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Abstract
Porosity and pore size of biomaterial scaffolds play a critical role in bone formation in vitro and in vivo. This review explores the
state of knowledge regarding the relationship between porosity and pore size of biomaterials used for bone regeneration. The effect
of these morphological features on osteogenesis in vitro and in vivo, as well as relationships to mechanical properties of the
scaffolds, are addressed. In vitro, lower porosity stimulates osteogenesis by suppressing cell proliferation and forcing cell
aggregation. In contrast, in vivo, higher porosity and pore size result in greater bone ingrowth, a conclusion that is supported by the
absence of reports that show enhanced osteogenic outcomes for scaffolds with low void volumes. However, this trend results in
diminished mechanical properties, thereby setting an upper functional limit for pore size and porosity. Thus, a balance must be
reached depending on the repair, rate of remodeling and rate of degradation of the scaffold material. Based on early studies, the
minimum requirement for pore size is considered to be 100 mm due to cell size, migration requirements and transport. However,
pore sizes 4300 mm are recommended, due to enhanced new bone formation and the formation of capillaries. Because of
vasculariziation, pore size has been shown to affect the progression of osteogenesis. Small pores favored hypoxic conditions and
induced osteochondral formation before osteogenesis, while large pores, that are well-vascularized, lead to direct osteogenesis
(without preceding cartilage formation). Gradients in pore sizes are recommended for future studies focused on the formation of
multiple tissues and tissue interfaces. New fabrication techniques, such as solid-free form fabrication, can potentially be used
to generate scaffolds with morphological and mechanical properties more selectively designed to meet the speciﬁcity of bonerepair needs.
r 2005 Elsevier Ltd. All rights reserved.
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1. Introduction
A key component in tissue engineering for bone
regeneration is the scaffold that serves as a template for
cell interactions and the formation of bone-extracellular
matrix to provide structural support to the newly
formed tissue. Scaffolds for bone regeneration should
meet certain criteria to serve this function, including
mechanical properties similar to those of the bone repair
site, biocompatibility and biodegradability at a rate
commensurate with remodeling. Scaffolds serve primarily as osteoconductive moieties, since new bone is
deposited by creeping substitution from adjacent living
bone [1]. In addition to osteoconductivity, scaffolds can
serve as delivery vehicles for cytokines such as bone
morphogenetic proteins (BMPs), insulin-like growth
factors (IGFs) and transforming growth factors (TGFs)
that transform recruited precursor cells from the host
into bone matrix producing cells [1], thus providing
osteoinduction. Finally, osteogenesis occurs by seeding
the scaffolds before implantation with cells that will
establish new centers for bone formation [1], such as
osteoblasts and mesenchymal cells that have the
potential to commit to an osteoblastic lineage. Genetically transduced cells that express osteoinductive
factors can also be used. Combining scaffolds, cytokines
and cells to generate ex vivo tissue-engineered constructs is hypothesized to provide more effective bone
regeneration in vivo in comparison to biomaterial
matrices alone. In addition, improved bone-like tissue
growth in vitro offers new options to study disease
progression.
Scaffolds for osteogenesis should mimic bone morphology, structure and function in order to optimize
integration into surrounding tissue. Bone is a structure
composed of hydroxyapatite (Ca10(PO4)6(OH)2) crystals
deposited within an organic matrix (95% is type I
collagen) [2]. The morphology is composed of trabecular
bone which creates a porous environment with 50–90%
porosity (typical apparent density values for femoral
cortical bone 1.8570.06 g/cm3) [3] (for relation between
porosity and apparent density refer to Methods to
measure porosity and pore size section) and pore sizes at
the order of 1 mm in diameter [4], with cortical bone
surrounding it. Cortical bone has a solid structure with a
series of voids, for example haversian canals, with a
cross-sectional area of 2500–12,000 mm2 that results in
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3–12% porosity [5] (typical apparent density values for
proximal tibial trabecular bone 0.3070.10 g/cm3 [3]).
The degree of mineralization varies within different
bone tissues: for example, in trabecular bone from
the calcaneus was measured at 1.13570.147 g/cm3,
while in trabecular bone from the iliac crest it was
measured 1.09870.077 g/cm3 [6]. Four cell types are
present in bone tissue: osteoblasts, osteoclasts, osteocytes and bone lining cells [2]. Bone is at a constant state
of remodeling with osteoblasts producing and mineralizing new bone matrix, osteocytes maintaining the
matrix and ostoclasts resorbing the matrix [2]. Bone
lining cells are inactive cells that are believed to be
precursors for osteoblasts [2]. Various hormones, such
as parathyroid hormone (PTH) and 1a, 25(OH)2
vitamin D3, and cytokines, such as IGFs, plateletderived growth factor (PDGF), ﬁbroblast growth
factors (FGFs), vascular endothelial growth factors
(VEGFs), TGFs and BMPs are sequestered in bone
matrix and regulate bone metabolism, function and
regeneration [7].
Mechanical properties of bone depend on age; 3, 5,
and 35-year-old femoral specimens had modulus of
elasticity values of 7.0, 12.8, 16.7 GPa, respectively [8]. It
is generally reported that, after maturation, the tensile
strength and modulus of elasticity of femoral cortical
bone decline by approximately 2% per decade [3]. Mean
values for bone modulus of elasticity and ultimate
strength are presented in Table 1. The complexity of
architecture and the variability of properties of bone
tissue (e.g. porosity, pore size, mechanical properties,
mineralization or mineral density, cell type and cytokines gradient features), as well as differences in age,
nutritional state, activity (mechanical loading) and
disease status of individuals establish a major challenge
in fabricating scaffolds and engineering bone tissues that
will meet the needs of speciﬁc repair sites in speciﬁc
patients.
Scaffold properties, depend primarily on the nature of
the biomaterial and the fabrication process. The nature
of the biomaterial has been the subject of extensive
studies including different materials such as metals,
ceramics, glass, chemically synthesized polymers, natural polymers and combinations of these materials to form
composites. Properties and requirements for scaffolds in
bone tissue engineering have been extensively reviewed
and recent examples include aspects of degradation
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Table 1
Mean values for bone modulus of elasticity and ultimate strength
Type of bone

Direction and type of load

Ultimate strengh (MPa)

Modulus of elasticity (GPa)

Reference

Cortical (midfemoral)

Longitudinal tension
Longitudinal compression
Longitudinal shear
Transverse tension
Transverse compression

133
193
68
51
33
5.3
6.8

17
17
3
11.5
11.5
0.445
0.441

[125]
[125]
[125]
[125]
[125]
[126]
[127]

Trabecular (proximal tibia)
Trabecular (proximal femoral)

Axial

[9–12], mechanical properties [9,13–17], cytokine delivery [18–25] and combinations of scaffolds and cells
[23,26–30].
Porosity is deﬁned as the percentage of void space in a
solid [31] and it is a morphological property independent
of the material. Pores are necessary for bone tissue
formation because they allow migration and proliferation of osteoblasts and mesenchymal cells, as well as
vascularization [32]. In addition, a porous surface
improves mechanical interlocking between the implant
biomaterial and the surrounding natural bone, providing greater mechanical stability at this critical interface
[33]. The most common techniques used to create
porosity in a biomaterial are salt leaching, gas foaming,
phase separation, freeze-drying and sintering depending
on the material used to fabricate the scaffold. The
minimum pore size required to regenerate mineralized
bone is generally considered to be 100 mm after the
study of Hulbert et al., where calcium aluminate
cylindrical pellets with 46% porosity were implanted
in dog femorals [34]. Large pores (100–150 and
150–200 mm) showed substantial bone ingrowth. Smaller
pores (75–100 mm) resulted in ingrowth of unmineralized
osteoid tissue. Smaller pores (10–44 and 44–75 mm) were
penetrated only by ﬁbrous tissue [34]. These results
were correlated with normal haversian systems that
reach an approximate diamter of 100–200 mm [34].
However, using laser perforation techniques and titanium plates, four different pore sizes (50, 75, 100 and
125 mm) were tested in rabbit femoral defects under
non-load-bearing conditions [35]. Bone ingrowth was
similar in all the pore sizes suggesting that 100 mm may
not be the critical pore size for non-load-bearing
conditions [35].
In the present review pore size and porosity for
different biomaterials are reviewed in the context of
mechanical properties and extent and type of bone
formation in vitro and in vivo. Based on this assessment
conclusions are drawn regarding the relationship between these morphological and functional features to
provide guidance regarding design choices for scaffolds
related to bone repair.

2. Necessity for porosity
The necessity for porosity in bone regeneration has
been shown by Kuboki et al. using a rat ectopic model
and solid and porous particles of hydroxyapatite for
BMP-2 delivery: no new bone formed on the solid
particles, while in the porous scaffolds direct osteogenesis occurred [32]. Further support comes from studies
with metal porous-coated implants compared to the
non-coated material. Treatment of titanium alloy
implant surfaces with sintered titanium beads (Porocoats) created a porous coating that enhanced cortical
shear strength of the implants recovered from sheep
tibiae, while further coating with beads with hydroxyapatite did not result in signiﬁcant improvement [36].
Titanium ﬁber-metal porous coatings (45% porosity
and 350 mm average pore size) maximized bone ingrowth
and increased the potential for stress-related bone
resorption of femoral stems in a canine total hip
arthroplasty model [37]. A similar result was observed
for plasma spray-coated titanium implants with 56–60%
porosity, although bone ingrowth was maximized for an
open-pore titanium ﬁber mesh (60% porosity and
170 mm average pore size) coated with polyvinyl alcohol
hydrogel [38]. D’Lima et al. showed that surface
roughness was more important for osseointegration of
titanium implants in rabbit femors, since an acid-etched
coating (highest surface roughness) showed a higher
overall osseintegration when compared with grit-blasted
and ﬁber mesh (average pore size 400 mm) coatings [39].
The presence of a thicker (600–1000 nm) porous
(13–24% porosity, pores less than 8 mm) oxide ﬁlm on
the surface of titanium screws resulted in more bone
formation when implanted in tibia defects in rabbits
compared to controls with a nonporous oxide layer of
17–200 nm in thickness [40,41]. Lower porosity of the
oxide layer (19% versus 24%) resulted in decreased
surface roughness (0.97 versus 1.02 mm) as measured by
confocal laser scanning proﬁlometry [42]. Coating
titanium alloy implants with a 50 mm layer of porous
hydroxyapatite did not increase the percentage of
osseointegrated surface in the mandible of dogs,
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although bone extended into the micropores of hydroxyapatite resulting in an osseous micro-interlocking [43].
However, in the maxillae there was more bone apposing
the coated implants suggesting a beneﬁcial effect for
areas of poorer bone quality [43].
Although macroporosity (pore size 450 mm) has a
strong impact on osteogenic outcomes, microporosity
(pore size o10 mm) and pore wall roughness play an
important role as well: hydroxyapatite ceramic rods with
average pore size of 200 mm and smooth and dense pore
walls failed to induce ectopic bone formation in dogs, in
contrast to rods made from the same material with
average pore size 400 mm but with rough and porous
pore walls [44]. Microporosity results in larger surface
area that is believed to contribute to higher boneinducing protein adsorption as well as to ion exchange
and bone-like apatite formation by dissolution and reprecipitation [44]. Surface roughness enhances attachment, proliferation and differentiation of anchoragedependent bone forming cells [44]. The solid freeform
fabrication technique allowed the fabrication of
poly(desaminotyrosyl-tyrosine ethyl ester carbonate)
(a tyrosine derived pseudo-polyamino acid) scaffolds
with four axial and four radial channels and ﬁxed
500 mm pores separated by 500 mm solid walls or 80%
porous walls [45]. Scaffolds from the same material with
random pore distributions served as controls. Although
there was no statistical difference in the bone formed in
cranial defects in rabbits, bone ingrowth followed the
architecture of the scaffolds: a continuous ingrowth
from the outer periphery was observed in the random
pore size scaffolds, while scaffolds with same sized pores
and solid walls promoted discontinuous ingrowth with
bone islands throughout the whole scaffold; scaffolds
with same sized pores and porous walls resulted in both
types of bone ingrowth [45]. It was hypothesized that
discontinuous bone ingrowth may result in faster
healing, since bone will be forming not only from the
margins but also throughout the whole space of the
defect [45]. These studies demonstrate the enhanced
osteogenesis of porous versus solid implants, both at the
macroscopic as well as the microscopic level.

3. Methods to measure porosity and pore sizes
Different methods are used to measure porosity and
pore sizes in scaffolds. Total porosity (P) is measured by
gravimetry [46–48] according to the equation [46,47]
P ¼ 1  rscaffold =rmaterial ,

(1)

where rmaterial is the density of the material of which the
scaffold is fabricated and rscaffold is the apparent density
of the scaffold measured by dividing the weight by the
volume of the scaffold.

5477

Mercury intrusion porosimetry is a method used to
measure both porosity [46,47,49–54] and pore sizes
[6,47,50,53–55]. The scaffolds are placed in a penetrometer and infused with mercury under increasing pressure.
As the pressure (P) increases, the radius of pores (r) that
can be ﬁlled decreases according to the Washburn
equation [47]
P ¼ 2s cos y=r,

(2)

where s is the surface tension of mercury and y is the
contact angle. The open porosity (p) (porosity accessible
to mercury intrusion) is given as [47]
p ¼ V intrusion =V scaffold ,

(3)

where V intrusion is the total intrusion volume of mercury
and V scaffold is the volume of the scaffold. Finally, the
closed porosity ($), porosity not accessible to mercury,
can be determined as [47]
$ ¼ P  p.

(4)

The open porosity can be calculated by the liquid
displacement method as well [56–58]. The scaffold is
submerged in a known volume (V1) of liquid that is not
a solvent for the scaffold and a series of brief
evacuation–repressurization cycles is conducted to force
the liquid into the pores of the scaffold. After these
cycles the volume of the liquid and liquid-impregnated
scaffold is V2. When the liquid-impregnated scaffold is
removed, the remaining liquid volume is V3 and open
porosity is given as [56,57]
p ¼ ðV 1  V 3 Þ=ðV 2  V 3 Þ.

(5)

Applied pressures for mercury intrusion porosimeters
range between slightly higher than 0.5 to 60,000 psi [31].
Biomaterials that may compress or collapse at high
pressures should be analyzed at relatively low pressures
or a correction for compressibility should be included in
the interpretation of experimental measurements [31].
Scanning electron microscopy (SEM) images are
analyzed with various computer software to measure
porosity [53,59–61] and, particularly, pore sizes
[48,49,52,55,56,59–65]. For statistical analysis, different
sample sizes are used, for example, ranging from
measures from 10 to 40 pores [56,61] to a minimum of
100 [66]. Finally, microcomputed tomography (microCT) imaging and analysis have been used to determine
porosity and pore sizes in 3D biomaterial scaffolds used
in bone tissue engineering [67,68]. Brieﬂy, isotropic slice
data are obtained and reconstructed into 2D images,
which are compiled and analyzed to generate 3D images
and obtain quantitative morphological detail [68]. This
technique is particularly appealing, since it is noninvasive and can be used to image and quantify bone
repair.
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4. Porosity of biomaterial scaffolds for bone tissue
engineering
4.1. Ceramics
4.1.1. Crystalline ceramics
Ceramic implants for osteogenesis are based mainly
on hydroxyapatite, since this is the inorganic component
of bone. The usual fabrication technique for ceramic
implants is sintering of the ceramic powder at high
temperatures. For example, hydroxyapatite powder has
been sintered to generate blocks with fully interconnected pores (500 mm), 77% porosity, compressive and
three-point bending strength of 17.4 and 7.2 MPa,
respectively, and elastic modulus of 0.12 GPa [49]. These
scaffolds induced ectopic bone formation when implanted subcutaneously in mice [49]. Cylindrical synthetic porous hydroxyapatite implants with pore sizes of
400–600 mm and 80% porosity healed femoral defects in
rats [62]. Porous particles of hydroxyapatite (average
pore size 150 mm, porosity 70%) and porous coralreplicated hydroxyapatite (exoskeletal microstructures
of calcium carbonate of corals converted into hydroxyapatite by hydrothermal chemical exchange) blocks
(average pore size 230 mm, porosity 66%) were used for
delivery of BMP-2 in a rat ectopic model and induced
direct osteogenesis (without preceding cartilage formation) [32]. Other types of ceramics used in bone repair
include porous calcium metaphosphate ([Ca(PO3)2]n)
blocks (pore size 200 mm) that were used for culturing
rat marrow stromal cells ex vivo and for ectopic bone
formation in athymic mice [69] and natural coral
scaffolds molded into the shape of a human mandibular
condyle with pore sizes 150–220 mm and 36% porosity
that were seeded with rabbit marrow mesenchymal cells
and induced ectopic bone formation in nude mice [70].
Combinations of ceramics also have been explored:
porous biphasic ceramic (hydroxyapatite—tricalcium
phosphate) with 50% porosity and 100–150 mm pore
sizes have been shown to heal femoral defects in dogs
[71]. Porosities and pore sizes for ceramics are summarized in Table 2. In general, ceramic biomaterials are able
to form bone apatite-like material or carbonate hydroxyapatite on their surfaces, enhancing their osseointegration. These materials are also able to bind and
concentrate cytokines, as is the case of natural bone [72].
Brittleness and slow degradation rates are disadvantages
associated with their use.
4.1.2. Amorphous glasses and glass-ceramics
Ceramics include glasses and glass-ceramics. Gong
et al. fabricated glass implants with 5% porosity and
pores that ranged from 100–200 mm to the o10 mm
range, and also glass-ceramic implants with macropores
(100–200 mm) and micropores (o5 mm) [63]. Glassy
carbon pellets with 40% porosity induced bone in-

growth in tibia defects in rabbits [73]. Bioglass
(materials with different compositions of SiO2,CaO,
Na2O, and P2O5 [74,75]) scaffolds have an interconnected network, 10–500 mm, and framework (2–50 nm)
[75] and have been shown to support culture of human
primary osteoblasts [74]. In other studies Bioglass
implants with pores ranging from 100 to 600 mm induced
ectopic bone formation in dogs [65]. Silica/calcium
phosphate scaffolds with different porosities (51%, 47%
and 43% generated by decreasing the silica content) and
a broad distribution of pore sizes (10–300 mm) helped to
regenerate bone in femoral defects in rabbits [53]. Upon
retrieval, the silica-rich scaffolds were almost ﬁlled with
new bone and showed higher resorbability than
scaffolds with lower silica content [53]. This stronger
osteogenic outcome was attributed to the chemical
composition (high content of pyrophosphate) and not
to differences in porosity [53]. Properties of amorphous
glass and glass-ceramic scaffolds are summarized in
Table 3.
4.2. Metals
Stainless steel and titanium or titanium alloys (i.e. Ti6Al-4V) are the materials that usually comprise the basis
of metal implants for bone regeneration. The bulk phase
of the implants consists of solid metal, while titanium
particle coatings create a porous surface (thickness
ranging from a few nanometers to the hundreds of
micrometers depending on the fabrication technique
[33,37,40–42,76]. Different techniques have been used to
manufacture the porous coatings (Table 4), including
plasma-spraying in the case of implants with 50–60%
porosity and 200–400 mm pore size coatings for healing
femoral defects in dogs [60], or sintering in the case of
implants with 35% porosity and 50–200 mm pore size
coatings [77]. Other techniques include machining, shotblasting and acid-etching, but result in pore sizes of less
than 10 mm [77]. Examples of completely porous metal
scaffolds are titanium ﬁber meshes with 86% porosity
and a 250 mm average pore size that have been used for
the ex vivo culture of rat bone marrow stromal cells
under static conditions [78] or in a ﬂow perfusion
bioreactor [79] and subsequent implantation in cranial
defects in rats [78,79]. These scaffolds have also found
application as delivery systems for transforming growth
factor b  1 (TGF-b1) and have been used to repair
rabbit cranial defects [80]. The main advantage of metal
implants is their excellent mechanical properties, which
makes them the most widely applied implant material
used in bone surgical repairs. However, the lack of tissue
adherence [34] and the low rate of degradation results
either in a second surgery to remove the implant or in
permanent implantation in the body with the related
risks of toxicity due to accumulation of metal ions due
to corrosion [81].
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Table 2
Porosities and pore sizes of crystalline ceramic scaffolds for bone regeneration (pores are denoted either as range or as average pore size)
Crystalline ceramic

Fabrication
technique

Shape

Pore size (mm)

Hydroxyapatite

Sintering

Scaffolds with
honeycomb pores

90–120 and 350

Sintering

Scaffolds with
honeycomb pores

100–200

Sintering
Sintering

Scaffolds
Scaffolds

366 and 444
400 and 800

38 and 44
60 and 70

Sintering

Blocks

500

77

Sintering

Cylinders

400–600

80

Sintering

Blocks

100–200

Sintering

Blocks

Sintering

Particles

106–212, 212–300,
300–400, 400–500,
and 500–600
150

70

Sintering

Particles

230

66

Sintering

Rods

200 and 400

Salt-leaching

Pellets

0.2 and 8.7

Sintering

Blocks

200

Natural coral

Sintering

Human
mandibular
condyle

150–200

36

Hydroxyapatite/
tricalcium
phosphate

Sintering

Blocks

100–150

36

Tricalcium
phosphate cement
Calcium
metaphosphate

Porosity (%)

Application

References

BMP-2 delivery
and ectopic bone
formation in rats
BMP-2 delivery
and ectopic bone
formation in rats
Mandible defects
Goat bone marrow
stromal cells ex
vivo and ectopic
bone formation in
goats
Ectopic bone
formation in mice
Femoral defects in
rats
BMP-2 delivery
and ectopic bone
formation in rats
Ectopic bone
formation in rats

[107,112,113]

Ectopic bone
formation in rats
Ectopic bone
formation in rats
Ectopic bone
formation in dogs

[32]

31 and 62

[112]

[103]
[104]

[49]
[62]
[112]

[107,108]

[32]
[44]
[115]

Rat bone marrow
stromal cells ex
vivo and ectopic
bone formation in
mice
Rabbit marrow
mesenchymal cells
ex vivo and ectopic
bone formation in
mice
Femoral defect in
dogs

[69]

[70]

[71]

Table 3
Porosities and pore sizes of amorphous glass and glass-ceramic scaffolds for bone regeneration (pores are denoted either as range or as average pore
size)
Material

Fabrication technique

Pore size (mm)

Porosity (%)

Glasses

Sintering

100–200

5
40

Bioglass
Glass-ceramics

Foaming
Sintering
Sintering
Phase transformation

10–500
100–600
100–200
10–300

51, 47 and 43

Application

Tibia defects in rabbits
Primary human osteoblasts in vitro
Ectopic bone formation in dogs
Femoral defects in rabbits

References
[63]
[73]
[74,75]
[65]
[63]
[53]
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Table 4
Porosities and pore sizes of metal scaffolds for bone regeneration (pores are denoted either as range or as average pore size)
Porous surface technique

Pore size (mm)

Porosity (%)

Application

References

N/A (sintered titanium ﬁber
meshes)
N/A (sintered titanium ﬁber
meshes)
N/A (self-propagating high
temperature synthesized nitinol
implants)

250

86

[78,79]

250

86

259 and 505

66 and 47

Rat bone marrow stromal cells
ex vivo and cranial defects in rats
TGF-b1 delivery in cranial
defects in rabbits
Femoral defects in rats

Cranial defects in rabbits
Femoral defects in rabbits

[111]
[35]

353, 218 and 179
50, 75, 100, 125

43, 54 and 51

N/A (laser perforated titanium
implants)
Sintering
Plasma-spraying

50–200
200–400

Diffusion
Laser-texture
Electrochemical oxidation
Machining
Shot-blasting

350
100, 200 and 300
o8
Submicron to 10
o10

35
50–60
56–60
45
13–24

44 and 48
Acid-etching
Deposition through polystyrene
latex beads

Femoral defects in dogs
Femoral condyles in dogs
Hip arthroplasty in dogs
Femoral defect in rabbits
Tibia defects in rabbits

Mandible and femoral defects in
dogs

Submicron to 1
0.4, 13 and 40

4.3. Natural polymers
Many polymers from Nature have the advantage of
biocompatibility and biodegradability, since they compose the structural materials of tissues (i.e. collagen and
glycosaminoglycans). A benzyl ester derivative of
hyaluronic acid with 80–90% porosity and pores
ranging from 100 to 600 mm was used for delivery of
BMP-2 in vitro and osteogenic differentiation of the
murine pluripotent cell line C3H10T1/2 [59]. Collagen
matrices with pores ranging from 11 to 105 mm and 14 to
134 mm healed tibia defects in rats [64]. Porous collagen/
hyaluronic acid scaffolds were produced by freezedrying at 196, 70 and 20 1C resulting in 40, 90
and 230 mm average pore size, respectively, and 58%,
59% and 56% porosities, respectively; cross-linking
with 1-ethyl-3-(3-dimethyl aminopropyl) carbodiimide
(EDC) and re-freeze-drying at 20 1C generally increased pore size (84, 186 and 190, respectively) and
porosity (62%, 62% and 64%, respectively) (Table 5)
[61]. Nevertheless, the low mechanical strength and high
rates of degradation of natural polymers often result in
their use in composites or in chemical modiﬁcation by
cross-linking to improve properties and reduce degradation rates. However, these changes may cause cytotoxic
effects and reduce biocompatibility [82].
To overcome these issues we have focused on
fabricating silk-based biomaterials, due to the biocompatibility [83–85], excellent mechanical properties [86],

Femoral defects in rabbits
Human bone derived cells in
vitro

[80]
[105]

[77]
[60]
[38]
[37]
[109]
[40–42]
[77]
[77]
[33]
[77]
[39]
[76]

and long-standing use of silk as suture material. Silk
ﬁbroin, extracted from silkworm cocoons, has been
processed into porous scaffolds (Table 5). Freeze-drying
and the addition of porogens (salt leaching and gas
foaming) were used as fabrication methods. The
porogens improved control of average pore size (202
and 155 mm, respectively) and mechanical properties
(compressive stress up to 250 and 280 KPa, respectively,
and compressive modulus up to 790 and 1000 KPa,
respectively) [56]. Porosity depended on the porogen
used and ranged from 84% to 98% for scaffolds
prepared by salt leaching and from 87% to 97% for
scaffolds prepared by gas foaming [56]. Recently, when
salt-leached scaffolds were used to differentiate human
bone marrow stromal cells in vitro under static culture
conditions, the deposited mineral was hydroxyapatite
that formed trabecular-like geometries [87].
4.4. Synthetic polymers
The versatility of chemically synthesized polymers
enables the fabrication of scaffolds with different features (forms, porosities and pore sizes, rates of degradation, mechanical properties) to match tissue speciﬁc
applications. Hu et al. studied the effect of fabrication
parameters on poly(a-hydroxy acid) (poly(D,L-lactide)
and poly(lactide-co-glycolide)) scaffold properties [46].
Lowering the solution freezing temperature resulted in
smaller pores, but did not affect the porosity. Increasing
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Table 5
Porosities and pore sizes of scaffolds for bone regeneration made from natural polymers (pores are denoted either as range or as average pore size)
Natural polymer

Fabrication technique

Pore size (mm)

Porosity (%)

Application

References

Hyaluronic acid

Salt-leaching

100–600

80–90

[59]

Collagen

Freeze-drying

Collagen/hyaluronate
Collagen/hyaluronic acid
(cross-linked with EDC)

Cross-linking
Freeze-drying

11–105 and
14–134
45.7 and 35.4
84 (196 1C)

BMP-2 delivery and
C3H10T1/2 cells in vitro
Tibia defects in rats
Cranial defects in rats

62 (196 1C)

[110]
[61]

62 (70 1C)
64 (20 1C)
99

[56]

Silk ﬁbroin

Salt-leaching

186 (70 1C)
190 (20 1C)
50 (20 1C)
15 (80 1C)
202

84–98

Gas foaming

155

87–97

Freeze-drying

the water co-solvent content in dioxane above 3% (v/v)
led to interconnected circular pores, but dioxane
contents higher than 7% lead to ﬁbrous polymers with
poor handling qualities. Increasing polymer solution
concentration diminished pore size and porosity. Higher
polymer molecular weight increased median pore size
and porosity. Two types of theses scaffolds, poly(D,Llactide) (118 mm average pore size and 92% porosity)
and poly(lactide-co-glycolide) (78 mm average pore size
and 90% porosity), were tested in vitro and supported
proliferation and differentiation of osteoprecursor cells
[46]. Hollow poly(lactide-co-glycolide) microcarriers
(500–860 mm) were sintered into porous scaffolds with
median pore size of 187 mm and 31% porosity [50].
Poly(lactide-co-glycolide) has also been used for culturing human osteoprogenitor cells in scaffolds with
200 mm mean pore size [88] and for fabricating tooth
implants with 65% porosity and a mean pore size of
100 mm [47]. A promising technique to fabricate highly
porous scaffolds is electrospinning: electrospun nanoﬁbrous structures of poly(lactide-co-glycolide) had 92%
porosity; the pore size distribution was broad
(2–465 mm) [89]. Another polymer that has found
application in bone regeneration is poly(propylene
fumarate) used as scaffolds with 70% porosity and
300–500 mm pore sizes for TGF-b1 delivery and
implantation in cranial defects in rabbits [90]. Scaffolds
in the form of coat formulations that developed pores in
vivo (51% porosity and a wide range of pore distribution with a median pore size of 70 mm and at least 30%
of pores 4200 mm) due to the effervescent reaction (CO2
production from the reaction of carbonate salts with
acids) were prepared from poly(propylene fumarate), as
well [55]. These scaffolds were used in tibia defects in
rats with and without autograft material and the
addition of autograft material resulted in more bone

Human bone marrow
stromal cells in vitro

[64]

[56,87]
[56]

formation, although the percentage of autograft
material content (75% and 25%) did not affect bone
ingrowth [55].
Combining solid freeform fabrication with phase
separation, emulsion-solvent diffusion and porogen
leaching, Taboas et al. created a variety of pure and
composite scaffolds while controlling porosity, pore
size, pore geometry, pore branching, pore connectivity
and pore orientation [91]. They successfully prepared
poly(lactide) scaffolds with 600 mm channels (global
pores) and 50–100 mm porous walls (local pores),
discrete composites of poly(lactide) and poly(glycolide)
with 800 mm global pores or poly(lactide) and hydroxyapatite with 600 and 500 mm global pores, respectively,
and poly(lactide) scaffolds with complex architecture
that mimicked human trabecular bone [91]. Other types
of polymer combinations include polymeric foams from
blends of poly(lactide-co-glycolide) and poly(ethylene
glycol) with 85% porosity and 300–500 mm pores which
supported proliferation and mineralization of periosteal
cells in vitro [92], and poly(lactide-co-glycolide)/polyvinyl alcohol scaffolds with 200–300 mm pore sizes and
90% porosity (both independent from the polyvinyl
alcohol content) [52]. The addition of polyvinyl alcohol
resulted in more bone formation, when plain poly(lactide-co-glycolide) scaffolds and scaffolds with 5 wt%
polyvinyl alcohol were implanted in rabbit skulls [52].
Finally, poly(propylene glycol-co-fumaric acid) scaffolds
that developed pores ranging from 100–500 mm in vivo
due to the effervescent reaction healed cortical defects in
rats [93]. Values for pore sizes and porosities for
different polymers are given in Table 6. A constraint
with some of these polymers is that they have low
mechanical properties even in the form of solid screws
and rods, and they have therefore been applied in areas
of low mechanical stress in vivo [94].
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Table 6
Porosities and pore sizes of scaffolds for bone regeneration made from chemically synthesized polymers (pores are denoted either as range or as
average pore size)
Polymer

Fabrication technique

Pore size
(mm)

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

Salt-leaching
Molding
Porogen melting
Sintering

600
800

Poly(lactide-co-glycolide)/
poly(ethylene glycol)
Poly(lactide-co-glycolide)/
polyvinyl alcohol
Poly(multifunctional lactic acid
based oligomer)
Poly(propylene fumarate)

72, 164, 101
and 210
100

Application

[91]
[91]
[68]
[116]

58 and 80
430

187
200

31

Electrospinning
Porogen dissolving

2–465
300–500

92
85

Periosteal cells in vivo

[89]
[92]

Salt-leaching

200–300

90

Cranial defects in rabbits

[52]

Salt-leaching

45–150 and
300–600
70

80
51

Tibia defects in rats

[55]

300–500

70

TGF-b1 delivery in cranial
defects in rabbits

[90]

Gas foaming with
effervescent reaction (in
vivo)
Salt-leaching

Polyethylene terephthalate

Melt-blowing

Polymeric foams
Poly(propylene glycol-cofumaric acid)

Emulsion polymerization
Gas foaming with
effervescent reaction (in
vivo)
Salt-leaching

65

References

Consolidation by pressure
drop
Sintering
Gas foaming

Salt-leaching
Salt-leaching

Poly(desaminotyrosyl-tyrosine
ethyl ester carbonate)

Porosity (%)

Human mesenchymal cells
in vitro

300–500 and
600–800

80
57–75
93–97

40 and 100
100–500

500

4.5. Composites
Although each individual material has advantages for
osteogenic applications, each also has drawbacks
associated in certain properties (i.e. brittleness of
ceramics) that can be overcome by combining different
materials. Coating hydroxyapatite scaffolds (87% porosity and 150–200 mm pore size) with a hydroxyapatite/
poly(e-caprolactone) composite improved the mechanical properties: higher amounts of the composite coating
(more polymer) increased compressive strength (maximum 0.45 versus to 0.16 MPa for no coating) and
elastic modulus (maximum 1.43 versus 0.79 for no
coating) [48]. In hydroxyapatite/chitosan-gelatin composites (with most pores between 300 and 500 mm)
porosity can be increased by decreasing the chitosangelatin concentration and increasing the chitosangelatin/hydroxyapatite ratio [58]. These scaffolds supported the proliferation and mineralization of rat

Teeth implants

80 to 87.5
(gradient)

[47]
[50]
[88]

[117,118]

Cranial defects in rabbits

[119]
[106]

Rat mesenchymal stem
cells in vitro
Rat osteoblasts in vitro
Cortical defects in rats

[101]

Cranial defects in rabbits

[45]

[99]
[93]

calvarial osteoblasts in vitro [58]. Another example of
composites are ceramic coatings to increase the osseointegration of other biomaterials. Collagen scaffolds have
been coated with hydroxyapatite (pores 30–100 mm,
porosity 85%), since osseintegration is enhanced by
the surface formation of a bioactive apatite layer, and
supported attachment and proliferation of rabbit
periosteal cells [95]. Coating porous-surfaced titanium
implants (35% porosity and 50–200 mm pore size) with
calcium phosphate resulted in earlier and greater bone
ingrowth and enhanced mechanical properties for
implants retrieved from rabbit femorals [96]. Similarly,
biomimetic nano-apatite coatings of porous titanium
scaffolds resulted in enhanced human osteoblast culture
as well as greater bone formation in a canine boneingrowth chamber [54]. Calcium phosphate coated
titanium meshes with 86% porosity and 250 mm average
pore size were loaded with rat bone marrow cells and
induced ectopic bone formation in rats [97].
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Table 7
Porosities and pore sizes of composite scaffolds (pores are denoted either as range or as average pore size)
Composite

Fabrication technique

Pore size
(mm)

Porosity (%)

Hydroxyapatite/poly(caprolactone)
Hydroxyapatite/chitosangelatin
Hydroxyapatite/b-tricalcium
phosphate/chitosan
Collagen/hydroxyapatite

Sintering

150–200

87

Freeze-drying

300–500

Sintering

300–600

Freeze-drying

30–100

85

Freeze-drying

50–300

49, 73 and 79

Sintering

50–200
(surface
coating)
250 (porous
meshes)

35 (surface
coating)

Titanium/calcium phosphate

Sintering

Poly(L-lactide-co-D,L-lactide)/
b-tricalcium phosphate
Poly(propylene fumarate)/btricalcium phosphate
Poly(L-lactide)/bioglass
Silica/ceramic
Poly(lactide-co-glycolide)/
collagen/apatite

86 (porous
meshes)

Rabbit periosteal cells in
vitro
MC3T3-E1 osteoblasts in
vitro
Femoral defects in rabbits

[96]

[10]

125–150

Cranial defects in rabbits

Salt-leaching

150–300

80–87.5
(gradient)
69 and 74

Phase separation
Sintering
Salt-leaching

50–200
10–300
355–425

51, 47 and 43
87

Femoral defects in rabbits

The effect of different porosities and pores sizes on
the extent of osteogenesis in vitro has been demonstrated both with osteoblasts and undifferentiated cells.

[100]

[38]
[98]

60
15–55

5.1. Effect of porosity and pore size in vitro

[95]

Ectopic bone formation in
rats
Human osteoblasts in
vitro
Canine bone-ingrowth
chamber
Femoral condyles in dogs
Cranial defects in rats

170

5. Effect of porosity and pore size on osteogenesis

[58]
[114]

Sintering
Self-propagating high
temperature synthesis
Salt-leaching

Self-propagated high-temperature synthesis allows
manufacturing of porous titanium-boron (Ti-TiBx)
composites with porosities ranging from 15% to 55%
[98]. Bone ingrowth occurred when samples were
implanted in calvarial defects in rats [98].
Combining three materials used in bone tissue
engineering Chen et al. fabricated poly(lactide-coglycolide) scaffolds with 91% porosity and 355–425 mm
pores, with a collagen infused microsponge slightly
decreasing porosity [51]. Apatite particulates were
deposited on the collagen microsponges further reducing
the porosity to 87% [51]. Different combinations of
materials used to form composite implants are presented
in Table 7.

References

[48]
Rat calvarial osteoblasts in
vitro

Soaking

Titanium/polyvinyl alcohol
Titanium/boron

Application

[97]
[54]
[54]

[120]
[122]
[53]
[51]

The high internal phase emulsion polymerization route
of styrene yields porous polymeric foams, with pore
sizes that increases with higher emulsion processing
temperatures [99]. When primary rat osteoblasts were
seeded into scaffolds with different pore sizes, more cells
were found in the small pore (40 mm) scaffolds [99]. Cells
migrated faster inside the larger pore (100 mm) scaffolds;
however, pore size did not affect cell penetration depth
or mineralization extent [99]. Similarly, smaller pores
(0.4 and 13 mm) in TiO2 ﬁlms on titanium surfaces
enhanced the proliferation of human cells trypsinized
from bone in contrast to larger pores (49 mm) [76]. In
composites of apatite and collagen with pores ranging
from 50 to 300 mm, higher apatite contents (90, 70, and
0 wt%) decreased the porosity (49%, 73%, and 79%,
respectively), but no signiﬁcant differences were observed in MC3T3-E1 osteoblast proliferation [100]. Rat
mesenchymal stem cells were studied on non-woven
fabrics prepared from polyethylene terephthalate ﬁbers
with different diameters (2–42 mm) and porosities
(93–97%). Smaller diameter ﬁbers resulted in lower cell
attachment and more spherical cells, because the size of
the cells was comparable or even larger than the ﬁber
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diameter [101]. A similar trend was noticed for cell
proliferation and this was attributed to the smaller pore
space of scaffolds made from thinner ﬁbers [101]. Fiber
diameters of 9 and 12 mm stimulated alkaline phosphatase activity and osteocalcin expression more than any
other diameter [101]. Higher porosity did not affect cell
attachment, but resulted in increased cell proliferation,
since pore space increased with porosity and facilitated
transport of oxygen and nutrients [101]. In contrast,
cells cultured on scaffolds with lower porosity showed
higher alkaline phosphatase activity and expressed more
osteocalcin; the authors attributed this effect to suppressed proliferation and to cell aggregation that was
observed on fabrics made out of the thicker ﬁbers [101].
In summary, osteogenesis in vitro is not affected by pore
size, but is enhanced by lower porosity. It should be
noted, however, that the dimensions of pores studied are
one order of magnitude lower that the minimum
requirement for osteogenesis in vivo and that in an
environment where osteogenesis depends on other
processes, such as vascularization, the effect of porosity
would be opposite, as will be discussed in the following
section.
5.2. Effect of porosity in vivo
Bone regeneration in a scaffold in vivo involves
recruitment and penetration of cells from the surrounding bone tissue, as well as vascularization. Higher
porosity is expected to enhance osteogenesis and
numerous studies have veriﬁed this hypothesis. Using
a solid freeform fabrication technique a porosity
gradient from 80% to 88% was created in scaffolds of
poly(L-lactide-co-D,L-lactide) containing 20 wt% b-tricalcium phosphate (pore size 125–150 mm) [10]. More
tissue ingrowth and new bone formation occurred in
areas with higher porosity after implantation in rabbit
craniums [10]. Scaffolds formed with four axial and four
radial macroscopic channels enhanced further osteogenesis [10]. In order to create porosity during bone healing,
poly(propylene fumarate) was combined with soluble
calcium ﬁller salts; after implantation in rat tibias,
scaffolds with a higher percentage of salts (and
subsequently higher porosity formed in vivo) showed
greater and deeper bone ingrowth [102]. Dental implants
were coated with cancellous structured titanium with
44% and 48% porosity and implanted in canine
mandibles and femorals; there was more bone ingrowth
for the higher porosity coatings at all timepoints (14
weeks) in the femorals and at the initial timepoints (2
and 4 weeks) in the mandibles [33]. Hydroxyapatite
scaffolds with 30 MPa compressive strength and 1.4 GPa
compressive modulus were tested in mandibular defects
with two channel geometries: orthogonal and radial
(channel size 444 and 366 mm, respectively, and porosity
44% and 38%, respectively) [103]. Although there were

no signiﬁcant differences in percent bone ingrowth, the
shape of the newly formed bone was affected by channel
architecture; the orthogonal architecture gave rise to an
interpenetrating matrix of hydroxyapatite and newly
formed bone, while the radial architecture resulted in
bone as a solid piece at the center of the implant [103].
Kruyt et al. compared hydroxyapatite scaffolds with
different porosities (70% porosity and 800 mm average
pore size (70/800) versus 60% porosity and 400 mm
average pore size (60/400)). More goat bone marrow
stromal cells (gMSC) proliferated during a 6-day ex vivo
culture in the 60/400 scaffolds [104]. However, when
scaffolds seeded with gMSC were implanted in bilateral
paraspinal muscles in goats more bone formed in the 70/
800 scaffolds [104]. This result was likely due to the
larger surface area that resulted in higher ion exchange
and bone-inducing factor adsorption [104].
There are a limited number of reports in the literature
that show no effect of porosity on the amount of
apposited bone. For example, nickel–titanium alloy
(nitinol) implants with 66% porosity had higher,
although not statistically signiﬁcant, bone-implant contact than implants with 47% porosity in rat femoral
defects [105]. Similarly, in poly(propylene fumarate)
scaffolds with different porosities (57–75%) that were
implanted subcutaneously in cranial defects in rabbits,
no statistical difference could be detected in bone
formation [106]. The absence of any reports on the
beneﬁcial effects of lower porosity scaffolds in vivo
solidiﬁes the requirement of highly porous implants for
bone regeneration.
5.3. Effect of pore sizes in vivo
Apart from the initial work from Hulbert et al. [34],
where the minimum requirement of pore size was ﬁrst
deﬁned as 100 mm, many researchers have explored pore
sizes above 100 mm in order to deﬁne optima for bonerelated outcomes. Porous blocks of hydroxyapatite with
different pore sizes (106–212, 212–300, 300–400,
400–500, 500–600 mm) were compared when implanted
subcutaneously in rats [107,108]. Alkaline phosphatase
activity, osteocalcin content and new bone formation
were higher for the 300–400 mm pore size and this was
the critical size above which capillaries could be
observed [107,108]. Onset of bone remodeling was
delayed in surface laser-textured titanium alloy
(Ti6Al4V) with 100 mm pores versus implants with 200
and 300 mm pores that were implanted in distal femoral
cortex of rabbits [109]. Although the 300 mm pore
implants had the highest percentage of lamellar bone,
their osseointegration was slower than the 200 mm pore
size implants based on the lower percentages of total
(within-pore and surface bone-implant) contact [109].
Even where pore sizes lower that the accepted minimum
were compared, increasing pore size from 35.4 to
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45.7 mm by decreasing the initial percentage of hyaluronate polymer (10% versus 66%) in collagen/hyaluronate scaffolds resulted in more new bone formation in
rat calvarial defects [110].
An example of a comparative study for pore sizes
where no difference in osteogenesis was observed, is the
that by Ayers et al. [111]. No difference was found in
both ingrowth in nitinol implants placed in cranial
defects in rabbits with different pore sizes (353, 218 and
179 mm average pore sizes with respective porosities of
43%, 54% and 51%) [111]. Nevertheless, since the
implant thickness was of the same order of magnitude
as the pore size, the authors hypothesized that there
should be a minimum thickness to pore size ratio to
observe the effect of different pore sizes on bone
ingrowth [111]. When poly(propylene fumarate) scaffolds with different porosities (57–75%) and pore sizes
(300–500 and 600–800 mm) were implanted subcutaneously or in cranial defects in rabbits, no statistical
difference could be detected in bone formation or in the
inﬂammatory response [106]. Finally, no statistical
difference in bone-implant contact, but more ﬁbrosis
was observed, with nitinol implants with 505 mm average
pore size compared 209 mm average pore size when
implanted in rat femoral defects [105].
A very interesting aspect of the effect of pore size on
bone regeneration is the impact on the progression
toward osteogenesis. Honey-combed-shaped hydroxyapatite scaffolds with small (90–120 mm) and large tunnel
(350 mm) diameters were used for BMP-2 delivery and
were implanted subcutaneously in rats [107,112,113]. In
small diameter tunnels chondrogenesis occurred before
osteogenesis; in contrast, in tunnels with large diameter
bone was formed directly [107,112,113]. The enhanced
vascularization that was observed in tunnels with the
larger diameters resulted in higher oxygen tension and
supply of nutrients, conditions that favored direct
osteogenesis [107,112,113]. A similar effect on the type
of bone formation has been found to depend on the type
of BMP-2 loaded porous hydroxyapatite scaffold. When
scaffolds with similar average pore sizes (100–200 mm)
were implanted subcutaneously in rats, in both particle
and block forms, direct bone formation took place.
However, in honey-combed-shaped hydroxyapatite,
osteochondral ossiﬁcation occurred [112]. The geometry
of the scaffold allowed enhanced vascularization for
blocks and particles favoring direct bone formation; in
contrast, low oxygen conditions in the honey-combedshaped hydroxyapatite induced an initial chondrogenesis phase [112]. Direct bone formation was also affected by pore geometry: longer and curved pores in
the blocks hindered penetration of mesenchymal
cells and capillaries resulting in bone formation only
on the outer surface of the material as opposed to
the particle systems where bone was found deeper in
the material [112].
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6. Effect of porosity on mechanical properties
Although increased porosity and pore size facilitate
bone ingrowth, the result is a reduction in mechanical
properties, since this compromises the structural integrity of the scaffold. Chitosan sponges with 100 mm pores
were formed inside hydroxyapatite/b-tricalcium phosphate scaffolds with macropores (300–600 mm) and both
compressive modulus and yield stress increased about
four times [114]. By increasing the weight ratio of
sodium phosphate solution ice ﬂakes to tricalcium
phosphate cement (no ice to 1:3) higher porosities
(31–62%) were achieved [115]. The increased porosity
resulted in a higher median pore size (0.2–8.7 mm) and
lower percentage of nanopores (o100 nm) [115]. At the
same time, lower compressive strength (37000–430 kPa),
compressive (2900–37 MPa) and Weibull (4.2–2.0) modulus, was the result [115] (Weibull modulus is a
dimensionless number used to characterize the variability in measured strength of components made from
brittle materials which arises from the presence of ﬂaws
having a distribution in size and orientation).
Porous foams were fabricated by sintering poly(lactide-co-glycolide) microspheres; increasing the microsphere diameter from 212–250 to 600–710 mm resulted in
larger median pore size (from 72 to 164 mm for 2 h of
heating and from 101 to 210 mm for 4 h of heating) and a
wider pore distribution (38–110 mm difference in size,
respectively), but had no effect on total porosity
(430%) [116]. The compressive modulus was decreased
from 297 to 232 MPa [116]. Similarly, higher porosity
(80% as opposed to 58%) decreased mechanical properties of porous poly(L-lactide-co-D,L-lactide) scaffolds:
compressive strength decreased from 11.0 to 2.7 MPa
and modulus from 168.3 to 43.5 MPa [68]. Increasing
the pore size from 45–150 to 300–600 mm increased the
elastic modulus (3.1–7.8 MPa) but did not affect yield
strength in scaffolds produced by photopolymerization
of a multifunctional lactic acid-based oligomer created
by grafting 10 lactic acid units on each side of a
di(ethylene glycol) core [117]. The porosity of these
scaffolds was 80%, since lower porosity resulted in less
interconnected pores [118] and higher porosity to
scaffolds with low mechanical properties [117]. Eighty
percent porosity was the critical point between interconnectivity and mechanical properties of scaffolds
made by photocross-linking of poly(propylene fumarate) as well; the toughest scaffolds with fully interconnected pores fabricated by this technique had an
elastic modulus of 2.3 MPa and a compressive strength
of 0.11 MPa [119]. Although higher molecular weight
(1.45 kDa) poly(propylene fumarate) increased the
fracture toughness (0.376 MPa m1/2 as opposed to
0.134 MPa m1/2 for the 0.86 kDa) of scaffolds coated
with b-tricalcium phosphate with pore sizes 150–300 mm,
it reduced the porosity (69% compared to 74%) [120].
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Porter et al. studied the effects of porogen and btricalcium phosphate concentration on the mechanical
properties of poly(propylene fumarate) scaffolds [121].
Increasing the porogen content (20–40 wt% NaCl)
decreased bending (16.9–9.2 MPa for 0.5 g of b-tricalcium phosphate/g of poly(propylene fumarate) and
9.1–4.4 MPa for 0.25 g of b-tricalcium phosphate/g
of poly(propylene fumarate)) and compressive
(70.9–25.6 MPa for 0.5 g of b-tricalcium phosphate/g
of poly(propylene fumarate) and 37.7–16.7 MPa for
0.25 g of b-tricalcium phosphate/g of poly(propylene
fumarate)) strength, but did not affect bending and
compressive elastic modulus [121]. Increasing the
amount of b-tricalcium phosphate from 0.25 to 0.5 g
of b-tricalcium phosphate/g of poly(propylene fumarate) enhanced all mechanical properties: bending
(9.1–16.9 MPa for 20 wt% NaCl and 4.4–9.2 MPa for
40 wt% NaCl) and compressive (37.7–70.9 MPa for
20 wt% NaCl and 16.7–25.6 MPa for 40 wt% NaCl)
strength and bending (625.1–1274.7 MPa for 20 wt%

NaCl and 619.3–1151.1 MPa for 40 wt% NaCl) and
compressive (622.6–1024.2 MPa for 20 wt% NaCl and
354.1–638.1 MPa for 40 wt% NaCl) elastic modulus
[121]. Higher porosity (48% versus 44%) of cancellous
structured titanium surface coating of dental implants
resulted in lower tensile strength (16.1 versus 31.7 MPa)
[33]. In general, the compromise in mechanical properties of the scaffold with increasing porosity sets an upper
limit in terms of how much porosity and the pore size
that can be tolerated.
Zhang et al. discussed a computational model to
predict the effect of porosity on the mechanical properties of poly(L-lactide)/bioactive glass composites with
pores between 50 and 200 mm present in a network of
smaller interconnected pores (o10 mm) [122]. The elastic
modulus, E, of the porous composite is given by [122]
E ¼ E 0 ½1  ðP þ V GP Þn ,

(6)

where E0 is the elastic modulus of the solid composite, P
the pore fraction, VGP the glass fraction incorporated in

Fig. 1. Pore size gradient across a sponge made of silk ﬁbroin. Pore sizes are 76.3716.2 mm (B), 100.7718.2 mm (C), 182.0730.0 mm (D),
221.3740.6 mm (E), and 260.3775.9 mm (F). Bar lengths are 10 mm (A) and 500 mm (B–F).
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the pore space and n a constant that depends on the
microstructure.

7. Discussion and future aspects
Porosity and pore size both at the macroscopic and
the microscopic level, are important morphological
properties of a biomaterial scaffold for bone regeneration. Exact void volumes and pore sizes cannot be
suggested as a general guide for optimal bone-tissue
outcomes, due to the wide range of bone features in vivo
and the diversity of biomaterials, cells and cytokines use
in vitro and in vivo. However, some critical remarks can
be provided based on this review. High porosity and
large pores enhance bone ingrowth and osseointegration
of the implant after surgery. Although there are a few
reports in literature showing no difference in the
osteogenic outcome for scaffolds with different porosities, there are no reports indicating a beneﬁcial effect
for implants with low porosity. Other factors, such as
the rate of degradation of the scaffold for example,
should be taken into account when porosity is assessed.
Scaffolds fabricated from biomaterials with a high
degradation rate should not have high porosities
(490%), since rapid depletion of the biomaterial will

5487

compromise the mechanical and structural integrity
before substitution by newly formed bone. In contrast,
scaffolds fabricated from biomaterials with low degradation rates and robust mechanical properties can be
highly porous, because the higher pore surface area
interacting with the host tissue can accelerate degradation due to macrophages via oxidation and/or hydrolysis. In vitro lower porosity enhances osteogenesis due
to cell aggregation and suppressed proliferation.
The minimum recommended pore size for a scaffold is
100 mm based on the early work of Hulbert et al. [34],
but subsequent studies have shown better osteogenesis
for implants with pores 4300 mm [107–109]. Relatively
larger pores favor direct osteogenesis, since they allow
vasculararization and high oxygenation, while smaller
pores result in osteochondral ossiﬁcation, although the
type of bone ingrowth depends on the biomaterial and
the geometry of the pores. There is, however, an upper
limit in porosity and pore size set by constraints
associated with mechanical properties. An increase in
the void volume results in a reduction in mechanical
strength of the scaffold, which can be critical for
regeneration in load-bearing bones. The extent to which
pore size can be increased while maintaining mechanical
requirements is dependent on many factors including the
nature of the biomaterial and the processing conditions

Fig. 2. Prototypes fabricated with 3D Ink Jet Printing with different porosities (61% (A), 49% (B), 48% (C) and 35% (D)) that match Minipig (a
commonly used Temporomandibular Joint reconstruction animal model) mandibular condyle bone stiffness. Size 20 mm 20 mm 20 mm.
Reprinted with permission from [124].
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used in its fabrication into 3D scaffolds. An upper limit
is also set from the dimensions of the pores of the
speciﬁc bone-tissue repaired.
The differences of bone tissues in morphological (pore
size and porosity) and mechanical properties, as well as
gradient features of adsorbed cytokines, set challenges
for fabricating biomaterial scaffolds that can meet the
requirements set by the speciﬁc site of application. As a
step forward in addressing this challenge, using saltleaching we have been able to fabricate a pore size
gradient across a slab made of silk ﬁbroin (Fig. 1). Saltleaching combined with solid-state polymerization has
been used to create a porosity gradient in polyglycolide
scaffolds both in the macroporous (4100 mm) as well as
in the microscopic (o1 mm) scale [123]. Additionally,
cylindrical polyglycolide scaffolds were formed with a
microporous surface and macroporous interior to mimic
the cortical surface and cancellous interior of natural
bone [123]. Other researchers have proposed a computational algorithm, based on topology optimization, that
paired different porosities with scaffold geometries for
certain mechanical properties [124]. Prototypes of the
designed scaffold architectures can be fabricated with
techniques, such as solid-free form fabrication techniques (Fig. 2) [124]. The versatility provided by this
technique will allow the fabrication of implants with
different porosities, pore sizes and mechanical properties
that can mimic the complex architecture of bone-speciﬁc
sites to optimize bone tissue regeneration. In addition,
fabricating scaffolds with gradients in porosity and pore
sizes that will allow on one side of the scaffold high
vascularization and direct osteogenesis, while promoting
osteochondral ossiﬁcation on the other, is appealing in
terms of reproducing multiple tissues and tissue interfaces on the same biomaterial scaffold. When this
control of design features is considered in concert with
the growing understanding of cell biology and cytokine
signaling, new opportunities for biomaterials designs for
bone-related repair can be anticipated to ﬂourish in the
future.
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Implant Materials Generate Different Peri-implant
Inflammatory Factors
Poly-ether-ether-ketone Promotes Fibrosis and Microtextured Titanium Promotes Osteogenic Factors
Rene Olivares-Navarrete, DDS, PhD,* Sharon L. Hyzy, MS,* Paul J. Slosar, MD,† Jennifer M. Schneider, MS,‡
Zvi Schwartz, DMD, PhD,*§ and Barbara D. Boyan, PhD*¶

Study Design. An in vitro study examining factors produced by
human mesenchymal stem cells on spine implant materials.
Objective. The aim of this study was to examine whether the
inflammatory microenvironment generated by cells on titaniumaluminum-vanadium (Ti-alloy, TiAlV) surfaces is affected by surface
microtexture and whether it differs from that generated on polyether-ether-ketone (PEEK).
Summary of Background Data. Histologically, implants
fabricated from PEEK have a fibrous connective tissue surface
interface whereas Ti-alloy implants demonstrate close approximation
with surrounding bone. Ti-alloy surfaces with complex micron/
submicron scale roughness promote osteoblastic differentiation and
foster a specific cellular environment that favors bone formation
whereas PEEK favors fibrous tissue formation.
Methods. Human mesenchymal stem cells were cultured on tissue
culture polystyrene, PEEK, smooth TiAlV, or macro-/micro-/nanotextured rough TiAlV (mmnTiAlV) disks. Osteoblastic differentiation
and secreted inflammatory interleukins were assessed after 7 days.
Fold changes in mRNAs for inflammation, necrosis, DNA damage,
or apoptosis with respect to tissue culture polystyrene were
measured by low-density polymerase chain reaction array. Data
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were analyzed by analysis of variance, followed by Bonferroni’s
correction of Student’s t-test.
Results. Cells on PEEK upregulated mRNAs for chemokine
ligand-2, interleukin (IL) 1β, IL6, IL8, and tumor necrosis factor.
Cells grown on the mmnTiAlV had an 8-fold reduction in mRNAs for
toll-like receptor-4. Cells grown on mmnTiAlV had reduced levels of
proinflammatory interleukins. Cells on PEEK had higher mRNAs for
factors strongly associated with cell death/apoptosis, whereas cells
on mmnTiAlV exhibited reduced cytokine factor levels. All results
were significant (P < 0.05).
Conclusion. These results suggest that fibrous tissue around
PEEK implants may be due to several factors: reduced osteoblastic
differentiation of progenitor cells and production of an inflammatory
environment that favors cell death via apoptosis and necrosis. Ti alloy
surfaces with complex macro/micro/nanoscale roughness promote
osteoblastic differentiation and foster a specific cellular environment
that favors bone formation.
Key words: mesenchymal stem cells, PEEK, Ti6Al4V, interbody
spine cage, inflammatory mediators, implant surface, osteogenesis,
fibrosis, mRNA array.
Level of Evidence: N/A
Spine 2015;40:399–404

M

aterials such as titanium-aluminum-vanadium alloy
(Ti-6Al-4V, TiAlV) and poly-ether-ether-ketone
(PEEK) are commonly used in spinal interbody
fusion surgical procedures. These 2 materials, while used for
similar clinical applications, have substantially different surface characteristics, especially on a micron scale. Poly-etherether-ketone is popular because its modulus of 3 to 4 GPa1,2 is
close to that of native cortical bone, 14 to 18 GPa. In addition,
PEEK is radiolucent, allowing surgeons to examine whether
bone fills the intervertebral space. However, it is often encapsulated by fibrous tissue. The lack of bone integration can
ultimately result in implant subsidence and nonunion.
Ti alloys have higher elastic moduli than bone but have
yielded successful results clinically.3,4 Studies in animal models
show greater bone apposition to Ti and Ti alloy surfaces, particularly when the surfaces have a rough microtopography.5–7
www.spinejournal.com
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In vitro studies indicate that microtextured Ti and Ti alloy
surfaces promote osteoblast differentiation and production of
factors that favor bone formation in vivo, whereas PEEK does
not.8–10
After a material is implanted into the body, the immune
system initiates an immune response sequence.11 The inflammatory response to the biomaterial is mediated in large part
by the local inflammatory microenvironment, which results in
a cascade triggering migration of other cells to the vicinity. A
high level of inflammation creates a longer resolution period.
Fibroblasts initially produce extracellular matrix in an effort
to support the damaged tissue; however, extended activation
of macrophages and other immune cells leads to reduction
in matrix remodeling and the fibrotic scar tissue that was
formed in the support stage of wound healing, which remains.
The persistence of fibrosis around PEEK implants in contrast to peri-implant bone formation around Ti alloy suggests
that PEEK may stimulate formation of microenvironment
consisting of specific inflammatory cytokines that enhance
fibrous tissue formation, whereas micron-scale–roughened
Ti alloy surfaces reduce production of these factors. To test
this hypothesis, we cultured human mesenchymal stem cells
(MSCs) on disks consisting of machined PEEK, machined
Ti6Al4V, and microtextured Ti6Al4V, and examined their
production of factors associated with inflammation, apoptosis, and necrosis.

MATERIALS AND METHODS
Material Fabrication
Fifteen-millimeter diameter disks of PEEK, smooth TiAlV
(sTiAlV), and macro-/micro-/nano-rough (mmnTiAlV) were
provided by Titan Spine (Mequon, WI). Processing of these
disks resulted in varying surface topographies with average
roughness (Sa) for sTiAlV of 0.27 ± 0.01 μm or 2.74 ± 0.18
μm for mmnTiAlV. PEEK substrates were machined, resulting in a Sa of 0.43 ± 0.07 μm. Surface topography was visualized using scanning electron microscopy (SEM, Ultra 60 FEGSEM; Carl Zeiss SMT Ltd., Cambridge, United Kingdom)
recorded using a 5 kV accelerating voltage and 30-μm aperture. All disks were ultrasonically cleaned in ultrapure water
(Millipore, Billerica, MA) and autoclave sterilized (Tuttnauer,
Hauppauge, NY) before use in cell culture studies.9

Cell Culture
Human MSCs (Lonza Biosciences, Walkersville, MD) were
seeded on PEEK, sTiAlV, or mmnTiAlV at an initial density of 10,000 cells/cm2 and cultured in MSC growth media
(MSCGM, Lonza Biosciences) at 5% CO2 and 100% humidity. Cells cultured on tissue culture polystyrene (TCPS) served
as an internal control.

Osteoblast Phenotype
When cells reached confluence on TCPS, the media were
changed and cells were incubated for 24 hours. Cells were
lysed in 0.05% Triton X-100 and homogenized using a sonic
dismembrator. Alkaline phosphatase activity, an early marker
400
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of osteoblast differentiation that reaches a peak just before
matrix mineralization, was assayed in lysates by measuring
the release of p-nitrophenol from p-nitrophenyl phosphate
at pH 10.2. Activity was normalized to total protein content
(Thermo Fisher Pierce BCA Protein Assay, Rockford, IL) of
the cell lysates. Secreted osteocalcin, a later marker of osteoblast differentiation important in modulating hydroxyapatite crystallization, was measured using a radioimmunoassay
(Biomedical Technologies, Stoughton, MA) and normalized
to DNA content (Quant-iT Assay Kit, Life Technologies,
Carlsbad, CA) in the cell lysate.

Interleukin Protein Production
Cells were cultured as described previously and at confluence on TCPS, cells on all surfaces were incubated with fresh
medium for 24 hours. Levels of secreted cytokines IL1β, IL6,
IL8, and IL10 were assayed in the conditioned medium (R&D
Systems DuoSet ELISA, Minneapolis, MN) and normalized
to DNA in the cell lysate.

Polymerase Chain Reaction Array
Cells were cultured on TCPS, PEEK, sTiAlV, or mmnTiAlV
substrates. Cells were incubated with fresh medium for 12
hours after reaching confluence on TCPS. RNA was harvested
using a TRIzol (Life Technology) extraction method following manufacturer’s protocol and was quantified (NanoDrop
1000, Thermo Scientific, Waltham, MA). RNA (500 ng) was
amplified by reverse transcription (RT2 First Strand Kit, Qiagen, Valencia, CA). mRNA was measured for 39 genes using
PathwayFinder RT2 Profiler PCR Array (polymerase chain
reaction array; Qiagen) and fold change to TCPS was normalized to 3 housekeeping genes in the array using the Webbased PCR Array Data Analysis Software (Qiagen).

Statistical Analysis

PCR array experiments were performed on n = 3 samples
per variable. Statistical differences were determined using
Qiagen software, and changes greater than 2-fold was considered significant. All other experiments involved 6 independent cultures for each variable. Data from each experiment were analyzed separately by analysis of variance and
significant differences between groups were determined using
Bonferroni’s modification of Student t-test in GraphPad Prism
Version 5.04. P value of less than 0.05 was considered to be
significant.

RESULTS
SEM imaging qualitatively demonstrated differences in surface structures. PEEK disks had relatively smooth surfaces
and had only minor parallel grooves because of processing
(Figure 1). Likewise, sTiAlV surfaces were mostly smooth,
with superficial grooves from machining (Figure 1). Rough
mmnTiAlV surfaces featured large pits and craters with superimposed micron- and submicron-scale features (Figure 1).
DNA content was significantly lower in cultures on PEEK
and mmnTiAlV, but not different on sTiAlV, in comparison with TCPS (Figure 2A). Alkaline phosphatase activity
March 2015
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Figure 1. Scanning electron microscopy images of PEEK (left panel), sTiAlV (middle panel), and mmnTiAlV (right panel) surfaces obtained at 1k×
magnification. PEEK indicates poly-ether-ether-ketone; sTiAlV, smooth titanium alloy; mmnTiAlV, micro-textured rough titanium alloy.

was the same in MSCs cultured on TCPS or PEEK (Figure
2B) and was significantly higher on TiAlV surfaces in comparison with both TCPS and PEEK. Levels were significantly
higher on mmnTiAlV than activity on the sTiAlV surface.
Likewise, osteocalcin production was increased only on the
Ti alloy surfaces, with the effect being greater on mmnTiAlV
(Figure 2C).
Production of proinflammatory interleukins IL1β, IL6,
and IL8 by MSCs was highest on PEEK compared with all
other materials (Figure 3A–C). Conversely, production was
lowest on the mmnTiAlV surface and was even lower than
on TCPS. These were consistent observations, regardless of
the protein analyzed. Levels of anti-inflammatory IL10 were
comparable in conditioned media of cultures grown on TCPS
and the TiAlV surfaces (Figure 3D). Moreover, in cultures
grown on the Ti alloy substrates, levels of IL10 were significantly greater than on PEEK.
The PCR array (Figure 4) demonstrated that cells cultured
on mmnTiAlV exhibited the lowest levels of mRNAs for
proinflammatory proteins (Figure 4A) and for proteins associated with necrosis (Figure 4B), DNA damage (Figure 4C),
and apoptosis (Figure 4D). In contrast, fold changes in these
mRNAs on PEEK were the highest in comparison with cells
on TCPS.

DISCUSSION
Spine surgeons traditionally augment interbody fusion
implants with bone graft or bone graft substitutes of varying biologic potency. It is, therefore, challenging to discern
meaningful differences between Ti alloy and PEEK implant
materials in a clinical study. An in vitro model can identify
cellular response differences between materials without use of
additives in the medium to promote osteogenesis.

Previous in vitro studies showed that osteoblast differentiation of human MSCs12 and osteoblasts13 is influenced
by implant surface properties. When MSCs are cultured on
PEEK, cells fail to exhibit known markers of bone formation
such as increased alkaline phosphatase activity or osteocalcin production compared with cells cultured on TCPS. In
contrast, MSCs cultured on rough Ti and Ti alloy do exhibit
increased levels of these markers as well as production of proteins that favor osteoblast differentiation (BMP-2, BMP-4,
VEGF), even in the absence of media supplements used to
stimulate expression of an osteoblast phenotype.12 These in
vitro studies are supported by in vivo results examining periimplant bone formation in sheep spine, where Ti alloy pedicle screws with micron scale and submicron scale roughness
exhibited 2-fold increases in pullout strength.14
Histologically, Ti alloy implants demonstrate close apposition with surrounding bone; however, implants fabricated
from PEEK develop a fibrous connective tissue interface.1,14,15
Differences in the chemical and physical properties of an
implant surface can directly affect immune cell response.
Studies examining dendritic cell maturation show that it is
sensitive to both chemistry and shape of a biomaterial,16–18
including surface microstructure.19 When immature dendritic
cells were cultured on microtextured Ti surfaces compared
with smooth surface Ti surfaces, the expression of a mature
dendritic cell phenotype was reduced.
Our results suggest that differences in biological response
to Ti alloy and PEEK may be due to differences in the inflammatory microenvironment generated by cells on the implant
surface. Increase of proinflammatory cytokines, specifically
high levels of IL1β, is associated with fibrous tissue formation,20 and IL1β, IL6, and IL8 are increased in chronic inflammation. We observed the lowest levels of these inflammatory

Figure 2. DNA content (A), alkaline phosphatase–specific activity (B), and osteocalcin production (C) in mesenchymal stem cells cultured on
TCPS, PEEK, sTiAlV, or mmnTiAlV. *P < 0.05 versus TCPS; †P < 0.05 versus PEEK; ‡P < 0.05 versus sTiAlV. TCPS indicates tissue culture polystyrene; PEEK, poly-ether-ether-ketone; sTiAlV, smooth titanium-aluminum-vanadium alloy; mmnTiAlV, macro-/micro-/nano-textured rough TiAlV.
Spine

SPINE141200_LR 401

www.spinejournal.com

401

16/02/15 1:13 PM

EPIDEMIOLOGY

Implant Materials Generate Different Peri-implant Inflammatory Factors • Olivares-Navarrete et al

Figure 3. Levels of IL1β (A), IL6 (B), IL8 (C), and IL10 (D) in the conditioned media of mesenchymal stem cells cultured on TCPS, PEEK, sTiAlV, or
mmnTiAlV. *P < 0.05 versus TCPS; †P < 0.05 versus PEEK; ‡P < 0.05 versus sTiAlV. TCPS indicates tissue culture polystyrene; PEEK, poly-etherether-ketone; sTiAlV, smooth titanium-aluminum-vanadium alloy; mmnTiAlV, macro-/micro-/nano-textured rough TiAlV.

factors in MSC cultures grown on mmnTiAlV. In contrast,
the cultures grown on PEEK resulted in the highest levels, suggesting a profibrosis, inflammatory response.
The opposite was true with respect to the anti-inflammatory factor IL10. Reduced levels of this mediator favor a proinflammatory state, and PEEK was associated with reduced
levels of IL10 compared with Ti. Taken together, our results
showed that mmnTiAlV reduced the local inflammatory environment, decreasing the proinflammatory cytokines but also
increasing the levels of the anti-inflammatory cytokine IL10.
Particularly interesting was the observation that expression of factors associated with DNA damage and necrosis was
upregulated on PEEK but either unchanged or reduced on Ti
alloy. Similarly, PEEK consistently upregulated factors for
apoptosis whereas the mmnTiAlV reduced these factors more
than smooth Ti. Our results suggest that cells grown on PEEK
are exposed to cellular stress and increase expression of genes
that lead to DNA damage, apoptosis, and necrosis. All results
together demonstrate that cells grown on PEEK produce a
proinflammatory environment, but it is not clear whether
PEEK can induce apoptosis and necrosis by direct contact or
as a result of the high proinflammatory environment.
The question remains as to whether our findings were due
to PEEK’s chemistry or to its surface structure. PEEK surface
topography varies with processing, and rougher PEEK surfaces
do support greater osteoblast differentiation of human osteoblasts than smooth surfaced PEEK.21 Recent studies have shown
that bone formation is improved around PEEK implants that
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have been blasted using biphasic calcium phosphate22; however,
residual mineral may contribute to the outcome. PEEK that has
been treated by oxygen plasma exhibits improved osseointegration,23 supporting the hypothesis that surface topography is an
important variable. In vitro studies also indicate that adiposederived stem cells exhibit improved osteoblast differentiation
when grown on PEEK treated by oxygen plasma, but the surface modifications lead to changes in contact angle and electrochemical properties in addition to altered nanostructure.24
Another modification of the PEEK surface has been generated
using a porogen filler, polymer extrusion, and removal of the
filler.25 Bone marrow stromal cells cultured on these surfaces
exhibit osteoblast differentiation, but the contribution of surface chemistry is not known. Well-controlled experiments in
which porosity on the PEEK surface is produced using various
chemical methods show that small differences in resulting surface properties can alter osteoblast growth and differentiation
as well as osseointegration.26 Although these studies demonstrate the value of surface roughness in osteogenic effects of
PEEK materials, few reports have directly compared responses
to PEEK with responses to Ti6Al4V. Even those studies that
have examined responses to PEEK and Ti6Al4V have not
assessed effects on immune modulation.
Our study did not address the contribution of substrate
stiffness to the outcomes measured. PEEK and Ti6Al4V have
different moduli, both of which differ from that of the bone
surface. Stiffness of a substrate does influence MSC differentiation, but it is very difficult to separate effects of stiffness
March 2015
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Figure 4. Analysis of inflammatory (A), necrotic (B), DNA damage (C), and apoptotic (D) factors by real-time qPCR array of mesenchymal stem
cells cultured on PEEK, sTiAlV, or mmnTiAlV surfaces. Data are presented as fold change to TCPS (2-fold change indicated by solid horizontal
line). TCPS, tissue culture polystyrene; PEEK, poly-ether-ether-ketone; sTiAlV, smooth titanium-aluminum-vanadium alloy; mmnTiAlV, macro-/
micro-/nano-textured rough TiAlV.

from those of chemistry. We have attempted to investigate
this very question using photopolymerized networks.27 Our
results indicated that chemistry was the primary regulator
of osteoblast differentiation, and the effect of stiffness was
secondary to the effect of surface chemistry. Although the
greatest degree of osteoblast differentiation was on the stiffest
polymers in 1 copolymer system, when grown on a different
copolymer system, cells became more differentiated on the
less stiff surface. When cells were grown on substrates with
identical stiffness and surface topography but differing chemistry, chemistry proved to be a critical variable.28,29 Thus, even
if PEEK and Ti6Al4V could be fabricated to have comparable
stiffness and surface microstructure, differences in biological
response would be likely.
In conclusion, this study found that MSCs are compatible with the mmnTiAlV surface, and when cultured on it,
reduce production of inflammatory mediators and enhance
production of anti-inflammatory mediators compared with
PEEK. Although we did not address fibrosis specifically, our
results suggest that the fibrous tissue interface seen with PEEK
implants may be due to increased inflammatory cytokines
and decreased cell viability. In addition, the macro-/micro-/
nano-scale–roughened Ti alloy surface is more effective than
Spine
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smooth Ti alloy in promoting an osteogenic environment
with low inflammation and robust cell viability.

➢ Key Points
 MSCs diﬀerentiate into osteoblasts on micro-/
nano-textured Ti alloy surfaces but not on PEEK
surfaces.
 MSCs produce anti-inflammatory factors on
micro-/nano-textured Ti alloy surfaces but not on
PEEK surfaces.
 Factors produced by MSCs on PEEK surfaces may
favor fibrosis whereas factors produced on Ti alloy surfaces favor osteogenesis.
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INTRODUCTION
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An aging population has increased demand for orthopaedic implants to restore function.
Lumbar and cervical interbody fusion surgery is a commonly used procedure for many types
of spine pathology. Advantages to fusing the disc space anteriorly include the fact that the
graft has compression loads applied to it (Wolff’s Law), it has excellent vascularity, and it
can hold large quantities of bone graft. Another advantage is that there is ready access to
mesenchymal stem cells and osteoprogenitor cells, which help in the healing and
osseointegration of the implant. While many factors contribute to the success of a spinal
fusion procedure, including surgical technique, biologics or bone grafting materials, and the
mechanical and structural properties of an interbody device, contributions of the implant
material to inter-vertebral bone formation are not well known.
Currently, there are multiple material choices for an interbody implant. Of these, two of the
most popular synthetic implant materials are titanium (typically titanium-aluminumvanadium alloy [Ti6Al4V]) and poly-ether-ether-ketone (PEEK) (1–3). In addition to acting
as a spacer between vertebrae, interbody implants provide surfaces that may have impacts
on peri-implant bone formation. Studies examining bone formation adjacent to dental and
total joint implant surfaces indicate that lack of bone apposition may lead to implant
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micromotion and loosening with clinical failure (6, 7). Whereas implants fabricated from
Ti6Al4V result in good bone-to-implant contact and are osseointegrated into the surrounding
bone (8–10), PEEK does not integrate well with the surrounding bone, and instead may form
a fibrous connective interface (3–5).
Development of a fusion mass is required for spine fusion and one role of an interbody
device is to support osteogenesis across the interbody space. Bone graft materials and
biologics facilitate this process by providing a surface and bioactive factors that promote
migration of osteoblast progenitor cells and osteoblast differentiation. Macroscale
properties, such as implant geometry are important with respect to vascular ingrowth but
implant topography at the microscale is important for osteoblastic differentiation, osteoid
synthesis and mineralization. In vivo success of titanium alloy implants may be due in part
to a stimulatory effect of the device surface on osteoblastic differentiation. In vitro studies
show that this effect is greater in osteoblasts cultured on titanium alloy with a micron-scale
rough surface texture in comparison to smooth or machined titanium alloy (11, 12). In vivo
observations support these in vitro results. Grit-blasted titanium alloy pedicle screws showed
a 100% increase in pull-out force in sheep spines when compared with smooth screws (12).
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Surface texture is also an important factor in normal bone formation. During healing and
remodeling of bone, osteoblasts mature and mineralize their extracellular matrix in areas of
the bone that have been pre-conditioned by osteoclasts. The action of the osteoclasts creates
micron- and submicron-scale roughness (13). Most importantly, cells on rough surfaces
produce increased levels of factors that increase osteogenesis in comparison to cells on
smooth surfaces; these factors include transforming growth factor beta-1 (TGF-β1) and bone
morphogenetic proteins (BMPs) (14, 15). This suggests that surface texture is an important
factor in bone formation.
Bone formation is a result of several processes that work in concert to achieve net new bone.
Osteoclast number and/or activity need to decrease in order to achieve less bone remodeling
than new bone formation. When osteoblasts grow on microtextured titanium surfaces, they
increase production of local factors that reduce osteoclastic bone remodeling in comparison
with osteoblasts grown on smooth surfaces (16). These factors include osteoprotegerin
(OPG), a decoy receptor for receptor activator for nuclear factor κB (RANK) ligand, which
modulates osteoclast activity. It is not known if either titanium alloy or PEEK elicits a
similar outcome.
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Angiogenesis, new blood vessel formation stemming from existing vasculature, is important
in bone formation, fracture healing, bone regeneration, and osseointegration (17–19).
Angiogenic factors must create the vascularity needed to support bone creation.
Angiogenesis is promoted by several growth factors including vascular endothelial growth
factor-A (VEGF-A), fibroblast growth factor-2 (FGF-2), and angiopoietin-1 (Ang-1) (20–
22). Studies examining the role of surface micro-architecture on osteoblast production of
these factors showed that cells cultured on rough micro-textured titanium substrates produce
higher levels of VEGF-A and FGF-2 (23). The results of these studies demonstrate that
chemistry and microtexture of surfaces affect cell response, bringing into question how
biomaterials used in interbody fusion, PEEK and titanium alloy, differ.
Osteoblasts interact with proteins adsorbed on implant surfaces through integrins,
heterodimeric transmembrane receptors that bind specific extracellular matrix components.
As cells adopt a more differentiated phenotype, complex interactions between cells and
extracellular matrix occur, strengthening cell adhesion and possibly leading to improved
biomaterial osseointegration (24, 25). While less differentiated osteoblasts express the
integrin pair α5β1, the more differentiated cells on titanium and titanium alloy express α2β1,
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which recognizes collagen (26–28). Several studies show that levels of integrin subunits α2
and β1 increase on rough titanium surfaces compared to smooth titanium and are required
for enhanced osteoblast maturation on these surfaces (26–28). It is not known if osteoblasts
on PEEK behave in a similar manner.
The aim of this study was to compare osteogenic and angiogenic factor production by
human osteoblast-like cells cultured on smooth or microtextured (rough) titanium alloy
substrates with cells cultured on PEEK, factors that regulate the cells via autocrine and
paracrine pathways and contribute to peri-implant bone formation (16, 29, 30), and correlate
these results to expression of specific integrin extracellular matrix receptors. To determine
this, we assessed whether cells on these surfaces presented a mature osteoblast phenotype
and whether secretion of local factors and angiogenic factors were affected by the chemistry
and topography of the substrate. In addition, we investigated the types of integrins expressed
by the cells as a first step in understanding why osteoblasts respond differentially to these
two materials used in interbody fusions.

METHODS
Disk Preparation
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Surgical grade titanium alloy (Ti6Al4V) and poly-ether-ether-ketone (PEEK) disks were
provided by Titan Spine, LLC (Mequon, WI). Titanium alloy disks (15mm diameter) were
machined, yielding a smooth surface texture (sTiAlV). Alternatively, the machined titanium
alloy disks were etched with a proprietary process to create titanium alloy disks with a rough
microtexture (rTiAlV). PEEK substrates were machined. All disks were ultrasonically
cleaned, sonicated in ultrapure water (Millipore, Billerica, MA), and sterilized by autoclave
(Tuttnauer, Hauppauge, NY) for 20 minutes at 121°C and 15 PSI b efore use in cell culture
studies.
Disk Characterization
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Scanning electron microscopy (SEM) and laser confocal microscopy (LCM) were used to
characterize the surface topographies of the titanium alloy and PEEK disks. In addition, the
chemistry of the surface was determined using energy dispersive X-ray spectroscopy (EDX)
and sessile-drop contact angle. The detailed description of the methods used and the results
have been published previously (31). Briefly, the PEEK disks had a machined surface finish
with parallel grooves due to processing and no other distinctive features; sTiAlV disks also
had a machined surface finish with shallower grooves than were seen on PEEK surfaces;
and rTiAlV disks were characterized by 100–300 μm craters with superimposed micronscale features. The roughness of each surface was determined by LCM [Sa = 0.09 ± 0.01 μm
for sTiAlV; Sa = 0.43 ± 0.07 μm for PEEK; and Sa = 1.81 ± 0.51 μm for rTiAlV]. EDX
measurements confirmed that PEEK and the titanium alloy substrates had different
chemistries. As expected, PEEK samples were composed of C and O. Both sTiAlV and
rTiAlV were composed of Ti, Al, and V with no significant compositional differences
between the two. Surface wettability assessed by contact angle measurements showed that
all three substrates presented similar contact angles.
Cell Culture
Human MG63 cells (American Type Culture Collection, Manassas, VA) were used as a
model for these studies. They have been well studied in cell response to titanium (32) and
results correlate well with results obtained from in vitro studies using normal human
osteoblasts, fetal and adult rat calvarial osteoblasts, and neonatal mouse calvarial osteoblasts
(33–37) as well as with in vivo osseointegration of dental and orthopaedic implants (11, 12,
25). Cells were cultured at an initial density of 10,000 cells/cm2 on tissue culture
Spine J. Author manuscript; available in PMC 2014 November 01.
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polystyrene (TCPS, the surface of the cell culture plate wells), PEEK, sTiAlV, and rTiAlV.
Medium (Dulbecco’s modification of Eagle’s medium [cellgro®, MediaTech, Manassas,
VA] containing 10% fetal bovine serum [Hyclone, Thermo Scientific, Pittsburg, PA], and
1% penicillin-streptomycin [Gibco, Invitrogen, Carlsbad, CA]) was changed 24 hours after
plating and then every 48 hours thereafter. When cultures reached confluence on TCPS, the
cells on all surfaces were treated for an additional 24 hours with fresh medium. To ensure
that cells were removed completely from the surfaces, the cells were released with two
sequential 10-minute incubations in 0.25% trypsin-EDTA (Invitrogen) at 37°C and counted
(Z2 Counter, Beckm an Coulter, Fullerton, CA).
The cell culture model was validated by assessing cell number, alkaline phosphatase specific
activity of isolated cells and levels of osteocalcin in the conditioned medium as reported
previously (31). Briefly, in comparison to growth on TCPS, cell number was reduced on the
test substrates (TCPS>PEEK>sTiAlV>rTiAlV). Alkaline phosphatase specific activity was
increased on the titanium alloy surfaces compared to TCPS and PEEK
(TCPS=PEEK<sTiAlV<rTiAlV). Similarly, osteocalcin was elevated on the titanium alloy
substrates in comparison to TCPS and PEEK, but there was no additional effect of
roughness (TCPS=PEEK<sTiAlV, rTiAlV).
Analysis of Secreted Factors
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Conditioned media were collected and assayed for secreted proteins and factors as described
previously (33). OPG, VEGF-A, FGF-2, and Ang-1 were assayed using commercially
available enzyme-linked immunosorbent assays (R&D Systems, Minneapolis, MN)
following manufacturer’s instructions. Active TGF-β1 was measured prior to acidification of
the conditioned media using a commercially available ELISA (R&D Systems). Total TGFβ1 was measured after acidifying the media and latent TGF-β1 was defined as total TGF-β1
minus active TGF-β1. Results of immunoassays were normalized to total cell number.
Integrin Expression
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Changes in integrin mRNA expression were measured using real-time PCR. When MG63
cells reached confluence on TCPS, all cultures were incubated for an additional 12 hours
with fresh medium. RNA was isolated using TRIzol® (Invitrogen) and quantified using a
Nanodrop spectrophotometer (Thermo Scientific, Waltham, MA). 250 ng of RNA was
reverse transcribed to cDNA templates using High Capacity Reverse Transcription cDNA
kit (Applied Biosystems, Carlsbad, CA). Gene specific primers and Power Sybr® Green
Master Mix (Applied Biosystems) were used to quantify mRNA expression using the
StepOnePlus Real-time PCR System (Applied Biosystems). Starting mRNA quantities were
quantified using a standard curve of mRNA created from known dilutions of MG63 cells
cultured on TCPS and related to threshold cycle values. Genes are presented as normalized
to glyceraldehyde 3-phosphate dehydrogenase (GAPDH, F:5′GCTCTCCAGAACATCATCC-3′; R:5′-TGCTTCACCACCTTCTTG-3′). Primers for
integrin α1 (ITGA1, F:5′-CACTCGTAAATGCCAAGAAAAG-3′; R:5′TAGAACCCAACACAAAGATGC-3′); integrin α2 (ITGA2, F:5′ACTGTTCAAGGAGGAGAC-3′; R:5′-GGTCAAAGGCTTGTTTAGG-3′); integrin α5
(ITGA5, F:5′-ATCTGTGTGCCTGACCTG-3′; R:5′-AAGTTCCCTGGGTGTCTG-3′);
integrin αv (ITGAV, F:5′-GTTGCTACTGGCTGTTTTGG-3′; R:5′CTGCTCCCTTTCTTGTTCTTC-3′); integrin β1 (ITGB1, F:5′ATTACTCAGATCCAACCAC-3′; R:5′-TCCTCCTCATTTCATTCATC-3′); and integrin
β3 (ITGB3, F:5′-AATGCCACCTGCCTCAAC-3′; R:5′-GCTCACCGTGTCTCCAATC-3′)
were designed using Beacon Designer™ (Premier Biosoft, Palo Alto, CA) and synthesized
by Eurofins MWG Operon (Huntsville, AL).
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For each experiment, there were six independent cultures per type of surface. Experiments
were repeated to ensure validity of the results. Data presented are from one representative
experiment. Data were analyzed by ANOVA; when statistical differences were detected,
Student’s t-test was used with post hoc correction for multiple comparisons using Tukey’s
method. P<0.05 was considered significant.

RESULTS
Effects on Factors Modulating Osteoclast Activity
OPG production was sensitive to surface properties. Levels were increased in cultures grown
on PEEK and smooth titanium alloy (sTiAlV) compared to TCPS (p<0.05). However, when
cells were grown on rough titanium alloy (rTiAlV), production increased by 100% in
comparison to TCPS and PEEK and by 30% in comparison to sTiAlV (Fig. 1A, p<0.05).
Active TGF-β1 was more than 100% higher on titanium alloy surfaces compared to either
TCPS or PEEK (Fig. 1B, p<0.05). Latent TGF-β1 was higher on sTiAlV than PEEK and
further increased in cells on rTiAlV (Fig. 1C, p<0.05).
Angiogenic Factor Production
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All experimental surfaces supported higher levels of VEGF than cells cultured on TCPS
(Fig. 2A). However, cells on sTiAlV produced higher levels of VEGF than cells on PEEK,
and rTiAlV enhanced this effect (p<0.05). Culture on TCPS and PEEK produced similar
levels of FGF-2, but levels were 75% higher on sTiAlV and 100% higher on rTiAlV than on
PEEK (Fig. 2B, p<0.05). Levels of Ang-1 decreased on PEEK in comparison to TCPS, but
culture on titanium alloy, both smooth and rough, increased Ang-1 50% over cells on TCPS
(Fig. 2C, p<0.05). The results show that cells cultured on titanium alloy produce higher
levels of angiogenic factors than cells on PEEK, but the effect on VEGF and FGF-2 was
enhanced on rough titanium alloy substrates.
Integrin Expression
Culture on sTiAlV and rTiAlV substrates stimulated higher expression of ITGA1 mRNA
(Table 1), ITGA2 (Fig. 3B), ITGAV (Table 1), and ITGB1 (Fig. 3D) than on TCPS or
PEEK (p<0.05). Moreover, ITGA2 expression was greater on rTiAlV than on sTiAlV (Fig.
3B, p<0.05). Expression of ITGA5 was higher on PEEK than on TCPS, reduced on titanium
alloy surfaces in comparison to TCPS, and further reduced on rTiAlV was further reduced in
comparison to sTiAlV (Table 1, p<0.05). Expression of ITGB3 was lower on PEEK than on
TCPS, sTiAlV, or rTiAlV (Table 1, p<0.05).
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DISCUSSION
Studies using both commercially pure titanium and titanium alloys (i.e., Ti6Al4V) have
demonstrated in vitro that increased surface roughness enhances osteoblast maturation and
production of local factors associated with osteogenesis and in vivo that the same
topographies increase bone-to-implant contact and torque removal forces (12, 23, 38). We
previously showed that osteoblasts on rough titanium substrates produce angiogenic factors
(23). The present study indicates that osteoblasts also produced significantly higher VEGFA and FGF-2 levels on smooth and roughened titanium alloy than on PEEK, an effect
significantly more robust on rough titanium alloy. These results suggest that peri-implant
osteoblasts may create an environment that modulates angiogenesis around the implant and
in the adjacent tissue, indicating that the chemistry of the implant plays an important role in
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determining the nature of the angiogenic milieu. Interestingly, cells grown on PEEK
surfaces did not stimulate production of angiogenic factors.

NIH-PA Author Manuscript

The importance of angiogenesis in bone homeostasis is well appreciated. Vasculature is
required for delivery of nutrients and removal of wastes, and provides a source of
multipotent cells for tissue regeneration and remodeling (39). The factors measured in this
study play distinct but cooperative roles in the process. VEGF-A is produced by diverse
cells, including osteoblasts, and is one of the most important initiators of the signaling
cascade during neovascularization in endothelial cells (40). FGF-2, a soluble factor with
autocrine and paracrine functions, induces proliferation and migration of endothelial cells
and is considered a key factor in angiogenesis (41). Ang-1 is known to control late stages of
blood vessel formation, such as stabilization of the endothelial sprout and endothelial
interaction with pericytes (42). Our results suggest that failure of osseointegration observed
with PEEK implants is associated with reduced ability of cells on the implant surface to
generate an environment rich in these factors.
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Our results suggest that angiogenic factor production is associated with osteoblast
maturation state. As we have noted previously, MG63 cells exhibit a more differentiated
phenotype on rough titanium alloy, characterized by reduced cell number and increased
osteocalcin production (31). This suggests that osteoblast differentiation is sensitive to
general micron-scale elements. PEEK surfaces differ both chemically and physically from
titanium alloy, so it is difficult to ascribe a specific parameter or feature of the surface to the
lack of an angiogenic response. Cellular responses studies of PEEK have been limited to cell
attachment and proliferation, but we previously showed that MG63 cells and normal human
osteoblasts on PEEK do not exhibit increased alkaline phosphatase or osteocalcin production
typical of differentiated osteoblast (31). Moreover, studies have attempted to modify PEEK
using coatings of hydroxyapatite (43), titanium (44), or diamond-like carbon (45) to improve
cellular response, supporting our findings that PEEK does not induce an osteogenic
response.
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In this experimental in vitro study, MG63 cells grown on roughened titanium alloy increased
levels of active and latent TGF-β1 and OPG in their media, both of which are associated
with bone formation. Osteoblasts produce TGF-β1 in latent form and store it in the
extracellular matrix. In its active form, TGF-β1 stimulates osteoblast differentiation and
matrix synthesis (46) while inhibiting osteoclast activity (47). OPG is produced by
osteoblasts as a decoy receptor for receptor activator of nuclear factor κB (RANK) ligand,
thereby reducing osteoblast-dependent osteoclast activation (48). Together these factors
result in net new bone formation. This microenvironment may enhance bone formation
while regulating bone remodeling in areas adjacent to the implant.
We previously showed that osteoblast differentiation and production of VEGF-A and FGF-2
on microtextured titanium are mediated by α2β1 integrin signaling (23). Here we show that
mRNAs for integrins α1, α2, αv, and β1 were upregulated in cells grown on titanium alloy
surfaces. Interestingly, ITGA2 and ITGB1 expression was higher on roughened titanium
alloy surfaces than smooth surfaces, as was noted in cells grown on titanium (26). MG63
cells were grown on PEEK express similar integrin subunits as seen on TCPS, specifically
α5, which is associated with cell attachment and proliferation but not with differentiation
(27). These results may explain why PEEK failed to induce osteoblast maturation or yield an
osteogenic environment.
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This experimental study demonstrates that roughened titanium alloy stimulates an
angiogenic and osteogenic environment with factors important in bone formation and
remodeling. This osteogenic environment may enhance bone formation, implant stability,
and fusion. Clinically, these findings point to the possibility that surface texture and material
composition of spinal interbody implants can be manipulated to maximize the endogenous
production of bone growth and angiogenic factors.
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Figure 1.

Secreted osteoprotegerin (A), active TGF-β1 (B), and latent TGF-β1 (C) were measured in
the conditioned media of cells cultured on TCPS, PEEK, smooth titanium alloy (sTiAlV), or
rough titanium alloy (rTiAlV). Levels were normalized to total cell number. *p<0.05, versus
TCPS; #p<0.05, versus PEEK; $p<0.05, versus sTiAlV. TCPS, tissue culture polystyrene;
PEEK, poly-ether-ether-ketone; sTiAlV, smooth Ti6Al4V; rTiAlV, roughened Ti6Al4V.
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Figure 2.

Secreted VEGF-A (A), FGF-2 (B), and angiopoietin-1 (ANG1, C) were measured in the
conditioned media of cells cultured on TCPS, PEEK, smooth titanium alloy (sTiAlV), or
rough titanium alloy (rTiAlV). Levels were normalized to total cell number. *p<0.05, versus
TCPS; #p<0.05, versus PEEK; $p<0.05, versus sTiAlV. TCPS, tissue culture polystyrene;
PEEK, poly-ether-ether-ketone; sTiAlV, smooth Ti6Al4V; rTiAlV, roughened Ti6Al4V.
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Figure 3.

Expression of messenger RNA for ITGA2 (A) and ITGB1 (B) were measured by real-time
qPCR of cells cultured on TCPS, PEEK, smooth titanium alloy (sTiAlV), or rough titanium
alloy (rTiAlV). Expression is normalized to GAPDH. *p<0.05, versus TCPS; #p<0.05,
versus PEEK; $p<0.05, versus sTiAlV. TCPS, tissue culture polystyrene; BMP, bone
morphogenetic protein; qPCR, quantitative polymerase chain reaction; GAPDH,
glyceraldehyde 3-phosphate dehydrogenase; PEEK, poly-ether-ether-ketone; sTiAlV,
smooth Ti6Al4V; rTiAlV, roughened Ti6Al4V.
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Expression of mRNA for ITGA1, ITGA5, ITGAV, and ITGB3. Human MG63 osteoblast-like cells were
harvested 12 hours after confluence on TCPS. Expression of mRNA for ITGA1, ITGA5, ITGAV, and ITGB3
were measured by real-time quantitative PCR of cells cultured on TCPS, PEEK, smooth titanium alloy
(sTiAlV), or rough titanium alloy (rTiAlV). Expression is normalized to GAPDH.
Gene Expression (Mean ± SEM)
Surface
ITGA1

ITGA5

ITGAV

ITGB3

TCPS

0.935±0.057

1.403±0.026

1.008±0.030

1.211±0.040

PEEK

0.875±0.128

1.686±0.022*

0.829±0.020

0.862±0.102*

sTiAlV

1.407±0.114*,#

1.115±0.023*,#

1.402±0.079*,#

1.301±0.091#

rTiAlV

1.577±0.108*,#

0.892±0.023*,#,$

1.569±0.037*,#

1.161±0.059

*

p<0.05, v. TCPS;

#

p<0.05, v. PEEK;

$

p<0.05, v. sTiAlV.
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Abstract: Highly porous titanium structures are widely
used for maxillofacial and orthopedic surgery because of
their excellent mechanical properties similar to those of
human bone and their facilitation of bone ingrowth. In
contrast to common methods, the generation of porous
titanium products by selective electron beam melting
(SEBM), an additive manufacturing technology, overcomes
difﬁculties concerning the extreme chemical afﬁnity of liquid titanium to atmospheric gases which consequently
leads to strongly reduced ductility of the metal. The purpose of this study was to assess the suitability of a smooth
compact and a porous Ti-6Al-4V structure directly produced by the SEBM process as scaffolds for bone formation. SEBM-processed titanium implants were placed into
defects in the frontal skull of 15 domestic pigs. To evaluate
the direct contact between bone and implant surfaces and
to assess the ingrowth of osseous tissue into the porous
structure, microradiographs and histomorphometric analyses were performed 14, 30, and 60 days after surgery. Bone

ingrowth increased signiﬁcantly during the period of this
study. After 14 days the most outer regions of the implants
were already ﬁlled with newly formed bone tissue (around
14%). After 30 days the bone volume inside the implants
reached almost 30% and after 60 days abundant bone formation inside the implants attained 46%. During the study
only scarce bone–implant contact was found around all
implants, which did not exceed 9% around compact specimens and 6% around porous specimens after 60 days. This
work demonstrates that highly porous titanium implants
with excellent interconnectivity manufactured using the
SEBM method are suitable scaffolds for bone ingrowth.
This technique is a good candidate for orthopedic and
maxillofacial applications. Ó 2009 Wiley Periodicals, Inc.
J Biomed Mater Res 92A: 56–62, 2010

INTRODUCTION

cellular structure permits the bone to grow into the
implant leading to a better ﬁxation.6 Over the years
a variety of fabrication methods have been developed which result in porous structures, such as gas
injection into the metal melt or plasma spraying
resulting in closed-cell structures, whereas open-cell
structures can be generated, for example, by sintering metal powders/ﬁbers, the space holder method,
or rapid prototyping.4 In turn, the manufacturing of
porous titanium products is associated with some
difﬁculties, most notably the extreme chemical afﬁnity of liquid titanium to atmospheric gases such as
oxygen, hydrogen, and nitrogen, which eventually
leads to strongly reduced ductility.7 Selective electron beam melting (SEBM), a new additive manufacturing technology, shows high capability for the
fabrication of complex shaped and porous titanium
architectures with varied densities and prevents the
absorption of atmospheric gases because the processing is carried out under vacuum atmosphere, result-

Titanium and its alloys are widely used in the
areas of maxillofacial and orthopedic surgery
because of their excellent biocompatibility1,2 and
good mechanical properties.3 The ﬁxation of compact
Ti-based implants remains a problem, because the
mismatch of implant stiffness to that of autologous
bone leads to stress shielding followed by implant
loosening.4 Porous structures show promising effects
of adaptation of mechanical properties of the
implant to those of human bone.5 Additionally, a
*These authors contributed equally to this work.
Correspondence to: S. Ponader; e-mail: sabine.ponader@
uk-erlangen.de
Contract grant sponsor: DFG GZ; contract grant number:
NE 339/5-1
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ing in structures with adjustable mechanical properties.8 The structures are generated layer-by-layer by
selective melting of discrete powder layers directly
from 3D model data using an electron beam.
MATERIALS AND METHODS
Specimen preparation
Compact and porous titanium cylinders (8 mm long, 4
mm diameter) were prepared by SEBM of a commercially
available Ti-6Al-4V powder (particle size: 45–100 lm)
using EBM S12 system (Arcam AB, Mölndal, Sweden).
The basic principle for the manufacturing of compact
components and porous structures by SEBM is similar.
The generation process takes place layer-by-layer. Then, an
electron beam scans a homogeneously applied layer of
metal powder in parallel lines and creates one cross-section of the component by fusing the powder particles. Subsequently, the created layer is lowered by the thickness of
one layer (here: 100 lm), a new powder layer is applied,
and the process is repeated until the whole component has
been built. The process is performed under vacuum atmosphere (1024 to 1025 mbar). The geometrical information of
the component is derived from a computer-aided design
(CAD) model.
For compact components, the offset between the scanned
lines is smaller than the spot size of the electron beam and
the molten lines overlap. One method for producing porous
structures by SEBM is the increase of the line offset so that
the molten lines do no longer overlap. By alternating the
scanning direction of the electron beam by 908 after a certain number of layers, a three-dimensional lattice structure
is created. The architecture of the structure is determined
by the process parameters, whereas the outer shape is
deﬁned by the CAD model. More detailed information
about the manufacturing of porous titanium structures by
SEBM are given by Heinl et al.8
The lattice structure examined in the present study was
produced with an energy input per unit length of the electron beam of 0.55 J/mm, a line offset of 1.0 mm and the
scanning direction was altered with 908 every eight layers.
After the manufacturing process the compact as well as
the porous cylinders were blasted with Ti-6Al-4V powder
to remove adherent slightly sintered powder. To get a
smooth surface (Ra 5 0.08 lm) the as-produced compact
cylinders were polished with SiC paper up to 2400 grit in
the ﬁnal step. All samples were sonicated for 30 min in
EtOH (70%) and distilled water and steam sterilized at
1218C for 30 min. The appearance of the compact sample
with smooth surface (Ti-1) and the porous sample (Ti-2) is
depicted in Figure 1.

Animals and surgical procedures
With regard to bone healing and remodeling, the pig is
considered to be a suitable animal species for implant biomaterial research.9 Fifteen adult female domestic pigs (18
months old, 120 6 20 kg) were included in this study.
Housing and feeding were according to standard animal-

Figure 1. SEM micrograph of smooth compact (Ti-1) and
microrough porous (Ti-2) titanium implants, manufactured
using selective electron beam melting (SEBM).
care protocols. The study has been approved by the Animal
Research Committee for animal research of the government
of Midfrankonia, Ansbach, Germany (approval no. 542531.31-7/06). All surgical procedures were performed
under general anesthesia. Streptomycin (0.5 g/kg and day;
Grünenthal GmbH, Stolberg, Germany) was applied intramuscularly 1 h preoperatively and 2 days postoperatively.
An incision was ﬁrst made to the skin and the periosteum
of the front skull to create access to the neurocranium. The
implant sites were prepared with slow drilling and copious
irrigation using a trephine burr (4 mm diameter, 8 mm
length; Straumann, GmbH, Freiburg, Germany) and ﬁlled
with the samples. Finally the periosteum and skin over the
defects were sutured in two layers (Vicryls 3.0, Vicryls 1.0;
Ethicon GmbH & Co. KG, Norderstedt, Germany).

Removal and sample preparation
The animals were sacriﬁced 14, 30, and 60 days (ﬁve
animals at each point) postoperatively using an intramuscular injection of azaperone (1 mg/kg) and midazolam (1
mg/kg) in the neck and euthanized by an intravascular
injection of 20% pentobarbital solution until cardiac arrest
occurred. The skull caps of the sacriﬁced animals were
removed and immediately frozen at 2808C. The exact
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implants position was evaluated by X-ray unit (Faxitron
Cabinet X-ray Systems, IL) prior to further processing. The
implants and surrounding bone were separated using a
standard cutting system (Exakt Apparatebau GmbH, Norderstedt, Germany). All implants, along with the surrounding bone, were ﬁxed in 1.4% paraformaldehyde at 48C for
48 h and dehydrated in a graded alcohol series at room
temperature in a dehydration unit (Shandon Citadel 1000;
Shandon GmbH, Frankfurt, Germany). For the preparation
of thin sections, all samples were embedded in methylmethacrylate (Technovit1 9100; Heraeus Kulzer GmbH, Wehrheim, Germany) which is suitable for the cutting-grinding
technique according to Donath and Breuner.10

Microradiography and histology
To produce microradiographs, the resin-embedded sections were reduced to 120 lm using a grinding machine
(Exakt Apparatebau GmbH, Norderstedt, Germany). Subsequently, the samples were irradiated in the cabinet X-ray
system (Faxitron X-ray, IL) unit using 13 kV tube voltage
and 0.3 mA for 2.5 min. The developed radiographs
(Kodak, Stuttgart, Germany) were scanned into tiff format
(Epson Perfection 4990 Photo; Seiko Epson, Nagano, Japan).
For histomorphometric observations, all specimens were
reduced to 20–30 lm and stained with toluidine blue O.
Each sample was examined under a light microscope
(Axioskop; Zeiss, Jena, Germany) and a digital photo
was taken (Axiocam; Zeiss).
The percentage of direct contact between mineralized
bone and the implant surface (bone–implant contact, BIC)
was determined by using the image analyzing tool Bioquant Osteo software V7.10.10 (Nashville, TN, USA).
For quantifying osseous tissue ingrowth into the porous
specimens, they were classiﬁed into three regions: a most
outer one (region 1), a middle one (region 2), and an inner
one (region 3) (Fig. 2). The amount of newly formed bone
inside the defect was measured in the pores of the porous
implants by using the image analyzing tool Bioquant Osteo
software V7.10.10 and expressed as a percentage (total
pore volume equals 100%). Pristine bone (untouched during surgical procedures) around the implants was measured and used as a control value.

Statistics
Multiple measurements per individual, localization, and
day were aggregated prior to analysis. For the analyses of
all data the software program SPSS (version 15.0 for Windows) was used. Differences among groups and days were
established with t test analyses by an independent sample
comparison. Values of p  0.05 were considered to be statistically signiﬁcant and are indicated by an asterisk (*).

RESULTS
Characteristics of the porous structure
The mechanical and structural properties of the
investigated porous structure are presented in Table
Journal of Biomedical Materials Research Part A

Figure 2. Scheme of quantitative evaluation of bone
ingrowth. Samples are classiﬁed into three regions: a most
outer one (region 1), a middle one (region 2), and an inner
one (region 3). The amount of newly formed bone volume
was measured in the pores of the titanium implants and
expressed as a percentage (total pore volume equals
100%).

I. These properties were evaluated in a previous
study by Heinl et al.11 The mechanical properties were determined by compression testing with
loading direction parallel and perpendicular to the
building direction of the porous structure. The structural properties were evaluated by microcomputer
tomography.
Bone regeneration and bony ingrowth
Wound healing was characterized by an ongoing
trabecular bone formation around all implants leading to the complete closure of the defects after 60
days. Microradiographs show the bony regeneration
around the implants and abundant tissue ingrowth
into the porous Ti-2 structure (Fig. 3). After 14 days
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TABLE I
Mechanical and Structural Properties of the Investigated Porous Ti-6Al-V4 Structure
Material
Porous Ti-6Al-4V
structure

Loading Direction

E (GPa)

ry,0.2 (MPa)

rmax (MPa)

Mean Pore Size (mm)

Porosity (%)

Parallel
Perpendicular

12.9 (60.9)
3.9 (62.1)

107.5 (63.6)
49.6 (620.6)

148.4 (63.5)
127.1 (629.2)

0.45

61.3

The mechanical properties were determined in compression with loading direction parallel and perpendicular to the
building direction of the specimens; E is the elastic modulus, ry,0.2 is the yield strength, rmax is the maximum strength,
and values in parentheses are the standard deviations. The structural properties were derived from microcomputer
tomography.

only minor bone ingrowth into the outer region
could be observed. After 30 days a noticeable growth
of osseous tissue could be discovered in the outer as
well as the central regions. After 60 days the
implants were ﬁlled completely with bony tissue.
The quantiﬁcation of mineralized osseous
ingrowth into the porous implants is illustrated in
Figure 4. The percentage of bone volume over tissue
volume inside the pores steadily increased throughout the study period regarding as well the depth of
bone ingrowth into the implants as the bone density
of newly formed tissue. After 14 days the value
reached 14.44% 6 6.78% in the most outer region
(region 1), 2.01% 6 1.16% in region 2, and 0.22% 6
0.13% in region 3. After 30 days the bone volume

Figure 3.

reached 29.46% 6 2.59% in region 1, 9.7% 6 5.72%
in region 2, and 2.19% 6 2.19% in region 3. After 60
days of healing the bone volume attained 46.31% 6
3.42% in region 1, 27.77% 6 4.63% in region 2, and
28.55% 6 5.77% in region 3, respectively. The values
of bone density rose signiﬁcantly from day 14 to 60
(region 1: p 5 0.024; region 2: p 5 0.008; region 3:
p 5 0.016). Furthermore, signiﬁcant higher values
were shown in region 1 (p 5 0.009) and region 3 (p
5 0.014) on day 60 when compared with day 30. On
days 30 and 60 the bone density of region 1 was signiﬁcantly higher compared with region 2 (day 30: p
5 0.033; day 60: p 5 0.02) and region 3 (day 30: p <
0.001; day 60: p 5 0.047). The density of newly
formed bone tissue did not totally reach the density

Microradiographs of compact smooth (Ti-1) and porous titanium implants (Ti-2).
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Figure 4. Quantitative evaluation of bone volume inside the outer region (region 1), the middle region (region 2), and
the inner region (region 3) of the implants.

of pristine bone tissue around the implants. However, after 60 days of healing the comparison of
bone volumes in region 1 (46.31% 6 3.42%) and outside the defects (59.98% 6 1.63%) revealed no longer
signiﬁcant differences (p 5 0.089).

Consistent with the microradiographic ﬁndings,
intense trabecular bone regeneration around all
implants and strong bone ingrowth into Ti-2 specimens were detected in the toluidine blue O staining
(Fig. 5).

Figure 5. Toluidine blue O staining of compact smooth (Ti-1) and porous titanium implants (Ti-2). [Color ﬁgure can be
viewed in the online issue, which is available at www.interscience.wiley.com.]
Journal of Biomedical Materials Research Part A
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Figure 6. Bone–implant contact. Ti-1: smooth compact
sample; Ti-2: porous sample.

Bone–implant contact
The histological analysis revealed only scarce BIC.
Fibrous tissue has been observed between bone tissue and implant. Figure 6 shows the quantitative
evaluation of the percentage of direct contact
between mineralized bone and the implant surface
at different points. For the compact samples the BIC
decreased constantly during the study from 29.27%
6 11.23% on day 14 to 18.78% 6 9.74% on day 30
and 8.98% 6 2.89% on day 60. In contrast, the BIC
around porous samples increased continually and
attained 0.47% 6 0.47% on day 14, 4.14% 6 4.14%
on day 30, and 5.96% 6 1.36% on day 60. Compared
with day 14 they reached signiﬁcance on day 30 (p
5 0.031) and day 60 (p 5 0.007). The difference of
the BIC around the compact compared with that
around the porous structure did not reach signiﬁcance (day 14: p 5 0.062; day 30: p 5 0.271; day 60: p
5 0.105). A high variability of BIC among the specimens within one group was found.
DISCUSSION
In this study, the bone regeneration as well as the
ingrowth of osseous tissue into porous SEBM-processed Ti-6Al-4V scaffolds in domestic pig calvaria
bone were evaluated and, therefore, the suitability of
such scaffolds as bone substitutes was assessed.
Recently, SEBM Ti-6Al-4V scaffolds turned out to
be not cytotoxic to human fetal osteoblasts and their
accelerating effect on proliferation and differentiation of osteoblastic cells could be shown.12 The present study demonstrates that observed achievement
of osteoblasts behavior in vitro does not result in an
effective osseointegration of the scaffolds within the
ﬁrst 60 days but an effective tissue ingrowth into
porous SEBM structures can be performed at least.
Generally, implants inserted with a press-ﬁt are
very stable at the time of surgery. However, a few
days after surgery, BIC decreases because of imme-
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diate resorption of the necrotic bone adjacent to the
material surface resulting in reduced mechanical stability of the implant.13,14 It is also a well-known phenomenon that micromovements of the implant prevent bone formation leading to ﬂoppy ﬁxation by
ﬁbrous tissue.15 This effect was observed around compact SEBM specimens, where the BIC decreased constantly leading to a loose anchorage of the implant
surrounded by a ﬁbrous tissue layer until day 60. By
contrast, the BIC around porous SEBM scaffolds
increased, even if the achieved BIC of around 5% after 60 days is signiﬁcantly less compared with other
studies. For example, titanium implants inserted into
sheep tibiae with and without autologous bone grafts
led to a BIC of 29.54% 6 9.00% for grafted implants
and 26.76% 6 5.00% for the controls after 2 months.16
In another study, commercially pure titanium microimplants with machined and sandblasted acid-etched
surfaces were inserted into human maxillae. After a
healing period of 2 months the mean BIC was 20.66%
6 14.54% for the machined surfaces and 40.08% 6
9.89% for the sandblasted acid-etched surfaces.17
Another reason for the low BIC ratio around porous
SEBM structures could be the inhibiting effect of
space between implant and bone. If such gaps are
larger than 1 mm, they signiﬁcantly affect the attachment of cells and bone ingrowth.4
Titanium exhibits one of the greatest resistance to
corrosion compared with other metals or alloys used
in surgery.18 Nevertheless, titanium implant corrosion turned out to have a noteworthy effect on the
BIC in vivo. Recently, Olmedo et al. found a close
contact between lamellar bone and an irregular
metal surface with uneven and indented edges only
in areas with no pitting corrosion of the titanium
surface.19 They detected corrosion products migrating in the surrounding peri-implant tissues. Metal
debris of the SEBM-processed implant surfaces
released into the tissues as a result of manufacturing
defects, corrosion, surface contamination, or mechanical damage during the implantation may hinder the
osseous tissue to approach the implant surface and
to build up a close BIC. Among the specimens
within one group a high variability of the BIC was
observed. This variability is based on the inhomogeneity of the specimens.
In various studies the bone ingrowth into porous
titanium implants was intensely examined. Li et al.
studied porous titanium implants (pore size between
160 and 680 lm; porosity between 39% 6 1.3% and
68% 6 2.5%) fabricated using 3D ﬁber deposition
and inserted these implants into goats.20 After 12
weeks they found a bone ingrowth between 5 and
10%. Another recent study showed a quite higher
bone ingrowth into porous rapid prototyped titanium scaffolds with pore sizes of 800 lm (porosity:
59.73% 6 5.2%) and 1200 lm (porosity: 59.08% 6
Journal of Biomedical Materials Research Part A
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2.4%). After 8 weeks, bone ingrowth was 14.2% 6
3.2% for the 800-lm pore structure and 10.3% 6 2.8%
for the 1200-lm pore structure.21 Considering these
results, the found ratio of bone ingrowth into porous
SEBM implants of 40% after 60 days can be considered as very effective. For maximized bone ingrowth
the literature discusses implant porosities around 45–
60% and average pore sizes between 100 and 300 lm,
whereas relative larger pores promote direct osteogenesis, since they allow vascularization and oxygenation.22 According to Heinl et al., the applied SEBMprocessed specimens fulﬁll these requirements, as
their porosity is 61.3%, the averaged pore size is 450
lm, and the porous structures are interconnected in
all dimensions.11 This is considered as the most
important requirement for bone ingrowth.23 Furthermore, it could be shown by Heinl et al. that the
mechanical properties of the implants correspond to
those of human bone.11 Thus the scaffolds provide
adequate architecture and mechanical properties in
order to optimize ingrowth of surrounding bone tissue, which could be shown by the present histological
ﬁndings. Bony ingrowth proceeded steadily during
the period of this study regarding as well the depth
of bone ingrowth into the implants as the bone density of newly formed tissue, respectively. After 60
days of healing the bone structure in the most outer
region of the implants was already comparable with
that of pristine bone, as the density of newly formed
bone tissue almost reached the level of pristine bone
tissue around the implants.

CONCLUSIONS
In this study it could be demonstrated that 3D Ti6Al-4V implants with a porous architecture directly
manufactured using SEBM can be completely inﬁltrated by osseous tissue within 60 days. To improve
the BIC performance of SEBM scaffolds, a bioactive
surface could be designed to induce a speciﬁc biological activity, which can lead to strong bonding to
bone. We conclude that porous SEBM specimens exhibit suitable scaffolds for bone regeneration.
The authors thank Ms. Heidemarie Heider for her valuable help and additional advice regarding histological
methods.
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Abstract
3D ﬁber deposition is a technique that allows the development of metallic scaffolds with accurately controlled pore size, porosity and
interconnecting pore size, which in turn permits a more precise investigation of the effect of structural properties on the in vivo behavior
of biomaterials.
This study analyzed the in vivo performance of titanium alloy scaffolds fabricated using 3D ﬁber deposition. The titanium alloy
scaffolds with different structural properties, such as pore size, porosity and interconnecting pore size were implanted on the decorticated
transverse processes of the posterior lumbar spine of 10 goats. Prior to implantation, implant structure and permeability were
characterized. To monitor the bone formation over time, ﬂuorochrome markers were administered at 3, 6 and 9 weeks and the animals
were sacriﬁced at 12 weeks after implantation. Bone formation in the scaffolds was investigated by histology and histomorphometry of
non-decalciﬁed sections using traditional light- and epiﬂuorescent microscopy. In vivo results showed that increase of porosity and pore
size, and thus increase of permeability of titanium alloy implants positively inﬂuenced their osteoconductive properties.
r 2007 Elsevier Ltd. All rights reserved.
Keywords: Osteoconduction; Porous Ti6Al4V; Scaffold; 3D ﬁber deposition

1. Introduction
At present, most widely used clinical therapies for bone
replacement and regeneration employ autologous and
allogeneic bone grafts. It is well known that autologous
bone graft is considered to be the golden standard in spinal
fusions, i.e. for achieving a bony bridge between transverse
processes. However, treatments with both autografts and
allografts exhibit a number of limitations. The harvest of
the autologous graft requires an additional invasive
surgical procedure that may lead to donor site morbidity,
Corresponding author. Institute for Biomedical Technology, Department of Tissue Regeneration. University of Twente, The Netherlands.
Tel.: +31 30 2295289; fax: +31 30 2280255.
E-mail address: j.li@tnw.utwente.nl (J.P. Li).
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chronic post-operative pain, hypersensitivity and infection
[1–5]. Another important drawback of the use of autograft
is the limited availability. Unlike autologous bone,
allogeneic grafts are widely available and do not require
an additional surgery on the patient. However, allogeneic
bone has to undergo processing techniques such as
lyophilization, irradiation or freeze-drying to remove all
immunogenic proteins in order to avoid any risk of
immunogenic reaction [6]. In turn, these processing
techniques have a negative effect on osteoinductive and
osteoconductive potential of the allograft [7], which
consequently decreases its biological performance as
compared to autografts [8].
Therefore, the use of synthetic biomaterials for orthopedic reconstructive surgery as a means of replacing
autografts and allografts is of increasing interest and the
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large number of scientiﬁc reports conﬁrm this trend.
Calcium-phosphate-based biomaterials, such as ceramics
and cements and polymeric biomaterials are attractive as
they can be produced in such a way that they mimic the
mineral composition and/or the porous structure of bone.
However, although ceramics show excellent corrosion
resistance and good bioactive properties, porous ceramic
structures, as they are available today, are limited to nonload-bearing applications, due to their intrinsic brittleness.
Likewise, porous polymeric systems are deemed to be
ductile with insufﬁcient rigidity and inability to sustain the
mechanical forces present in bone replacement surgery.
Metals have so far shown the greatest potential to be the
basis of implants for long-term load-bearing orthopedic
applications, owing to their excellent mechanical strength
and resilience when compared to alternative biomaterials,
such as polymers and ceramics. Particularly, titanium and
its alloys have been widely used in orthopedic and dental
devices because of their excellent mechanical properties
and biocompatibility [9].
Several factors have shown their inﬂuence on bone
ingrowth into porous implants, such as porous structure
(pore size, pore shape, porosity and interconnecting pore
size) of the implant, duration of implantation, biocompatibility, implant stiffness, micromotion between the implant
and adjacent bone etc. [10–22]. The architecture of a
porous implant has been suggested to have a great effect on
implant integration by newly grown bone [23,24]. However, up to now, porous structures of most metallic
implants are not very well controlled due to their
production techniques, involving porogens and replication
methods [25,26]. These techniques mostly result in porous
structures with a certain pore size range, rather than
structures with an accurately deﬁned pore size.
Recently, rapid prototyping, such as fused deposition
modeling and 3D printing, has been employed to fabricate
3D scaffolds with accurately designed structure [27,28],
which allowed investigation of architectural inﬂuences on
tissue regeneration. However, these studies focused on
porous scaffolds made of ceramics and polymers [12,29,30],
while very little is known about porous titanium scaffolds
with precisely controlled pore structure.
Because there is hardly consensus regarding the optimal
pore size for effective bone ingrowth, researchers have
created scaffolds with pore sizes between 150–300 mm and
500–710 mm to promote bone formation [31]. A minimum
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pore size of 100–150 mm is generally considered acceptable
for bone ingrowth [20,32–35].
3D porous Ti6Al4V scaffolds were successfully fabricated in our group by a rapid prototyping technology,
named 3D ﬁber (3DF) deposition [36]. 3DF deposition,
being a layer-by-layer manufacturing technique, can be
used to manufacture prototypes in which each layer may
have a different ﬁber diameter, thickness, ﬁber space and
ﬁber orientation. This technique, therefore, provides a
possibility to develop scaffolds with well-controlled pore
size, porosity and interconnecting pore size. The advantage
of scaffolds produced by 3DF is that they permit
parametric analyses to be conducted, which is essential in
investigations of how scaffolds perform as a function of
their physical characteristics.
In the present study, implants with different pore size,
porosity and interconnecting pore size were fabricated by
3DF technique. Inﬂuence of the structural characteristics
on the bone ingrowth was screened by using the wellestablished multi-channel cage model [37–40] that was
adapted to use on the transverse process of the goat lumbar
spine.
2. Materials and methods
2.1. Implants
Five different porous TI6Al4V scaffolds made by 3DF deposition were
used in this study. The preparation procedure of these scaffolds was
described earlier [2]. In short, Ti6Al4V slurry (80 wt% of Ti6Al4V powder
with a mean particle diameter of 45 mm (AP&C Inc., Canada) in 0.5%
aqueous water methylcellulose solution), is forced through the syringe
nozzle by using a 3D-bioplotter machine (Envisiontec, GmbH, Germany).
The slurry is plotted on a stage as a ﬁber, which rapidly solidiﬁes by
drying, and the scaffold is fabricated by layering a pattern of ﬁbers. After
deposition, the obtained Ti6Al4V scaffolds were dried for 24 h at RT, and
sintered under high vacuum at 1200 1C for 2 h. By varying spacing and
ﬁber lay-down pattern, 5 different Ti alloy scaffolds (low porosity (3DFL),
middle porosity (3DF), high porosity (3DFH), double-layered (3DFDL)
and gradient porosity (3DFG)) were produced as is speciﬁed in Table 1.

2.2. Cage
A cage design and its fabrication were described previously [40]. In
brief, polyacetal cages were designed for ﬁxation to the transverse process
of the goat lumbar spine. Each cage consisted of two sidewalls, two end
pieces, four stainless steel machine screws for cage assembly and two selftapping bone screws to attach the cage to the transverse process. Three
scaffolds (4  7  8 mm3) were plugged into a cage and separated by thin

Table 1
3D ﬁber deposition conditions for different implants
Implant

Fiber spacing (mm)

Lay down angle

Layer thickness (mm)

3DFL
3DF
3DFH
3DFDL
3DFG

200
500
800
500
800-200(bottom to top)

0/45
0/45
0/45
0/0/45/45
0/90

320
320
320
320
320
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Fig. 2. Conduction cage placed on a transverse process of a goat lumbar
spine.
Fig. 1. Schematic drawing of the implantation on the goat’s transverse
process. The lower left is a cage with three implants.

Teﬂon plates (0.5  7  8 mm3). These scaffolds were open to both the
underlying bone and the overlying soft tissues, had cross sections of
4  7.0 mm2 and 8.0 mm in height (Fig. 1). The polyacetal components and
the metal screws were sterilized by autoclave.

2.3. Implant characterization
Cubical implants (4  7  8 mm3) were machined by using a wire
electric discharge machine, with demineralized water as medium. The
structure of different implants was characterized by using an environmental scanning electron microscope (ESEM; XL30, ESEM-FEG, Philips,
The Netherlands) in the secondary electron mode. The porosity of the
material was determined by volume/weight method (n ¼ 10) and the
following calculation: 100%[(weight of the porous implant/the weight of
a dense implant with the same size)  100%]. A permeability test was
performed with a self-designed permeability-meter [41]. Brieﬂy, a
cylindrical sample was mounted in a tube connected to a wide diameter
water reservoir, which was positioned at a certain constant height. The
ﬂow of water through the sample was measured in ml/s. Normalized for
the dimensions of the sample, it provided measure of the sample’s
permeability. Two samples for each condition were tested.

2.4. Animal study
2.4.1. Experimental design
A total of 10 adult Dutch milk goats, which were 2–4 years of age with
a body weight ranging from 64–75 kg, were used following the approval of
the institutional animal care committee. Four spinal cages containing a
total of twelve different Ti implants (three per cage), were implanted
bilaterally on the transverse processes of the L4 and L5 vertebrae of each
goat according to a randomized complete block design. To monitor the
bone formation over time, ﬂuorochrome markers were administered at 3, 6
and 9 weeks and the animals were sacriﬁced at 12 weeks after
implantation. Bone formation into the porous titanium scaffolds was
investigated by histology and histomorphometry of non-decalciﬁed
sections using epiﬂuorescent and light microscopy. In this paper, scaffolds
with different pore size, porosity and interconnecting pore size were
studied. Other Ti scaffolds implanted in these animals will be discussed
and published separately.

2.4.2. Implantation procedure
The goats were housed at Central Animal Laboratory Institute (GDL),
Utrecht, The Netherlands, at least 4 weeks prior to surgery.
Before the surgical procedure, a dose of 0.1 mL in 5 mL of physiologic
saline solution (  1 mL/25 kg body weight) of Domosedan (Pﬁzer Animal
Health BV, Capelle a/d Ijssel, The Netherlands) was administered by
intravenous injection. The surgical procedure itself was performed under
general inhalation anesthesia of the animals. Thiopental (Nesdonal,
7400 mg/70 kg of body weight, on indication, Rhone Merieux, Amstelveen, The Netherlands) was injected intravenously, and anesthesia was
maintained with a gas mixture of nitrous oxide, oxygen and Halothane
(ICI-Farma, Rotterdam, The Netherlands).
Prior to the surgical procedure, four spinal cages for each animal were
aseptically assembled with the 12 titanium scaffolds conditions arranged
according to a randomized complete block design.
The surgical procedure was described previously [40]. After shaving and
disinfecting the thoracolumbar region, a central skin incision, from
approximately T8 to L1, was made to expose the muscle fascia. This
incision supported implantation of both spinal implants and intramuscular implants, which are not discussed in the present manuscript.
Bilateral muscle incisions were then made and retracted to expose both
transverse processes of the L4 and L5 vertebrae. The processes were
decorticated using an angled bone drill by dental driller. Care was taken to
ensure an even decortication of a ﬂat surface with an area sufﬁcient for
placement of a cage. One cage was placed on each transverse process and
pilot holes were drilled under saline irrigation. Two stainless steel selftapping screws were then inserted to ﬁrmly attach each cage. Light ﬁnger
pressure was applied to the top of each cage just prior to muscle closure to
ensure the scaffolds were in contact with the underlying bone (Fig. 2). The
muscle fascia was closed with non-resorbable sutures and the skin was
closed in two layers with resorbable sutures. Durogesic 25 (fentanyl
transdermal CII patches; Janssen-Cilag EMEA, Beerse, Belgium) was
administered for postoperative pain relief.

2.5. Fluorochrome labeling
Sequential ﬂuorochrome markers were administered at 3, 6 and 9 weeks
after implantation. Calcein Green (10 mg/kg intravenously, Sigma, The
Netherlands) was administered at 3 weeks, Oxytetracyclin (Engemycine
32 mg/kg intramuscularly, Mycofarm, The Netherlands) at 6 weeks and
Xylenol Orange (80 mg/kg intravenously, Sigma, The Netherlands) at 9
weeks after implantation. At 12 weeks, the animals were sacriﬁced by an
overdose of pentobarbital (Euthasaat, Organon, The Netherlands) and the
implants retrieved.
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Fig. 3. ESEM photographs of Ti alloy scaffolds (magniﬁcation 25  ): 3DFL top view (A) and side view (As), 3DF top view (B) and side view (Bs), 3DFH
top view (C) and side view (Cs), 3DFDL top view (D) and side view (Ds) and 3DFG top view (E) and side view (Es). Refer to Table 1 for preparation
conditions.
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Table 2
Implant pore size, interconnecting pore size and porosity
Implant

Pore size under Z (um)

Interconnecting pore size (um)

Porosity

3DFL
3DF
3DFH
3DFDL
3DFG

160711
396716
680736
400722
160–660

160  280
400  280
680  280
400  400
160  280–680  280

3971.3
5571.1
6872.5
5671.7
5373.5

2.6. Histological processing and histomorphometry

(1) %b. ROI: the percentage of bone area in total implant area [(bone
area/total implant area)  100%];
(2) %b. pore total: the percentage of bone area in total available
pore space [(bone area/(total implant areatotal scaffold area) 
100%];
(3) %b. pore low: the percentage of bone area in available pore space in the
25% of the scaffold closest to host bone bed;
(4) %b. cont. total: percentage of length of contact between bone and
available scaffold surface in the total implant area: [(bone contact
scaffold length/scaffold outline length)  100%];

In addition, bone ingrowth depth was effectively measured at 3, 6 and 9
weeks by measuring the maximum height of each ﬂuorochrome marker
and at 12 weeks by measuring the maximum bone height on the stained
sections.

Permeability (10-9m2)

The explanted samples were ﬁxated in a solution of 5% glutaraldehyde
and 4% paraformaldehyde at 4 1C. They were then dehydrated by ethanol
series (70%–100%) and transferred into a methylmethacrylate (MMA)
solution that polymerized at 37 1C within 1 week. Three centrally located
longitudinal 10–15 mm thick sections were cut from each sample using a
sawing microtome (Leica, Germany). The second section remained
unstained for epiﬂuorescence microscopy and the other two sections were
stained with 1% methylene blue and 0.3% basic fuchsin after etching with
HCl/ethanol mixture for histology. High-resolution digital scans of the
stained sections were made for histomorphometry using a photographic
ﬁlm scanner (Dimage Scan Elite 5400, Minolta, Japan). The general tissue
response, bone formation and ﬂuorochrome markers were evaluated using
a light/ﬂuorescence microscope (E600, Nikon, Japan) equipped with a
quadruple ﬁlter block (XF57, dichroic mirror 400, 485, 558 and 640 nm,
Omega Optics, The Netherlands). Prior to histomorphometry analysis,
using Adobe Photoshop 6.0, bone and material were pseudocoloured, red
and green, respectively. Image analysis was performed using a PC-based
system with the KS400 software (version 3, Zeiss, Germany). Before
measurements the system was geometrically calibrated with an image of a
block of known dimensions. A custom macro program was developed to
measure the bone area and contact between new bone and implant surface.
These parameters were measured in both total implant area, and 25% of
the implant area closest to host bone bed. Following parameters were
investigated:

Permeability of different scaffolds
1.00
0.80
0.60
c

0.40
0.20
0.00
3DFL

3DF

3DFH
3DFDL
Implant Type

3DFG

Fig. 4. Permeability results of different scaffolds.

3. Results
3.1. Implant characterization
The pore size and porous structure were analyzed by
ESEM and porosity was calculated by the volume/weight
method. The porous structures of different Ti alloy samples
are shown in Fig. 3. It can be seen that the pores of the
implants are completely interconnected. Table 2 gives a
summary of pore sizes and porosities. The ﬁrst three
implant types, 3DFL, 3DF and 3DFH were produced by a
similar lay down pattern of the ﬁbers (0/451) but with
increasing spacing between ﬁbers, which resulted in an
identical structure but increasing pore size and porosity.
The porosity of 3DFDL was similar to that of 3DF,
however, because of double layering of the ﬁbers, the
distance between the layers of 3DFDL was larger as
compared to 3DF resulting in a larger interconnecting pore
size. 3DFG also had a similar porosity to that of 3DF and
3DFDL. The pore sizes of ﬁve implant types varied. Fig. 4
shows the results of the permeability test. All implants were
found to be highly permeable. It can be seen that
permeability increases with increasing pore size and
interconnecting pore size.

2.7. Statistics

3.2. In vivo results
Statistical calculations were done with the SPSS (Chicago, IL)
11.5 software. Statistical analyses were performed on histomorphometrical results of bone area, bone contact and bone ingrowth depth
by ANOVA for randomized complete block design with a post hoc
Tukey’s HSD (p ¼ 0.05) to determine differences between scaffold
conditions.

One goat had to be euthanized before the end of the
study due to complications not directly related to the
performed surgery and was replaced by another goat. In
total 10 goats were included in the study. There were no
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surgical complications and all cages were ﬁrmly attached to
the underlying transverse process at retrieval. No macroscopic or microscopic signs of infection were found. In
total, 50 titanium implants were examined.
In all implants bone ingrowth started from the host bone
bed towards the implant. New bone did not completely ﬁll
any of the scaffolds, so the ﬁnal amount of bone in the
scaffolds could be used for measuring the effect of various
conditions to new bone formation.
Fluorescent microscopy of the sequential ﬂuorochrome
labels revealed the dynamics of bone formation in different
implants (Fig. 5). In most implants, all three labels were
present, suggesting start of bone formation before the third
week of implantation. In some implants, however, the 3weeks label could not be detected, indicating a delayed
start of new bone formation. This delay was not directly
related to a certain implant type, but more to individual
animals.
Histological observations of stained sections revealed
bone formation in different scaffolds. The newly formed
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bone was in close contact with the Ti alloy surface (Fig. 6).
The results showed that in all implants a relatively low
amount of bone was formed (about 2–4.5% of the total
area of implants and about 5–10% of total available pore
space was ﬁlled with new bone).
Fig. 7 represents histomorphometrical data of the bone
area in the total region of interest after 12 weeks of
implantation. As can be observed, the general trend is that
the amount of bone increased with both increasing porosity
and increasing pore size. 3DFL showed less bone than
3DF, while 3DFH had more bone as compared to 3DF.
3DFDL showed a similar amount of bone as 3DFH, while
the amount of bone in 3DFG was between that of 3DFL
and 3DF. Due to relatively high variations in the amount
of formed bone between individual animals, and with the
relatively low number of animals, signiﬁcant differences
were only observed between 3DFL and 3DFH (po0.01)
and between 3DFL and 3DFDL (po0.01).
Concerning the bone formation in the available pore
space inside the implants (Fig. 8a), a similar trend was

Fig. 5. Epiﬂuorescent microscopy images of ﬂuorochrome markers in 3DFL (A), 3DF (B), 3DFH (C), 3DFDL (D) and 3DFG (E). In all images the
earliest label is green (3 weeks, calcein green), the middle label is yellow (6 weeks, oxytetracyclin) and the ﬁnal label is orange (9 weeks, xylenol orange).
The dark blue areas indicate scaffold.

ARTICLE IN PRESS
2816

J.P. Li et al. / Biomaterials 28 (2007) 2810–2820

8

ROI

6

4

2

0

3DFL

3DF

3DFH
Implant

3DFDL

3DFG

Fig. 7. Histomorphometrical results: boxplots (mean and interquartile
values) of bone area in the total implant area (region of interest).

material types (Fig. 8b), indicating differences in the bone
ingrowth depth inside the implants.
Boxplots with data of the depth of bone ingrowth after 3,
6, 9 and 12 weeks of implantation, based either on
ﬂuorochrome labels (for 3, 6 and 9 weeks) or histological
analysis (12 weeks) are shown in Fig. 9. Bone growth in all
implants progressively increased in the ﬁrst 9 weeks, after
which no signiﬁcant increase was observed, indicating the
start of a bone remodeling process. As expected, increasing
porosity and pore size resulted in an increase of the depth
of bone ingrowth. At 3, 6 and 9 weeks, 3DFDL showed the
highest and 3DFL the lowest bone ingrowth. Signiﬁcant
difference was found at 9 weeks between the 3DFL and
3DFDL (p ¼ 0.001). At 12 weeks, 3DFDL showed a lower
value for bone depth than 3DFH, which might suggest a
different phase of bone remodeling. Both 3DFH and
3DFDL showed signiﬁcantly deeper bone ingrowth as
compared to 3DFL (p ¼ 0.013 and 0.031, respectively) at
12 weeks of implantation.
Measurements of contact between bone and implant
surface showed similar results to the bone area measurements (data not shown).
Fig. 6. Digital photographs of stained (methylene blue/basic fuchsine)
histological sections. Bone is stained pink/red and Ti alloy black. The
transverse process can be seen at the bottom of the implants and Teﬂon
plates are visible between the implants. Implant in the image is
A ¼ 3DFL,
B ¼ 3DF,
C ¼ 3DFH,
D ¼ 3DFDL,
E ¼ 3DFG.
Bar ¼ 1 mm. The high magniﬁcation of interface between bone and
implant is shown in Ah to Eh (correspond to 3DFL, 3DF, 3DFH, 3DFDL
and 3DFG, respectively).

observed to the one in the total region of interest.
Signiﬁcant differences were found between 3DFL and
3DFDL (po0.01) and between 3DFG and 3DFDL
(p ¼ 0.035).
Analysis of the area of new bone in the available pore
space in the quarter of the implant closest to the host bone
bed showed no signiﬁcant differences between the ﬁve

4. Discussion
In this goat study, we investigated the in vivo behavior of
a porous Ti6Al4V material, produced by 3DF deposition.
As we did not ﬁnd any signs of toxicity or deviating
inﬂammation related to the implants, we can conclude that
our novel material is biocompatible as bone graft
substitute.
Characterization of the porous structure of the materials
indicated that 3DF deposition allows fabrication of
scaffolds with well-controlled porous structure. Fiber
spacing between ﬁbers, layer thickness between two layers
as well as the angle of ﬁber deposition are parameters that
can be used to control porosity, pore size and spatial
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Fig. 8. Histomorphometrical results: boxplots (mean and interquartile
values) of bone formation in available pore space in the total implant area
(A) and in 25% of the implant closest to host bone bed (B).

arrangement. This control over architecture permits testing
of the inﬂuences of speciﬁc geometrical parameters on
biological performance of biomaterials, such as their
osteoconductive properties.
New bone growth into porous metal implant depends on
several factors, including pore size and porosity of the
implant, interconnecting pore size, stability and degree of
micromotion between the implant and bone, and presence
of gaps between the implant and the bone surface
[16,20,42]. In the present study, in order to minimize
gapping and micromotion of the implant, care was taken to
ensure an even decortication of the surface of transverse
processes. Tight press was applied to the top of each cage
to ensure that bottom of each implant was in contact with
the underlying bone while two stainless steel self-tapping
screws were then inserted to ﬁrmly attach each cage onto
bone.
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There are a vast number of studies in which the inﬂuence
of porosity and pore size on the biological behavior of bone
graft substitutes has been investigated; however, no
consensus has been reached yet with regard to the optimum
pore size. Recently, Holister et al. [29] examined pore size
and geometry using HA scaffolds with well-controlled
architecture. Their results demonstrated that overall bone
ingrowth was not dependent on the pore sizes between 400
and 1200 mm. Also the shape of the pores, often deﬁned by
pore aspect ratio did not inﬂuence the bone growth. In
contrast, many other studies [32–34,43,44] suggested that
changes in pore size and shape can radically affect the
success of bone development. The optimal pore size for
bone ingrowth has been reported to be in the range of
150–600 mm. It should, however, be noted that this optimal
pore size range was determined in studies with either
porous-coated metallic implants or porous calcium-phosphate implants. Furthermore, scaffolds used in these
studies did not have a well-controlled architecture. In the
present study, in which fully porous metallic implants with
precisely controlled pore size were used, the optimal pore
size (range) may be different.
The pore sizes of implants evaluated in the present study
were between the lower and the upper limit of this ‘‘optimal
pore range’’ for porous materials. Data showed that
scaffold with smallest pore size and lowest porosity had
signiﬁcantly less bone ingrowth. And further, the implant
with the largest pore size and highest porosity conducted
most new bone formation. There were statistical differences
in the amount of newly formed bone between 3DFL and
3DFH. However, although the trend of positive effect of
increasing porosity on bone growth was observed, no
signiﬁcant difference between 3DF and 3DFH was found.
These data suggest that, for the implants investigated in the
present study, bone conduction is deﬁnitely inﬂuenced by,
but not highly sensitive to changes in porosity.
Apart from the pore size and porosity of the implant,
interconnecting pore size of porous implant also affects
osteoconductivity. In our study, the 3DF and 3DFDL
implants had similar porosities, but their interconnecting
pore sizes were different. 3DFDL showed better results for
all measured parameters as compared to 3DF. Due to
double layers, the amount of surface available for bone
ingrowth inside 3DFDL was larger as compared to 3DF.
The permeability test proved that 3DFDL had a higher
permeability compared to 3DF. This high permeability is
beneﬁcial for cell attachment and tissue formation,
allowing the cells to diffuse into the center of the scaffold
and provide space for the ingrowth of tissue and
subsequent vascularization [45,46]. These results are in
agreement with many studies suggesting that good interconnecting fenestrations in porous implants are essential to
provide the space for vascular tissue ingrowth followed by
new bone formation [13,29,47].
It should be noted that the amount of formed bone as
well as bone contact between bone and Ti alloy surface in
this study were relatively low. As it is well known, Ti and
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Fig. 9. Box plots of bone height at 3, 6 and 9 weeks, measured on ﬂuorescent microscope images, and at 12 weeks, measured on stained histological
sections. The symbol ‘‘J’’ indicates outlier and the symbol ‘‘’’ indicates an extreme outlier.

its alloys are bionert, but not bioactive materials. Therefore, in order to improve their biological performance it
might be necessary to either combine them with other,
more bioactive biomaterial types or to improve their
bioactivity by surface modiﬁcation. Coating Ti alloy
surfaces with CaP ceramic and chemical and thermal
treatments of the surface have been reported to be
successful ways of increasing metal bioactivity [48,49].
Although increased porosity and pore size are obviously
preferential for new bone growth facilitation in Ti alloy
implants, it should be kept in mind that an other
consequence of the porosity and pore size increase is
reduction of the implant mechanical properties. Thus
depending on the intended application, a balance between
mechanical properties and the biological performance
should be found. This is again simpliﬁed by the use of
3DF deposition technique.
It is interesting that bone growth in all implants
progressively increased in the ﬁrst 9 weeks, after which
this increase leveled off. This behavior is related to the
bone-healing mechanism. After a bone fracture occurs,
formation of a hematoma, regeneration, and maturation
by modeling and remodeling are generally recognized as
the three stages of bone healing. At the early stage, there is
a fast ingrowth of bone into the porous implant. After that,
bone modeling and remodeling are restructured in response
to stress and strain (Wolff’s Law) [50]. In our study, no
mechanical loading was applied on the implant, resulting in
the start of resorption after 9 weeks of implantation.
Although not as realistic as a load-bearing model, the
screening model of transverse process of goat lumbar spine

as used in the present study is very useful for the initial
characterization of new porous biomaterials. Using the
appropriate instruments, a ﬂat plane on which the implant
is attached to bone can be made ensuring a uniform initial
ﬁt of all implants.
In this study, we have demonstrated the capability to
control scaffold architecture variables of the metallic
implants by using 3DF deposition technique. Design and
fabrication of a bone graft substitute should ﬁnd a balance
between mechanical function and biological performance.
The versatility and possibility provided by 3DF deposition
technique allows the fabrication of implants with different
porosities, pore sizes and thus different mechanical properties. In addition, bone structures at speciﬁc implantation
sites can be mimicked in order to optimize bone tissue
regeneration in the intended application.

5. Conclusion
Bone ingrowth into porous titanium alloy implants with
varying pore size, porosity and interconnecting pore size,
produced by 3D ﬁber deposition was evaluated in a goat
lumbar spine model. Increase of porosity and pore size,
and hence permeability of the 3D ﬁber deposition Ti6Al4V
implants had a positive effect on the amount of new bone
growth. 3D ﬁber deposition is a rapid prototyping
technique that allows the development of porous implants
with accurately controlled structural properties and therewith the investigation of the effect of structural parameters
on the in vivo behavior of biomaterials.
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