible light, polymerization can be
implemented in thicker layers [80] and decomposition
of the components of the composition may be pre-
vented [81]. Moreover, the use of visible light makes it
possible to avoid damage of encapsulated cells by UV
light. The search for less cytotoxic photoinitiators in
combination with more biocompatible materials for
SLA is still a topical problem [82, 83]. The mechanical
properties of the resulting implants can be tuned
through a change in the degree of polymerization by
varying the irradiation dose or photoinitiator concen-
tration or by varying the nature of the initial light-sen-
sitive material (monomer, oligomer, or polymer). The
vertical resolution (the layer thickness) depends on the
irradiation dose and the depth of light penetration,
which can be controlled by introducing various kinds
of absorbers of initiating radiation into a light-sensitive
material. The SLA technology provides the highest
resolution (10–50 μm along the z coordinate) among
all the additive technologies. To create small objects
with resolution on the order of one micron, nanoli-
thography should be used [84]. The practical applica-
tion of SLA is limited to light-sensitive materials and
owing to the fact that solvents and photoinitiators may
leave cytotoxic residues. Nevertheless, the technology
is well developed and very popular because of a high
productivity of the process and a relatively low manu-
facturing cost.

Digital light processing (DLP) is similar to SLA in
that, in both processes, 3D implants are produced
using light for the layer-by-layer selective curing of the
photopolymerizing composition. However, here the
entire layer of the composition is exposed to light pass-
ing through a computer mask (a projection apparatus
is used) rather than to laser beam scanning, as in SLA.
Information on each layer of the object being formed
is presented as a set of digital black and white images
which are projected with the aid of a digital micromir-
ror device (DMD) [85]. This enables one to reach a
horizontal resolution of ~50 μm depending on the
projection system and the number of DMD pixels and
a vertical resolution of up to 25 μm. Light sources may
be both classical lamps and light-emitting diodes
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(LED). This makes it possible to cover the wavelength
range from UV to visible. The main advantage of DLP
(along with reduction in the apparatus cost) is a high
rate of manufacturing implants (during each exposure,
a new layer is produced).

Using visible light, the DLP technology allows the
manufacture of porous polymer scaffolds from com-
position poly(ε-caprolactone diacrylate)–poly(eth-
ylene glycol) diacrylate with chitosan additives [86].
The cultivation of cells in vitro demonstrated the abil-
ity of chitosan to control the hydrophobic properties
and thus to improve the adhesion and differentiation
of cells. In a recent study [87], customized porous
scaffolds with tunable mechanical properties and
degradability were printed with a high resolution by
the DLP technology from compositions based on var-
ious poly(urethane acrylates). The authors managed
to choose the composition which upon curing made it
possible to produce implants with properties similar to
the properties of a cartilage. Porous 3D scaffolds with
an average pore size of 600 μm and a porosity of 70%
were manufactured from methacrylated polylactide
using the DLP method [88]. The sample had the high-
est compressive strength (2.2 MPa) and showed no
cytotoxicity and bicompatibility according to the MTT
assay (colorimetric assay for assessing cell metabolic
activity).

Fused deposition modeling (FDM). The fused
deposition modeling method patented by S.S. Crump
in 1992 [89] is one of the first additive technologies.
Three-dimensional objects are created with the use of
a thermoplastic polymer thread which is fused,
extruded through a heated nozzle, and deposited on a
working platform according to the specified computer
model. The nozzle, chamber, and working platform
may be heated independently. The process makes it
possible to produce a 3D structure of arbitrary shape
without overhangs. Objects with overhangs are manu-
factured with the aid of support structures that are
removed later. The resolution of FDM is ~100 μm and
depends on the nozzle diameter, which is chosen
according to the rheological properties of the thread
used. The characteristics of the final 3D object are
affected not only by the nozzle diameter but also by
the extrusion rate [90]. The direction and angle of
deposition, the layer thickness, and the technology of
thread preparation have a strong impact on the
mechanical properties of the resulting 3D structure
[91]. Various initial materials may be combined into a
common structure when a system with several nozzles
is employed. In the manufacture of medical products
by FDM, biodegradable polymers, such as PCL [91]
and PLGA, and nondegradable polymers, for exam-
ple, impact-resistant polystyrene [92], are most com-
monly used as a thermoplastic. In a recent paper [93],
poly(ethylene-2,5-furandicarboxylate) was synthe-
sized from materials isolated from the biomass (5-
hydroxymethylfurfural and ethylene glycol). It was
shown that, owing to the optimum adhesion, thermal
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plasticity, absence of separation, and low thermal
shrinkage, this polymer has promise for FDM print-
ing. The FDM method suffers from a low surface
roughness of the final object and the need for heating
to fuse the polymer, which may destroy the introduced
bioactive materials. There are two approaches to the
FDM manufacture of porous polymer implants
encapsulated by bioactive molecules: either an object
is covered by a bioactive material or the treatment
temperature and/or extrusion pressure are reduced to
acceptable values. However, the FDM procedure is in
common use for the manufacture of 3D scaffolds,
because a wide variety of relatively inexpensive 3D
printers of this type is available on the market.

Extrusion bioprinting. The extrusion bioprinting
technology is similar to FDM; however, it includes
deposition of not the finished polymer but а f lowable
matrix (bioink) containing desired biomolecules and
cells, which is subsequently cured under heating or
irradiation [94]. An extrusion bioprinter prints in
accordance with the computer-aided (CAD) model,
and the material is extruded continuously. Therefore,
the bioactive 3D structure of the desired geometry can
be produced at once. Shortening the time interval
between extrusion and curing under heating or irradi-
ation leads to a higher accuracy of printing and an
increase in the strength of the final object. For the
extrusion bioprinting method, it is important to opti-
mize the viscoelastic properties of a bioink during
extrusion and the mechanical stability of the resulting
structure after extrusion. In this case, it should be taken
into account that, when the implant is manufactured,
encapsulated biological compounds may differ appre-
ciably in activity depending on the extrusion pressure,
shear stress, and nozzle size. The most prominent ben-
efit of extrusion bioprinting is that implants containing
biologically active compounds, including growth fac-
tors, proteins, drugs, and even cells, can be printed At
present, the technology is well developed and offers a
wide range of commercially available extrusion bio-
printers and bioinks that may be adapted to various
tasks [95–97]. However, a low accuracy of printing lim-
its the application of extrusion bioprinting in tissue
engineering.

Inkjet рrinting. In this process, bioink droplets are
sprayed under heating [98] or the piezoelectric effect
[99] according to the specified algorithm. The depos-
ited materials are then cured by UV [100], chemical, or
ionic crosslinking. The advantages of inkjet thermal
printers are a high printing rate, low cost, and wide
availability. However, there is the risk of thermal and
mechanical impact on cells during printing. Other sig-
nificant limitations of thermal printers in 3D bioprint-
ing are the nonuniform size of droplets and often noz-
zle clogging. The benefits of inkjet printers with a
piezoelectric crystal are the opportunity to eject iden-
tical droplets of the required size and the absence of
heat and pressure impacts on cells. Inkjet printing
makes it possible to apply inks with a very high rate
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(104 droplets per second) [101] and has a wide range of
spatial resolution (50 μm) [94]. Even though the inkjet
printing method makes it possible to introduce cells,
their concentration should be carefully chosen. A low
concentration of cells facilitates the formation of
droplets and prevents nozzle clogging, while their high
concentration may inhibit the process of crosslinking.
The feasible modification of commercial inkjet print-
ers for 3D bioprinting makes this process attractive. A
wide set of (meth)acrylic materials can be used as bio-
inks for inkjet printing [100]. A porous implant was
created from poly(ethylene glycol) dimethacrylate
with encapsulated human chondrocytes using this
method [100]. The compressive modulus of the
printed implant was close to that of the native human
articular cartilage. Three-dimensional porous materi-
als promising for the regeneration of soft tissues were
produced by inkjet printing using gelatin methacry-
late–chitosan–glyceryl phytate ink [102]. The UV
curing of the ink allowed the achievement of a resolu-
tion of 150 μm. Experiments in vitro with fibroblasts
featured good adhesion, differentiation, and prolifera-
tion of cells on these matrices.

POLYMERS FOR MANUFACTURING POROUS 
IMPLANTS

The choice of a polymer material depends on the
target characteristics of porous implants selected for a
specific task as well as the synthesis methods. The
advancement of synthetic approaches led to the cre-
ation of biocomposites and hybrid biomaterials. This
makes it possible to precisely tune a wide set of prop-
erties, such as biocompatibility, biodegradability,
mechanical rigidity, structural strength, cytotoxicity,
and bioactivity. All polymers used for manufacturing
porous implants may be divided into natural and syn-
thetic biomaterials. The first group encompasses col-
lagen, alginate, chitosan, silk, and hyaluronic acid,
which were described in detail in [103]. These materi-
als are obtained from the natural extracellular matrix;
therefore, their properties are very close to the proper-
ties of natural tissues. The second group consists of
poly(lactic acid), polyetheretherketone, poly(ε-
caprolactone), poly(propylene fumarate), polylac-
tide-со-polyglycolide, and the ternary copolymer of
acrylonitrile, butadiene, and styrene (ABS); some of
them will be considered below in more detail. Photo-
sensitive materials applied in SLA and DLP technolo-
gies will be considered separately.

Poly(lactic acid)

Poly(lactic acid) (PLA) is a biodegradable, bio-
compatible, and nontoxic polyester, which is in com-
mon use in the manufacture of porous polymer scaf-
folds by SLS [104, 105] and FDM methods [106–109]
and under exposure to light [110–113]. In the latter
case, PLA is subjected to preliminary methacrylation.
PO
Among benefits of PLA are the renewability of raw
materials and the ease of processing as well as a low
expansion coefficient. The latter allows excellent
shape control in FDM. Depending on the method,
scaffolds with different pore sizes from 20 μm for two-
photon photopolymerization [110] to 100 μm and
1 mm for FDM [106] and SLA [111], respectively, can
be produced. Poly(lactic acid) is applicable in bone
tissue engineering [114], because it has the highest
mechanical strength among all biodegradable poly-
mers (the elastic modulus, 3–4 GPa; the tensile
strength, 50–70 MPa) [104]. However, a high brittle-
ness and lower compressive strength compared with
the natural bone remain severe restrictions on the use
of this material. The influence of the mentioned draw-
backs may be reduced to a minimum by mixing PLA
with other materials (PCL, PGA) [115]. The mechan-
ical properties and adhesion and proliferation of cells
on these samples may be improved by introducing
particles of another material, for example, silk [116],
HA, or graphene oxide [107–109].

Polyetheretherketone

Polyetheretherketone (PEEK) is a bioinert ther-
moplastic [117] with a high chemical resistance and a
long biodegradation time [118]. Owing to a fairly high
melting temperature of PEEK (343°C), porous poly-
mer implants on it basis are manufactured by SLS
[119] and FDM technologies [117, 120]. Extrusion
methods require the precise control of nozzle, cham-
ber, and working platform temperatures, which
strongly affect the properties of the final object [121].
Owing to a complex of properties (biocompatibility,
low thermal conductivity, elasticity, strength) [122]
close to those of bone tissue, PEEK is used for its sub-
stitution [123]. The main drawbacks of PEEK are its
high production cost compared with other thermo-
plastics and a low bioactivity. The bioactivity of PEEK
can be enhanced by introducing various additives.
Implants produced from PEEK with tricalcium phos-
phate and PLA by the SLS technology have improved
the parameters of adhesion, proliferation, and differ-
entiation of osteoblasts [119]. Sulfonated porous
PEEK loaded with the system chlorogenic acid–
grafted peptide has an increased level of proliferation
and differentiation of osteoblasts and features a high
antibacterial activity against gram-negative and gram-
positive bacteria [124]. The FDM method provides a
way to optimize mechanical properties (tensile, com-
pressive, bending strength) [125] of implants owing to
the thermal gradient during printing [121] or through a
change in the thickness of the layer being formed [126].

Poly(ε-caprolactone)

Poly(ε-caprolactone) is a biodegradable, biocom-
patible, and noncytotoxic polymer approved by the
United States Food and Drug Administration (FDA)
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[127]. Owing to the excellent rheological properties of
melt suitable for extrusion methods (important for
FDM), low melting temperature (60°С), and a rela-
tively low cost, PCL is in common use for creating
porous polymer implants by SLS [73], FDM [128],
extrusion bioprinting [129], SLA [130], and DLP
methods [131] and, after preliminary methacrylation,
by two-photon photopolymerization [127]. Poly(ε-
caprolactone) implants manufactured by SLS possess
mechanical properties appropriate for bone and carti-
lage tissue engineering [70, 73]. The introduction of
tricalcium phosphate [132, 133] and HA [134] enables
a f lexible change in the properties of the object. In the
FDM method, various additives can be used to
improve the properties of porous implants, namely,
PLA [135], cellulose [136], and polyurethanes [137].
The SLS technique provides an opportunity to manu-
facture porous PCL implants with properties analo-
gous to the properties of human bone [74]. The use of
PCL mixture with alginate within the framework of
the FDM technology makes it possible to improve
wetting and water absorption and to increase the effi-
ciency of seeding and the adhesion of cells and viabil-
ity of osteoblasts [138, 139]. Using methacrylated
PCL, 3D objects with a pore size on the order of
500 μm were manufactured by SLA [140].

Poly(propylene fumarate)

Poly(propylene fumarate) (PPF) is a unsaturated
linear polyester satisfying a number of medical needs,
including biocompatibility, mechanical strength,
osteoconductivity, and sterilizability [141, 142].

PPF may be crosslinked by free-radical polymer-
ization via main-chain double bonds with (meth)acry-
late monomers [142, 143], N-vinylpyrrolidone [144],
and diethyl fumarate [141]. The latter is employed
most often to decrease the viscosity of the polymeriz-
ing mixture. The advantage of PPF-based composi-
tions is a low crosslinking temperature (40–55°C)
[145]. Porous polymer implants based on PPF are
manufactured both by classical methods (salt leaching
[146, 147] and electrospinning [148]) and using addi-
tive technologies (FDM [149], SLA [150–154], and
DLP [155, 156]). The additive technologies opened
new opportunities for the therapeutic application of
PPF-based materials [157]. In the FDM method, the
diameter of the fiber obtained and the pore size of the
implant depend on the PPF concentration and the
pressure and rate of printing [149]. The hydrolysis of
ester bonds of PPF in the body leads to decomposition
of the polymer into fumaric acid (the Krebs cycle
component) and propylene glycol (food additive)
[158]. The time of degradation depends on the molec-
ular weight of the main chain, the type of crosslinking
agent, and the crosslink density [141, 143]. In contrast
to other materials, which degrade too rapidly or too
slowly, the degradation of PPF occurs over a period of
time comparable with the times of bone recovery and
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remodeling [159]. High strength characteristics of this
polymer make materials based on PPF promising for
bone tissue engineering [160]. The mechanical prop-
erties of PPF implants may be improved through the
introduction of HA [161], tricalcium phosphate [145],
and TiO2 nanowires [162] and via a change in molec-
ular weight [159] or crosslink density. A three-dimen-
sional scaffold with a pore size of 150 μm was pro-
duced from PPF by microstereolithography (μ-SLA)
[163]. The immobilization of the RGD peptide on the
surface of pores made it possible to effectively main-
tain the initial adhesion and proliferation of human
chondrocytes, which may contribute to cartilage tissue
regeneration. The bioactivity of implants based on
PPF may be increased through copolymerization with
poly(ethylene glycol) [164], surface functionalization
with peptides [150, 165], filling of pores with collagen,
and coating with neurotrophin-3 [166].

LIGHT-SENSITIVE MATERIALS (RESINS) 
IN THE MANUFACTURE OF POROUS 

POLYMER IMPLANTS

Compounds (monomers, oligomers, polymers)
capable of crosslinking under exposure to light are
called light-sensitive materials or resins. The class of
light-sensitive biomaterials which being cured give a
wide range of compounds (from solid thermoreactive
materials to soft hydrogels) actively used for the man-
ufacture of porous polymer implants by SLA [167–
169], DLP [170, 171], and μ-SLA [172]. The exposure
of resins to light induces photopolymerization which
yields a three-dimensional polymer network. The
most commonly used compounds are (meth)acrylate
resins (mono-, di-, tri-, tetra-, penta(meth)acrylates)
[167] or (meth)acrylated polymers, such as
(meth)acrylated poly(ethylene glycol) di(meth)acry-
lates (PEGDMA) [173], methacrylated gelatin
(GelMA) [174], and poly(ester urethane acrylates)
[170], as well as thiolenes [171] and poly(propylene
fumarates) [156]. In recent studies, porous polymer
scaffolds possessing good adhesion, proliferation, and
differentiation of mesenchymal stem cells were pro-
duced from commercial oligomeric dimethacrylates
MDP-2 [175] and OCM-2 [78]. Owing to the possibil-
ity to optimize the composition formulation, the
monomer and photoinitiator nature, and the density
of the resulting network, porous implants with desired
properties can be manufactured from light-sensitive
biomaterials. Recently, the approach relying on the
curing of light-sensitive materials under exposure to
visible light has emerged and is being developed. Pho-
toinitiators are Eosin Y [79], a mixture of ruthenium
and sodium persulfate [176] as well as quinones, for
example, carboxylated camphoroquinone [177] and
substituted ortho-quinone [78, 175]. Compared with
UV radiation, visible light possesses a lower energy.
This makes it possible to introduce cells and biological
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compounds into resins even at the stage of production
of porous polymer implants.

APPLICATION AREAS OF POROUS POLYMER 
IMPLANTS

Bone Tissue Replacement

A bone is a hierarchically structured connective tis-
sue composed of an inorganic material (65%), an
organic material (25%), and water (10%). Inorganic
and organic components form a well-oriented hierar-
chical structure. The bone is capable of self-healing
upon fracture or when small defects are to be bridged
[178]. Stem cells from skeletal and vascular tissues
form a cartilaginous callus that further vascularizes.
However, the bone is incapable of self-healing of crit-
ical size defects, and surgical treatment with autolo-
gous bone transplants is employed for their recon-
struction. At the same time, autotransplants are of the
limited accessibility and their use requires additional
operations and increases the possibility of complica-
tions and infection. Bone tissue regeneration with
porous polymer implants is an attractive alternative to
solve this problem. It is necessary that the implant
material have good mechanical properties and a com-
plex hierarchical pore structure and be capable of vas-
cularization.

Porous implants containing pores with sizes from
70 to 200 μm and a porosity from 85 to 96% which
were electrospun from PLA showed good results in
bone replacement on the rabbit skull defect model
[179]. The conducting porous polymer scaffolds are of
interest as potential candidates for improving the
piezoelectric properties of the bone tissue and induc-
ing enhanced osteogenesis in implantation. Upon
freeze drying of a poly(3,4-ethylenedioxythiophene)-
polystyrene sulfonate dispersion, a highly porous elec-
trically conducting material with a high degree of pore
interconnectivity and an average diameter of above
50 μm was produced; this material provided the infil-
tration of cells and the deposition of the matrix in
voids [180]. The differentiation of precursor cells of
osteogenic cells into positively colored osteocalcin
osteoblasts was observed, which makes this material
promising for bone tissue engineering. A new strategy
of creating biomaterials for induction of the osteo-
genic differentiation of bone marrow stem cells
(BMSC) was proposed in [181]. Three-dimensional
porous conducting composite scaffolds based on poly-
lactide–polyaniline nanofibers had good cytocompat-
ibility with BMSC and enhanced their osteogenic dif-
ferentiation. As a consequence, the levels of expression
of alkaline phosphatase and osteocalcin as well as the
mineralization of BMSC increased. Н.Т. Liao et al.
obtained macroporous cryogels on the basis of gelatin
[182]. The effective formation of the bone tissue was
revealed for the model of rabbit calvarial defect recon-
struction. For several patients, customized craniofa-
PO
cial porous implants were developed from a composi-
tion bisphenol-А-glycidyl methacrylate–triethylene
glycol dimethacrylate and a bioactive glass additive
which was cured by visible light (wavelength, 468 nm)
[183]. Over four years in a group of 12 patients, none
of the implants were removed and no skin or infection
problems were revealed.

Cardiology
Myocardial infarction (blockage of one or several

blood vessels) decreases the supply of nutrients and
oxygen to heart muscle and causes abnormalities of
the electrical function of the cardiovascular system
(arrhythmia). As a result of myocardial infarction, the
efficiency of the contractile muscle function of the
heart worsens. Note that the myocardium of the adult
human is incapable of effective regeneration. To
address this problem, tissue engineering offers poly-
mer implants with cultivated cardiomyocytes called a
heart patch, which can be implanted in the damaged
area. The electromechanical coupling of myocytes for
their synchronous response to electrical pacing signals
is crucial for the effective work of this implant.

Electroactive polymer scaffolds with the system of
open and interconnected pores with sizes from several
microns to 150 μm were produced from a blend of
PCL and aniline-pentamer-modified polyurethane
[184]. The compressive modulus and the tensile
strength of the samples were 4.1 and 1.3 MPa, respec-
tively. The material was manufactured by the leaching
of porogens: poly(ethylene glycol) and sodium chlo-
ride. It was shown that its mechanical and chemical
properties facilitate the adhesion and growth of neo-
natal cardiomyocytes, affecting the expression of car-
diogenes involved in muscle contraction and relax-
ation (troponin-Т) and cytoskeleton alignment (acti-
nin-4). These results highlight the potential of this
material as an electroactive component for the induc-
tion of cardiomyocyte proliferation and repair of dam-
aged heart tissue. For example, L.R. Madden et al.
[185] synthesized the hydrogel of 2-hydroxyethyl
methacrylate-methacrylic acid copolymer with the
pore structure providing integration of the heart tissue.
The implant contained parallel channels for the place-
ment of cardiomyocytes and spherical micron pores
which enhanced angiogenesis and decreased cicatri-
zation. Scaffolds with the modified surface were
seeded with cardiomyocytes of human ES cells and
cultivated in vitro. The seeded cardiomyocytes sur-
vived and proliferated for two weeks. The cardiac
implantation of acellular scaffolds with a pore size of
30–40 μm caused angiogenesis and reduction in the
fibrotic response.

Recovery of Nerve Tissues
It is customary to anatomically divide the human

nervous system into the central nervous system
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(CNS), peripheral nervous system (PNS), and two
neural networks which function in a coherent manner
and are responsible for sensations and response to
external stimuli. The CNS is composed of the brain
and spinal cord, and the PNS includes nervous roots
and endings and immediately nerves distributed in all
parts of the body. The regeneration ability of nerve
cells is very insignificant [186, 187]. The random inter-
facial polymerization of 3,4-ethylenedioxythiophene
on the pore surface of the chitosan–gelatin polymer
yielded conducting porous polymer scaffolds [188].
The presence of poly(3,4-ethylenedioxythiophene)
nanoparticles increased the electrical conductivity,
hydrophilicity, mechanical characteristics, and ther-
mal stability of the material, decreased its water
absorption and biodegradation, and enhanced the
growth of cellular neurites. This is the first example of
preparing conducting porous scaffold poly(3,4-eth-
ylenedioxythiophene–chitosan–gelatin) by interfacial
polymerization in situ. This approach may be promis-
ing for neural tissue engineering. It is shown that con-
ducting porous polymer materials show promise for
the recovery of neurons or other tissues in tissue engi-
neering [189].

Vascular Implants

The human circulatory system consisting of arter-
ies, veins, and capillaries ensures gas exchange and
delivery of nutrients as well as removal of waste prod-
ucts excreted by all cells of the body. The formation of
new blood vessels formed in an organ or tissue, angio-
genesis, occurs in the calm state in the body with a
moderate intensity and is activated when damaged. In
the body, blood vessels are united into vasculature and
their diameter varies from 2 cm for large arteries to
several microns for capillaries. The optimal manufac-
turing technology of vascular implants depends on the
targeted vessel size. L. Shao et al. [190] developed a
novel coaxial bioprinting method for producing
porous methacrylated gelatin microfibers encapsu-
lated in calcium alginate. It was shown that a tissue
containing human umbilical cord vein endothelial
cells may be built from these microfibers. In the struc-
ture of this tissue, cells gradually migrate and combine
to form blood vessel semblance. A promising tubular
implant with a length of 40.0 mm, an inner diameter of
4.5 mm, a porosity of 82%, and a tensile strength of
2.2 MPa was electrospun from two types of fibers
(PLA outside layer and silk fibroin inner layer) [191].
It was found that, upon culturing on the material,
mouse fibroblasts and human umbilical vein endothe-
lial cells feature good adhesion and proliferation and
form a continuous monolayer over time. Three
months after subcutaneous implantation, these scaf-
folds could facilitate the production of vasculature.
Three-dimensional tubular small-diameter scaffolds
with the controlled orientation of nanofibers manu-
POLYMER SCIENCE, SERIES C  Vol. 63  No. 1  2021
factured by electrospinning are candidates for use as
vascular implants.

Cartilage Tissue Replacement

A cartilage is an elastic connective tissue which is
formed at the early stages of embryonic development
and which is preserved in some parts of the mature
skeleton. It exists in the body in three forms, elastic,
fibrous, and articular, and each form has different
properties and functions. Owing to the absence of ves-
sels and a low concentration of cells, all three types of
cartilage are incapable of self-healing or regeneration
to functional tissue. J. Kundu et al. [192] FDM printed
a porous PCL structure with chondrocyte cell-encap-
sulated alginate and showed in vivo that a cartilage was
formed in it. The auricle model with a pore size on the
order of 200 μm was FDM printed from PCL [193].
Using a cell-loaded hydrogel, effective chondrogene-
sis was induced. The aqueous dispersion of elastic and
biodegradable polyurethane nanoparticles was used to
print the cartilage implant by the FDM method [194,
195]. These materials had mechanical properties close
to those of the native cartilage and facilitated chondro-
genesis both in vitro and in vivo. The authors of [196]
managed to print the auricular cartilage implant on a
3D printer of original design which allowed the simul-
taneous deposition of several different materials using
chondrocyte-loaded hydrogel, thermoplastic PCL,
and Pluronic F-127 [196]. It was revealed that, upon
cultivation for five weeks in a growth medium, a new
cartilage matrix was formed. This process occurred
owing to the presence of microchannels (pores)
through the diffusion of nutrients and oxygen. Histo-
logical tests conducted after experiments in vivo also
demonstrated formation of the new cartilage tissue.

CONCLUSIONS
The demand of modern society for improving the

quality of life and increasing life expectancy encour-
ages researchers to upgrade existing and search for new
approaches to tailor effective customized implants. In
the past decades, methods of manufacturing porous,
including polymer, materials for medicine have expe-
rienced a very rapid growth, which is largely associated
with the extensive development of additive technolo-
gies. Owing to the use of computer technologies pro-
viding a high resolution of printing and the creation of
modern polymer materials and new biofunctionaliza-
tion methods, it is possible to approach the creation of
customized implants approximating native tissues in
properties. At the same time, the potential of the exist-
ing methods of manufacturing porous polymer
implants is not fully realized. Realization of this
potential requires solution of many issues, such as
increase in the mechanical strength, creation of
porous structure gradient, enhancement of biological
activity, achievement of the active microcirculation of
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tissue f luid over the system of interconnected pores,
and improvement of the efficiency of immobilization
of signal molecules on the pore surface of polymer
implants. In addition, it is necessary to find ways to
accelerate the production process and to reduce its
cost. With the advancement of technologies, porous
polymers may become key materials in the manufac-
ture of effective implants for clinical application.
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