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ABSTRACT 

Additive manufacturing (AM) has enabled the development of highly porous orthopedic implants by incorporating lattice 
structures that mimic the micro-architecture of natural bone. Lattices can be tuned to replicate bone’s mechanical properties, 
creating implants that preserve the bone environment and allow bone formation within lattice pores. This review examines the 
intersection of bone biology, lattice design, and AM technologies to guide the development of such biomimetic structures. The 
hierarchical structure, mechanical properties, anisotropy, and heterogeneity of bone are identified as critical factors influencing 
bone remodeling, which is regulated by mechanical stimuli and can inform lattice design. Lattice mechanical behavior can be 
tailored through base material, relative density, topology, anisotropy, and size, which in turn affect biological responses, including 
cell function, tissue growth, and vascularization. Among available AM methods, powder bed fusion demonstrates the greatest 
capacity for producing complex geometries with high precision and reproducibility. Post-processing techniques, such as surface 
and thermal treatments and biomimetic coatings, are increasingly recognized as crucial for enhancing mechanical and biological 
performance. Still, current clinical and preclinical applications underscore remaining challenges in improving fatigue life, implant 
stabilization, vascularization, and bioactivity. This review provides a framework for advancing the design and clinical translation 
of lattice-based orthopedic implants. 

 

 

 

 

1 Introduction 

Degenerative diseases like osteoporosis and osteoarthritis are
prevalent health conditions and one of the primary causes of
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disability worldwide. Osteoarthritis currently affects over 7% 

of the global population [ 1 ]. While this is typically attributed
to ageing populations, early-stage osteoarthritis is increasingly 
affecting adults of working age due to joint injuries, obesity, and
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congenital aberrant bone shape [ 2 ]. Musculoskeletal conditions
are associated with long-lasting pain and disability, impacting
people’s ability to work and live an active, healthy life. The most
common treatment constitutes joint arthroplasty, where worn
cartilage and bone sections are replaced by synthetic implants,
with the goal of restoring functionality and improving the quality
of life for affected individuals. 

Traditionally, arthroplasty implants relied heavily on acrylic
cement to stabilize and fix the implant within the bone. This
technique is cost-effective and has satisfactory survivorship [ 3 ].
The drawbacks of cemented implants are extended operation
time, cement fragmentation, and aseptic loosening. The latter is
caused by cement fatigue and requires treatment with revision
surgery [ 4 ]. In other cases, there are concerns about post-
operative cardiovascular complications such as vasodilation and
inflammation of the implant site associated with patients’ bone
quality and age, or excessive use of cement [ 5 ]. 

In recent years, arthroplasty has shifted away from cemented
implants toward cementless alternatives. Bone is a tissue with
high regenerative capacity, manifested as a healing response
after injury and continuous remodeling throughout adult life [ 6 ].
In this context, cementless surgery aims to generate long-term
fixation via osseointegration, whereby bone grows onto and into
the implant for a direct functional attachment to the implant.
Owing to the cement’s absence, intraoperative and short-term
post-operative implant fixation relies on friction, achieved via
a tight press-fit of the implant inside the host bone. Design
features like pegs can improve fixation, and screws can be added
depending on the anatomical site [ 7–9 ]. 

The first generation of cementless implants had roughened
surfaces generated through plasma spraying and grit blasting
[ 10, 11 ] or by the attachment of metallic beads [ 12 ] and fibre
meshes [ 13 ] to provide a surface texture that favors bone attach-
ment and growth, and improved initial fixation by increasing
friction with bone [ 14 ]. These approaches are characterized by
low porosity, where osseointegration is limited to the interface
between bone and implant (bone ongrowth), and in rare cases,
this can lead to failure with large loads [ 15, 16 ]. In addition,
the rough “coating” layer is usually not strongly attached to the
implant surface, and under the effect of repeated loading, it can
delaminate [ 17, 18 ]. 

Orthopedic implants were historically fabricated using machin-
ing, forging, or casting, constituting solid metallic parts made of
titanium or cobalt-chrome alloys that have a modulus of elasticity
orders of magnitude (10 to 100 times) greater than natural bone.
The result is an implant that is typically stiffer than the bone it has
replaced, thus changing the load transfer to bone [ 19 ]. As bone is
a dynamic material that remodels in response to its mechanical
loading (Wolff’s law) [ 20 ], this can lead to regions of bone that are
‘stress-shielded’, resulting in lost bone mass and, in extreme cases,
even periprosthetic fracture [ 21 ]. Aseptic loosening is the leading
cause of failure in cementless surgeries [ 22 ], and periprosthetic
fracture remains one of the most challenging to treat. 

Additive manufacturing (AM) technology has revolutionized
the design of cementless orthopedic implants by enabling the
manufacture of complex porous structures with intricate shapes.
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Made using the same metallic materials, these structures can
be designed to lower stiffness to improve load transfer to bone,
whilst maintaining acceptable implant strength for withstanding 
physiological loads [ 23, 24 ]. Additionally, unlike previous cement-
less surfaces, 3D-printed porous structures exhibit high porosities
with distinguishable pores, allowing cells from the host bone
to migrate and form a new extracellular matrix (ECM) within
these pores [ 16 ]. In this case, osseointegration is referred to as
bone ingrowth, which promises mechanically superior fixation 
owing to the higher surface area at the interface of bone and
implant. 

Cementless surgery relies on the longevity of the bone-implant
interfacial connection and has become increasingly popular for 
treating active and working-aged patients who exhibit higher- 
than-average failure rates with cement fixation [ 25 ]. Still, the
musculoskeletal treatment of active and working-age patients 
remains a great challenge for healthcare worldwide. Despite the
effectiveness of initial surgical procedures, the rate of revision
surgeries for this particular patient group is more than 35% [ 26 ].
These outcomes not only harm patients’ lives but also pose a huge
economic burden on national healthcare systems, as revision 
surgeries require longer hospitalization and higher costs than the
initial surgeries [ 27 ]. 

The success of cementless implants hinges on their ability to pro-
mote active bone remodeling and osseointegration with mature 
bone tissue formation, while providing sufficient mechanical 
endurance to support physiological loading. The emergence of 
additive manufacturing for the development of highly porous
cementless implants holds promise for enhanced osseointegra- 
tion and reduced revision rates, allowing patients to live an active
life after surgery. This underscores the need for material design
and manufacturing that support and accelerate this natural 
healing process. This review seeks to provide a comprehensive
overview of the key requirements for next-generation porous
orthopedic implants, emphasising biomimicry, the interplay 
between lattice micro-architecture and mechanical properties, 
and also addresses manufacturing and post-processing challenges 
inherent to additive manufacturing techniques. 

2 Understanding Bone for Biomimicry 

During joint arthroplasty, surgeons remove the damaged or 
deteriorated cartilage, exposing the underlying bone. The exposed 
bone serves as the foundation for the implant, providing the
necessary support and fixation. Consequently, the longevity and 
success of cementless implants depend on preserving bone health
through bone remodeling as well as the successful osseointegra-
tion. 

Implants with properties designed to control bone mechanobi- 
ology could be particularly useful for: (a) accelerating the rate
of tissue regeneration/bone ingrowth, (b) enabling early inter- 
vention treatments that are likely to be revised in the patient’s
lifetime, or (c) overcoming longer-term challenges such as stress
shielding. Subsequently, the design of biomimetic materials 
seeking to replicate bone’s strain response must be informed by a
refined understanding of bone’s remodeling response, structure, 
and mechanical heterogeneity. 
Advanced Materials Technologies, 2025



 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

2.1 Bone Remodeling and the Mechanical 
Environment 

Bone’s remodeling response and adaptation are closely influ-
enced by the strain ( ε) it experiences. This involves the cross-talk
between bone’s three major cell types: the osteocytes, which sense
mechanical stimulation and convert it to biochemical signals;
osteoclasts, which are instructed by these biochemical signals to
break down old or damaged bone (resorption); and osteoblasts,
which rebuild it (apposition) [ 28 ]. Resorption tends to dominate
at strains below 0.005% (50 με), indicating bone disuse and
reduction in bone density [ 29 ]. A homeostatic equilibrium occurs
at strains between 50 and 1000–1500 με, where the amount of
bone lost during resorption will be replaced with new bone during
apposition with no significant change in bone mass. At higher
strains, bone formation predominates, leading to an increase in
bone mass due to the deposition of lamellar bone and minerals
[ 29, 30 ]. However, when the strain becomes excessive, woven
bone begins to form. Although no definitive threshold for woven
bone formation has been established, different studies suggest
it occurs within the range of 2000 με [ 29 ] to 4000 με [ 30 ], with
deviations that may occur due to load frequency, magnitude, and
local bone apparent modulus. The tensile yield strain of bone
fractures is around 6500 με (0.65%) [ 31 ]. 

By taking into consideration these observations on active bone
remodeling, cementless implants should be designed to harness
bone’s natural mechanoresponse by invoking a localized increase
in strain to maintain or improve the quality of the bone in which
they are placed. A physiological range of bone strain (approx.
50 to 4000 με) exists where bone formation can be controlled
for mechanical gain (Figure 1a ), which can be achieved if the
apparent modulus of the implant matches that of the host bone. 

An additional challenge during osseointegration is the movement
of the implant relative to the bone. Strong osseointegration
can take several months, and during that time, the implant is
dependent on mechanical friction to remain stable inside the
bone. Minimizing implant micromotion is crucial for successful
osseointegration. Appropriate values of micromotion can range
from tenths to hundreds of micrometres depending on loading
time, implant type, and material. The limit of tolerable micromo-
tion has been reported in the range of 15 to 750 µm, averaging 112
µm [ 32 ]. Implants with bone-matching stiffness can yield a more
homogeneous stress distribution with physiological stress values
compared to stiff implants, and while micromotion around low-
stiffness implants may increase, it remains within a range that
enables osseointegration [ 33 ]. 

Bone is a material with high structural hierarchy, leading to
deviations of its apparent modulus depending on anatomical
site, age, sex, nutrition, activity level, and bone health [ 34 ]. In
order to control localized bone strain, it is therefore necessary to
understand the heterogeneity and anisotropy of bone’s apparent
modulus. 

2.2 Bone Hierarchical Structure 

Mature bone demonstrates two distinct types: the cortical (com-
pact) and the cancellous (trabecular). The cortical bone is the
Advanced Materials Technologies, 2025
outer dense layer, with porosity between 3% and 12%, and an
average density of 1.80 g/cm3 . The cancellous bone is the inner
part that distributes joint loads to the cortex and allows for the
transportation of nutrients, minerals, and cells within its pores
[ 35 ]. Its porosity ranges from 50% to 90%, with an average density
of around 0.2 g/cm3 . Both bone types appear as a composite made
up of an organic matrix, primarily consisting of collagen type I,
interspersed with mineral crystals – mainly calcium apatites in 
the form of hydroxyapatite [ 36 ]. 

In cortical bone, multiple lamellae (i.e., mineralized collagen 
sheets) are arranged concentrically around a central canal (the
Haversian canal). This cylindrical unit is known as the osteon
and exhibits a diameter between 200 and 250 µm [ 35 ]. Cortical
bone is formed by osteons arranged in parallel, with distinct
boundaries defined by cement lines. The Haversian canals run
longitudinally through the bone and enclose blood vessels,
nerves, and lymphatic vessels. Additional canals (Volkmann’s 
canals) are oriented transversely to osteons and act as links
between the inner part of bone and larger arteries, veins, nerves,
and lymphatic vessels around it [ 37 ]. The cancellous bone consists
of a network of interconnected rods and plates, called trabeculae,
which are formed by lamellae oriented in parallel, resulting in a
thickness of about 50–300 µm [ 35, 38 ]. The voids formed (pores)
between trabeculae exhibit random shapes and distribution, with 
their size found to range between 300 and 2000 µm [ 39, 40 ] and
are filled with red bone marrow and blood vessels [ 41 ]. 

While cortical bone demonstrates superior mechanical properties 
owing to its high density, the cancellous bone comprises a
highly efficient design that combines high compressive strength
with low weight and stiffness. This has inspired the develop-
ment of synthetic porous structures that mimic the trabecular
network and offer mechanical properties similar to natural 
bone. 

2.3 The Apparent Modulus in Bone 

Major mechanical properties, such as compressive strength and 
the apparent elastic modulus, are proportional to bone density,
which in turn can be inferred from computed tomography (CT)
scans. This allows the estimation of bone mechanical properties
in vivo and non-destructively for use in analysis and implant
design. The difference in porosity between the two bone types,
as well as porosity gradients within the same bone type, results
in a wide range of apparent elastic moduli, spanning 7–30 GPa in
cortical bone and 0.05–5 GPa in trabecular bone [ 34, 42 ]. During
joint arthroplasty, however, the trabecular bone is the one being
primarily exposed and hosts the implant; thus, for biomimicry, an
implant would need to match the stiffness of trabecular bone. 

While it is widely accepted that bone density is linked to strength
and modulus, the exact relationship depends on the anatomic
site. Inter-site differences and intra-site differences for bone 
properties have been reported to vary by up to 65% and 50%,
respectively [ 42 ]. As a representative example, bone of a given
density has a greater apparent modulus in the tibia compared to
vertebral bone and in the femoral neck [ 42 ]. Such results indicate
that there is no universal model or range of values for bone
apparent modulus that can be used when designing implants. It
3 of 34



FIGURE 1 Mechanoregulation and local anisotropy in bone as design cues for orthopedic implants. (A) Relationship between mechanical strain 
and bone mass adaptation. Bone resorption predominates under low mechanical loading (disuse range), while bone formation dominates under high 
loading (overload range). A physiological maintenance zone exists between these extremes, where bone turnover remains balanced. Values based on [ 29, 
30, 73 ]. (B) Spatial distribution of apparent modulus and strain response across the proximal end of a right-sided tibia, showing the medial and lateral 
tibial condyles. Higher apparent modulus and strain response are indicated in yellow, lower in blue. In the anatomical standing position, the medial 
condyle lies toward the midline of the body, and the lateral condyle lies on the outer (lateral) side. The right panel illustrates the principal material 
orientations of trabecular bone, with arrows indicating the axial (proximal–distal) and transverse (medial–lateral and anterior–posterior) directions. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

is therefore useful to focus on a specific region of bone and how
variation in bone mechanical properties can be accounted for. 

The proximal tibia is an example of an anatomical site where
refined knowledge of mechanical properties is of particular
interest. This is motivated by the global use of knee arthroplasty
procedures (millions per annum), which can lead to peripros-
thetic bone loss and aseptic loosening; indeed, loosening of the
tibial component is the primary reason for revision following total
knee arthroplasty (TKA) [ 22 ]. Sources in literature have reported
axial apparent modulus of trabecular bone ranging from 2.5 to
3780 MPa [ 43–49 ] and can yield variations in apparent modulus
prediction of a factor of 15 even within the same anatomical site
of the proximal tibia. Variation between studies may be due to
donor, storage methods, sample extraction, imaging methods, or
testing protocol. 

In addition, relatively few studies have mapped apparent modu-
lus and strength differences in regions across the tibial cancellous
4 of 34
bone. Existing data suggest that the modulus changes across the
proximal tibia, reaching a maximum in the medial condyle; an
intuitive finding given the uneven mediolateral load distribution
in the knee due to the knee adduction moment during gait. Trends
in literature values for peak medial-lateral ratio (averaged over
all depths) have been reported at 1.7 [ 46, 50 ], 1.1 [ 51 ], and 1.4
[ 47 ]. Odgaard et al. observed significant inhomogeneity in axial
strain within trabecular specimens under compression, with the 
intermediate third deforming less than the proximal and distal
ends, indicating local gradients in apparent modulus as observed
elsewhere in the literature [ 52 ]. Similarly, others have found a
decrease in axial apparent modulus moving distally [ 44, 49, 51,
53 ]. Differences have also been quantified between medial and
lateral condyles and subchondral depths. Trends in the literature
suggest that the axial apparent modulus is greater in the medial
condyle than in the lateral condyle and that the axial apparent
modulus is significantly greater than in either of the transverse
directions (Figure 1b ). This is consistent with Wolff’s law and
bone remodeling theory as the knee adduction moment during
Advanced Materials Technologies, 2025



 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

activities such as gait means that medial loading is typically
higher [ 20, 44, 45 ]. 

The proximal tibia exemplifies the intricate spatial and direc-
tional variations in bone mechanical properties. Similar com-
plexities are observed in other load-bearing joints. For instance,
the acetabulum on the hip exhibits significant regional differ-
ences in subchondral bone density, with higher values in the
superior region compared to the inferior, reflecting asymmetrical
joint loading during activities like walking and stair climbing.
Additionally, the trabecular architecture in the acetabulum aligns
with principal stress directions, indicating adaptation to habitual
loading patterns [ 54 ]. In the calcaneus (heel bone), studies have
shown that during walking, the bone bears approximately 50% of
body weight during the heel strike to midstance phases, leading to
regional variations in bone structure. These examples underscore
that variations in bone modulus are not unique to the knee but
are widespread across load-bearing bones, influenced by complex
mechanical stimuli. To accurately replicate these spatially vari-
able properties in implants, it is essential to have precise control
over mechanical behavior across different positions, depths, and
loading directions – a capability achievable through advanced
additive manufacturing techniques [ 55 ]. 

2.4 Prediction of Apparent Modulus 

Measuring the mechanical properties of bone is made difficult
given its mechanical and structural heterogeneity [ 48 ]. With
such complex behavior, it is useful to be able to simply express
mechanical properties as a function of density, accounting for
spatial variation and whether the bone is trabecular or cortical
[ 56 ]. Many authors seek to establish a relationship whereby
density and apparent modulus can be predicted from imaging
methods [ 42 ]. It is well understood that the apparent modulus
E of a porous material is related to its density ρ via a power law
relationship: 

𝐸 = 𝐴𝜌𝐵 (1)

Techniques such as CT scanning can be used to measure density,
as X-ray attenuation is directly related to physical density – denser
regions absorb more X-rays, resulting in higher grayscale values.
These values can be calibrated to estimate local and bulk density
for mechanical property prediction. 

Although the most common method of predicting mechanical
properties is from CT imaging, some studies, such as those by
Johnston et al., Nazemi et al., and Ashman et al., have found
apparent modulus from alternative methods such as indentation
testing, finite element modelling (FEM) combined with neural
networks, or ultrasound testing. In all cases, the range of results
is similar regardless of testing methods, although values from
Nazemi et al. and Ashman et al. were slightly less and greater,
respectively, than those results for prediction from CT imaging
[ 49, 57, 58 ]. 

Recent data have also shown that an improved prediction of
apparent modulus can be made if precise anatomical location
is accounted for: models that account for spatial heterogeneity
Advanced Materials Technologies, 2025
account for 31% more variation in apparent modulus than other
models [ 53 ]. 

It must be noted that there are limitations to using CT imaging
for mechanical property prediction. Factors such as bone collagen
content, gait, and diet affect these properties and are not captured
with CT imaging. Similarly, bone apparent density, trabecular 
volume, apparent modulus, strength, and strain energy are all
affected by medication, which literature models do not capture.
Furthermore, bone’s ability to remodel changes with protein 
content and age, as osteocytes become senescent, which is likely
to further contribute to the variation in properties observed in the
data here [ 59 ]. Finally, clinical CT does not image with sufficient
resolution to capture structural anisotropy or microcracks [ 60 ],
only gross density changes. 

2.5 Considerations on Anisotropy 

Mechanical anisotropy in bone (i.e., exhibiting directionally 
dependent properties) has been associated with the alignment 
of trabeculae with respect to the loading direction (struc-
tural anisotropy). Isotropic materials have equal properties 
in all three principal directions, anisotropic materials have 
different properties in their three principal directions, and 
orthotropic materials are a special case of anisotropic mate-
rials and have properties described by a principal axis and
approximately equal properties in the two transverse directions
(Figure 1b ) [ 61 ]. 

In regard to mechanical properties, most studies have assumed
isotropic properties for bone; however, some studies suggest that
an orthotropic relationship is more suitable. The orthogonal 
properties of the proximal tibia are well characterized [ 49, 51,
53, 62–64 ]. Apparent modulus in the transverse directions is
reported between 51 and 553 MPa with a degree of anisotropy
( Emax , principal / Emin , principal ) ranging from 1.1 to 4.3. However, mod-
ulus variation across the tibial plateau has not been specifically
analysed, despite its potential impact on calculating load distri-
bution, implant design, or surgical planning. Anisotropy has also
been shown to be greater on the medial side than the lateral side
(1.9 compared to 1.4) and also to decrease with subchondral depth
[ 46 ]. 

Quantifying structural anisotropy relies on high-resolution 
micro-CT scans, followed by the calculation of a mathematical
tool known as the fabric tensor. This tensor describes how the
structural elements within a porous material – such as trabeculae
in bone – are oriented in space. It is typically a second-order
symmetric tensor, which captures orientation patterns in three 
dimensions [ 61 ]. The fabric tensor can be calculated using com-
putational methods such as the mean intercept length, volume
orientation distribution, or star volume distribution [ 65 ]. Based
on the directions and alignment of the trabeculae, the tensor
highlights the main structural directions and how much material
is oriented along each one. It can be visualized as an ellipsoid
with three principal axes (derived from fabric eigenvalues) [ 65 ].
The fabric eigenvalues are used for calculating the degree of
anisotropy (ratio of highest to lowest eigenvalues) [ 66 ] while
the shape of the ellipsoid indicates any preferential orientation
of the structure: a more elongated ellipsoid means a highly
5 of 34



FIGURE 2 Examples of lattice structures. Strut-based (A) octet-truss, (B) body-centred cubic, (C) dodecahedron, and (D) stochastic structures. 
Sheet-based (E) Schwartz primitive and (F) Schoen gyroid. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

oriented structure (high degree of anisotropy), while a more
spherical ellipsoid means a more isotropic structure (low degree
of anisotropy) [ 67 ]. 

In the case of the proximal tibia, past works have used µCT scans
to quantify anisotropy through micro-FEM and fabric methods,
with results obtaining an average anisotropy between 1.3 and 2.8
[ 68–71 ], agreeing broadly with results from mechanical testing.
The close alignment of fabric methods and mechanical analyses
has led authors to suggest that anisotropy in the mechanical
properties of bone correlates with micro-CT-derived fabric tensor
data [ 65, 72 ]. 

3 Design Concepts and Mechanical Properties of 
Lattice Structures 

3.1 Biomimetic Designs 

Biomimicry requires control of material properties in porous
structures. The first generation of such synthetic structures was
developed by liquid-state processes (e.g., foaming through gas
injection or casting) and solid-state processes (e.g., powder sin-
tering using space holders or hollow microspheres), generating
foams with open or closed interconnected pores made of metals,
polymers, ceramics, and ceramic-polymer composites [ 74–76 ].
While tuning of the respective process parameters can lead to
controlled porosity and pore size/shape, the above methods result
in randomly distributed pores, which greatly compromise the
mechanical performance and impede reproducibility. Additive
manufacturing arose as a promising alternative allowing more
precise control over structure morphology, scalability, and com-
plexity. In the context of additive manufacturing, these porous
6 of 34
structures are termed lattices and constitute 3D networks of struts
(i.e., beams) or sheets (i.e., plates) and can utilise periodic or
stochastic (randomized) micro-architecture [ 77 ]. 

Periodic lattice structures consist of geometrically defined and 
spatially repeating unit cells. In the case of strut-based lat-
tices, unit cells are typically designed to represent crystal
structures (e.g., the body-centred cubic and face-centred cubic) 
(Figure 2a,b ), or Platonic and Archimedean polyhedra [ 78 ]
(Figure 2c ). In the case of sheet-based lattices, unit cells are
designed based on triply periodic minimal surfaces (TPMS), such
as the Schwartz primitive and Schoen gyroid (Figure 2e,f ), which
are smooth and infinitely repeating surfaces creating a boundary
between solid and void sections of the structure [ 77, 79 ]. 

Stochastic lattice structures can be both strut-based and sheet-
based. Strut-based stochastic structures are typically generated by 
connecting randomly distributed points derived from statistical 
distributions (e.g., Gaussian and Poisson) or the edges of the
Voronoi diagrams [ 80–82 ] (Figure 2d ). Similarly, sheet-based
stochastic structures can be generated by segmenting a 3D volume
into randomly shaped subregions, which are then represented 
with randomly oriented periodic TPMS [ 83 ] or randomly defined
surfaces [ 84 ]. Alternatively, randomized sheet-based structures
can be designed as spinodoid metamaterials, which mimic 
spinodal decomposition and feature smooth, non-intersecting, 
and bi-continuous surfaces that minimize stress concentrations 
and exhibit enhanced resistance to failure due to their lack of
symmetry-dependent weak points [ 85 ]. These structures offer
highly tunable anisotropy, and recent studies have demonstrated
that, by integrating AI-driven design frameworks, they can be
tailored to closely replicate the anisotropic mechanical behavior 
of cancellous bone [ 86 ]. 
Advanced Materials Technologies, 2025



 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

All the above methods enable the creation of pseudo-random
structures: a structure that appears random, but can be repli-
cated with a controllable micro-architecture. This is achieved
by generating random points from seed numbers, which allows
the reproduction of the same lattice at any time. This capability
is a significant advantage over early forms of synthetic foams,
where micro-architecture was inherently less controllable and
reproducible. 

Each lattice type incorporates distinct advantages and disadvan-
tages, making the selection of a lattice highly dependent on the
specific application. Periodic structures offer more predictable
mechanical behavior owing to their regular and repetitive micro-
architecture. They have also been shown to exhibit superior
mechanical properties than stochastic lattices for both strut-based
[ 87 ] and sheet-based [ 83 ] structures. This is often attributed to the
randomness of stochastic structures, which can introduce weak
(less supported) regions inside the specimen [ 88 ]. From a design
point of view, though, stochastic designs benefit the fabrication
of lattice-based parts with irregular or curved geometry. While
stochastic structures can easily represent such geometries by
relying on randomly populated points, periodic structures rely
on computational algorithms to change the size/shape of their
unit cells and conform them to the part’s external surface [ 89,
90 ]. Stochastic structures may also be advantageous for bone
as optimum parameters are not precisely known and will vary
from person to person: the stochastic structure provides, to some
extent, a “spread-bet” of slightly varying properties and pore sizes
within the relevant range. 

Sheet-based lattices are often recognized for their superior
mechanical properties, which are attributed to their smoother
surface transitions leading to lower stress concentrations [ 91–94 ].
The continuous nature of these surfaces leads to more uniform
stress distribution, reducing the likelihood of localized stress
concentrations that can occur in strut-based lattices. In contrast,
the discrete nature of strut-based lattices can result in stress
concentrations at strut junctions, making these structures more
sensitive to local defects and introducing anisotropic behavior.
However, strut-based lattices are generally easier to design and
more straightforward to manufacture, especially in the case of
additive manufacturing. Due to their complex geometries and
large surface areas, sheet-based lattices often require additional
support structures to manage overhanging surfaces and prevent
warping during fabrication. Furthermore, the large surface area
in sheet-based lattices can lead to higher entrapped porosity and
potential defects due to excessive local energy deposition during
additive manufacturing [ 92 ]. 

A comparison of different lattice types is summarized in Table 1 . 

3.2 Mechanical Performance under Quasi-Static 
Loading 

3.2.1 Main Factors for Controlling Mechanical 
Properties 

The mechanical performance of synthetic cellular materials
primarily depends on three factors: the base material, the relative
density, and the topology. 
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The base material dictates the intrinsic mechanical behavior and
properties, such as strength, stiffness, ductility, and toughness.
The ductile or brittle nature of the base material is particularly
critical in determining how a porous structure responds to
mechanical loads [ 88 ]. Ductile materials like polymers and most
metals allow structures to deform plastically under load, with
their struts/sheets undergoing extended bending or buckling. 
In contrast, porous structures made from brittle materials like
ceramics, although exhibiting high stiffness and strength, are 
more prone to catastrophic failure without significant plastic 
deformation due to sudden fracture of their struts/sheets. These
differences are also apparent for the same material type. For
example, commercially pure titanium (CP-Ti) is known to be
more ductile than the alloy Ti-6Al-4V, and so while it has lower
ultimate tensile strength, it is capable of undergoing higher
plastic deformation without fracture [ 95 ]. 

Relative density is defined as the ratio of a structure’s apparent
density ρ to the density ρs of the base material. Gibson and Ashby
[ 96 ] proposed a generalised power-law relationship to correlate
relative density with the edge length L and the strut/sheet
thickness t of a structure’s unit cells: 

𝜌

𝜌𝑠 
∝
(
𝑡 

𝐿 

)2 
(2) 

Although in this model is derived by assuming any porous
structure as a cubic array with unit cell edge L and thickness t ,
it has been shown to predict relative density for both periodic
and stochastic structures with high accuracy. This approximation 
is practical in the case of stochastic structures where a single
pore geometry is difficult to define. However, more detailed
analytical expressions correlating relative density with L and t can
be derived from the unit cell geometry in regular structures [ 97 ]. 

Relative density is inversely related to the size of the pores and
complementary to a structure’s open porosity φ (the aggregate 
volume of voids divided by the structure’s volume) and can be
expressed as: 

𝜌

𝜌𝑠 
= 1 − 𝜑 (3) 

Drawing an analogy to the mechanical properties of bone and
their link to density (Equation ( 1 )), Gibson and Ashby pro-
posed that the two major compressive properties of any porous
structure, the yield strength σy and the elastic modulus E , are
correlated to relative density via power laws: 

𝜎𝑦 ∝

( 

𝜌

𝜌𝑠 

) 𝑛 

(4) 

𝐸 ∝

( 

𝜌

𝜌𝑠 

) 𝑚 

(5) 

where power indices n and m have been found to range between
1 to 3 for the majority of experimental data [ 77 ]. This set of equa-
tions is usually termed the Gibson-Ashby model and has found
wide acceptance across industries for predicting the mechanical 
properties of a designed structure. This is particularly important
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TABLE 1 Comparison of lattice structure types. 

Type Advantages Disadvantages 

Strut-based periodic ∙ Simple to design and analyze 

∙ Predictable mechanical behavior 

∙ Easy to control porosity 

∙ Stress concentrations at nodes 

∙ Pronounced anisotropy 

∙ Less biomimetic morphology 
Strut-based stochastic ∙ Bone-like morphology 

∙ High design flexibility 

∙ More isotropic properties 

∙ Stress concentrations at nodes 

∙ Less predictable mechanical behavior 

∙ Challenging to control local porosity 
Sheet-based periodic ∙ Reduced stress concentrations 

∙ High specific strength 

∙ Well-defined mathematical control 

∙ Sensitive to manufacturing defects 

∙ Limited topological randomness (limits biomimicry) 

Sheet-based stochastic ∙ Reduced stress concentrations 

∙ High specific strength 

∙ Bone-like morphology 

∙ Complex to design and optimize 

∙ Less predictable mechanical behavior 

∙ Challenging to manufacture 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

for orthopedic implants, as the most crucial biomechanical
property is the stiffness of the structure, which should be tuned
to match the stiffness of the bone to be replaced. The values of
power indices in the Gibson-Ashby model are strongly dependent
on topology – meaning the connectivity and spatial arrangement
of struts, and the shape of the unit cell. 

Structures with lower connectivity (i.e., fewer struts meeting at
each node) have been shown to have lower strength and modulus
and higher power indices [ 88 ]. This is explained through the
Maxwell criterion for beam frames. Based on the number of struts
s and nodes j , the Maxwell number M for 3D frames is calculated
as M = s − 3 j + 6. For a high connectivity structure M ≥ 0, struts
experience axial loads (stretch-dominated deformation) and the
structure appears rigid as a statically indeterminate frame. While
for a low connectivity structure M < 0, struts exhibit bend-
dominated deformation and the structure appears compliant as
a pin-joined mechanism [ 88 ] (Figure 3a ). 

The strut micro-deformation modes have been extensively stud-
ied for various periodic unit cell topologies using experimental,
computational, and analytical approaches [ 98, 99 ]. Using analyti-
cal calculations, a nodal connectivity of at least 12 is necessary for
3D periodic structures to be statically indeterminate and stretch-
dominated [ 100 ]. A similar approach is not feasible for stochastic
structures; however, experimental data suggest that increasing
connectivity greatly affects the mechanical behavior of stochastic
structures, which appear stiffer than low-connectivity structures
of the same relative density [ 101 ]. 

A third micro-deformation mode, buckling-dominated, involves
elements that exhibit buckling and a sudden loss of load-
carrying capacity at a critical stress level, leading to a nonlinear
mechanical response. This behavior is not linked to the Maxwell
criterion and connectivity. Rather, it is primarily driven by relative
density and the arrangement of struts. For instance, rigid polymer
and metallic foams fail by buckling when relative density is ≤ 5%
and ≤ 1%, respectively [ 88 ]. This is attributed to the t / L ratio, also
known as the slenderness ratio, which informs the propensity of a
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structural element to buckle, and its threshold value depends on
the base material [ 102 ]. Alternatively, buckling can occur in unit
cell topologies whose structural elements exhibit high alignment 
with the loading direction. For example, this is the case for the
cubic unit cell [ 103 ] when loaded normally, where half of the
struts are parallel to the load and the other half are vertical to the
load. 

3.2.2 Size and Edge Effects 

Size and edge effects refer to the phenomena where the mechan-
ical properties of cellular materials are influenced by their
dimensions and boundaries. Smaller structures may exhibit 
different strength, stiffness, and failure mechanisms compared to 
larger ones due to the influence of increasing surface-to-volume
ratio and the amplified influence of structural defects. Edge
effects arise from the differences in the mechanical environment
experienced by unit cells at or near the boundaries of the material
compared to those in the interior. 

Size and edge effects usually act synergistically in small-sized
specimens, as damaged or free struts at the edges of the small
specimens do not contribute to strength by carrying load while
they increase the apparent cross-sectional area or moment of
inertia of testing specimens [ 110, 111 ]. This coupled effect is
primarily apparent in metallic foams, which tend to exhibit
lower stiffness, compressive strength, and bending strength when 
specimens are critically small. However, macroscopic properties 
eventually converge at constant values when the structure is
formed by a large enough number of unit cells [ 112 ]. Early studies
have demonstrated that convergence occurs when the shortest
edge of the specimen is composed of at least 5–8 unit cells
[ 113, 114 ], and the converged properties are referred to as “bulk”
material properties. 

There are, however, cases where small specimens may exhibit
higher mechanical properties than large specimens. This is often
linked to the brittle nature of the base material and the increasing
Advanced Materials Technologies, 2025



FIGURE 3 Mechanical performance of lattice structures. (A) Typical shape of stress-strain curves for structures experiencing stretch- and 
bend-dominated micro-deformation mode. Photographs showing the macroscopic failure of stretch-dominated (FCC-Z) and bend-dominated (BCC) 
structures. Photographs correspond to strains at the (i) elastic region of the curve, (ii) the initial collapse after yield, (iii) the end of post-yield deformation, 
and (iv) denfication. Bend-dominated structures tend to collapse uniformly, leading to a barrel shape, while stretch-dominated structures tend to collapse 
heterogeneously with the formation of a shear band. Both structures were made of Inconel 625 and designed with cubic 2-mm unit cells. Photographs 
of specimens were reproduced with permission [ 104 ]. Copyright 2018, Elsevier. Parameter map showing typically achievable properties from selected 
literature for additively manufactured lattice structures relevant for bone replacement, from Ghouse et al. [ 80, 105, 106 ], Ahmadi et al. [ 107, 108 ], Zhao 
et al. [ 109 ], and Wauthle et al. [ 95 ]. Showing (B) yield strength ( σy ) and apparent modulus, with approximate values for trabecular bone shown for 
comparison, (C) fatigue strength ( σf ) for 106 cycles and apparent modulus. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

number of structural defects found in larger specimens (Weibull
theory). More defects and imperfections may lead to randomized
fracture of struts at distant regions in larger specimens that
will compromise the strength and stiffness compared to small
specimens, where defects are statistically fewer [ 114 ]. 

International testing standards for measuring lattice properties
(e.g., ISO 13314 and ASTM D1621) assume that the mechanical
behavior of a test coupon accurately represents the performance
of the structure in its intended application [ 115, 116 ]. The stan-
dards require coupons to be adequately large (consisting of at least
10 unit cells across the width to avoid size effects) with an aspect
ratio (height to diameter/width ratio) between 1 and 2. However,
aspect ratios outside this bound have been found to strongly
affect the apparent mechanical properties of a lattice structure,
depending on whether they are bend- or stretch-dominated [ 117 ].
In stretch-dominated lattices, failure often occurs via shear band
formation, preserving much of the structure and resulting in
higher stiffness at aspect ratios greater than 2 [ 118 ]. In con-
trast, bend-dominated lattices tend to fail through layer-by-layer
collapse, which at low aspect ratios (lower than 2) can cause
stress concentrations near the platens, limiting uniform strain
distribution and increasing stiffness [ 119 ]. These observations
Advanced Materials Technologies, 2025
are important to consider when designing implants with bone-
matching properties, as the standardised testing coupons may 
greatly differ in size and geometry from actual implants. 

3.2.3 Anisotropy in Lattice Structures 

Similarly to natural bone, lattice structures can exhibit high
anisotropy in their mechanical properties due to their inherently
directional architecture. In directions where struts are aligned 
with the load, the structure typically shows higher stiffness
and strength compared to directions where the load is applied
transversely to the struts [ 120 ]. In lattice structures, the degree
of anisotropy can be quantified using µCT data by analyzing
the angular distribution of struts, similar to methods used for
characterizing bone trabeculae. Alternatively, anisotropy can be 
assessed directly from computer-aided design (CAD) models by 
calculating the orientation of individual struts or sheets [ 121 ]. 

A representative example from periodic lattices is the highly inter-
connected octet-truss lattice, which has been shown to exhibit
a yield stress ratio (maximum-to-minimum) of approximately 
2 across different loading orientations [ 122 ]. Apart from the
9 of 34



 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

property values, though, orientation has been shown to affect
the failure mechanism in various lattice topologies such as the
cubic and BCC [ 123, 124 ]. Non-equivalent deformation of unit
cells across different directions can lead to structures having
more brittle characteristics, typically associated with stretch-
dominated behavior, contrary to what Maxwell’s criterion would
suggest [ 125 ]. 

These observations have led researchers to manipulate lattice
topologies to enhance structures’ strength and stiffness along
distinct directions. Smith et al. [ 126 ] characterized the mechanical
behavior of the BCC lattice designed with vertical struts con-
nected to the central node of the unit cell (also called BCC-Z
unit cell). In another example, Wang et al. [ 127 ] studied the FCC
lattice designed by rotating its unit cells to induce different failure
mechanisms. 

The aspect ratio of the unit cells is another factor that has been
shown to greatly affect the mechanical properties and deforma-
tion depending on the load direction [ 126, 128 ]. Considering a
Cartesian coordinate system, more elongated unit cells (or pores)
along the Z-axis result in higher compressive strength and higher
elastic modulus along Z than X and Y, and a lower Poisson ratio
in the XZ and YZ planes. 

All the above indicate that anisotropy can significantly impact
lattice mechanical performance. In most cases, uniaxial com-
pression tests are inadequate to fully characterize a lattice’s
behavior in real applications where loading occurs in multiple
directions. Another challenge arises from the positioning of a
lattice onto an implant’s surface, which can exhibit an arbitrary
shape and multi-axial loading when inserted into the body.
More isotropic lattice topologies can then be beneficial to better
predict the mechanical behavior of a structure under multi-axial
loading. In this context, periodic structures exhibit a limitation as
they often concentrate strength along specific directions aligned
with the orientation of their struts. On the contrary, stochastic
structures can be designed with struts with a wide angular dis-
tribution, leading to a more uniform mechanical response in all
directions [ 129 ]. 

3.3 Mechanical Performance under Dynamic 
Loading 

Lattice structures should be designed with an elastic modulus
similar to that of natural bone to enable active bone remodeling.
While yield strength is often a factor in material selection, it is not
the most essential property for lattice structures in bone implants.
Instead, maximizing fatigue strength is critical, as implants
must withstand cyclic loading over extended periods. Therefore,
optimizing lattice material, processing methods, relative density,
and topology is crucial to enhancing fatigue performance and
ensuring long-term implant survivorship. 

3.3.1 The Effect of Base Material and Manufacturing 
Method 

Yield strength, ductility, crystal structure (in the atomic level), the
presence of multiple material phases, the size and orientation of
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grains, and the presence of structural defects are widely known to
affect the fatigue performance of solid materials [ 130 ]. 

Ductile materials generally have superior fatigue life under high
strain amplitudes because of their ability to undergo plastic
deformation before crack propagation. In contrast, brittle mate- 
rials may perform better under low applied strains due to their
high yield strength [ 131 ]. Nevertheless, the sensitivity of brittle
materials to defects limits their extended application in cases
that involve cyclic or multiaxial loading, where durability and
resistance to crack growth are critical. 

Crack propagation can be impeded by inclusions, secondary 
phases, and grain boundaries, making the size and orientation of
grains critical for fatigue strength [ 132 ]. Smaller grain sizes intro-
duce a higher density of boundaries that hinder the movement
of dislocations within the microstructure, thereby improving 
resistance to crack initiation and growth. Ultrafine grains ( < 10
nm), however, will eventually lead to an inverse phenomenon
where grain boundary sliding occurs. Depending on the loading
direction relative to the grain orientation, materials with a
preferred crystallographic orientation (as a result of processing
techniques like forging or additive manufacturing) may exhibit 
a different fatigue response. Grains misaligned with the loading
direction may develop higher resolved shear stresses, leading 
to slipping and promoting early dislocation and crack initiation
as described by Schmid’s law [ 133, 134 ]. Still, grain size stands
out as the most influential microstructural factor for fatigue
performance compared to orientation [ 135 ]. 

The number of phases present in a material determines the type of
microstructure formed, which in turn has a significant impact on
fatigue performance. A key example of this relationship is found
in titanium and its alloys, which are among the most extensively
studied materials due to their widespread use in industries
such as aerospace and orthopedics. Major microstructural types 
include: the equiaxed (typically formed in single-phase materials
or after complete recrystallization), the lamellar (two-phased 
where the phases alternate in a layered arrangement), duplex
(a mixture of equiaxed grains and lamellar colonies), and the
Widmanstätten (two-phased where one phase appears as needle- 
like precipitates, typically formed owing to rapid solidification)
[ 136 ]. The influence of each one in fatigue strength has been
investigated thoroughly for both solid and porous forms of tita-
nium [ 136, 137 ]. As a representative example for lattice structures,
Ghouse et al. [ 105 ] compared the fatigue performance of the
same lattice made of CP-Ti, Ti-6Al-4V, Ta, and Ti-Ta. They
found that Ta and Ti-Ta specimens exhibited the highest fatigue
strength at 106 cycles over fixed relative density or modulus,
which was attributed to better surface quality, higher ductility,
and favorable microstructure. Regarding the microstructure, the 
Ti-Ta was found to exhibit a martensitic α″ + β, which is known to
exhibit higher fatigue resistance and decreased notch sensitivity
compared to CP-Ti’s α phase or Ti-6Al-4V’s acicular α’ + β phase
[ 138 ]. Similarly, by comparing the same lattice made of CP-Ti
and Ti-6Al-4V, Wauthle et al. [ 95 ] found that the ductile CP-Ti
had better fatigue strength in high-cycle loading ( > 105 cycles),
while the brittle Ti-6Al-4V had better performance in low-cycle
( < 105 cycles). These results suggest that a brittle metal with
high yield strength may perform better at low-cycle fatigue. Still,
in the case of high-cycle fatigue applications where stress is
Advanced Materials Technologies, 2025



 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

considerably low, and the yielding effects do not dominate the
behavior, ductile metals are favorable. In addition, as discussed
later, it underlines the importance of applying post-processing
methods such as heat treatment to achieve a more favorable
microstructure. 

3.3.2 The Effect of Relative Density 

In a similar way to quasi-static strength, higher relative density
(i.e., lower porosity) leads to higher (absolute) fatigue strength in
porous materials [ 139 ]. Due to the interaction of fatigue strength
with static strength (Goodman relation), examining the fatigue
strength normalized to static strength or modulus can better iso-
late the true effect of relative density. Hrabe et al. [ 140 ] produced
Ti-6Al-4V structures with the diamond unit cell, constant strut
thickness of ≈ 400 µm, and relative densities ranging from 17% to
40% by varying the pore size (500–1500 µm). After normalising
to yield, the S-N curves showed that structures with higher
relative density had also higher fatigue life. The normalized
fatigue strength at 106 cycles of the lattices ranged from 0.15 to
0.25, while the normalized strength for a solid specimen with the
same Ti microstructure was 0.4. The lower normalized fatigue
strength in lattices compared to bulk AM parts is expected, as
their high surface area-to-volume ratio amplifies the influence of
process-induced defects and stress concentrations, accelerating
crack initiation and thereby compromising fatigue life. Yavari
et al. [ 141 ] produced Ti-6Al-4V structures with the dodecahedron
unit cell and relative densities ranging from 16% to 32% by altering
strut thicknesses (140–250 µm) and pore sizes (500–600 µm). As
expected, both the absolute and the yield-normalized S-N curves
were more elevated for higher relative density, indicating higher
fatigue life. 

3.3.3 The Effect of Topology 

Different topologies have also been found to affect fatigue life and
strength of lattice materials (Figure 3c ). Zhao et al. [ 142 ] compared
the fatigue behavior of Ti-6Al-4V lattices made with similar
relative density, but different unit cells: the buckling-dominated
cubic, the bend-dominated G7, and rhombic dodecahedron.
Results suggested that the buckling-dominated cubic lattice
exhibited a lower rate of cyclic ratcheting and increased fatigue
strength (normalised to static plateau stress) than the bending-
dominated lattices. This f inding was attributed to different
internal stresses developed in each case, which are entirely
compressive during buckling-dominated deformation and a mix
of compressive and tensile during bending-dominated, making
the latter more prone to fatigue crack propagation. In line with
these results, Peng et al. [ 143 ] compared lattices of different
unit cells (cubic, BCC, FCC) and relative densities using a
computational model and found that the cubic lattice had the
highest fatigue strength – both absolute and normalized – while
the BCC lattice had the lowest. 

Zhao et al. assessed CP-Ti lattices with different unit cells
(tetrahedron and octahedron) and pore sizes (500 and 1000 µm),
with the high-connectivity octahedron lattices found to exhibit
greater fatigue strength than their tetrahedron counterparts at
the same pore size [ 109 ]. A similar trend was observed in
Advanced Materials Technologies, 2025
[ 101 ], where stochastic lattices with varying connectivities were
compared in terms of fatigue life. It was found that increasing
strut connectivity, while maintaining a fixed relative density, 
improved fatigue strength by up to 60%. 

In an extensive study, Ahmadi et al. [ 144 ] compared lattices
built with different materials (CoCr, Ta, Ti64, and CP-Ti), unit
cells (truncated cuboctahedron, rhombic dodecahedron, and dia- 
mond), and relative densities (ranging from 0.21 to 0.42). When
isolating the effect of material, CoCr had the highest normalized
fatigue strength, followed by CP-Ti, Ta, and Ti-6Al-4V. However,
each material was found to have different sensitivity when
altering the unit cell and relative density. Namely, normalized
S-N curves for different relative densities of CoCr specimens
had no significant difference when made from the diamond unit
cell, while showing significant differences when made from the
truncated cuboctahedron and the rhombic dodecahedron unit 
cells. The sensitivity in relative density and topology was lower
for the other materials. This was attributed to the post-yielding
hardening of bulk CoCr, which results in normalized fatigue
strength higher than 1, with the authors concluding that “as
the relative density increases, the fatigue response of porous CoCr
structure becomes more similar to the bulk CoCr material and
topology contributes less to the fatigue response”. 

Another example of topology investigation comes from Speirs 
et al. [ 145 ] who compared NiTi lattices with the octahedron unit
cell and the TMPS gyroid in a cellular and a sheet configuration.
All specimens failed with a diagonal shear band formation, but
the absolute and normalized fatigue life of sheet and cellular
gyroid were significantly higher than the octahedron. The supe-
riority of sheet-based compared to strut-based lattices was also
shown in [ 146 ], where the sheet-based gyroid was compared to
the strut-based FBCCZ (combination of BCC and FCC-Z). Both
types exhibited the same relative density and were tested under
cyclic tension-compression loading. The study found that the 
gyroid lattice demonstrated better fatigue life with S-N curves
approximating the ones of the solid base material (steel 316L).
Both studies concluded that the better cyclic performance of
gyroid lattices originates from the lower stress concentration 
in the nodes compared to the strut-based lattices they were
compared to. 

4 Lattice Structures as Scaffolds for Bone 
Regeneration 

When employed in orthopedic implants, lattice structures should
combine material properties and topological characteristics that 
not only provide beneficial mechanical properties but also induce
favorable biological function on the tissue and cells that host the
implant. 

4.1 Material Selection 

The material an implant is made from determines its mechan-
ical properties and biocompatibility. Properties such as elastic 
modulus, yield strength, fatigue strength, corrosion, and wear 
resistance not only define the implant’s mechanical performance 
but also its compliance with the environment where it is placed.
11 of 34



 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

From a biological perspective, the base material must be bio-
compatible for the organism, meaning it does not cause harm or
provoke an immune response [ 15 ]. 

Metals are the most widely used materials for orthopedic implants
and devices owing to their excellent manufacturability and
favorable mechanical properties. 

Titanium and its alloys are historically the most commonly used
materials for AM porous structures due to their biocompatibility,
high specific strength, low elastic modulus, and good corrosion
resistance. Titanium-based implants demonstrate sufficient cell
adhesion, cell proliferation, and bone in-growth [ 147 ]. CP-Ti is
advantageous due to its ductile nature (for press-fit applications),
absence of toxic alloying elements [ 148, 149 ], while as a single-
phase metal, CP-Ti demonstrates higher electrochemical corro-
sion resistance compared to alloys [ 150 ]. However, Ti alloys –with
Ti-6Al-4V being the most prominent – remain the most widely
used in the orthopedic industry due to their well-established
manufacturability (e.g., extended use in welding), ample supply
of AM powder, high specific strength, as well as heat treatment
compatibility due to the additional β-phase. Proper control of
the alloy microstructure and heat treatment can improve their
ductility while maintaining high strength [ 106, 151 ]. CP-Ti and
Ti-6Al-4V show similar osseointegration potential; thus, CP-Ti
is typically preferred for dental implants due to its superior
corrosion resistance, while Ti-6Al-4V is chosen for orthopedic
implants for its higher load-bearing capacity [ 152 ]. 

Besides titanium and its alloys, cobalt–chromium–molybdenum
(CoCrMo) alloys, stainless steel, and tantalum are widely used
in orthopedics due to their distinct mechanical and biological
properties. Cobalt-chromium alloys are commonly utilised in
joint replacements owing to their excellent wear resistance and
strength. Stainless steel (particularly 316L) is often employed
in temporary implants like fracture fixation devices because it
offers good corrosion resistance and low cost. However, its use
in joint arthroplasty has diminished over time because it is less
biocompatible and corrosion-resistant than modern alternatives
[ 153 ]. Tantalum is known for being highly biocompatible, ductile,
and corrosion-resistant owing to its ability to form a dense oxide
layer, making it a desirable choice in porous implants for bone
ingrowth, particularly in spinal fusion and acetabular cups [ 154 ].

These metallic materials undergo negligible corrosion and hence
will remain permanently installed in the body unless removed
due to infection or implant failure. In this regard, magnesium
and zinc alloys have recently attracted significant scientific
interest as they are biodegradable and can gradually degrade
inside the body, eliminating the need for secondary removal
surgeries. Both materials offer excellent biocompatibility and
low stiffness, promoting bone regeneration during degradation.
Common applications include fixation devices for fracture treat-
ment, such as plates, rods, and screws, currently applied for
adult patients but with the potential to expand to pediatric
patients to avoid disruption of bone growth [ 155 ]. Moreover,
recent advancements in additive manufacturing have enabled
the development of zinc/magnesium-based lattice structures [ 156,
157 ], which can now be integrated into medical devices such as
screws [ 158 ] or act as defect-filling scaffolds [ 159 ] for deeper bone
ingrowth and vascularization prior to biodegradation. Control of
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the degradation behavior, so that the implant retains sufficient
structural integrity for the duration of healing, is one of the main
barriers to the wide adoption of such technology. 

Even the most well-established metals in orthopedics have limi-
tations. Released metal ions or particles due to corrosion or wear
of alloyed materials –mainly cobalt from CoCr alloys, nickel from
stainless steels, and vanadium from Ti alloys [ 160 ] – can lead to
perilous conditions such as allergic or inflammatory reactions, 
blood poisoning (metallosis), cytotoxicity, carcinogenesis, and 
genotoxicity [ 147, 161 ]. Up to 12% of patients may have some
degree of metal sensitivity, with data suggesting that women may
be more affected than men [ 162, 163 ]. Even pure metals, such as
CP-Ti and Ta, can in certain cases be toxic [ 148 ]. However, these
materials typically form dense oxide films in contact with air,
which are bioinert and in most applications protect the implants
from corrosion [ 15 ]. 

In the case of patients with metal sensitivity or severe allergic
reactions due to metallic debris release (owing to metal-on-metal
contact), revision surgery is performed to replace the metallic
components with ceramic-based implants [ 164, 165 ]. Although
these materials are highly biocompatible, “hypoallergenic” and 
offer load-bearing capacity, their brittle nature still hinders their
extended use in joint arthroplasty due to sensitivity to multi-axial
cyclic loading. 

4.2 The Influence of Lattice Micro-Architecture 

From a biological perspective, scaffolds should have intercon- 
nected open pores with size and shape that favor bone tissue
formation and maturation for superior implant-to-bone fixation. 
Small pores increase the scaffold’s surface area-to-volume benefit 
initially cellular adhesion and later cell communication toward 
rapid differentiation, tissue formation, and mineralization [ 166, 
167 ]. Large pores, on the other hand, result in high fluid
permeability allowing deep cell migration, oxygen and nutrient
transportation, aiding tissue in-growth and vascularization in 
large-sized implants [ 168, 169 ]. Pore sizes between 300 µm and
1200 µm satisfy these criteria while avoiding phenomena such as
early pore occlusion due to very small pores [ 166 ] or poor tissue
formation and mineralization due to very large pores [ 170 ]. A pore
size should not be smaller than 100 µm, otherwise, it cannot allow
the penetration of thick mineralized tissue other than thin fibrous
tissue, and very small pores are of comparable size to cells (10s
µm) and hence hinder cell migration [ 171 ]. 

Lattice topologies where struts form acute angles (i.e., triangu-
lated pores) have been found to accelerate cell differentiation
compared to topologies with obtuse-angled or circular-shaped 
pores [ 166, 172, 173 ]. While studies in channels of different shapes
report that small radius of curvature and the presence of concav-
ities greatly accelerate tissue growth [ 174, 175 ]. This is typically
attributed to the curvature-driven tissue formation, where tissue
preferably grows in concave regions of 3D environments like
pore corners [ 174 ]. The corners, where struts or sheets meet, are
areas of maximum curvature where stresses concentrate. Cells 
and tissue in these regions experience increased surface tension
due to the high curvature; new ECM is formed to bridge the
corners and increase the radius of curvature [ 176 ]. Cells lying
Advanced Materials Technologies, 2025



 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

along the strut length where the curvature is zero are stimulated
when their neighbourhood becomes curved due to tissue growing
outward from the corners, as more cells sense and bind to the
ECM the pores are progressively occluded [ 177 ]. Cell proliferation
and differentiation are driven by local forces that cells sense from
substrate geometry, while smaller pores typically accelerate the
rate of tissue formation [ 178, 179 ]. Thus, scaffold design has always
focused on tuning pore size and geometry to provide physical cues
for beneficial cell motility and communication [ 180, 181 ]. 

Stochastic structures more closely resemble the random micro-
architecture of trabecular bone and have been shown to promote
cellular behavior more effectively than periodic lattices of similar
pore size or surface area [ 81, 167, 182 ]. Nevertheless, limited data
exist on how the topological characteristics of stochastic lattices
influence osteogenesis, and most studies have primarily focused
on pore size [ 182, 183 ]. In such heterogeneous structures, however,
pore size typically varies more than in periodic structures, which
exhibit a more confined distribution. Therefore, pore size alone
may not be sufficient to control cellular behavior in stochastic
designs. Most stochastic lattices are designed with an average
strut connectivity close to 4, aligning with that of natural
trabecular bone (3 to 5 trabeculae per node) [ 184 ]. An in vitro
study on the effect of topology in stochastic lattices demonstrated
that structures with higher strut connectivity promote tissue
formation, mineralization, and osteogenic differentiation. This
was attributed to the presence of multiple concavities around
the nodes and an increased surface area, which facilitates cell
communication [ 129 ]. These findings suggest that topological
modification in stochastic architectures can regulate cell fate, in
analogy to periodic structures. 

These conclusions are largely based on in vitro experiments in
which researchers evaluate cell activities (adhesion, proliferation,
and differentiation) through protein expression profiles and
mineral deposition over periods of a few weeks. In vivo pre-
clinical models, however, provide a more reliable indication of
an implant’s performance. Several studies have compared AM
lattice-based scaffolds with varying porosities, pore sizes, strut
thicknesses, and topologies for their ability to promote healing
of bone defects of different sizes (representative examples are
summarized in Table 2 ). Most studies rely on micro-CT scanning
to quantify total bone ingrowth (i.e., the ratio of newly formed
bone volume to the total defect volume) or on mechanical
pull-out tests to assess the strength of the bone–implant interface.

Across a wide range of scaffold designs, a pore size of approxi-
mately 500–600 µm appears to favour osseointegration regardless
of topology. Thinner struts generally promote greater bone
ingrowth for a given pore size and topology. However, both in vivo
and ex vivo studies [ 185, 186 ] indicate that these differences are
modest; therefore, strut thickness should be optimized primarily
for manufacturability and mechanical performance. 

A major limitation of most pre-clinical investigations is the lack
of detailed assessment of the quality and maturation state of the
bone matrix formed within the porous structures. Distinguishing
between early woven bone and more mature lamellar bone,
tracking the progression of mineral deposition, and character-
izing the matrix at the bone–implant interface require more
comprehensive analyses. Complementary histological techniques
Advanced Materials Technologies, 2025
and fluorochrome labelling approaches should be integrated into 
future studies to address these gaps [ 187, 188 ] and to enable a more
rigorous correlation between osseointegration, scaffold design 
parameters (e.g., porosity, pore size, topology), and the overall size
of the implant or defect. 

5 Additive Manufacturing of Lattice Structures 

5.1 Overview of AM Methods 

Additive manufacturing has enabled the fabrication of implants
with precise dimensions, complex geometries, and great repro-
ducibility, at a cost that is competitive and reducing [ 193 ]. For
many applications, the final product can be produced with fewer
intermediate stages, reduced shipping costs, minimum human 
intervention, and in less time compared to conventional meth-
ods [ 194 ]. However, there are disadvantages too: machines are
expensive, and a relatively poor surface finish can compromise
mechanical performance and dimensional accuracy. Thus, some 
degree of post-processing (section 6 ), whether mechanical, laser-
based or chemical post-processing, is usually required, increasing 
manufacturing cost [ 195 ]. 

According to international standards ISO 17296-2 and ASTM 

52900 [ 196, 197 ], AM processes are formally classified into seven
categories (Figure 4 ): Directed Energy Deposition (DED), Vat
Photopolymerization (VPP), Material Jetting (MJT), Binder Jet- 
ting (BJT), Material Extrusion (MEX), Powder Bed Fusion (PBF),
Sheet Lamination (SL). These classifications encompass the 
breadth of available feedstocks – including polymers, photopoly- 
mers, polymer–ceramic composites, ceramics, and metals – and 
reflect substantial variation in processing principles, achievable 
resolution, and material compatibility. A comparative summary 
of these processes, including typical materials, manufacturing 
resolution, and the principal advantages and limitations, is 
provided in Table 3 . 

Powder bed fusion (PBF) remains the most widely adopted
AM class in industrial applications, largely due to its high
dimensional precision (10s of µm) and its versatile material
selection, which are particularly relevant to orthopedics (e.g., 
titanium, stainless steel, cobalt-chrome alloys). PBF processes 
employ a concentrated energy source (laser or electron beam)
to selectively fuse regions of a powder bed. The extent of fusion
depends on the material system: metallic powders are generally
fully melted to create dense components, whereas polymeric and
ceramic feedstocks are often partially melted or sintered. This
functional distinction has led to widely used commercial sub-
terminology: Selective Laser Melting (SLM) for metals, Selective 
Laser Sintering (SLS) for polymer or ceramic sintering, and
Electron Beam Melting (EBM), where an electron beam is applied
predominantly for metals. 

5.2 A Deeper Look at Powder Bed Fusion 

Powder bed fusion has emerged as the predominant additive
manufacturing method currently used in the orthopedic industry,
particularly due to its successful adaptation to key engineering
materials such as titanium and its alloys. Its high resolution,
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FIGURE 4 Schematic diagrams of several types of additive manufacturing, showing (A) directed energy deposition, (B) vat photo-polymerisation, 
(C) material jetting, (D) binder jetting, (E) material extrusion, and (F) powder bed fusion. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

design flexibility, and ability to produce complex porous geome-
tries make it especially suitable for creating lattice structures
tailored for cementless joint replacement implants. As the field
advances, increasing attention has been devoted to optimizing
process parameters to ensure dimensional accuracy and elimi-
nate the generation of defects that can compromise mechanical
performance. 

5.2.1 Process Limitations 

While highly accurate compared to other additive manufacturing
methods, powder bed fusion is known to lead to defects affecting
the quality and performance of the final products. Major defects
include: 

▪ Internal porosity (Figure 5a ), often caused by insufficient laser
energy leading to incomplete melting of powder particles,
or conversely, very high laser energy leading to melt pool
turbulence and spatter, leading to entrapped gas (keyhole
pores) or lack-of-fusion pores [ 201 ]. 

▪ Incomplete fusion, where an inadequate energy input or
improper scanning strategy results in partially melted regions,
compromising the mechanical integrity [ 202 ]. 
Advanced Materials Technologies, 2025
▪ Surface roughness (Figure 5b ), manifested as semi-sintered
particles due to overheating or even splashing of molten
powder, stair-stepping (i.e., visible ridges formed on the edges
of 3D objects due to the layer-by-layer printing process’s
inability to accurately represent sloped or curved geometries), 
and waviness (due to overlapping melt-pools generated by the
laser when binding the powder) [ 203 ]. 

▪ Residual stresses and warping, usually a product of thermal
gradients and rapid solidification, where the differential 
thermal contraction induces tensile and compressive internal 
stresses that can cause cracks or part distortion [ 204, 205 ]. 

Computational models incorporating micro-CT data of AM lat- 
tice coupons have demonstrated that defects such as waviness and
strut/sheet thickness deviations can substantially influence the 
effective mechanical properties and overall macroscopic defor- 
mation response of both strut-based [ 206 ] and sheet-based [ 207 ]
structures. These findings highlight the importance of under- 
standing the source of manufacturing defects and developing 
predictive models that explicitly account for the probability and
spatial distribution of defect occurrence, enabling more accurate 
assessments of mechanical performance at the design stage. 

These defects arise from diverse factors like the energy density
and melt-pool dynamics (i.e., size, shape, temperature gradient, 
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FIGURE 5 Major defects and limitations in powder bed fusion. (A) Example of entrapped porosity in a periodic lattice structure fabricated using 
SLM and AlSi10 Mg powder. Micro-CT scanning enabled the visualisation of enclosed pores throughout the lattice structure (macroscopic view) as well 
as at individual unit cells (microscopic view). Red marks indicate pores. Reproduced with permission [ 208 ]. Copyright 2018, Elsevier. (B) Typical forms of 
surface roughness in a stochastic lattice structure made using SLM and CP-Ti powder. Yellow circles indicate waviness on the upper surface of the struts 
due to consecutive layer build or dross formed by accumulated semi-sintered particles at the downward-facing surfaces due to overheating. Reproduced 
with permission according to CC BY 4.0 [ 129 ]. Copyright 2023, Frontiers Media. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

mass flow, and stability), the layer thickness, the adequacy of
supports, powder particle size, and material properties. Among
these, energy density and melt-pool dynamics are closely linked
to laser parameters such as power, scanning speed, and laser pulse
duration. Extensive research on laser parameter optimization
has significantly reduced traditional defects like porosity and
incomplete fusion in widely used materials such as Ti-6Al-4V and
316L stainless steel. 

Particularly in metals, the resulting microstructure and mechan-
ical anisotropy remain persistent challenges during powder bed
fusion. The rapid heating and cooling cycles (cooling rate ≈ 106 
K/s) lead to thermal gradients and non-equilibrium solidification
[ 209 ]. The resulting microstructure depends on the thermal
gradient and solidification rate and can be planar, cellular, and
dendritic [ 210 ]. In powder bed fusion, the thermal gradient
is ≈ 107 K/m, and the solidification rate is ≈ 0.1 m/s, which,
together with the high scanning speed, form an elongated but
shallow melt pool. Guided by the shape of the melt pool, the
solidified microstructure displays a fine columnar grain structure
that aligns with the build direction (Z-axis) [ 211 ]. Eventually,
this results in anisotropic properties, where the mechanical
strength and ductility vary depending on the orientation relative
to the build direction. Generally, AM (solid) parts that are built
horizontally tend to have higher tensile/compressive strength
under quasi-static and fatigue loading compared to vertically
orientated parts [ 212 ]. 

The combined effects of structural defects and anisotropy are
particularly evident in lattice structures. Their high surface area-
to-volume ratio leads to greater defect accumulation than in bulk
parts. The mechanical properties of lattice structural elements
(i.e., struts) often show trends that contradict those observed
in bulk AM parts. Vertically built struts typically exhibit higher
strength and elastic modulus, but lower ductility compared to
horizontal struts for a variety of materials such as CP-Ti [ 213 ],
Ti-6Al-4V [ 214 ], steel 316L [ 215 ], and Al-Si-10Mg [ 216 ]. This
contradiction between the behavior of fine struts and bulk parts
Advanced Materials Technologies, 2025
can be explained by the amplified influence of defects generated
in low-angled struts. 

Vertical struts are built on top of solidified areas from previous
layers, which provide heat-conductive routes. On the contrary, 
low-angled struts are built partially on solid and powder regions,
resulting in slower heat dissipation [ 80 ]. This slower cooling
leads to overheating in the vicinity of low-angled struts, causing
high surface roughness in the form of semi-sintered particles
and dross at downward-facing surfaces of overhanging struts
[ 217, 218 ]. Additionally, low-angled struts are more prone to the
stair-stepping effect, which can result in poor overlap between
consecutive melt-pools and imperfect layer bonding, compro- 
mising mechanical strength. Last, vertical struts, being directly 
aligned with the build direction, may experience more uniform
cooling, leading to finer microstructures [ 219 ]. Finer grains or
more uniform microstructures can increase strength but reduce 
ductility, making the material more brittle. Overall, the sensitivity
of AM struts to defects is also associated with their inferior
strength and elastic modulus compared to their respective base
(wrought) material, as seen in cases of Ti-6Al-4V and 316L [ 215,
220 ]. 

Last, a major drawback in reproducibility in powder bed fusion
systems concerns powder feedstock. Reusing powder for new 

builds is a common practice. However, it can greatly compromise
the dimensional accuracy and the mechanical performance of 
AM parts. Reused powder exhibits roughened particle surface, 
aggregations where small (satellite) particles bind to larger ones,
and often chemical contamination (impurities and oxidation) 
[ 221 ]. These issues can reduce powder flowability and chemical
purity, ultimately leading to higher surface roughness and infe-
rior mechanical properties when AM parts are made using reused
powder compared to those made using virgin powder. The effect
of powder reuse has also been seen in lattice structures, where
lower static/fatigue strength and elastic modulus were recorded 
for increasing powder reusing cycles, in cases of tantalum [ 222 ]
and CP-Ti [ 223 ]. 
17 of 34



 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

5.2.2 Comparison of Powder Bed Fusion Systems 

Key differences are found between the two types of metal powder
bed fusion systems: SLM and EBM. SLM generally offers higher
resolution and finer detail due to the laser’s smaller spot size (10
vs. 100 s µm) [ 224 ]. However, the high energy density of the laser
greatly increases the surface roughness of SLM parts compared
to EBM parts. By evaluating the surface quality of commercially
available acetabular cups, Nicum et al. found ≈ 8 times more semi-
sintered particles/mm2 on implants built using SLM compared to
EBM, however, the exact combination of process parameters used
was not provided in the study [ 225 ]. Another major challenge
in powder bed fusion is the need for a controlled environment
that will minimise the introduction of impurities in the fabricated
parts. During SLM, the build chamber is filled with an inert gas,
such as argon or nitrogen, which prevents the powder bed from
chemically reacting (e.g., oxidation) with the environment. On
the contrary, EBM operates in a vacuum and involves a preheating
step that reduces thermal gradients and the material solidification
rate compared to SLM. This generally results in lower residual
stresses and fewer defects like warping. 

The high differences in cooling rates (typically 104 –106 K/s in
SLM and 103 –105 K/s in EBM) also result in SLM parts exhibiting
finer microstructures, which can have contradictory performance
under quasi-static or cyclic loading [ 226 ]. In a study by Rafi
et al. [ 227 ], solid Ti-6Al-4V specimens were fabricated through
SLM and EBM, and the SLM parts exhibited a martensitic
microstructure, resulting in 30% higher tensile strength but 50%
less ductility than the EBM parts with lamellar grain morphology.
Another example is found in the study of Liu et al. [ 228 ], where
the same lattice structure was found to have ×10 times more
entrapped pores when fabricated using SLM than using EBM.
This had a limited effect on quasi-static and high-cycle fatigue
strength (low-stress levels), but greatly reduced low-cycle fatigue
life (high-stress levels). 

Overall, each method exhibits advantages and disadvantages, and
choosing between them is primarily a matter of the material
being used and design requirements. For example, EBM allows
the processing of very brittle metals that would be prone to
cracks due to the fast solidification of SLM. At the same time,
it poses a limitation on material selection, as not all metals
can withstand the vacuum due to sublimation and degrada-
tion, especially when containing constituents such as Zn, Mg,
and Pb [ 226 ]. 

5.2.3 Process Control in Laser Powder Bed Fusion 

Like most AM processes, PBF begins with the creation of a digital
3D model using a CAD software. The 3D model is then sliced into
horizontal layers, producing 2D imprints (i.e., the contour) based
on part’s height (in respect to the building bed) and layer thickess.
Building occurs along the Z-axis, while the slicing software allows
the positioning of the part in the X-Y plane, the generation of
support structures for overhangs, and the assignment of process
parameters. During laser PBF, a firing laser typically hatches the
contour of each layer to produce the final 3D part (Figure 6a ). The
key parameters employed during laser powder bed fusion include
the following (Figure 6b ): 
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▪ Laser power (10s to 100s W), 

▪ Layer thickness (10s of µm), 

▪ Hatching spacing (10s of µm), 

▪ Distance between consecutive exposure points (10s of µm), 

▪ Exposure time of laser (10s to 100s of µs). 

Analytical expressions for the energy transmitted to the powder
bed are typically used to select process parameters for balanc-
ing printing outcome and productivity. The volumetric energy 
density [J/mm3 ] is the most widespread physical entity used in
powder bed fusion: 

𝐸𝐷 = 𝑃 

𝑣 ⋅ ℎ ⋅ 𝑙 
(6) 

The expression combines laser power P , scan speed v (from one
to thousands of mm/s), hatch spacing h and layer thickness l . In
case of a continuous laser beam, the scan speed is a fixed value,
while for a pulsed laser, it can be assumed equal to: 

𝑣 = 𝛿𝑝 ∕𝛿𝑡 (7) 

where, δp being firing point distance and δt being the laser
exposure time. 

A limitation of this expression is that it provides a magnitude
of energy used without incorporating material-specific informa- 
tion. However, material properties like thermal conductivity and 
coefficient of thermal expansion affect the precision, surface 
finish, and potential for defects like warping. Thus, a more
accurate physical model should correlate process parameters 
and material properties to provide insights into the printing
process. 

An alternative expression defines specific enthalpy delivered to 
the powder bed ∆H [J/kg] [ 80, 229 ] which incorporates laser
power P , laser spot diameter Φ (10s of µm), scan speed v , as well
as powder material properties (density ρ, absorptivity A , thermal
diffusivity D ): 

Δ𝐻 = 𝐴 ⋅ 𝑃 

𝜌
√
𝜋𝐷𝑣Φ3 

(8) 

This expression on the other hand does not include the layer
thickness and hatch spacing, meaning that individual models 
should be used for different values of the above parameters.
Still, it has been shown that melt pool size – which depends
on material, power, scanning speed, layer thickness and hatch
spacing collectively – affects the internal porosity due to lack of
fusion [ 230, 231 ]. In this regard, optimizing the powder bed fusion
process while keeping layer thickness and hatch spacing fixed
appears the most efficient approach. This makes the selection
of an appropriate combination of power and scanning speed a
central aim for successful printing with low surface roughness
and entrapped porosity, parameters which are known to critically
affect the mechanical performance of an AM part, particularly
the high-cycle fatigue strength [ 232 ]. As a general rule, combining
high power with low scanning speed leads to increased enthalpy
and a large melt pool that, in extreme values, will cause melt
Advanced Materials Technologies, 2025



FIGURE 6 Overview of key aspects influencing part quality in powder bed fusion. (A) Representative scanning strategies for contour filling per 
layer, illustrating common path planning approaches. (B) Schematic of major process parameters. (C) Process map of laser power versus scanning speed, 
highlighting regions associated with key defects (e.g., lack of fusion, balling, enclosed porosity), with a central “operating window” indicating optimal 
process stability. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

pool turbulence, powder evaporation and denudation zones. On
the other hand, low power and high scanning speed lead to
lower enthalpy and smaller melt pool, generating insufficient
heat for complete melting and poor overlap between consecutive
melt pools. A moderate range of power and scanning speed will
enable sufficient melting and a stable melt pool for creating parts
with minimal internal porosity and surface defects. This range
of optimal parameters can be termed as “operating window”
(Figure 6c ), with the exact values being dependent on the specific
AM system and powder material [ 229, 233–235 ]. 

While these trends were initially observed in bulk AM parts,
similar behaviors have been identified in lattice structures. High
laser power enables the fabrication of large strut thickness but
often introduces a higher percentage of entrapped pores [ 80, 236 ].
Increasing laser scanning speed will generally lead to a smaller
strut thickness. Interestingly, however, intermediate speeds (4000
mm/s) were found to exhibit higher internal porosity compared
to low (1000 mm/s) or high (7000 mm/s) speeds [ 236 ]. Hence, a
combination of low power and low speed, in conjunction with
selected layer thickness and hatch spacing, should produce fine
struts with minimal porosity and sufficient melt-pool overlap to
ensure structural integrity. 
Advanced Materials Technologies, 2025
5.2.4 Recent Advancements in Powder Bed Fusion 

Systems 

The fabrication of complex structures using established materials
such as Ti-6Al-4V, 316L, and Al-Si-10Mg is now well documented
and understood. Current research efforts aim at introducing 
new materials for lattice-based implants, such as magnesium 

alloys with tailored degradation rates [ 237 ], and multi-material
additive manufacturing that enables spatially varied mechanical 
and biological properties [ 238, 239 ]. 

Despite significant progress, challenges such as anisotropic 
mechanical behavior and residual stresses persist. To address
these issues and enhance industrial scalability, recent advance- 
ments include adaptive layer thickness for reduced surface 
roughness [ 240 ], multi-laser and beam-shaping technologies for
increased productivity and uniform melting [ 241 ], real-time in
situ monitoring combined with AI-driven adaptive control for 
defect mitigation and quality assurance [ 242, 243 ], and digi-
tal twin frameworks for process simulation and optimization 
[ 244 ]. Together, these innovations are transforming PBF from
a prototyping tool into a robust, regulated production route for
orthopaedic implants. 
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6 Post-Processing Methods for AM Lattice 
Structures 

6.1 Post-Processing for Mechanical Performance 

Defects such as semi-sintered particles, residual stresses, inter-
nal porosity, and microstructural heterogeneity are particularly
harmful to fatigue strength as they can lead to stress concen-
trations and become crack initiation sites during cyclic loading
[ 140, 245 ]. Post-processing treatments are utilised to rectify such
defects and ameliorate the mechanical performance of additively
manufactured parts. 

The most widely used post-processing treatments for powder
bed fusion parts concern surface and heat treatments. Surface
treatments aim at enhancing the surface finish with or with-
out material removal, and they comprise mechanical methods
(e.g., machining, media blasting, vibratory finishing), chemical
methods (e.g., chemical etching, electropolishing), and laser-
based methods (e.g., laser micro-machining, laser shock peening)
[ 195 ]. In contrast, thermal treatments are applied to release any
residual stresses or to induce microstructure changes within
a part. 

6.1.1 Surface Treatments 

Media blasting (e.g., sandblasting) and vibratory finishing are
the most common mechanical methods to smooth the surface
of additively manufactured specimens. However, in the case
of lattice structures, the abrasive media used in such methods
cannot typically reach the core of the specimens owing to the
complex porous architecture. The same limitation occurs also
in the case of laser-based methods where the laser cannot
reach regions in the core of the part. Hence, chemical-based
methods are more suitable for surface finishing of AM lattice
structures. 

Chemical etching is the most widely used surface treatment
applied in lattice structures (Figure 7c,d ). A chemical reagent
reacts with the AM substrate, leading to material removal
through controlled corrosion. Typical reagents constitute strong
and highly corrosive acids like nitric acid, sulfuric acid, and
hydrochloric acid. Since they rely on a fluid media, chemical
etching has been successfully used to remove semi-sintered
particles from lattice structures. This process reduces the surface
irregularities and stress concentration sites, however it often
introduces pits on the surface due to the removal of the semi-
sintered particles [ 246 ]. More importantly, chemical etching is
inevitably accompanied by a reduction in strut/sheet thickness
and eventually in relative density, which becomes more apparent
for prolonged times of etching [ 247, 248 ]. Lower relative density
results in drastically reduced static and fatigue strength. Thus,
the absolute S-N curves in fatigue testing of the initial (as-built)
specimens appear higher than the chemically etched specimens.
If normalised stress values are used, the superior fatigue perfor-
mance of chemically etched specimens is evident. This has been
previously shown in lattices made with Ti-6Al-4V [ 249 ] and CoCr
[ 246, 250 ]. This is attributed to the significantly higher tensile
strength of etched struts compared to as-built struts. For the
same apparent strut diameter, a larger portion of the strut can
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effectively carry a load in etched than in as-built struts, owing to
lower waviness and semi-sintered particles that do not contribute
to the strength [ 251 ]. 

Although a well-established surface treatment, conventional 
chemical etching relies on immersing the parts in the acid
solution. This introduces limitations when using large-sized 
lattice structures, as the acid cannot penetrate deeply or evenly
inside the lattice [ 252 ]. This leads to uneven etching, with the
material removal being more aggressive at the outer regions
and less effective near the core of the lattice. Applying a fluid
flow in the etchant is also avoided as it can induce even higher
heterogeneities in the material removal. 

To address these challenges, hybrid chemical–electrochemical 
surface treatments have been developed to combine 
hydrodynamic flow and electrolytes capable of removing 
large-scale roughness (10–100s of µm) that typically cannot 
be removed with conventional electropolishing [ 195 ]. Such
methods have successfully applied to Ti-6Al-4V lattice 
structures, resulting in an 80% increase in normalised
fatigue strength compared to untreated structures [ 253 ]
(Figure 7g-i ). 

6.1.2 Thermal Treatments 

Heating for stress relief in the case of lattice structures is more
relevant when they are combined with solid sections within the
same component. Solid parts are more prone to wrapping or
cracking owing to residual stresses. In contrast, lattice structures
do not experience such substantial residual stresses since struts
are unconfined and free to deform during the manufacturing
process [ 254 ]. 

High-temperature annealing is traditionally employed for alloyed 
metals to induce more ductile behavior. Some representative 
examples are found in the case of Ti-6Al-4V. Yuan et al. evaluated
meshes that were annealed at sub-transus temperatures: 750◦C, 
850◦C, and 950◦C to transform the as-built martensite α-phase
to coarse lamellae, which improved structures’ ductility, and 
eventually fatigue life [ 255 ]. While Ghouse et al. compared
the fatigue strength of stochastic lattices subjected to sub-
transus (920◦C) and super-transus (1050◦C and 1200◦C) heat 
treatments, below and above the β-transus temperature [ 106 ].
Sub-transus heat treatments improved the fatigue strength by 
59% compared to the as-built condition due to the replacement
of brittle α’ martensite with the equilibrium α phase. Super-
transus heat treatment was expected to be less effective due
to recrystallisation of coarse-grained β, however resulted in 
an even larger 75% increase in fatigue strength (Figure 7f ).
This was attributed to additional sintering of semi-fused par-
ticles, highlighting how heat treatment methods developed for 
conventional forged components must be modified for lattice 
structures. 

Hot-isostatic pressing (HIP) provides a combination of increased 
ductility due to the generation of coarser grains and an increase in
specimen density due to the closure of pores [ 254 ] (Figure 7a,b ).
Numerous studies have shown that HIP, especially when com-
bined with chemical etching, significantly increases the fatigue 
Advanced Materials Technologies, 2025



FIGURE 7 Effects of post-processing techniques on fatigue behavior of Ti6Al4V. (a–e) Reproduced with permission [ 249 ]. 2017, Copyright Elsevier. 
(a–d) show the microstructures of as-built (AB) and hot isostatically pressed (HIP) Ti6Al4V, and SEM images of strut surfaces in AB and CE (chemically 
etched) conditions. (e) shows the effect of these treatments on the fatigue behavior. (f) Shows the effect of vacuum heat treatment on microstructure 
(electron back-scatter diffraction maps inset) and the resulting fatigue behavior. Reproduced with permission according to CC BY 4.0 [ 106 ]. Copyright 
2021, Elsevier. (g–i) show SEM images of strut surfaces before (g) and after (h) chemical–electrochemical surface treatment. (i) shows the ultimate fatigue 
strength vs. modulus for the AB condition and after chemical–electrochemical surface treatment, demonstrating improved fatigue performance for a 
particular target modulus. (g–i) Reproduced with permission according to CC BY 4.0 [ 253 ]. Copyright 2023, Elsevier. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

strength of lattices [ 246, 249, 256 ]. However, optimizing grain
size remains an active area of research, especially with the
continual development of new alloys for additive manufacturing.
Therefore, a sequential approach combining heat treatment,
surface treatment, and HIP offers a promising strategy to tailor
microstructure and correct manufacturing defects, ultimately
maximising mechanical performance (Figure 7e ). 

6.2 Post-processing for Osteoconductivity 

Grafts for bone regeneration should combine two major bio-
logical characteristics: osteoconduction and osteoinduction.
Osteoconduction refers to the ability of the material to sup-
port cell adhesion, proliferation, matrix formation, and ulti-
mately, mature bone formation [ 16 ]. Osteoinduction refers to
the ability of a material to induce bone formation when
implanted even at sites where bone is not normally found
(heterotopic sites) [ 257 ]. Of these two, osteoconduction is
more relevant in the context of cementless implants for joint
replacement. 

Post-processing techniques can be applied to introduce bioactivity
in implants, encompassing physical methods, chemical methods,
and biomimetic coatings. In most cases, these methods aim at
activating the implant surface to exhibit chemical reactivity or
physical characteristics that benefit cell function. 
Advanced Materials Technologies, 2025
6.2.1 Physical Methods 

Key examples of physical post-processing methods are media 
blasting, polishing, laser engraving, plasma treatment, and heat 
treatment. 

The first two mechanical treatments aim to introduce micro-scale
roughness that benefits osteoblast adhesion, proliferation, and 
differentiation. This is investigated using the surface roughness
parameters Ra (average roughness) and Rz (average maximum 

height of the profile). Ra values around 1–2 µm [ 258–260 ] and
Rz values between 1 and 10 µm [ 261 ] have been shown to favor
cell adhesion and protein adsorption due to the high surface area
and wettability, and stimulate osteoblastic differentiation due to 
the introduction of surface discontinuities comparable to cell size
( ∼ 10 µm). 

Nanotexturing achieved through laser engraving is another 
method to enhance cell adhesion by increasing surface wetta-
bility, while also introducing nano-patterns that cells can sense,
leading to adjustments in their morphology and orientation 
toward an elongated shape, which favors differentiation [ 262,
263 ]. 

However, mechanical treatments have two major limitations. 
First, they can introduce contaminants by leaving residual
particles on the implant surface [ 264 ]. This issue is particu-
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larly associated with sandblasting, leading to its replacement
by cleaner alternatives such as dry ice blasting (i.e., carbon
dioxide), where no harmful chemicals are used [ 265 ]. Second,
regardless of the blasting medium, these methods are primarily
applied to solid implants, as the complex architecture of 3D
lattices does not allow homogeneous treatment throughout the
structure. 

Plasma treatment and heat treatment are more suitable for
lattices, while they have also been extensively used in solid
implants in clinical practice [ 266, 267 ]. These treatments are
typically used in metals like titanium to enhance their bioactivity
by creating a thick oxide layer (e.g., titanium dioxide, TiO2 ). This
oxidation layer demonstrates a nanostructured topography that
increases the surface hydrophilicity and thus enhances protein
adsorption and cell adhesion [ 268 ]. More importantly, it improves
the metal’s resistance to corrosion, while also enabling reaction
with certain dissolved salts [ 269 ]. The latter is crucial for the
osseointegration of metallic implants as it allows the formation
of bone-like apatite (e.g., hydroxyapatite) on the surface of the
implant due to the reaction of the oxidised layer with the Ca2 + 
and PO4 

3 − ions found in body fluids [ 270 ]. 

6.2.2 Chemical Methods 

The application of anodisation and etching with acids or alkaline
solutions is also used to enhance the hydrophilicity and bioac-
tivity of metals by creating a nanostructured oxidised layer [ 271 ].
Acids and alkaline solutions can improve the chemical reactivity
of the surface by removing contaminants and impurities, while
in some cases also introducing micro-roughness due to etching
[ 272 ]. Typical etchants constitute strong acids (e.g., HCl) and
strong alkaline solutions (e.g., NaOH), while the combination of
chemical and heat treatment has been shown to further enhance
implant bioactivity. As a comparison to physical methods, the
combination of HCl and heat treatment on titanium implants
has been shown to enhance early in vivo bone formation com-
pared to sandblasted or untreated samples [ 273 ]. In addition,
NaOH-heat-treated implants have been shown to induce stronger
bone-implant bonding compared to untreated implants made of
pure and alloyed titanium [ 274 ]. This is again attributed to the
oxidised titanium layer that promotes mineralized bone tissue
formation, without the intervention of fibrous tissue typically
seen in untreated implants. However, a further improvement in
bioactivity has been noted when NaOH-heat-treated implants are
further treated with HCl to dissolve the released sodium ions
introduced due to the oxidation [ 275 ]. 

Chemical etching (CE) with highly corrosive acids (such as
hydrofluoric and sulfuric acid) is often applied to AM lattices
to smooth structure surfaces for improved fatigue performance.
Previous in vitro experiments have led to unclear conclusions
regarding the effect of CE on biological response. Wysocki et al.
[ 252 ] and Rovetta et al. [ 276 ] reported no significant differences
in cell proliferation or osteogenic differentiation between etched
and as-built AM structures using osteoblast cell lines (e.g.,
MCT3T3 and MG63). In contrast, O’Keeffe et al. [ 248 ] demon-
strated that chemical etching enhanced osteogenic differentiation
and tissue mineralization in titanium scaffolds seeded with
human mesenchymal stem cells. A recent in vivo study in rats
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by Wang et al. [ 277 ] reported higher bone ingrowth and thicker
matrix formation in flow-assisted chemically etched titanium 

scaffolds compared to conventionally CE and as-built scaffolds. 
These findings highlight the importance of using flow when
performing CE for uniform removal of semi-sintered particles 
across the depth of the porous structures [ 253 ]. Moreover, surface
smoothing of AM lattices can offer two additional advantages:
(i) increased wettability of individual struts, which promotes cell
adhesion [ 276 ], and (ii) reduced risk of large metallic debris
detachment, which could elicit immune responses leading to 
osteolysis and implant loosening [ 278 ]. 

6.2.3 Biomimetic Coatings 

A final method to increase bioactivity in metallic implants is the
application of surface coatings that mimic the environment of the
bone matrix. 

Hydroxyapatite [Ca10 (PO4 )6 (OH)2 ] and β-tricalcium phosphate 
[Ca3 (PO4 )2 ] have been widely used as porous grafts or as
a coating in clinical practise for several decades to enhance
osseointegration on metallic implants. They can be used sep-
arately or combined, and can be applied via plasma spraying,
electrodeposition, or sol-gel methods [ 279–281 ]. They are typically
used in solid press-fit implants that rely on ongrowth, and
have been proven to be reliable for promoting mature bone
tissue formation compared to untreated implants that are prone
to fibrous tissue formation [ 280 ]. While in vivo data suggest
that these two coatings perform equally [ 280, 282 ], synthetic
hydroxyapatite is typically considered a permanent rather than 
degradable implant material, while β-tricalcium phosphate is 
generally resorbed within a few weeks after implantation [ 283 ].
However, a persistent challenge with ceramic coatings is achiev-
ing strong and durable adhesion to metallic substrates. Although
significant advances have been made in coating technologies, 
issues such as cracking and delamination can still occur in some
cases, potentially leading to localised inflammation due to wear
particles [ 284 ]. 

Alternative forms of coatings are the immobilisation of ECM
products on metal surfaces. Collagen type-1, which is the primary
organic component of bone, can be applied through various
methods such as physical adsorption, dip-coating, and covalent 
bonding and serve as a biomimetic matrix that supports cell
adhesion and encourages the formation of new bone tissue
around the implant [ 285, 286 ]. Glycoproteins such as fibronectin
and vitronectin can be applied in similar ways, aiming to enhance
osteoblast attachment [ 287 ]. 

Attachment of growth factors on implant surfaces through
physical adsorption [ 288, 289 ], covalent bonding [ 290 ], and
encapsulation within carrier materials like hydrogels [ 291 ] and
nanoparticles [ 292 ] has also been investigated. These approaches
aim to enhance osseointegration by promoting bone healing 
and vascularization. However, key challenges include optimizing 
dosage and controlling the spatiotemporal release of growth 
factors. Many coatings carry supraphysiological doses and can 
lead to uncontrolled release, posing risks such as (a) ectopic bone
formation, especially in the case of implant misplacement, (b)
osteolysis, (c) immunological reactions, and (d) tumorigenesis. 
Advanced Materials Technologies, 2025
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Peptides that mimic specific cell-binding motifs can be chemically
grafted or immobilised onto the implant, promoting targeted
interactions with cell surface receptors. A typical example is the
Arg-Gly-Asp (RGD) sequence, which binds to integrin receptors
of cells and aids cell adhesion [ 293, 294 ]. The advantage of
peptides is that they can be designed to target specific cell
surface receptors and promote tailored cell functions. In this
context, previous works have shown how different peptides can
be grafted on the same implant surface to induce cell adhesion,
antimicrobial activity, osteogenesis, and angiogenesis [ 295–297 ]. 

7 Discussion 

7.1 Current State-of-the Art and Clinical 
Outcomes 

Multiple manufacturers now have a commercially available
orthopedic (cementless) implant made using additive manufac-
turing with integrated lattice sections – typically thin layers
(1–2 mm) – at the implant-bone interface to induce osseoin-
tegration. This new generation of implants may lead to better
long-term fixation in active patients and offer a short-term
benefit of reduced operation time. In most cases, commercial
AM lattice implants are made of Ti-6Al-4V, tantalum, or CP-
i, post-processed with heat treatment but without further
surface modifications or coatings. They are widely employed in
arthroplasty procedures involving the ankle, knee, hip, spine, and
shoulder [ 298 ] (Figure 8a,b ). 

The ankle joint often requires implants due to critically sized
bone defects or arthritis affecting various regions. Additive man-
ufacturing enables the production of personalised devices, with
Abar et al. reporting a 74% success rate in complex cases that had
previously failed both operative and non-operative treatments
[ 299 ]. These implants utilize gyroidal porous structures, which
are also applied in foot and ankle wedges. Similarly, Gross et al.
demonstrated high success rates with AM ankle replacements,
noting significant improvements across all domains of Patient
Reported Outcome Measures (PROMs), and a lower revision rate
compared to non-AM implants at 6- and 12-month follow-ups
[ 300 ]. 

Knee arthroplasty has seen significant advancements in AM
implants, enabling cementless devices with enhanced bone
ingrowth capabilities. Restrepo et al. demonstrated that total
knee replacements featuring a stochastic lattice on the bone-
interfacing surface result in long-term bone fixation through bone
ingrowth, with a study of 341 implants showing significantly
higher survivorship and patient satisfaction ( p < 0.001) at 4 to
6.8 years follow-up compared to cemented alternatives [ 301 ].
Midterm studies (5-6 years) by Fricka et al. and Hannon et al.
reported no significant differences in patient satisfaction or radio-
graphic outcomes between cemented and cementless implants
[ 302, 303 ]. 

Numerous similar lattice technologies and structures have been
effectively applied in acetabular hip cups, consistently demon-
strating high success rates for bone ingrowth as evidenced by
animal studies – e.g., reports for the OsseoTi by Zimmer Biomet,
USA [ 304 ]. Berlinberg et al. reported promising clinical outcomes
Advanced Materials Technologies, 2025
for a fully AM titanium acetabular shell, with 68 patients
followed for over two years, revealing an 81% revision-free
survivorship rate for all causes [ 305 ]. This outcome is partic-
ularly noteworthy given the complexity of the cases reviewed.
Similarly, Tamaki et al. reported robust results up to 24 months
post-surgery, with no cases of aseptic loosening necessitating 
revision [ 306 ]. 

Spinal fusion cages increasingly incorporate AM lattices to 
enhance bone ingrowth, utilising similar technologies and char- 
acteristics found in knee and hip implants (Restor3D, Stryker).
McGilvray et al. compared an AM titanium lattice to a Poly-
Ether–Ether–Ketone (PEEK) counterpart, demonstrating signif- 
icantly greater bone ingrowth at both 8- and 16-weeks post-
implantation ( p < 0.01) [ 307 ]. Furthermore, van den Brink
and Lamerigts reported complete osseointegration in a two- 
ear postoperative study, indicating that the AM fusion cage
facilitated significant bone ingrowth while minimising stress 
shielding [ 308 ]. Donaldson et al. found that 3D-printed scaffold
cages exhibited lower subsidence rates than historical fusion
cages, with a subsidence rate of only 3.03% in a cohort of fifty
patients, followed for a median of 11.3 months [ 309 ]. Additionally,
Corso et al. reported low early revision rates (6 months) for both
PEEK and AM titanium implants, highlighting the reliability and
effectiveness of AM technologies in spinal fusion applications 
[ 310 ]. 

Numerous additively manufactured shoulder implants (glenoid 
component and humeral stem) are now available, though pub-
lished clinical data on their effectiveness is still limited due to
their recent introduction. 

Regarding the lattice characteristics, the majority of commercial 
implants employ stochastic structures, with periodic structures 
being less common. The mean pore size of these structures
typically ranges between 300 and 650 µm, strut thicknesses range
from 230 to 400 µm, and the resulting porosity ranges from 60%
to 75% [ 311–313 ]. 

7.2 Existing Challenges and Direction for Future 
Research 

Optimizing the performance of AM lattice-based implants 
remains an active area of research across both academia and
industry. Successful osseointegration requires careful alignment 
of mechanical and biological performance to maintain bone 
health and support regeneration. The rapid evolution of AM
technologies has enabled the fabrication of highly complex lattice
architectures in a wide range of materials, including metals,
polymers, ceramics, and composites. The choice of AM method
should be guided primarily by material compatibility, while 
the selection of lattice type must balance manufacturability 
with intended biological and mechanical function. Key design 
parameters, such as porosity, strut or wall thickness, and topology,
must be tuned to achieve sufficient fatigue strength for load-
bearing applications, bone-matching stiffness to prevent stress 
shielding and promote active bone remodelling, and spatial cues
that can direct cell activity toward maturation and mineralized
bone formation. 
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FIGURE 8 Application of additively manufactured lattice structures in cementless orthopedic implants. A. Acetabular cup made of Ti6Al4V 

(3D ACT, JRI Orthopaedics, UK). The figure includes a macroscopic photograph of the implant and a scanning electron microscopy (SEM) image 
of the stochastic lattice micro-architecture. Reproduced with permission according to CC BY 4.0 [ 327 ]. Copyright 2020, Springer Nature. B. Spinal cage 
prototypes made of CP-Ti and tantalum. SEM images show a rhombic dodecahedron lattice structure, along with histological sections after 6 and 12 weeks 
of implantation in the cadaveric spines of sheep. Histological stains include (i) H&E and (ii) methylene blue–acid fuchsin. Reproduced with permission 
according to CC BY 4.0 [ 328 ]. Copyright 2025, Elsevier. C. Femoral stem made of Ti6Al4V featuring anchoring protrusions at the lattice surface to reduce 
post-implantation micromotion (OsteoAnchor, Loci Orthopaedics, Ireland). Reproduced with permission [ 315 ]. Copyright 2013, Elsevier. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

The influence of microarchitecture on osseointegration has been
extensively studied in vivo. However, most studies evaluate tissue
ingrowth through volumetric filling alone, without assessing
collagen fiber orientation or level of mineralization level – both of
which are critical determinants of bone quality and functionality.
Furthermore, most preclinical evidence is derived from small
animal models that do not reflect the biomechanical environ-
ment, loading conditions, or metabolic constraints of human
bone. 

Stabilisation of the implant after surgery is another key factor
for tissue formation and maturation. AM provides high design
flexibility to develop implants that can reduce implant micromo-
tion. Previous concepts included the incorporation of screw-like
[ 314 ] or anchoring [ 315 ] features for enhanced initial fixation
(Figure 8c ). More effective modern solutions aim at developing
lattice structures with auxetic characteristics that can interlock
within the bone [ 316, 317 ]. 

Achieving a low modulus similar to bone using synthetic mate-
rials typically compromises mechanical strength. Ensuring high
fatigue strength should remain a priority in the development of
lattice-based implants. This can be addressed through effective
24 of 34
post-processing treatments tailored to the base material, as 
well as by exploring novel lattice designs. Strategies such as
hybrid structures [ 318, 319 ], which combine different topologies,
and graded structures [ 320 ], which integrate varying densities,
offer promising solutions to enhance mechanical performance 
while maintaining the necessary flexibility for long-term implant 
stability. 

Apart from mechanical requirements, the lattice structure should
provide topological cues that promote mature bone tissue forma-
tion and long-term preservation. Bone is a highly vascularized
tissue with significant metabolic demands, so effective angiogen- 
esis and vascularization at the implant site are essential to ensure
sufficient oxygen and nutrient supply, preventing cell death 
and heterogeneous tissue growth [ 321 ]. This remains a major
challenge, particularly in large porous structures, where early 
tissue formation at the outer regions can inhibit oxygen supply
to the core. Introducing gradient porosity is a promising strategy
to coordinate bone tissue formation and vascular infiltration at
varying depths within lattice structures. Computational modeling 
and AI-assisted design can further advance this approach by
generating gradient architectures that closely match local bone 
stiffness while maintaining high permeability for efficient fluid 
Advanced Materials Technologies, 2025



 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

transport [ 322 ]. By incorporating CT-derived data, these methods
enable the creation of patient-specific implants that achieve
both mechanical compatibility and biological functionality with
potential application to joint replacement [ 323 ] or bone defects
reconstruction [ 324 ]. 

Similarly, bioactive coatings or growth factor delivery systems,
such as VEGF-loaded carriers, can enhance angiogenesis in the
core regions. More recently, oxygen-generating particles have
shown potential in promoting bone formation and vasculariza-
tion in critical-sized defects when incorporated into hydrogels
[ 325 ]. Adapting such strategies for lattice structures could support
uniform tissue formation throughout the implant by modulating
local oxygen availability. 

Modifying surface chemistry to enhance osteoconduction and
potentially osteoinduction is of particular interest for metallic
structures. While these materials are biocompatible, causing
minimal toxicity or inflammatory responses, they lack inherent
bioactivity compared to bioactive glasses or calcium phos-
phate ceramics, which exhibit the same chemical composition
as natural bone [ 326 ]. This underscores the importance of
combining effective post-processing and coating strategies to
improve bioactivity. However, osteoinductive coatings still face
significant challenges regarding long-term stability and con-
trolled release kinetics. Additionally, regulatory approval for
novel bioactive coatings remains a major hurdle, necessitat-
ing extensive in vivo validation to ensure safety, efficacy, and
reproducibility. Addressing these challenges will be crucial for
the successful clinical translation of advanced lattice-based
implants. 
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