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1 Abstract

Recent advances in the field of metallic additive manufacturing have expanded production
capabilities for bone implants to include porous lattice structures. While traditional models of de
novo bone formation can be applied to fully dense implant materials, their applicability to the
interior of porous materials has not been well-characterized. Unlike other reviews that focus on
materials and mechanical properties of lattice structures, this review compiles biological
performance from in vivo studies in pre-clinical models only. First, we introduce the most common
lattice geometry designs employed in vivo and discuss some of their fabrication advantages and
limitations. Then lattice geometry is correlated to quantitative (histomorphometric) and qualitative
(histological) assessments of osseointegration. We group studies according to two common
implant variables: pore size and percent porosity, and explore the extent of osseointegration using
common measures, including bone-implant contact (BIC), bone area (BA), bone volume/total
volume (BV/TV) and biomechanical stability, for various animal models and implantation times.
Based on this, trends related to in vivo bone formation on the interior of lattice structures are
presented. Common challenges with lattice structures are highlighted, including nonuniformity of
bone growth through the entirety of the lattice structure due to occlusion effects and avascularity.
This review paper identifies a lack of systematic in vivo studies on porous AM implants to target
optimum geometric design, including pore shape, size, and percent porosity in controlled animal
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models and critical-sized defects. Further work focusing on surface modification strategies and
systematic geometric studies to homogenize in vivo bone growth through the scaffold interior are
recommended to increase implant stability in the early stages of osseointegration.

Keywords: Osseointegration; additive manufacturing, 3D printing, histomorphometry, metallic
implant design; in vivo; porous; tissue engineering

2 Scaffold Design and Fabrication

2.1 Introduction

Metallic additive manufacturing (AM) processes are beginning to see increased usage in the world
of bone implants, especially for dental and orthopaedic implants, due to their ability to fabricate
complex geometries, particularly porous lattice structures. The ability to produce porous implants
presents two main advantages for this field. Firstly, it presents the potential for improvement in
osseointegration — a long-term structural and functional connection between bone and implant —
enabled by the complex pore system that provides superior mechanical interlocking effects. Early-
stage osteoconduction — the process where bone conforms to a surface or biomaterial [1] — depends
heavily on the design of the scaffold geometry, including pore size and shape. Secondly, where
load-bearing implants may suffer from stress shielding, onset by increased bone resorption rates
in the presence of high elastic modulus metallic implants [2], porous metallic structures can lead
to an effective stiffness reduction mechanism by intentionally introducing porosity to implant
geometries. Generally, reduction in stiffness responds by an exponential or power relationship as
porosity increases [3,4] due to a change in the second moment of area [3]. Towards the same effort,
novel titanium alloys with high niobium and zirconium content have been developed [5-9] to
reduce the elastic moduli of titanium materials by changing the bonding structure and phase
stability while maintaining biocompatibility and ease of processing with AM [10]. As the
benchmark material for traditional implants, alloys of titanium often have elastic moduli in the
range of 55-117 GPa, which can be reduced to the range of cortical bone (3-20 GPa) by intentional
introduction of porosity [11]. Conventional biomaterial alloys with high elastic moduli, such as
stainless steel or CoCr (both on the order of 200 GPa), can also make use of AM methodologies
to create lattice structures to similarly reduce implant stiffness into the range of cortical bone
without sacrificing their inherent biocompatibility [12,13].

Previous reviews on the usage and development of porous metallic materials have predominantly
focused on broad development of these materials, including materials selection [14,15], design
considerations [16-18], surface modification [16,17], and mechanical properties [17], with only
superficial investigation of the resulting bone structure from a biological perspective following
implant retrieval. In a review from Weber, special consideration has been given to bone formation
along porous structures to introduce the importance of design factors in relation to osteogenesis
[19]. However, to optimize lattice conditions for bone ingrowth in humans, a comprehensive
review of pre-clinical in vivo models is first needed to evaluate how these porous implants behave
in various animals. In this evaluation, one must consider the effect of the lattice geometry on
materials and mechanical properties, the limitations of particular printing methods, and most
importantly their corresponding influence on osseointegration and osteoconduction. In the
following sections we present a brief summary of printing methods prior to the ultimate focus of
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this work: understanding the biological effects of these implant geometries on bone tissue, as
summarized using quantitative measures from histomorphometry and qualitative histological
observations.

2.2 AM Fabrication Techniques for Porous Metallic Implants Studied In Vivo

Several AM methods exist for the production of porous metallic scaffolds in bone applications.
Where comprehensive outlines of each AM process exist in the literature for metal fabrication [20—
22], here we briefly describe the relevant scope and limitations for the most common types of AM
processes in the production of porous materials.

The most common forms of powder bed processes include selective laser sintering (SLS), selective
laser melting (SLM), direct metal laser sintering (DMLS), and electron beam melting (EBM). The
minimum size for an SLM part is dependent on factors such as powder absorptivity [23], but the
stability of the molten pool has been observed to decrease in stability as the energy density
increases [24]. This can result in material ejection from the melt pool [25] and a part that is
susceptible to defects [26]. The production of porous materials also requires overhanging
components. As the strut angle deviates further from the normal in powder bed processes, there is
a marked decrease in geometric accuracy of the part [27]. An investigation of this phenomenon in
EBM and SLM materials has shown that deviations up to 10% can occur and that this effect is
more pronounced in EBM materials [28]. These factors along with the commercial availability of
powders and energy source optics mean that the minimum size of stable struts in a porous material
is restricted to roughly 200 pum.

Directed energy deposition alternatives to powder bed methods include laser engineered net
shaping (LENS®), direct metal deposition (DMD), and laser metal deposition. Analysis of LENS
parts has shown substantial residual stresses that can accumulate due to their thermal history
[29,30]. Without further post-processing, these stresses can cause complications including
premature part failure. Directed energy deposition methods are also classified to have lower
resolution, low-quality surface finishes, and the inability to produce complex geometries compared
to powder bed processes [31]. The lower accuracy of DED processes further restricts the minimum
strut size and accessible geometries compared to what is available in powder bed techniques. Of
the papers surveyed in this review, nearly 98% of porous implants for in vivo studies were
produced by powder-bed techniques (78% SLM, 12% EBM, 5% SLS, 3% DMLS), while only 2%
were produced by DED or laser engineered net shaping. The dominant reason for this likely
pertains to ease of manufacturing and equipment abundance rather than in vivo response.

Most porous metallic structures for in vivo implantation focus on traditional implant materials.
Commercially pure titanium and Ti-6Al-4V have extensively been used in the literature for animal
studies due to their well-defined processing parameters in SLM, but novel biocompatible alloys
containing niobium, tantalum and zirconium are also being developed [32—35]. The addition of -
stabilizing elements in titanium should mitigate some stress-shielding effects [36] to further
modify a porous structure’s osseointegration potential. Many of these novel alloys have not yet
been implemented in porous structures for testing in pre-clinical trials. Almost all of the AM
implant materials studied in vivo in this review were commercially pure titanium (44%) or Ti-6Al-
4V (53%), with materials such as tantalum or iron-manganese composing the remaining 3%. Other
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materials including NiTi [37,38], polyamide [39], and stainless steel [40] have been used for
porous implants, but not using metallic AM.

Another common observation of as-fabricated parts is the anisotropic response that has been
documented thoroughly by Kok et al. for additively manufactured materials [41]. Factors such as
build orientation and thermal cycling prominently influence the grain structure and mechanical
properties, causing heterogeneity in parts produced through powder bed and directed energy
deposition processes. However, anisotropy as related to biological response is substantially harder
to evaluate and will not be included in this review.

2.3 Types of Porous Implant Structures

A diverse range of lattice geometries can be designed for implant structures. In this work, these
are categorized based on their topology/structure into reticulated, stochastic, functionally-graded,
or other forms (Figure 1). While the reticulated form is most commonly observed in the literature
due to their simple design, there is a growing number of studies that also investigate more complex
stochastic lattice geometries. The precise deformation behaviour and mechanical characteristics
are dependent on this base structure, where most cellular solids display a simplified three-stage
progression of linear elasticity, stress plateauing, and densification [42].

Functionally

Graded Other

Reticulated Stochastic

Front View Top View

Isometric View

Figure 1: Examples of reticulated, stochastic, functionally-graded, and other porous lattice
structures over a short range of unit cells. Reticulated structures have a repeating structure in
three directions. Stochastic geometries have no repeating short-order geometry. Functionally-
graded and other porous lattices usually have an ordered structure in at least one-direction but

have varying properties in one or more directions.

Reticulated lattices describe a unit cell geometry that repeats precisely through the entirety of the
structure. Frequently termed ‘regular’ or ‘repeated’ lattices, these structures offer tunable isotropic
properties. These are the most common form of lattice in the literature for bone implants and
include several geometries such as tetrahedral, octahedral, dodecahedral, or cubic [43]. Since
implant stiffness has a geometric dependency, the unit cell strut orientation and porosity have a
great impact on mechanical response. Diamond and rhombic dodecahedral lattices, for example,
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have been shown to have a lower stiffness than other simple cellular structures but are not able to
withstand as much compressive load [44].

Triply-periodic minimal surface (TPMS) unit cells are a subset of reticulated lattices that is
becoming increasingly common in the literature. Skeletal or sheet TPMS cells are free from self-
intersections and locally minimize surface area by implementing zero mean curvature within the
unit cell [45]. Cell migration by durotaxis and the permeable nature of a TPMS geometry suggests
that cell migration occurs easier on lattices formed with this zero-mean curvature [46]. In terms of
mechanical characterization, TPMS geometries display adequate fatigue properties [47] and have
low stiffness while maintaining reasonable peak stress values [48]. Common TPMS geometries
include Schwarz diamond, Schwarz primitive, Schwarz gyroid, and Schoen’s wrapped package (I-
WP) surface (Figure 2). TPMS geometries are in the early stages of exploration for in vivo implant
applications, where Schwarz primitive structures have been modified to become functionally
graded (hybrid) and have been successfully implanted in pigs [49].

Primitive I-WP Gyroid Diamond

Figure 2: Examples of primitive, I-WP, gyroid, and diamond TPMS lattice structures. These fall
under the subset of reticulated lattice. Only recently have TPMS lattices been studied for in vivo
bone applications. Adapted from reference [50] with permission from Elsevier (Copyright 2017).

Stochastic lattices, also termed ‘irregular’ or ‘trabecular’ lattices, have no defined unit cell that
repeats through the structure of the lattice. Stochastic lattices typically used biomimicry-derived
principles to simulate a trabecular bone structure within the implant geometry. One production
method is to analytically-derive struts from a three-dimensional VVoronoi tessellation where the
porosity and strut thickness can be controlled by the number of seeds and scaling factor [51]. A
stochastic lattice geometry can be generated using the VVoronoi technique that follows the natural
pattern of trabecular bone [52]. Interestingly, the effect of structure on mechanical properties of
these trabecular lattices mimics what is seen in trabecular bone [53]. A reduction in strut frequency
has a much greater effect on mechanical properties than a comparable porosity increase by
reduction of strut thickness [53], where buckling of individual struts in transverse loading becomes
more likely as the distance between strut intersections increases. In addition, when designing these
lattices, it is important to consider the seed density and three-dimensional isotropy of the base
polyhedra to account for bending stresses in vivo. Stochastic lattices may have much more
unpredictable short-order response in vivo compared to reticulated lattice structures but the
random directional properties for a truly stochastic lattice should average out for larger implants.
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Porous foams can also be classified as stochastic lattices due to their lack of regular patterning in
the interior of highly porous open-cell specimens. While technically a form of traditional powder
metallurgy rather than AM [54], it is also important to briefly consider the response of stochastic
foam-like geometries for osseointegration and osteoconduction due to their similarity to other
stochastic implants. Due to the rearrangement of the space holder particles during fabrication, these
stochastic foams typically have an anisotropic mechanical response [55]. The investigation and
processing of porous forms as implant materials is a vast field, and readers interested in this topic
are referred elsewhere for more information [56-58].

The problem with classification into reticulated and stochastic structures is the subset of implants
that does not fall into either category. Implants with a spatial variation in some property, such as
material composition, microstructure, or pore size, constitute an important class known as
functionally-graded materials. Functional grading is easily implemented into additive
manufacturing processes by modifying the geometry of the CAD model [59], changing processing
parameters at different layers during a build, or by changing the composition of the feedstock
powder over the course of a build [60]. Since their properties are not the same in the three principal
directions but they still have a consistent repeating component, they cannot be classified as either
reticulated or stochastic architectures. The weakest point in a functionally-graded material,
typically the region with the highest porosity [61], in uniform mechanical loading ultimately
dictates the strength of the entire structure. When adapted to complex loads in the body, these
emergent types of porous implants may offer the potential to mitigate stress shielding, offer
selective bioactivity, and adapt to changes in macroscale bone geometry [62].

Other forms of porous architecture cannot be classified into reticulated or stochastic structures.
Micromachined porous channels, for example, lack the 3D repeatability and true randomness of
reticulated and stochastic structures, respectively. This type of geometry is often seen in early
investigations of porous materials for osteoconduction [63] but are becoming less common as
additive manufacturing technologies advance. These other forms of additively manufactured
lattice structure (Figure 1, last column) are inclusive to any geometry that cannot be classified as
reticulated, stochastic, or functionally-graded.

2.4 Unit Cell Modulation

Many geometric adaptations of porous implants are possible. Two factors that govern the pore
distribution through the implant are the strut thickness and the size of the representative unit cell,
for which progressive variations are shown in Figure 3 for a reticulated lattice. With a constant
unit cell size, increasing the strut size results in a smaller final pore size (all columns, Figure 3).
However, increasing the unit cell size while keeping strut size constant results in a larger pore size
(all rows, Figure 3). The appearance of pores is also dependent on these factors, where pores can
appear more rounded in some instances (e.g. the bottom row, middle column, Figure 3).
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Increasing Unit Cell Size

Increasing Strut Size

Figure 3: Influence of unit cell size and strut size on pore size and porosity for a reticulated
lattice structure. Increasing unit cell size with a constant strut size results in a more porous
structure with larger pores. Increasing strut size with a constant unit cell size results in a denser
structure with smaller pores.

Models to predict the global mechanical response of some porous implant structures and their
associated manufacturing consistency have been systematically investigated [64] to create a design
space for tailoring mechanical properties based on the adjustment of strut size and pore size. This
information will prove valuable for adjusting design parameters to best match a given anatomical
site as more histomorphometric measurements are collected for different pore structures. Where
variation in AM processing parameters can also affect the mechanical properties of the implant
[65], it may indeed be difficult to isolate mechanical contributions from processing parameters and
topological design in process-structure-property relationships. Currently, the precise correlation
between strut size, pore size, in vivo histology, and in vivo histomorphometry has not been defined
to definitively declare ‘optimum’ design parameters for any given clinical or pre-clinical
anatomical site. In the papers reviewed in this work this variability is clear, where pore sizes ranged
from 50 pum [63] to 1200 um [66], strut thickness varied from 120 um [67] to 800 um [68], and
percent porosity ranged from 30% [69] to 83.5% [70].

Geometric factors in a lattice including pore size, net porosity, and strut size can also contribute
significantly to the microfluidics for implants in an in vivo environment. Bone has a naturally
porous network for molecular transport of waste, oxygen, and nutrients [71]. Impairment of this
vascular network in bone tissue has been shown to decrease both bone volume fractions and the
presence of osteogenic markers [72]. A comparable transport pathway exists as the interconnected
pore network of some metallic implants. Work from Warnke et al., for example, has found that in
vitro culture of osteoblasts can occlude a 450 pum pore after just three weeks of culture. Yet it is
important to highlight that in vitro culture is not always a predictor of in vivo performance [73].The
design of the scaffold unit cell in a porous structure is therefore important in ways other than just
long-term mechanical consideration. The influence of pore architecture on microfluidics in the
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early-stage osteogenesis and angiogenesis of bone tissue should be considered for implant design,
especially where predictive tools have been developed in the literature [74]. As will become
evident later in this review, certain pore structures can become occluded on their periphery.

3 In Vivo Response to AM Metallic Implants

3.1 Commonly Used Animal Models

Due to differences in animal physiology and biomechanics, accurate comparison of in vivo
osseointegration can be difficult. Threshold strains for periosteal osteogenesis have been shown to
differ within a similar anatomical location in a murine model [75], and careful surgical procedures
and post-operative management is requisite for intraspecies comparisons of osteogenic data [76].
Critical-sized defects (CSDs) have been standardized as a metric for evaluating in vivo
osseointegration and are defined as the size of an intraosseous wound that will not spontaneously
heal over the lifetime of the animal [77]. CSDs for murine, leporine, canine, caprine, and ovine
models have been standardized for some select anatomical locations and observation periods in
ASTM F2721, but there is much debate on appropriate sizing for CSDs [78]. For murine femora,
the CSD ranges from 5-10 mm with typical endpoints between 8-24 weeks [79]. Ulnar and radial
CSDs in leporine bone are defined at 20 mm, with an endpoint of 8-12 weeks [79]. CSDs in canine
radii, ulnae, and femora are slightly larger at 21-25 mm with a longer recommended endpoint of
12-24 weeks [79]. CSDs in the tibia of caprine bone should be 26-35 mm, or 25-50 mm in the tibia
and metatarsus of ovine bone [79]. For these two models, endpoints should be set at 26 weeks or
16-24 weeks, respectively [79].

Reviews covering the benefits and bone structure of murine, leporine, porcine, and ovine pre-
clinical models [80] along with the appropriate defect sizes for several anatomical sites in each
model have been done previously [81]. The animal model governs the implant size, which can be
especially important in porous AM materials as observation of bone growth into the depth of the
implant is reliant on sampling of several sites in the implant. Implants for smaller mammals will
naturally contain fewer pores due to the fabrication limits of most AM processes, making
systematic sampling more limited. An implant with a pore size of 500 um and strut size of 250 pum
in a critical-sized rat tibial defect, for example, may only have ten pores across its maximum
diameter. Where the goal of pre-clinical studies is to predict how implants might behave in
humans, measurements of bone homogeneity and penetration depth in a porous implant are limited
in their translational capability when considering larger implant sizes in humans.

The selection of pre-clinical animal model is important when considering osseointegration and
early osteoconduction since the microscopic bone structure is species-dependent [80] and can
therefore differ considerably at different time points. Herein, we will comment on the effect of
various lattice structures on the extent of both osseointegration and bone maturity in several pre-
clinical models, including the rabbit tibia, rabbit femur, rabbit cranium, goat/sheep metatarsus, pig
cranium, and canine dorsal muscle. It is important to note that because of the aforementioned
biological differences, a direct comparison of quantitative histomorphometry between species is
not possible.
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3.2 Observations from Histological Evaluations

At the tissue level, early bone apposition resembles woven bone, where randomly oriented
collagen fibrils form during rapid bone modeling [82]. It is also possible to form fibrolamellar
bone under rapid growth conditions in fast-growing mammals, birds, or sauropods, where bone is
subjected to substantial load [83,84]. This fibrolamellar bone has a unidirectional collagenous
orientation but is still mechanically weak relative to more mature, remodelled bone. Finally, after
remodelling, lamellar bone has a fixed structure of alternating lamellae, where the orientation of
the lamellae alternates between layers [85]. This results in a mechanically mature form of bone in
vivo. The transition from nascent to mature bone typically has both a strain-dependency [86] and
time-dependency as cytokines are expressed differently throughout the remodeling stages [87,88].

Most bone implants are evaluated by histological analyses. Various stains enable an understanding
of the biological response to an implant, including the inflammatory response and most
importantly the quality of the bone apposition around and within the scaffold. Here, we address
some common histological interpretations of bone quality with respect to lattice structures,
including fibrous encapsulation, the strain-dependency of osseointegration, bone formation within
scaffold pores, and bone maturation.

A common unwanted histological observation following in vivo implantation can be the formation
of fibrous tissue surrounding or within the scaffold interior. Optimal early-stage in vivo conditions
for osseointegration includes a fine provisional network of inflammatory tissue for cell signalling
[89], mechanical anchorage [89], and neovascularization in the granulation tissue [90] but bulk
formation of fibrous tissue through a porous implant can affect physiological loading of bone at
the implant surface [91]. Ideally, the fibrous tissue that forms during the initial stage of wound
healing as part of the inflammatory response is replaced by bone tissue during osteogenesis [92].
Since osteogenic cells stop migrating after bone matrix secretion has started, the initial fibrin
structure is important to allow cells to have a migratory pathway through porous structures [92].
The thickness of the inflammatory fibrous tissue layer is also dictated by the topology of the
implant surface [93] in the host response to foreign bodies. Penetration of early fibrovascular tissue
into AM titanium lattice interiors has been seen for additively manufactured implants in leporine
[94], ovine [39], and caprine [95] bone tissue irrespective of lattice type. In all three of these
studies, the net porosity exceeded 60% and fibrovascular tissue was frequently observed at a pore
size near 600 um. This is in agreement with trends in porous bioceramics, where vasculature
increases as the minimum pore size increases under similar net porosity (to a maximum
investigated diameter of 700 pum) [96].

AM lattice structures, which often have high surface area to volume ratios due to microscale
topography, can be especially prone to fibrosis. A study of porous Ti-6Al-4V in porcine crania has
shown that the fibrous encapsulation has only allowed for scarce bone-implant contact at the
exterior of the implant despite healthy trabecular regeneration in the implant interior, limiting the
implant’s stability [97]. Unfavourable fibrous encapsulation has been seen to also limit bone-
implant contact in a titanium scaffold implanted in an ovine model [39] and murine model [67]. In
cases where layers of fibrous tissue prevent bone from anchoring directly to the implant, the long-
term integrity of the bone-implant interface is compromised. In terms of other materials, an iron-
manganese porous implant exhibited strong bone-implant contact after four weeks in a murine
model [98].
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Fibrous tissue formation is not always requisite for de novo bone formation [37]. In lattice
structures, isolated pockets of new bone can form on the scaffold interior in a strain-dependent
relationship, where mechanically flexible scaffolds tended to have higher rates of net bone
formation on regions within the resected volume [39]. The structure of this bone is also shown to
be strain-dependent in the literature, where woven bone readily forms in sham models, but a strain
threshold tends to exist for lamellar bone formation in bone defects [86]. Specifically, Claes and
Heigele have supposed that there is a certain strain threshold (< 5% strain) for intramembranous
ossification to take place during general fracture healing [99]. This strain threshold is an important
consideration for lattice optimization, where overly compliant scaffolds may see delayed
osteoconduction, but overly stiff scaffolds may see increased stress-shielding.

The typical bone remodeling process forms woven bone during the early stages of osseointegration
and gradually replaces it with lamellar bone [100]. However, bone maturation in lattice structures
tends to be a more complicated issue. For leporine models, lamellar bone was not observed to form
until at least 8 weeks, with woven bone commonly distributed through the lattices as early as 4
weeks [69,94,101,102]. Lattices with higher porosity (herein described as greater than 75%) were
also observed to delay bone maturation in leporine models, where the structure of bone through
the lattice was predominantly woven bone after 8 weeks and lamellar bone was not visible until at
least 16 weeks [103]. Overall, formation of lamellar bone in larger mammals will tend to be slower
than in smaller mammals within the scaffold interior as the remodelling process as a whole is
shorter in small mammals [104]. While insufficient data exists to validate the relationship between
maturation rate and porosity in canine, ovine, and caprine models, there are benchmarks set for
each in the present literature. In canine models, woven bone dominates the structure of highly
porous metallic implants after 8 weeks and shows signs of maturation at 16 weeks [105]. For low-
porosity implants in caprine models, limited woven bone is present after 12 weeks with a greater
amount of woven bone present after 26 weeks [95]. The woven to lamellar transition in this study
was between the 26-week and 52-week timepoints in this caprine study [95]. Titanium scaffolds
in an ovine model displayed predominantly woven bone after 6 weeks, but similar polyamide
control scaffolds showed regions of woven bone sandwiched between lamellar bone [39]. At the
cellular level, Shah et al. have noted a net increase in ovine osteocyte density at the interface of
EBM porous constructs compared to fully dense specimens [68]. This may be attributed to a high
rate of initial osteoblast adhesion to the implant surface, or to high turnover rates to create an
apparent ‘less-aged’ bone structure at the interface of the porous structure [68]. Raman
spectroscopy had indicated in this study that there was increased maturity at the interface of the
porous structure by comparing the CO3%*/PO4* peak ratio [68].

In general, however, it is important to note that bone maturation depends strongly on the implant
location and animal model, rather than the AM scaffold design or implant chemistry. Despite
limitations in implant comparison from study to study, the interplay of design criteria such as pore
size and porosity were shown to influence intraspecies bone maturation and quantity of
fibrovascular tissue at early stages of implantation. Implants with a target pore geometry of roughly
600 um and porosity of 75% should provide an adequate balance between these two simultaneous
processes during bone regeneration, although much of this conclusion stems from leporine
histology data.
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3.3 Defining Common Histomorphometric Parameters

The most common quantitative factors extracted from histomorphometry to characterize
osseointegration are bone volume per total volume, bone area and bone-implant contact. Bone
volume density (BV/TV) is a common way of quantifying osseointegration by measuring the ratio
of bone tissue volume to total volume using micro-computed tomography [106]. Bone area (BA)
is an equivalent 2D measurement that measures the area of new bone growth over the total area
available for bone ingrowth within a region of interest surrounding or inside a scaffold [106].
Similarly, bone-implant contact (BIC) measures the length of direct bone contact along an implant,
usually presented as a percentage of the total length available. Implant stability in pre-clinical
models can be evaluated by measuring the BIC, and correlating this to mechanical testing methods,
including pull-out force, push-out force, or removal torque. Pull-out and push-out tests measure
the required force to remove an implanted structure, although the results between the two are not
always directly comparable [107]. Lastly, removal torque tests are an alternative way to measure
bone-implant anchorage by evaluating the required torque to remove a threaded screw from its
implant site. While other histomorphometric parameters exist for specific applications, the ones
listed above are most abundant in the literature.

However, in AM, due to the lack of bone ubiquity through most lattice structures, it has become
increasingly common practice to segment the implant into distinct regions for histomorphometry,
since bone volume tends to be higher at the scaffold exterior. Therefore, histomorphometric
measurements at the early stage of bone ingrowth in AM lattices are regularly supplemented by
segmenting into distinct inner/outer lattice regions, but consistency in this volumetric
segmentation is lacking across the literature. For example, Palmquist et al. separate 2D sub-
regions into three vertical ‘zones’ and three horizontal ‘levels’ for calculation of BV/TV and BIC
[108]. Alternatively, Reznikov et al. assigned a scoring system to define bone-implant contact for
evenly-spaced micro-computed tomography slices from the periosteal surface inwards, with a
manually-defined boundary between the scaffold interior and exterior [39]. Where most in vivo
trials have been performed in small mammals, such as rats and rabbits, the problem of bone
nucleation on a scaffold interior may amplify when scaling up for clinical application in larger
mammals, and this would represent a decrease in measured BIC or BA, which are often related to
osteoconduction. For example. existing pre-clinical models in larger mammals, such as ovine, have
shown slower osteoconduction through the porous structures, where bone area on the interior third
of the scaffold is approximately half of the outer third [108]. In addition, where porous networks
for larger implants may have the same lattice structures as their smaller counterparts, the bulk
BV/TV ratio may decrease if the bone penetration depth stagnates or slows for a specific geometry,
defect size, or animal model.

Understanding the interplay between unit cell structure, implant stiffness, and resulting
osseointegration is important for in vivo success. Where a wealth of in vitro and compression data
exists for various lattice designs [48,109-111], there is little information describing these
relationships quantitatively and systematically during in vivo studies. Due to variability in
experimental techniques (e.g. animal type, anatomical location, implantation time, implant size,
pore morphology, pore size, etc.), only qualitative observations can be critically analyzed from
study to study. For this reason, we have little information about the ‘ideal’ lattice structure for
osseointegration and osteoconduction. Table 1 and Table 2 attempt to sort the histomorphometric
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and mechanical findings in the literature by the predominant geometrical parameters: pore size and
percent porosity, respectively.
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Table 1: Trends in osseointegration with pore size for various pre-clinical animal models. Bone-implant contact (BIC), bone area (BA), bone volume fraction (BV/TV), pull-out
force, or push-out force serve as the most common techniques for quantifying osseointegration of lattice geometries. In all cases, increasing implantation time shows an increased
value in at least one of these metrics.

Pre-Clinical

Implantation

Pull-Out

Push-Out Force (N) or

1 (o) (o) (0)
Pore Size (um) Model Time/Type BIC (%) BA (%) BVITV (%) Force (N) Push-Out Stress (MPa) Reference
100-200 Leporine 8 wkCPT-S - 26, 30 - - - [69]
2 WkePTR - - - 38 - [94]
200-300 Leporine 4 wkCPTR - - - 126 - [94]
8 WkCPTRIS 47 29, 36 - 115 - [69,94,112]
4 WkCPTR - 30 - - - [113]
Leporine
8 wkePTR 35 32 - - - [112]
300-400 12.5 wkTio4R - 1 - - - [95]
Caprine 25.5 wkTi64R - 17 - - - [95]
51 wkTo4R - 25 - - - [95]
2 wkR/S - 12, 27,23, 24 - - 140, 221, 181, 219 [114]
L . 4 WKCPTITiB4-RIS - 20, 30, 32, 34, 34 - - 2.8 [MPa], 362, 372, 419, 434 [113-115]
eporine
P 7 wkR/S - 24, 33, 36, 37 - - 401, 419, 473, 492 [114]
400-500 12 WKT164R - - - - 3.6 [MPa] [115]
2 wkTi64R 0.5 - 5.6 - - [97]
Porcine 4 wkTi6+R 4.1 - 13.8 - - [97]
8.5 wkTie4R 6.0 - 34.2 - - [97]
2 WkePTR - - - 68 - [94]
Leporine 4 wkePTR - - - 147 - [94]
8 wkCPTR 39 31 19 157 - [70,94,112]
500-600
16 wkePT-0 - 8 - - - [66]
Canine 26 wkT0 - 18 - - - [66]
52 wkePT-0 - 25 - - - [66]

- Data not available; °°T Commercially-pure titanium; T* Ti-6Al-4V; R Reticulated; ° Stochastic; © Other
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o) T MBI 5000 oapy  ovmvpo  Darol  Dorouioele e
4 WKTio4R - - - - 3.2 [MPa] [115]
Leporine 8 WkCPTR 37,50 28,30 15, 25 - - [70,112]

500700 12 wkTie+R - - - - 4.3 [MPa] [115]
16 wkCPT-0 - 8 - - - [66]
Canine 26 wkePT-0 - 14 - - - [66]
52 wkCPT0 - 19 - - - [66]
2 WKCPTR - - - 33 - [94]
3 WkCPTR 23 - 18 - - [116]

800-900 Leporine 4 WKCPTITiB4R - 52 - 127 2.9 [MPq] [94,113,115]

8 WKCPTR 31 - 14 131 - [94,116]

12 wkTie+R - - - - 3.9 [MPa] [115]
16 WkCPT0 - 3 - - - [66]
900-1000 Canine 26 wkePT-0 - 5 - - - [66]
52 wkPT0 - 12 - - - [66]
3 WkCPTR 38 - 24 - - [116]
Leporine 4 wWkCPTR - 39 - - - [113]
- 1000 8 WKCPTR 30 - 10 - - [116]
16 WkCPT0 - 2 - - - [66]
Canine 26 wkePT0 - 4 - - - [66]
52 WKCPT0 - 7 - - - [66]

- Data not available; °°T Commercially-pure titanium; 7%* Ti-6Al-4V; R Reticulated; S Stochastic; © Other
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3.4 Observations from Histomorphometric Evaluations

In general, porous AM implants have been observed to outperform solid controls in various forms
of bone histomorphometry [101,112,114,117], but which lattice geometries perform the best is still
unknown. Wang et al. have proven that unit cell structure for reticulated lattices can influence bone
growth Kinetics, where diamond-based lattice structures caused higher bone area fractions than
tetrahedral lattice structures [114].Wieding et al. have similarly modified a porous structure to find
that a simple reticulated cubic lattice showed less bone ingrowth than a hollow cage structure with
angled struts [118]. In contrast, de Wild et al. have observed that osseointegration and
osteoconduction occur independent of unit cell architecture [112]. By changing the strut thickness
or unit cell dimensions of any lattice structure, there is a change in local stiffness through the
implant. Since nascent bone tends to be locally strained depending on implant stiffness, further in
vivo investigation into lattice geometry is necessary to evaluate the optimal lattice structure and
perhaps appropriate functional grading for bone implants. As a reference, the implanted scaffolds
summarized in this work have an apparent modulus that varies from 0.6-38 GPa, with the vast
majority having a modulus under 10 GPa.

The pore size in a lattice structure appears to be a dominant factor affecting osseointegration and
in vivo mechanical stability. Table 1 summarizes quantitative findings for bone ingrowth and
stability for porous implants depending on pore size for several pre-clinical models. Optimal pore
size for orthopaedic applications was first documented to range from 50-400 um for maximum
fixation strength [119]. While a pore size in this range may be correlated to good mechanical
anchorage, it is important to note that there may be no minimum pore size for the onset of
osseointegration within the current manufacturing limitations of additive manufacturing. 1tal4 et
al., for example, monitored osseointegration into 50 um machined cylindrical holes and found
secondary osteonal structures present in a leporine model [102]. Defining an upper bound for pore
size is more difficult. Fukuda et al. has noted that square pores with a diagonal length of 500 um
outperformed larger pores (600 pm, 900 um, and 1200 pum) in terms of bone penetration depth and
BA for a canine model [66]. In contrast to this, cylindrical pores with a diameter of 900 um in an
AM structure displayed greater bone volumes than pores with diameters of 500 um and 700 um
in a canine model [115]. This canine study, however, had also shown that trabeculae thickness in
the new bone was highest for the 500 um grouping [115], reiterating that sometimes not only bone
quantity but quality are important predictors of implant success. In a study that examined porous
metallic structures with smaller pores, it was found that increasing pore size resulted in a higher
interfacial bone fraction up to the largest pores (300 um) [69]. A recent work has attempted to
investigate the effect of systematically modifying both strut size and strut spacing in rabbit crania
[113]. This study finds statistically higher BA percentages for a strut spacing of 800 um compared
to alternate spacings of 500 um and 1800 um after four weeks of implantation, but indeterminate
results in terms of bone bridging and histomorphometry associated with strut diameter. As a whole,
trends in the literature reveal that osseointegration and osteoconduction are most favourable in the
pore size range of 300-500 um, but contrasting studies implicate this could be marginally higher
based on unknown confounding factors or experimental design of pre-clinical trials. The
translation from pre-clinical to clinical model should also consider the rate of bone apposition in
humans relative to any given pre-clinical model if pore occlusion effects are to be considered
significant.
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The other factor greatly affecting osseointegration is the percent (%) porosity. Table 2 expresses
bone formation and implant stability with respect to porosity. There is a distinct lack of information
about correlating implant stability in highly porous (> 75% porosity) metallic implants to net
porosity in a quantitative regard, as few systematic trials have been conducted to evaluate the
percent porosity by keeping a constant pore size. Li et al., for example, evaluated in vitro response
with respect to pore size (300-400 pum, 400-500 um, 500-700 pum) in their specimens by keeping
the same porosity [95], but did not do correlative in vivo experiments on two of the study groups.
Meanwhile, de Wild’s work on highly porous scaffolds (70-90% porosity) show remarkably high
values of bone-implant contact compared to other porosity values and therefore excellent potential
for osteoconduction [112]. The interplay between unit cell size, pore size, and porosity in the
geometric design of scaffolds makes it difficult to isolate the in vivo response to a particular
geometric variable, but instead highlights the importance of considering all three simultaneously
for lattice design. In terms of novel materials, tantalum scaffolds have shown better bone-implant
contact than titanium, with a higher fraction of early osteoid and a lack of early interfacial gaps in
the bone-implant interface [120]. In general, implants of any type with a percent porosity in the
range of 50-70% showed reasonable osseointegration, where lower measurements of BIC, BA, or
BV/TV were observed outside of this range.
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Table 2: Select histomorphometric observations with respect to % porosity and pre-clinical model for implanted AM lattices. Bone-implant contact (BIC), bone area (BA), bone
volume fraction (BV/TV), pull-out force, or push-out force serve as the most common techniques for quantifying osseointegration of lattice geometries.

oy 9Tl TR oo oAby owrves  Faro  PETOREIE Mo o
Leporine 8 wkCPT-S - 26,29 - - - [69]
20.40 12.5 wkTio+R - 1 - - - [95]
Caprine 25.5 wkT64R - 7 - - - [95]
51 wkTie+R - 25 - - - [95]
4 WKTio+R - - - - 2.8 [MPa] [115]
40-50 Leporine 8 wkePT-S - 30 - - - [69]
12 wWKTio4R - - - - 3.6 [MPa] [115]
3 WKCPTR 38 - 24 - - [116]
Leporine 4 WkTio+R - - - - 2.9 [MPa] [115]
50-60 8 WkCPTR 30 - 10 - - [116]
12 wkTie+R - - - - 3.9 [MPa], 4.3 [MPa] [115]
Ovine 12 wk® - - 20, 43 - - [117]
2 WKCPT-RIS - 12, 23, 24, 27 - 33, 38, 68 140, 181, 219, 221 [114]
3 WKCPTR 23 - 18 - - [116]
Leporine 4 WKCPT-R/S - 20, 30, 34, 34 - 126, 127, 147 362, 372, 419, 434 [94,114]
7 wkR/s - 24,33, 37 - - 401, 419, 473 [114]
60-70 8 WKCPTR 31 - 14 115, 131, 157 - [94,116]
2 wkTie+R 0.47 - 5.6 - - [97]
Porcine 4 wkTieR 4.14 - 13.8 - - [97]
8.5 WKTie+R 5.96 - 34.2 - - [97]
Ovine 6 WKCPTR - - 6.9 - - [39]
70-80 Leporine 8 wWkCPTR 35, 37,47 30, 32, 36 - - - [112]
Leporine 8 wWKCPT-R 39,50 28,31 15, 19, 25 - - [70,112]
80-%0 Ovine 6 WkCPT-S ] ] 9.4 ] ] [39]

- Data not available; °°T Commercially-pure titanium; T* Ti-6Al-4V; R Reticulated; ° Stochastic; © Other
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4 Conclusions

As additive manufacturing has become more commonplace in the field of metallic implant
production, it is increasingly important to evaluate the performance of complex geometries in pre-
clinical in vivo models. This review surveyed existing studies to make general conclusions about
the in vivo performance of AM metallic lattice structures based on histological and
histomorphometric data. For lattice structures, geometric considerations such as strut thickness
and unit cell size dictate the resulting pore size and percent porosity of the implant. This review
notes a clear lack in the present literature on systematic evaluation of AM implant designs to
identify an optimum pore architecture and size for osseointegration in critical-sized bone defects.
However, we find that the most common form of porous AM implant studied in vivo tends to have
a reticulated lattice structure, with a pore size ranging from 400-500 pm and percent porosity
ranging between 60-70%. Most of these implants have been made of titanium alloys and are
produced by selective laser melting. There have been few studies to systematically evaluate the
effects of other pore structures, such as stochastic/trabecular architectures, and therefore, we
cannot speculate if any given reticulated structure with this pore structure is best, or simply the
most widely investigated. From the studies evaluated in this review, porosity seems to correlate
strongly to bone maturity (where porosity between 50-70% trended towards larger amounts of
lamellar bone in the pore network), while pore size may be more closely related to the mechanical
stability of the implant (where increased values of BIC, pull-out force, and push-out force were
correlated to pore sizes between 300-500 um). Early onset of woven-to-lamellar transition and
formation of favourable precursory fibrovascular tissue is most common in implants with a pore
size of around 600 um and a porosity of 75%.

Lastly, where many publications modify lattice geometry from a mechanical perspective to lower
implant stiffness, it is our opinion that future work should perhaps shift to developing strategies
for improved integration of high-quality bone tissue throughout the interior of the implant. For
example, in almost all cases reported in this review, complete penetration of bone throughout the
lattice interior was lacking. While this review did not broach the topic of surface modification for
AM due to a lack of publications reporting in vivo performance, considerable literature citing in
vitro methods for modifying implant pore chemistry and topography is available, including acid
etching [70], sandblasting [70], micro-arc oxidation [121], dip coating [122], or other methods
[123]. Surface modification approaches to regulate osteoconduction, which are widely effective
on conventionally cast porous and non-porous metallic implants [124-126], should receive more
attention, especially in a systematic manner to compare their efficacy when applied to the interior
of a porous implant.
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