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Abstract 

Additive manufacturing (AM) methods present a new frontier in engineering, allowing the 

fabrication of porous lattice structures with tailored mechanical properties. AM structures 

can be made using bio-inert metals, creating controlled stiffness biomaterials. As bone 

formation is strain dependent, these AM biomaterials can be used in implants to optimise 

the strain in surrounding trabecular bone for peak bone formation. However, the behaviour 

of AM lattices varies and is subject to manufacturing constraints. The aim of this PhD was 

to investigate the mechanical behaviour of AM lattices, and maximise the clinical benefits of 

AM for musculoskeletal applications. Lattice architecture was shown to affect the anisotropy 

of an AM lattice biomaterial, increasing the stiffness in directions not often tested in the 

literature. The mechanical and morphological properties of individual struts within powder 

bed fusion (PBF) lattices were also shown to vary depending on the orientation of the struts 

to the build direction. The ultimate tensile strength of titanium alloy (Ti6Al4V) struts more 

than doubled when built at a low angle versus perpendicular to the build platform, and other 

properties were substantially lower than for the bulk material. Geometric imperfections were 

found for struts built at low angles. As such, a low stiffness modified stochastic lattice was 

designed and tested which avoided the problems found with struts built at low angles. The 

resulting lattice had improved stiffness isotropy and could be used for musculoskeletal 

applications, tuned to match the mechanical properties in local trabecular bone and 

enhancing bone formation. 
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1 Introduction 
 

1.1 Clinical context 

Musculoskeletal (MSK) conditions include over 150 possible diagnoses, characterised 

mainly by pain and reduced physical function [1]. These diagnoses include back and neck 

pain, osteoarthritis, rheumatoid arthritis and fractures, all of which can cause significant 

disability, and are projected to be the greatest loss of productive life years in the older 

workforce [2]. Impact of disease can be quantified by the number of years lived with disability 

(YLDs) within the world population. In 2015, MSK diseases were ranked second after ‘mental 

and substance use disorders’, in terms of YLDs according to data from the World Health 

Organisation [3]. Osteoarthritis is a significant contributor to YLDs, and YLDs attributed to 

osteoarthritis increased by 75% from 1990 to 2013, highlighting it as a growing concern [4]. 

This rise could be attributed to an aging population and exposure to risk factors such as 

obesity and a sedentary lifestyle [5]. 

In 2018 over 200,000 hip and knee joint replacement surgeries occurred in the UK, using 

metal orthopaedic implants to restore joint function [6]. Osteoarthritis is the main reason for 

surgery, causing degeneration of the articular cartilage in the joint space, and in severe cases 

sclerosis or hardening of the subchondral bone [7]. This results in pain from the sliding 

together of roughened bony surfaces. Treatment by joint replacement, or arthroplasty, entails 

replacing the bearing surface of the joint and necessitates the removal of bone to seat 

implant components. Bone tissue engineering (BTE) is a burgeoning field, seeking to add 

clinical capabilities to the treatment of segmental and contained skeletal defects [8]. Bone 

grafts are the current standard, with over 500,000 bone grafts used annually in the US [9]. 

Autografts and allografts come from autologous (patient) and allogenic (donor) bone tissue 

respectively, whereas BTE aims to create so called biomaterials that imitate the structure 

and properties of bone [10]. However, further tests are needed to establish the clinical 

efficacy of biomaterials [11].  

Therefore, arthroplasty and BTE represent the main fields requiring biomaterials and 

structures to replace bone and other tissue for musculoskeletal applications. Materials and 

manufacturing processes intended for biomedical use have evolved over the years; although, 

those pioneered in the 20th century initially came from industrial applications [12]. As the 

human body is a highly corrosive environment, materials that were as inert as possible and 

easily available were prioritised. Those same inert materials continue to be used in 
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arthroplasty today and substantially improve the quality of life for patients [13]. Further 

development has seen biomaterials take a ‘biologically active’ role in healing [14], and new 

manufacturing techniques such as additive manufacturing (AM) are poised to provide further 

clinical benefit [15]. Whilst AM methods have been used to augment the manufacturing of 

existing implant designs [16], as a set of manufacturing technologies, AM is capable of 

fabricating components with substantially new geometries. This includes micro-scale 

internal architectures that can be precisely controlled [17]. As such, a wide range of 

mechanical performance can be achieved using porous lattice structures made from the bio-

inert metals used up until today in arthroplasty and BTE [15]. These mechanical properties 

could be used to provide new clinical benefits to implant design, by taking advantage of the 

strain-dependent mechanisms of bone formation [18]. However, the mechanical 

performance of these lattices has not yet been fully described. More research is needed to 

understand the implications of this new manufacturing technique and the choice of internal 

micro-architecture on the macro-scale behaviour of lattices, before being used in clinical 

applications.  

1.2 Aim of the thesis 

The aim of this thesis is to investigate the mechanical properties of AM lattice structures for 

musculoskeletal applications. There will be two main focuses: 

1. The design of lattices, and the impact that the choice of internal architecture has on 

the macro-scale behaviour of the structure.  

2. The fundamental mechanical and morphological properties of AM metal as 

fabricated, and the effect of these on lattice structure behaviour. 

1.3 Thesis structure 

A review of literature covering the topics that have been established in this introduction 

follows. Chapter 3 uses mechanical testing and other methods to make initial comparisons 

between lattice architectures. Parts of Chapter 3 have been published in Additive 

Manufacturing 32 (2020) [19] and were presented at the International Society for Technology 

in Arthroplasty (ISTA) 2018 Congress, in the 3D Printed Implants and PSI seminar. All 

material within the chapter is my own work. Chapter 4 explores more of the fundamental 

mechanical properties of AM metal, and has been submitted to Additive Manufacturing. 

Chapter 5 details the design and manufacture of a modified lattice structure for 

musculoskeletal applications. This chapter has been accepted for publication in Additive 

Manufacturing, and the work within Chapter 5 has resulted in a patent application (UK Patent 

Application No 2005050.6). The details for this patent application can be found in the 
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Appendix, A2.2. Lastly, the main findings are discussed, and the potential for future work is 

considered.  
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2.1 Biocompatible materials 

In engineering design, a successful material for a given application will meet the necessary 

mechanical requirements. A successful biomaterial used as part of a load bearing medical 

device or implant also requires various biological compatibility with its local environment, 

termed ‘biocompatibility’. Foreign body reaction (especially due to wear debris), cytotoxicity 

(potential to cause death to cells), and allergenic effect must be considered as well as 

matching mechanical behaviour [12,20]. As a first generation of biomaterials, metallic 

materials became especially prevalent due to their high specific strength and 

manufacturability, allowing them to replace hard tissue [21].  

2.1.1 First generation materials in arthroplasty  

Metal alloys currently used in bone implants today for joint replacement include cobalt-

chrome molybdenum alloy (CoCrMo), commercially pure titanium (CPTi) and titanium 

aluminium vanadium alloy (Ti6Al4V), all of which are suitably biologically inert as bulk 

materials. The first hip prosthesis pioneered by G.K. McKee and Sir John Charnley was made 

of stainless steel, first implanted in 1960, however this soon gave way to CoCrMo when it 

was shown to mitigate friction and prevented loosening of the components [22–24]. An 

example hip prosthesis with the various components are shown in Figure 2.1.  

 

Figure 2.1: Diagram of the hip joint, natural and implanted, with a modern metal-on-plastic implant. 

Femoral head and acetabulum are depicted, and the replacement of the biological interface with hip implant 
components. 

These early designs were ‘metal-on-metal’, i.e. with a CoCrMo femoral and acetabular 

component. These had high loosening rates due to poor fits between the articulation surface, 

resulting in excessive wear, and concerns about binding up and ‘self-welding’ of the joint 

[23,24]. Therefore, ultra high molecular weight polyethylene (UHMWPE) was introduced as an 
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acetabular cup material to improve the tribology of the joint, and has since been used as a 

bearing material in other total joint replacement prostheses [25–27]. Charnley also 

introduced the use of polymethyl-methacrylate (PMMA), commonly known as bone cement, 

instead of fixation screws, increasing the short-term implantation success rate to over 90% 

[28,29]. Bone cement thus joins UHMWPE as a non-metallic biocompatible material that has 

become highly prevalent in orthopaedic solutions.  

However, observation of wear particles from UHMWPE bearing surfaces prompted extensive 

research on the wear rates of metal-on-polyethylene pairings for different metallic alloys 

[30–32]. Other avenues for wear reduction were also explored, such as changing the implant 

geometry (diameter of the femoral head) and changing UHMWPE chemistry. An increased 

wear rate was linked to increased incidence of osteolysis, a resorption or loss of the bone 

around the implant as a consequence of cellular response to wear debris [33,34]. The wear 

rates of metal-on-metal prostheses were also examined and were subsequently shown to 

be low, due to improved manufacturing and design of the bearing surface [35–37]; although, 

osteolysis due to resulting metal ions was still an ongoing concern [38–40]. A recall of the 

DePuy ASR XL total hip replacement in 2010, a CoCrMo metal-on-metal prosthesis, brought 

issues with metal debris to the fore [41–43]. Failure of the implant was associated with 

adverse tissue reactions and high blood metal ion levels [44–46]. Further development of the 

bearing surface has also seen two ceramic materials, aluminum and zirconium oxide, being 

used in both the femoral and acetabular components of the hip prosthesis [47,48], which 

have shown low wear rates [30,48–50]. A further systematic review has shown ceramic 

bearings to have high survivorship [51]. Polyether ether ketone (PEEK) polymer has also been 

explored as an alternative bearing material [52,53], although it is used more regularly in other 

medical applications [54]. 

Regarding the mechanical behaviour and biomechanical compatibility of these materials, 

CoCrMo has a Young’s modulus of approximately 230 GPa, over double that of Ti6Al4V, 

110 GPa (see Table 2.1). The trabecular bone surrounding implants is much less stiff at 0.02-

2 GPa, and the compact cortical bone is stiffer at 3-30 GPa [15,55]. CPTi and Ti based alloys, 

whilst more expensive, possess a superior mechanical match to the surrounding bone and a 

better corrosion resistance [20,28,55,56]. Of the two titanium offerings, titanium alloy Ti6Al4V 

exhibits higher strength than other grades of CPTi. Tantalum has a similar biocompatibility 

to Ti and has been used as an implant material [57,58], with a middling Young’s modulus of 

185 GPa. Therefore, whilst they may not be the ideal materials for a joint bearing surface, 

metallic alloys are still indispensable as structural biomaterials. Titanium alloys with 
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different alloying elements have also been developed, such as Ti—Nb—Zr—Ta (TNZT) alloys, 

which have a lower Young’s modulus so as to better match the elastic modulus of bone 

[20,28,59]. Table 2.1 below compares the elastic modulus of many prevalent biomaterials to 

those of bone and articular cartilage. 

Table 2.1: Typical elasticity of materials used in joint replacement. 

Material Elastic modulus (GPa) 
Articular cartilage 0.001 – 0.17 
Trabecular bone 0.02 – 2 
Cortical bone 3 – 30 
UHMW-PE 0.5 
Bone cement (PMMA) 3 
TNZT alloys 55 – 66 
Commercially pure titanium (CPTi) 105 
Ti6Al4V alloy 110 
CoCrMo alloy 230 
Tantalum 185 
Stainless steel 205 
Zirconium oxide 200 
Aluminum oxide 380 

Adapted from [15,28,55,58,60]. 

2.1.2 Stress shielding 

The potential for bone loss due to wear debris (osteolysis) has been explored, but bone loss 

can also occur due to a poor mechanical match of the implant material to the surrounding 

bone (termed ‘periprosthetic’ bone), which is referred to as stress shielding.  

The mechanical forces that act on an intact femur within the hip joint can be summarised as 

a combination of bodyweight forces and abductor muscle forces, which vary depending on 

the geometry of the hip and muscle strength [61]. Using a simplified free-body diagram, the 

reaction force at the hip joint bearing surface can be thought of as a resolution of these 

forces creating moments acting on the femur. These can be seen in Figure 2.2, where 

changing geometry (dimensions a and b) of the femur results in different loading in the femur 

itself. When considering the implantation of the femoral component of a hip implant, this 

loading regime changes substantially. 

This altered loading regime changes the strain throughout the femur, shown in Figure 2.3a 

using an FEA model, where strain energy density (SED) has been plotted. Lower SED is found 

in the thicker bone around the femoral component, as stress is absorbed by the stiffer 

implant [62]. This causes an adaptive response of lower mass in the periprosthetic bone, due 

to a phenomenon known as ‘Wolff’s Law’ where bone remodels in response to its mechanical 

environment [63].  A typical X-ray or radiograph of a patient two years postoperatively is seen 
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in Figure 2.3b, where lower density bone surrounds the femoral component and a thickening 

of bone occurs at the tip of the femoral stem as load is redistributed to the femur. Further 

detail on how bone mass is influenced by mechanical triggers is explored later in section 

2.3.3. 

The link between lower stiffness implants and the reduction of this stress shielding effect 

was first established in the 90s through canine model studies, and later with clinical follow-

up and patient autopsies [64–68]. Material choice was shown to be an important factor, with 

less bone loss occurring with titanium hip prostheses compared to cobalt chrome [69–71]. 

Finite element analysis (FEA) models created of the hip and knee also showed mechanical 

mismatch could cause reduced bone mass [72,73], and ‘hollow stem’ femoral components 

for the hip have been explored in FEA to reduce stiffness [74]. These methods were compared 

to canine models and showed good agreement with bone loss measurements [75,76]. The 

clinical consequences of stress shielding potentially include greater risk of fracture due to 

poor bone quality [66,68]. Poorer quality trabecular bone around the implant may make 

revision surgery more difficult. 

The effect of femoral stem geometry on bone formation and resorption has been explored, 

with various femoral stems designed specifically with the aim to minimise stress shielding. 

Adding a ‘collar’, sometimes specifically called a calcar collar, aimed to change how load is 

distributed to the outer cortex of the femur and the resulting strain distribution in the femur. 

FEA studies have shown changes in how a calcar collar would affect bone formation [77,78],  

and both cadaveric and meta-analyses have shown that collared stems have greater 

immediate stability than collarless stems [79,80]. 

 

Figure 2.2: 
Free-body diagram showing simplified 
forces acting on femur.  

K is the force of bodyweight (halved 
when standing on two legs, and minus 
weight bearing legs) acting at a 
perpendicular distance a from femoral 
joint. M is the abductor muscle force, 
acting at distance b. R is the joint 
reaction force. Arrows are not to scale. 
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(a) 

 

(b) 

Figure 2.3: 
Modelling and clinical evidence of 
stress shielding. 

(a) Strain energy density (SED) in FE 
model of femur. Image reproduced 
with permission from the rights 
holder, Elsevier. [62]  

(b) Radiographs from patient 
postoperatively (a) and 5 years after 
surgery (b). Shows stress shielding 
at arrows, and bone formation at 
arrowheads. Image reproduced with 
permission from the rights holder, 
Elsevier. [81] 

 

Reducing the cross-sectional area of the stem reduces the moment of inertia, and therefore 

the stiffness of the implant. The Alloclassic® stem was flattened and tapered, reducing the 

overall stiffness and showed favourable results [82]. Other designs reduce the material at the 

tip of the implant by using a ‘clothes-pin’ design, or using flutes and hollows [83,84]. All 

prostheses mentioned here were made from Ti6Al4V, which has come to be a reliable 

metallic alloy biomaterial. However, polymer and carbon composite stems have been 

attempted. The Robert Mathys isoelastic total hip replacement, first designed in 1975, used 

a stainless steel core, encased in polyacetyl resin [85]. The term isoelastic referred to the 

concept of continuous elasticity of bone and implant, allowing them to deform as one unit. 

Similar implants were coated in Proplast, a composite of polytetrafluoroethylene reinforced 

with carbon fibre (PCFC), and others with porous polysulfone [86,87]. Initial animal studies 

with implanted polymer specimens in canine femurs showed some promise with bone 

ingrowth, demonstrating that a lower stiffness material does not ‘stress shield’ the 

surrounding bone [87]. 

The Mathys implant enjoyed some initial success [88], though follow-up studies tracking the 

performance after 15 years have shown unacceptably poor clinical outcomes, citing high 

debris production and poor fixation of the implant [89]. Proplast coated stems suffered from 

delamination and disintegration of the coating, causing loosening of the implant and high 

incidence of thigh pain. Osteolysis was also reported [90–92]. Similar issues existed for a 

porous polysulfone stem with titanium alloy core [87]. Overall, low-stiffness isoelastic stems 

were limited by poor fixation of the implant at the polymer-bone interface [93], with only soft 

tissue ingrowth [94,95], as well as mechanical failure due to inability to withstand cyclic load, 

resulting in fragmentation and sometimes early fracture [96]. The implants also presented a 

lack of suitable surface for the bone to grow into [86]. FEA models of low-stiffness femoral 
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stems indicated that whilst stress shielding may be reduced, shear stresses at the bone-

implant interface may increase, which would exacerbate any poor fixation of the implant [72].  

In choosing a material for a femoral stem, higher modulus materials could cause stress 

shielding, leading to poorer quality bone, and increased motion of the implant as bone quality 

and fixation suffer [97]. However, in the absence of perfect fixation, lower modulus materials 

would cause greater stresses at the interface, also leading to increased motion of the implant 

relative to the bone [98], as shown in FEA studies. Indeed, this effect was shown in a canine 

model, with a titanium alloy stem implanted in one femur and a composite stem implanted 

in the other that was 3-5 times less stiff than the canine femur. There was a negligible 

difference in overall femoral stress shielding, and a significant decrease of bone ingrowth 

into the composite stem, as well as a three times higher growth of a fibrous tissue around 

the implant, indicating poor connection with solid bone [99]. Therefore, especially in the case 

of hip arthroplasty, a compromise must be found in the stem stiffness between stress-

shielding induced loosening and loosening due to poor bone ingrowth into low-stiffness 

materials.  

However, the implications of high stresses at the bone-implant interface, exacerbated by 

polymer and composite low-stiffness implants, are particular to the loading requirements of 

the femoral component in hip arthroplasty, and depend on poor fixation of the implant. 

Therefore, these unsatisfactory clinical results with lower modulus polymers and composites 

encouraged a return to metallic alloys, and a greater focus on improving fixation of implants 

and bone growth at the bone-implant interface. 

2.1.3 Fixation and aseptic loosening 

This first generation of successful biomaterials from the 1960s and 1970s (mainly metallic 

alloys) were essentially inert and aimed to elicit as little biological response as possible [12]. 

Despite this, after implantation, an adverse biological response was still found to occur, 

consisting of the formation of a fibrous tissue around the implant, known as fibrosis or 

fibrotic reaction, leading to encapsulation of the biomaterial [100]. This can inhibit integration 

of the implant, known as osseointegration, where there is a direct structural connection 

between the load-bearing components and the surrounding bone. It can also be defined as 

the lack of relative motion at the implant/bone interface, termed micromotion [101,102].  

The undesirable biological processes described so far, osteolysis, stress shielding and 

fibrosis can all contribute to poor osseointegration, ultimately leading to loosening of the 

implant [103]. This is termed aseptic loosening, which was the most common reason for 

surgery revision of hip and knee implants in the UK in 2018 [6]. This is diagnosed by 
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progressive ‘radiolucent zones’ in patient X-rays, shown in Figure 2.4. The mean width of 

these zones in one study of failed implants was 2.8 mm [104]. Therefore, a combination of a 

good mechanical match to bone and strong fixation are important to avoid aseptic loosening, 

as well as minimised wear debris from the bearing material pair. Mitigating the development 

of a fibrous layer at the implant/bone interface, improving fixation and reducing micromotion 

have all been driving forces in the development of bioactive materials, the second generation 

of biomaterials [12]. 

 

 

(a) 

 

(b) 

Figure 2.4: Clinical evidence of aseptic loosening. 

(a) Arrows pointing to radiolucent areas near a femoral stem that indicate aseptic loosening. Image reproduced 
with permission from the rights holder, SAGE Publications. [101] 
 
(b) Similar labelled x-ray with radiolucent areas for a tibial tray. Image reproduced with permission from rights 
holder, Taylor & Francis. [104] 

2.1.4 Bioactive materials 

The second generation of biomaterials include ‘bioactive’ components that elicit a tissue 

response, and mainly involve ceramic materials. Hydroxyapatite (HA) is a material made from 

calcium phosphate that can be sintered into ceramic form, and has been used since the 

1980s in dentistry and orthopaedics [105–107]. HA was shown to promote a tissue response 

of osteoconduction, where bone grows along the material, forming a mechanically strong 

interface, thereby becoming osseointegrated [108]. It has since become routinely used as a 

coating on metallic prostheses, and has been shown to promote earlier and stronger fixation 

of an implant into the surrounding bone [109–112]. In addition, HA enhances bone ingrowth 
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into an implant across a 1mm gap [113], in both stable and unstable conditions [114]. HA 

coatings can also overcome an existing fibrous membrane, thereby limiting fibrosis [115], 

and potentially seal the bone/implant interface, preventing migration of wear particles [116].  

Therefore, HA helps osseointegrate implants with an imperfect mechanical fit and overcome 

fibrosis and osteolysis, reducing the possibility of aseptic loosening [111]. 

Other bioactive ceramic materials like HA include other calcium phosphates, such as β-

tricalcium phosphate (β-TCP) and bioactive glasses [10,12]. Newer third generation 

biomaterials related to bone tissue engineering (BTE) aim to fully imitate bone, creating living 

tissue constructs that mimic the bone tissue microenvironment, helping the body heal itself 

once implanted [10,14]. This requires the ability for the material to resorb into the body at the 

same rate as being replaced by tissue, and not just provide structural support in the body. 

There is some resorption or biodegradation of ceramic materials in the body, with β-TCP 

having a higher solubility than HA [106,111]. However, fully resorbable materials used in third 

generation BTE tend to be polymers. Synthetic polymers such as polyactide, polyglycolide 

and poly(ε-caprolactone) are used, as well as natural polymers such as chitosan and 

hyaluronic acid, which are modified with various bone morphogenetic proteins to encourage 

bioactivity [12]. Bone remodelling is explored further in section 2.3.3. 

2.1.5 Current manufacturing methods 

First generation biomaterials have been combined with second generation bioactive 

materials to create solutions for musculoskeletal disease with clinical impact. Overall, 

metallic alloys have shown the most promise for larger structural requirements, a semi-

permanent solution, necessary until bone tissue engineering potentially provides 

biomaterials that resorb and are replaced by hard tissue. However, the elastic moduli of these 

materials are still orders of magnitude larger than trabecular bone, as shown in Table 2.1. 

Current conventional methods for manufacturing metallic prostheses involve various 

forming processes, machining processes and finishing processes as shown in Figure 2.5. 

The bulk material is usually formed by forging, sintering, or casting. As these methods create 

solid objects, they constrain the stiffness of the component to be that of the bulk material. 

For machining, conventional methods include milling, turning and drilling, but newer methods 

include water-jet machining, ultrasonic machining and technologies which use ion or 

electron beams [117]. Metallic biomaterials such as Ti6Al4V and CoCr alloys can have 

particular machining characteristics, such as segmented chip formation, which need to be 

accounted for in machining operations. Prostheses also require high surface quality and 

tight tolerances, especially on bearing surfaces [118].  
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Figure 2.5: Conventional manufacturing processes for current metallic prostheses. 

Adapted with added machining processes [118]. 

Whilst Ti and Ti alloys already exhibit a lower bulk elastic modulus, various techniques have 

been used to reduce the stiffness of the material without changing the alloying elements. 

Introducing porosity into the bulk material, and adding negative space, reduces the amount 

of solid material in the macro volume and therefore the overall stiffness of the whole 

component. Porous metals were first considered for use as implant materials in the 1970s, 

with some positive results; although, these mainly related to bone ingrowth into pores rather 

than preventing stress shielding [119–122]. Plasma spraying for titanium (or hydroxyapatite) 

coatings has since been employed regularly in implants [123,124], and are technically a way 

of adding porosity to the metal. When applied thickly they show a porosity of around 30% by 

volume [54]. However, they are usually only used as a thin (<150 µm thick  [54]) coating, again 

intended to increase roughness and improve osseointegration. This would not necessarily 

cause a change in overall stiffness of the component.    

Many industrial manufacturing methods exist that create true porous metals, referred to as 

‘solid foams’ or cellular solids [125]. These can mainly be divided between closed-cell or 

open-cell foams. Closed-cell foams have individual voids or pores that are disconnected, 

whereas open-cell foams have voids that connect together, allowing other materials to 

traverse through the metal foam, which in the case of orthopaedics may include biological 

fluids or bone tissue [126]. Closed-cell foams are usually manufactured using bubbles in 

liquid metals, either by gas injection or foaming agents within molten metal which 

decompose to a gas, producing limited closed cell structures [125,127]. However, it is difficult 

to control the size and distribution of the resulting pores. 
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Open cell structures can be manufactured using multiple methods, including sintering or 

diffusion bonding of metal powders and fibres [128–130], investment casting of open-cell 

polymer foams [131], or casting around space holder materials [132]. The distribution of 

pores in these methods depends on the size and shape of the powders/fibres, or in the case 

of casting methods, the ‘mould’ used, which may be an uncontrolled polymer foam. Another 

method, chemical vapour deposition, allows gaseous metallic compounds to condense on a 

colder substrate, forming a solid foam. This has yielded a commercial orthopaedic product 

called Zimmer Biomet Trabecular Metal™, which is created using vaporised tantalum 

deposited on a carbon skeleton left from a pyrolysed polyurethane foam [126]. A scanning 

electron micrograph of this material is shown in Figure 2.6 below. This material has a 

relatively homogenous porosity of 75-85% and a low elastic modulus of 2.5-3.9 GPa, 

compared to a bulk modulus of 185 GPa [58,133]. The material showed good bone ingrowth 

performance [134], and acetabular cups and tibial components made out of Trabecular 

Metal™ have been used successfully in hip and knee arthroplasty [135,136].  

 

Figure 2.6: Micrographs of Zimmer Biomet Trabecular Metal™. 

As seen with a scanning electron microscope, showing the porous structure achieved with vapour deposition. 
Closer zoom on right. Image reproduced with permission from the rights holder, the British Editorial Society of 
Bone & Joint Surgery. [134] 

The mechanical performance of these cellular solids is directly dependent on the porosity of 

the material. A higher porosity was shown to decrease the elastic modulus of these industrial 

metal foams, whether closed-cell or open-cell [137–139]. An analytical approach to cellular 

solids, relating the architecture and amount of porosity to elastic and plastic behaviour was 

written by Gibson and Ashby [140], which provided a framework to analyse mechanical 

behaviour. As newer additive manufacturing (AM) methods for creating cellular solids have 

become available, greater dynamic control of the distribution of pores and architecture within 
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the component has become possible [125,126], leading to further exploration of porous 

materials for musculoskeletal applications.  

2.1.6 Porous structure theory 

The following summarises material from Chapter 5 of Cellular solids: Structure and 

properties by Gibson and Ashby (1997) and related papers, which focus on the analytical 

relationships between the geometry or morphology of the cells in a 3D cellular solid, and the 

resulting mechanical performance of the whole solid [140]. The most important 

characteristic of a cellular solid is its relative density, 𝜌∗ 𝜌𝑠⁄ , the fraction of solid material in 

a unit volume. The terms in the ratio refer to the density of the porous material in kgm-3 (𝜌∗), 

and the density of the bulk material (𝜌𝑠). This reflects the way that this value is calculated 

experimentally, by the dry weighing of a given volume of each material. The fraction of empty 

space in the material is the porosity, related to the relative density as the complement to 1, 

as follows: ( 1 − 𝜌∗ 𝜌𝑠⁄ ). Both are usually expressed as a percentage. 

The behaviour of a cellular solid or foam under compression is shown in Figure 2.7, for foams 

where the bulk material has a ductile or plastic method of yielding, versus one with a brittle 

response. Three distinct regions are visible. The linear elastic regime is controlled by bending 

of cell beams or struts in an open-cell foam, and cell walls in closed-cell foams. The plateau 

of stress is due to continual plastic yielding, and the collapse of cells by buckling. In areas of 

high bending moment, plastic hinging occurs in ductile materials, and sudden brittle crushing 

in brittle materials, such as ceramics. Eventually, as cell members are compacted together, 

densification occurs, accompanied by a steep increase in stress as the specimen acts more 

like a solid material. 

 

(a) 

 

(b) 

Figure 2.7: Example compressive stress-strain curves for porous materials. 

(a) Elastic-plastic and (b) elastic brittle foams, showing linear elasticity, plastic collapse and densification. σPL 
and σCR are the plastic yielding and crushing strength respectively. εD is the strain at which densification 
occurs. 
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This three-stage behaviour is shown for compression specimens made using additive 

manufacturing (AM) methods in Figure 2.8. The stainless steel structure in Figure 2.8a 

displays ‘elastic-plastic’ behaviour, whereas the same structure in Figure 2.8b made from 

Ti6Al4V alloy fails in a brittle manner. 

 

 

 

(a) 

 

 

 

(b) 

Figure 2.8: Compression tests of additively manufactured porous structures. 

 (a) Stainless steel and (b) Ti6Al4V structures showing the three stages of linear elasticity, 
plateau stress and densification during compression test. 
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Idealised open-cell structure 

An idealised open-cell structure is shown below in Figure 2.9, whereby a cubic array of struts 

with length l and thickness t are joined in a staggered fashion, with struts meeting at 

midpoints. The Young’s modulus for the cellular solid can be derived analytically, assuming 

that the struts deflect at the midpoint by load F using standard beam theory, and that the 

relative density is low enough ( 𝜌∗ 𝜌𝑠 < 0.1⁄ ) that shear and axial forces are insignificant. A 

square cross section is used, whereas the cells in real foams may have different geometry. 

Assuming that deformation occurs by bending of cell struts, any constants that arise from 

more complex cell geometry can be accounted for later. 

 
(a) 

 
(b) 

 
(c) 

Figure 2.9: Idealised open-cell structures drawn using definitions from Gibson and Ashby. [140] 

Cubic array of members of length l and thickness t, where: 
(a) is undeformed, 
(b) shows the bending of cell struts and 
(c) shows the eventual buckling at critical load. 

Using beam theory and dimensional analysis, the relationship between Young’s modulus and 

relative density of the foam is shown in Equation 2.1, 

𝐸∗

𝐸𝑠
= 𝐶 (

𝜌∗

𝜌𝑠
)

2

 
Equation 2.1 

where 𝐶 is a constant of proportionality that includes geometric constants that arise from 

the dimensions of the unit cell l and t. 𝐸∗ is the resulting Young’s modulus of the porous 

structure, and 𝐸𝑠 is that of the bulk material. The Young’s modulus is proportional to the 

square of the relative density for this structure. Assuming that the failure of the open-cell 

structure is caused by buckling of the cell struts as in Figure 2.9c, using Euler’s formula, and 

that cell corners account for a significant part of the volume, the elastic collapse stress 𝜎𝑒𝑙
∗  

is shown to be: 

𝜎𝑒𝑙
∗

𝐸𝑠
= 𝐶 (

𝜌∗

𝜌𝑠
)

2
(1 + (

𝜌∗

𝜌𝑠
)

1/2
)

2

  Equation 2.2 



LITERATURE REVIEW 

20 

This relationship to 𝜎𝑒𝑙
∗   includes some higher exponents of the relative density for this 

idealised structure. However, these relationships only work for structures that have a similar 

connectivity to the ideal structure and for which the assumptions are valid as described. In 

practice, the properties of open-cell foams have been shown to scale with the relative density 

as follows: stiffness scales with ( 𝜌∗ 𝜌𝑠⁄ )2 and strength with ( 𝜌∗ 𝜌𝑠⁄ )1.5, where the 

deformation is governed with cell wall bending [141,142]. This includes some closed-cell 

foams, where cell walls provide low contribution to stiffness. Where other assumptions fail, 

such as the failure of unit cells by buckling, this may change the exponent of the relative 

density. The mechanical properties of cellular solids in general will follow the form of 

Equation 2.3 below [143], where connectivity and cell geometry will control constants 𝐶 and 

𝑛. 

𝑓𝑜𝑎𝑚 𝑝𝑟𝑜𝑝𝑒𝑟𝑡𝑦

𝑏𝑢𝑙𝑘 𝑚𝑎𝑡𝑒𝑟𝑖𝑎𝑙 𝑝𝑟𝑜𝑝𝑒𝑟𝑡𝑦 
= 𝐶 (

𝜌∗

𝜌𝑠
)

𝑛
    Equation 2.3 

Other structures 

A distinction was made between ‘bending-dominated’ and ‘stretch-dominated’ structures. 

Where structures have a greater connectivity, struts are prevented from bending and act in 

uniaxial tension or compression. Figure 2.10a shows a pin-joint structure or ‘mechanism’, 

which according to Maxwell’s criterion is statically indeterminate and would collapse on 

application of force 𝐹. Adding a strut, as in Figure 2.10b, creates a determinate structure 

where all forces are uniaxial, and no bending occurs.  

 

Figure 2.10: 
Simple pin-jointed structures. 

(a) Shows a mechanism, and  

(b) shows a determinate structure. 

Image reproduced with permission 
from the rights holders, Elsevier. 
[142] 

For the case where all pin-joints became rigid, the previous analysis assuming bending of 

the open-cell beams in compression would apply to the mechanism in Figure 2.10a and no 

longer to the structure in Figure 2.10b. Where rigidity is increased in this way throughout a 

foam, making it stretch-dominated, the stiffness is increased by ten times and the strength 
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by three times for the same relative density [142]. In a complex foam made using traditional 

techniques, it may be difficult to establish the topology or ensure true rigidity. A full structural 

analysis can be carried out to determine whether a structure is statically and kinematically 

determinate [144], though decreasing the number of mechanisms throughout the structure 

overall would encourage stretch-dominated behaviour. Controlling this through casting 

methods or metal powder sintering would be highly impractical; however, by using AM 

methods to create porous lattices, specific control over the topology of structures is indeed 

possible.  

2.2 Additive manufacturing 

Additive manufacturing (AM) methods deliver a new range of engineering possibilities due to 

precise control of internal architecture and material deposition within a component. AM, 

otherwise known as 3D printing, is juxtaposed to traditional subtractive manufacturing such 

as CNC milling and machining, as material is deposited additively until the final component 

is created. This allows for a wider range of complex geometries at no added ‘cost’, i.e. solid 

parts take as long to manufacture as parts with internal architecture, something which 

subtractive tooling does not achieve. An overview of the different hardware methods that 

exist is shown in Figure 2.11, as well as the materials which they are associated with. These 

range from metals, through to ceramics and plastics, including the biomedical metallic alloys 

which have been discussed. AM methods use a 3D CAD model of a component as an input. 

For this model, a toolpath is created that allows deposition of the desired material where 

necessary to recreate the model geometry. For almost all AM methods, the 3D model is 

‘sliced’ into cross sections, which are then built layer by layer until the component is 

completed.  
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Many AM systems exist for metal, which are mainly shown in the top half of Figure 2.11. The 

majority of traditional metal AM systems can be categorised into two groups: direct energy 

deposition systems and powder bed fusion systems [145]. Direct energy deposition (DED) 

involves the creation of parts by melting material feedstock as it is deposited, either using a 

wire feed or powder feed [146]. Wire feed systems such as wire and arc AM (WAAM) uses a 

welding arc to melt and deposit wire feedstock, used by RAMLAB (ramlab.com, Rotterdam, 

Netherlands) to manufacture on-demand maritime components [147–149]. Electron beams 

and gas metal arcs or plasma arcs are also used as a heat source [150]. Powder feed systems 

include direct metal deposition (DMD), commercialised by Optomec as laser engineered net 

shaping (LENS), use powder feedstock through a nozzle which is melted by laser as needed 

[151,152]. Variations of this technique include laser consolidation or deposition (LC/LD) [153] 

as well as construction laser additive directe (CLAD®) a French commercialisation of DED 

[154,155]. 

Powder bed fusion (PBF) systems also use a heat source to melt or sinter powder particles.  

However, rather than depositing the powder on demand, the powder is spread in thin 

successive layers, upon which the heat source melts the powder in the shape of the specific 

‘slice’ needed. The melted material solidifies to the solid component under the current layer, 

and the process is repeated until the final component is completed and surrounded with 

unused powder. A schematic for the PBF process is shown in Figure 2.12. 
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Figure 2.11: Overview of different AM technologies, and the materials with which they are generally associated. 
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PBF systems can be divided into those which melt metallic or ceramic powders, and those 

which sinter polymers. Systems that deal with metal can be further divided by heat source, 

either laser or electron beam. Many competing terminologies have been used to describe 

laser-based systems for direct melting of metal powders, partly due to the number of 

manufacturers in the area: Renishaw plc (UK), EOS, Realizer, SLM Solutions and Concept 

Laser (Germany) and 3D Systems (France/USA) [156]. Trademarked terms include 

LaserCUSING® of Concept Laser (now owned by GE Additive) as well as selective laser 

melting or SLM®, by SLM Solutions, a term which is often used in the literature. Direct metal 

laser sintering (DMLS) is another recurrent term. Electron beam melting (EBM) is the main 

terminology for the PBF method using an electron beam as a heat source, commercialised 

by Arcam AB (Sweden). 

Other AM technologies which can be used to create metal components include fused 

deposition modelling (FDM), binder jetting (BJ) and material jetting methods, such as nano-

particle jetting (NPJ) and drop on demand (DOD). FDM and BJ methods technically use metal 

powder composite filaments and slurries respectively to produce ‘green’ parts, which are 

then sintered to join together metal particles and pyrolyse any polymer or solvent based 

binders, during which the part may shrink [157,158]. NPJ uses nano particles of metal in the 

slurry to replace binder, improving the strength and reducing shrinkage of parts [157]. DOD 

methods, usually used with wax, have been shown to produce micrometre scale metal 

structures [159,160]. However, PBF methods have proven to be the most flexible approach 

to metal AM and resulted in the most end-use components [156].  

2.2.1 Powder bed fusion of metal 

A schematic of the PBF process is shown in Figure 2.12 below. In step 1, powder is deposited 

by the powder hopper and a wiper blade spreads it evenly over the build platform surface. In 

step 2, any excess powder falls down the chute to be recycled later and the wiper blade 

retracts. In step 3, the laser is directed by mirror galvanometers, and through lenses, to focus 

and melt the required cross section. Finally in step 4 the build platform is lowered by the 

thickness of one layer, so that the next layer of powder can be spread over the component, 

and the process repeats until the component is completed and surrounded by unused 

powder. Metal PBF systems vary according to their features; the number and power of lasers, 

powder handling, maximum build volume, and laser scanning strategy (the laser pattern used 

to melt the full cross section) [156]. Powder can be delivered from above or below, and rollers 

may be used to spread the powder [161].  
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Most metal PBF systems print components onto a substrate of the same metal, connecting 

the component to the substrate rigidly with metal support material, which is removed in post 

processing. This helps conduct heat away from the component whilst building, and prevents 

warping from residual stress, as well as providing support for metal that may be branching 

away from the component and ‘overhanging’. Manufacturing limitations of AM are explored 

in section 2.2.5. 

 

Figure 2.12: Schematic of the powder bed fusion process, which is an example of additive manufacturing. 

Deposition of a powder layer is shown, and the laser melting of the required cross section. 

The work in this thesis uses a Renishaw AM250, a metal PBF system equipped with a 

Gaussian beam CW fibre laser, with a maximum power of 200 W, spot size of 70 µm and 

wavelength of 1.07 µm [162]. It has a build volume of 250mm W x 250mm D x 300mm H, 

allowing fabrication of parts that share the lengthscale of orthopaedic requirements. Powder 

is deposited using a gravity fed hopper. Before building parts, the build chamber is vacuumed 

to -960 mbar and the back-filled with 99.995% pure argon, so that oxidisation and potential 

explosion of metal powders is minimised, especially in the case of Ti alloys. The resulting 

atmospheric oxygen content before building is ~0.1%. Gas circulation is maintained through 

the chamber, from right to left, aiming to remove oxidised powder, sparks, and semi-fused 

ejected particles from the build platform as the component is built. Gas leaves the chamber 

and is fed through a high-capacity filter. A rubber wiper is used to compress the powder into 

layers between 25 and 50 µm thick, depending on the settings used when ‘slicing’ part 

geometry. Annotated photos of the Renishaw AM250 build chamber are seen in Figure 2.13 

below.  
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Figure 2.13: Renishaw AM250 with build chamber highlighted. 

Powder handling components are annotated, and the visible built parts are dental components made using 
CoCr alloy. Images reproduced with permission from the rights holder, Renishaw plc.  [163] 

Laser-based PBF methods and their results can be compared to those of EBM. EBM uses an 

electron beam as a power source, so only conductive metal powders can be melted. 

Adjusting the wavelength of laser beams allows the use of ceramic and polymeric powders 

as well as metals. The surface roughness and minimum feature size is generally worse for 

EBM parts than SLM, due to a larger melt pool from the electron beam. Surface roughness Ra 

has been measured at ~25-30 µm for EBM parts and ~15µm for SLM [164]. However EBM 

systems are typically faster because there are no moving parts to guide the beam and they 

have the ability to increase the beam diameter and subsequent melt pool from ~200 µm to 

1 mm [15,165]. A summary of EBM and laser PBF comparisons is detailed in Table 2.2 below. 
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Table 2.2: Summary of EBM and laser PBF comparisons. 

Characteristic Electron beam melting Laser PBF 
Thermal source Electron beam Laser 
Atmosphere Vacuum Inert gas 
Scanning  Deflection coils Galvanometers 
Energy absorption Conductivity-limited Absorptivity-limited 
Powder preheating Use electron beam Use infrared or resistive heaters 
Scan speeds Very fast, magnetically driven Limited by galvanometer inertia 
Energy costs Moderate High 
Surface finish Moderate to poor Excellent to moderate 
Feature resolution Moderate Excellent 
Materials Metals (conductors) Polymers, metals and ceramics 
Powder particle size Medium Fine 

Adapted from [156]. 

Metal PBF has been used for solutions in orthopaedics, both in a clinical research setting 

and commercially. Due to the nature of reconstructive surgery, PBF has been useful for 

making customised one-off and patient specific implants. Laser PBF has been used to create 

custom Ti6Al4V craniomaxillofacial implants [166,167], (one of which is shown in Figure 

2.14a) and Ti6Al4V hip implants [168]. Over 20 patient-specific AM implants (made mostly 

using EBM) have been successfully implanted at Stanmore Implants since Nov 2011, who 

specialise in orthopaedic oncology [169]. Regarding commercial applications, implants for 

mass manufacture include Stryker’s Triathlon Titanium Knee system with porous tibial tray 

fixation surface, manufactured using a laser PBF system, seen in Figure 2.14b [16]. 

 

(a) 

 

(b) 

Figure 2.14: Laser PBF manufacturing for musculoskeletal applications  

(a) Craniomaxillofacial implant. Image reproduced with permission from rights holder, Taylor & Francis. [170] 
(b) Tibial tray for Stryker’s Triathlon Tritanium Knee system, with 3D printed lower fixation surface. Image 
reproduced with permission from rights holder, Elsevier. [171] 

As well as using AM methods to create patient specific implants with no internal porosity or 

architecture, AM is used in research to explore porous lattices with specific mechanical 
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properties, which tackle the previously discussed problems of stress shielding and 

osseointegration in traditional prostheses. 

2.2.2 Porous lattices and musculoskeletal research 

Since the advent of metal AM, porous lattices have been of interest as they allow control of 

a component’s macro properties, by design of the micro-architecture. The arrangement of 

material in this micro-architecture may yield high specific stiffness structures for light-

weighting applications, or high specific strength for impact energy absorption [172]. Various 

methods have been used to create lattice structures and topologies. A common starting 

point is the repeating of a cubic unit cell, similar to the idealised porous material analytical 

model by Gibson and Ashby discussed in section 2.1.6. This could include any tessellation 

of structures based on Platonic and Archimedean solids, or strut-based structures based on 

crystal packing, such as body-centred-cubic (BCC) or face-centred cubic (FCC) structures, 

which constitute much of the literature, including in structural mechanics [173].  

A class of structures based on triply-periodic minimal surfaces (TPMS) have been used for 

metal PBF. Minimal surfaces, first described by Schwarz in 1865 [174], are surfaces of 

minimum area between any given boundaries, much like a soap film acting under tension, 

and this results in a mean curvature of zero. Triply-periodic minimal surfaces that repeat 

themselves in three dimensions, such as the Schwarz surface P and gyroid, were described 

by Schoen in 1970 and popularised in natural science [175]. They are generated using implicit 

field functions, the root of which can be solved to create a repeating iso-surface which 

divides 3D space evenly into two. When the implicit function is set to equal a different iso-

value, the new surface which satisfies the equation will divide space such that a different 

‘volume fraction’ is enclosed, providing a way to create repeating structures of different 

densities or porosities [176].They have been of interest as candidates for biomaterials, due 

to research exploring the role of scaffold curvature for bone tissue regeneration [177], and 

how minimal surfaces may influence cell deposition [178]. High surface area to volume ratios 

may also enhance biological interactions [179]. 

Porous lattices can also be created using topology optimisation (TO), a mathematical 

method linked to computational mechanics, which optimises material layout within a 

structure for a set of loading and boundary conditions. TO methods which maximise the 

stiffness of a structure use FEA to evaluate its performance, and then iterate to redistribute 

material to minimise strain energy. Material in the problem space can be represented by a 

voxel grid which is either ‘on’ or ‘off’, or with varying density (discrete vs continuous), 

depending on the method used [180]. Since its inception with the homogenisation approach 
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[181], methods such as the SIMP method, level-set method, and evolutionary structural 

optimisation (ESO) method have all attempted to improve convergence or nature of solutions 

[180]. They have also been extended to the optimisation of theoretical unit cells which create 

lattices with certain mechanical properties, such as elastic isotropy or orthotropy [182,183], 

maximised shear modulus [184] and also grading those properties throughout the lattice 

[185]. 

Pseudorandom or stochastic porous lattices have also been explored. These do not use a 

regular unit-cell approach, and instead, create lattices using distributions of points that are 

generated algorithmically, closer resembling open-cell metallic foams made with traditional 

techniques. Nodes for the structure are evenly distributed throughout a volume, either by 

adding pseudorandom noise or disturbance to the nodes of an existing regular lattice [186], 

or by using an algorithm such as the Poisson-disc method to distribute points [162], subject 

to parameters which control their density. In the former case, struts making up the regular 

lattice are redrawn in their shifted positions, or in the latter new points are joined based on 

proximity, creating a stochastic strut-based lattice. A subtractive method can also be used, 

whereby spheres of pseudorandom location and diameter are subtracted from a solid volume 

[187]. Related to these are unit cells which are based on direct reproductions of micro-CT 

scans of existing porous solids, such as metal foams and trabecular bone [188].  

Certain unit cells may not be possible to make using metal PBF, due to manufacturing 

limitations, which are explored in section 2.2.5. In this case, they may be made by other 

means, such as lost wax casting [189]. Mechanical testing of the porous lattice is necessary 

to evaluate the impact of layer-wise PBF manufacturing on the mechanical performance, 

outside of FEA simulation. A compilation of unit cells which have been manufactured using 

metal PBF are shown below in Figure 2.15, categorised by type. 
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SPACE FILLING/STRUT BASED 

 
Cubic [166] 

 
BCC [190] 

 
BCCZ-I [191] 

 
BCCZ-II [192] 

 
f2BCC [192] 

 
FCCZ [190]  

 
FBCCZ [190] 

 
FBCCXYZ [190] 

 
FCC-BCC mix [193] 

 
Octahedral [194] 

 
Dode thin [188] 

 
Pillar octahedral 

[195] 

 
Diamond [196] 

 
Dodecahedron [197] 

 

TRIPLY-PERIODIC MINIMAL SURFACES (TPMS) 

 
Gyroid I [172] 

 
Gyroid II [198] 

 
Primitive [198] 

 
I-WP [198] 

 
Diamond [198] 

TOPOLOGY OPTIMISATION  BASED ON IMAGING 

 
Optimised octet-

truss [172] 

 
Optimised primitive 

[182] 

 

 
Metal foam micro-

CT [188] 

 
‘Bone’ unit cell [188] 

PSEUDORANDOM, STOCHASTIC 

 
Pseudorandom [186]  

 
Stochastic strut-

based [162] 

 
Random foam [187] 

 
Stochastic cubic-

based [199] 

 

Figure 2.15: Compilation of unit cells and lattice structures made using metal PBF, categorised by type. 

All images reproduced with permission from the rights holders. See Appendix A3.1 for full details. 
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General investigations into the described porous lattice structures have been conducted 

outside of musculoskeletal applications [172,200,201], illustrating the link between porous 

structure theory and AM porous lattices. Extensive work has also covered the finite element 

analysis of porous lattices in order to further understand and model them [202–205]. In an 

orthopaedic context, specific literature exists on low stiffness porous lattices aimed at 

tackling stress shielding and bone remodelling, conducting uniaxial compression tests on 

specimens and plotting the variation in elastic modulus as a function of relative density or 

porosity, as in Equation 3 of section 2.1.6. Various unit cells have been investigated, with 

differing claims made about the suitability of the unit cell in a musculoskeletal context [206]. 

Ti6Al4V alloy is used extensively, due to its proven suitability as a biomaterial, though CPTi 

and CoCr also are included in the literature. A compilation of these results is shown in Figure 

2.16 below, where different unit cells and materials are compared, showing the general 

decrease in stiffness for increasing porosity. This selection of data does not control for 

differing experimental methods; however, all studies were concerned with lattices for use in 

musculoskeletal applications. 

 Material & unit cell Author 

 

[166] 
[207] 
[208] 
[209] 
[209] 
[210] 
[210] 
[198] 
[198] 
[198] 
[198] 
[211] 
[195] 
[212] 
[213] 
[213] 
[213] 
[213] 
[188] 
[188] 
[188] 
[214] 
[215] 
[215] 

Figure 2.16: Compilation of reported elastic modulii versus lattice porosity for lattices in the literature designed 
for musculoskeletal applications 

Purple to orange points indicate laser-based powder bed fusion (PBF) lattices, and green to blue indicate EBM 
based PBF. Where standard deviation was reported, error bars were added to show variation in each axis. 
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2.2.3 Anisotropy and control of porous lattices 

As well as controlling the stiffness of the structure in one direction, the architecture of porous 

structures can be designed to add control over performance in other axes [216–219]. 

Lattices manufactured using laser PBF methods can subsequently have specified elastic 

moduli when loaded in different directions [172,182]. Bone also has a varying anisotropy of 

elastic modulus depending on the anatomical location, which is explored further in section 

2.3.1. As such, when creating porous lattice structures that could be used as a structural 

biomaterial for musculoskeletal applications, the performance of the lattice in multiple 

orientations should be investigated.  

Standard lattice structures, such as the cubic structure, which are manufactured using laser 

PBF have been shown using FEA to vary in elastic modulus by over 5 times depending on the 

orientation [166,172], and potentially more depending on the lattice dimensions used [220]. 

A similar FEA comparison between three unit cells, varying the orientation of the load applied 

showed a decrease in stiffness of roughly 2.5 times for all structures at a low loading angle 

[213]. Another structure resembling a stretched FCC structure was shown with mechanical 

testing to vary in elastic modulus by over 6 times when loading in a diagonal direction [207]. 

Other unit cells which have been investigated in this way include the gyroid, which was 

mechanically tested in two orthogonal directions, varying in elastic modulus by up to 1.7 

times [214]. Loading of various unit cell designs axially and at 45° using FEA showed a 

greater increase in von Mises stress for strut-based structures compared to TPMS 

structures [206]. Therefore, unit cells have varying degrees of anisotropy, depending on their 

underlying structure, which contribute to their high or low stiffness depending on the test 

orientation. This may compromise the mechanical performance of components that use 

them. The anisotropies of unit cells are not fully described experimentally and are not 

accounted for in standard uniaxial compression tests in one direction. 

Further investigation into the control of porous lattice anisotropy has been addressed in 

literature aimed at structural mechanics. One study mixes plate lattice unit cells based on 

crystal packing planes, controlling the mechanical isotropy to a high degree [173]. However, 

the structures are closed-cell and manufactured using methods and materials not applicable 

to biomaterials. A similar approach uses FEA simulations of strut-based unit cells, and mixes 

them to achieve isotropic and controlled behaviour [216], but there is no mechanical testing 

to prove their behaviour when manufactured using laser PBF methods. Topology 

optimisation has been used to achieve isotropic mechanical behaviour, with one unit cell 

similar to a Schwarz–p primitive structure manufactured using EBM and tested in three 
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directions [182]. However, the structure has little open porosity and may not be suitable for 

bone ingrowth. Another topology-optimised octet truss unit cell study shows isotropy in FEA 

models, but is missing confirmatory mechanical testing in multiple directions [172]. Other 

approaches to varying the elastic isotropy include scaling a gyroid unit cell, controlling the 

stiffness in one direction [221]. 

Other areas of the literature where lattices are optimised for certain biomaterial behaviour 

tend to focus on femoral hip stems, and on functionally graded materials (FGMs), where the 

density of a lattice is varied, either linearly or radially for graded cylinders. These radially 

graded cylinders are sometimes tested as simplified femoral stems, investigating the stress 

transfer to surrounding material [195]. Much like earlier experimentation with polymers and 

composites in femoral stem design, the opportunity exists to lower the stiffness of a whole 

femoral stem using porous lattices. One example optimises the porosity required to minimise 

bone resorption and maximise fixation of implants at the bone-implant interface, varying the 

density of a tetrahedron unit cell to achieve certain mechanical properties [222–224]. Here, 

the effective elastic and plastic properties of the tetrahedral unit cell, that vary over relative 

density, are calculated using asymptotic homogenisation and the stiffness tensor [225]. It is 

not clear that these properties are confirmed using mechanical testing. A similar femoral 

stem with a stochastic lattice infill showed a poor match between observed strains and those 

in the initial FE model [199] and an improved stem from the same group with diamond lattice 

infill was still not able to model the lattice/solid metal transition accurately [226]. 

Many examples exist of FGMs manufactured using laser PBF that vary the density of a unit 

cell, changing the mechanical behaviour. However, multi-axial compression testing is usually 

still absent, as with regular porous lattices. Many more studies exist that vary the lattice 

density but only investigate using FEA [185,219,227–231]. Others do not use laser PBF but 

other AM techniques instead [217,232,233]. A compilation of various functionally graded 

lattices is shown in Figure 2.17 below, for which all specimens were manufactured using 

laser PBF and mechanically tested. 
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LINEARLY AND RADIALLY GRADED LATTICES 

 
Prismatic 

hexagonal [234] 

 
Prismatic 

cubic [234] 

 
CPTi graded gyroid 

structure [235] 

 
Graded tetrahedral 

[236] 

 
CoCr graded pillar 
octahedral [195] 

OPTIMISED FEMORAL STEMS 

 
Internal tetrahedron graded lattice [237] 

 
Internal stochastic 

graded [199] 

 
Graded femoral rod [188] 

Figure 2.17: Compilation of functionally graded lattices and optimised femoral stems. 

All images reproduced with permission from the rights holders. See Appendix A3.1 for full details. 

2.2.4 Mechanical testing 

Finding accurate mechanical characterisations of porous lattice structures requires extra 

consideration of specimen geometry, test procedure and measuring equipment, that capture 

the emergent behaviour of a material with a micro-architecture.  

Quasi-static uniaxial compression tests 

For quasi-static uniaxial compression testing, the specimen must be several times larger 

than the pore or cell size, so that a material continuum can be assumed, and ‘size effects’ 

are not introduced. This is because at the specimen walls, the structure can include ‘cut’ or 

partial cells, which are weaker than the fully connected structure in the centre of the 

specimen. Where these partial cells constitute a higher proportion of the total specimen, the 

measured stiffness will be less than is representative of the continuum structures.  

Whether or not the specimen is constrained at the ends affects the stress state in the 

portions of the specimen that touch the compression platens, neither of which fully represent 

the loading that would occur as part of a larger continuum. These are termed ‘end effects’. 

Fully constraining the structure at the ends results in fewer degrees of freedom for the 

individual structure members to move, potentially resulting in a higher force required for 

deformation and a higher measured stiffness. Considering a frictionless environment, and 

the minimum amount of constraint at the specimen ends, less force would be required to 
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deform the specimen, and a lower stiffness may be measured than that which represents the 

continuum structure. 

Where the specimen is small, friction at the platens interface can also cause bulging at the 

centre of the specimen, also known as ‘barrelling’. This may interfere with assumptions 

about the cross-sectional area of the specimen for stress calculation. A higher true cross-

sectional area than the nominal area may result in a measurement of stiffness that is higher 

than is accurate, overestimating the stiffness. 

Ashby recommended a cylindrical or prismatic specimen with a smallest dimension which is 

at least seven times the pore or cell size to avoid size effects, and a height-to-thickness ratio 

of at least 1.5 to avoid end effects [141]. A British and ISO standard for compression testing 

of porous and cellular materials (ISO 13314:2011(E)) recommends cylindrical or rectangular 

specimens (cylindrical preferred), with all spatial dimensions at least 10 times the pore or 

cell size [238]. However, there is no recommendation regarding end constraint. Where 

mentioned, almost all compression tests referenced in Figure 2.16 used unconstrained 

specimens with some form of platens lubrication, with few exceptions. One study found little 

difference between specimens that did or did not use lubricant [198]. The standard also 

recommends that specimen ends should be machined flat where possible, so that no other 

stresses are introduced into the structure. 

Due to the low stiffness of the specimens and small stresses involved, machine compliance 

is also an issue. This is where compliance and displacement of the test frame itself at low 

stresses contributes to the compliance of the specimens being investigated, resulting in 

lower stiffness values than the true value. Compliance correction is sometimes applied to 

remove effects of machine compliance, by assuming that the test fixture and the specimen 

act as two springs in series. By varying the length of a test specimen, the measured total 

compliance can be plotted against specimen length. The y-intercept of this graph is then the 

compliance of the fixture, which can be subtracted from further results. However, machine 

compliance is shown to be non-linear, and correction with this method to be unreliable [239]. 

ISO 13314:2011(E) [238] recommends an external measurement of strain, such as an 

extensometer, that captures the distance between platens, thereby removing machine 

compliance effects. Extensometers can also be fixed to the central section of specimens, to 

avoid end effects. However, this is often difficult because of the small dimensions involved.    

A procedure for compression tests is also detailed in the standard [238]. An example stress-

strain curve for the procedure is shown in Figure 2.18. Prior to the main test of the specimen, 

a preliminary compression test should be carried out with a sacrificial specimen of the same 
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type. The specimen should be compressed to at least 30% strain, and the plateau stress 𝜎𝑝𝑙 

should be calculated as the average stress from 20 to 30% strain (𝜀 = 20 to 𝜀 = 30 on Figure 

2.18). In the main test, a loading/unloading loop should be carried out wherein the specimen 

is compressed to 70% of the plateau stress (𝜎70), and then unloaded until 20% of the plateau 

stress (𝜎20), after which the specimen is reloaded until failure. This single cycle of loading 

results in some hysteresis due to the viscoelastic response or friction in the test.  The elastic 

modulus is then calculated using a linear regression of the points in the loading loop, 

indicated on Figure 2.18. A 1% strain offset yield stress (𝜎𝑦) can be calculated from the 

intersection of the trace with an offset elastic gradient. The standard also recommends that 

tests are run at a constant strain rate between 10-3 s-1 and 10-2 s-1.  

 

 

Figure 2.18: Example stress-strain curve for uniaxial compression test of porous cellular material. 

σpl is the plateau stress, and σy is the 1% offset yield stress. Drawn using definitions in ISO 13314:2011(E) [238]. 

Individual strut tensile tests 

Tensile tests of individual lattice struts built using laser PBF, sometimes termed ‘micro-

struts’, have also been conducted, to investigate their mechanical properties and to analyse 

strut defects and surface quality. Various studies have shown the decrease in elastic 

modulus and strength for SS316L and Ti6Al4V micro-struts as compared to bulk AM solid 

components [201,203,204,240–242]. The elastic modulus of SS316L has been reported as 

between 37% and 74% of that for fully dense AM metal.  

As with uniaxial compression testing, the tensile test procedure for micro-struts differs from 

conventional testing. For standard tests, dog-bone specimens are used. According to tensile 

testing standards, crosshead displacement can be adequate for strain measurement, as 
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machine compliance is less of a concern if the specimens have a relatively high stiffness 

compared to the compliance of the machine [243,244]. However single struts are much 

smaller and require specialised grips and strain measurement. Most studies build and test 

struts individually [201] , sometimes using sandpaper for added friction when gripping [241], 

fix struts using adhesive [240], use custom fixtures [203,204], or add grip tabs at each end 

[191]. Groups of struts tested together, increasing the effective cross-sectional area of the 

specimen, have also been used [245]. Clip-gauge extensometers may remove machine 

compliance [201,240], though are especially unwieldly when used on single micro-struts 

compared to compression specimens, as struts may be 100µm to 300µm in diameter and 

will break easily. LVDTs measuring displacement between grips remove contact from the 

micro-strut, though its accuracy relies on the grip being adequate [204]. Optical methods are 

both non-contact and remove machine compliance [203], but care must be taken to track 

strut features without parallax and in good lighting. 

Gauge length of the tensile specimen has been shown not to affect measurement of 

mechanical properties, assuming that end-effects are not present [204]. Accurate 

measurement of the diameter is important for accurate calculation of mechanical properties. 

The true diameter of micro-struts has been shown to differ from that measured externally 

[203,240,242]. SS316L strut diameters found by sectioning the strut was shown to be 86% of 

the value measured by Vernier caliper, due to variations in the strut surface [203]. The true 

diameter of SS316L struts has also been found by comparing the volume of a lattice to an 

analytical model [240]. Further investigation of strut surface quality and internal porosity has 

also been conducted, using advanced imaging techniques such as SEM and micro-CT 

[193,209,246–249], and the effect of those variations on overall lattice performance has been 

shown by incorporating them into FEA models [200,205,245,250–255]. Much of this variation 

is due to manufacturing limitations inherent in the laser PBF process. 

2.2.5 Manufacturing limitations 

Design for additive manufacturing (DfAM) is an area of engineering design practice which 

tries to best utilise the new AM capabilities to achieve desired performance [17]. However, 

this practice involves considering manufacturing limitations. Due to the layer-wise 

fabrication used in laser PBF, ‘overhangs’ in a component design will not have sufficient 

support during manufacture. Solid metal underneath a new weld pool will prevent distortion 

and provide a path for heat conduction away from the pool for quick solidification. This is 

described in the Renishaw best practice guide [256], and with the illustration in Figure 2.19 

below. This layer-wise fabrication also results in slightly different mechanical properties 
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perpendicular and parallel to the build direction in solid metal built using laser PBF, with a 

3.7% difference in the elastic modulus of AM SS316L and 2.4% difference for AM Ti6Al4V 

[257,258]. A ‘stair-step’ effect is also visible. 

 

Figure 2.19: Effects of printing with and without support material 

Left shows solid metal providing support and heat conduction to molten powder from below. Right shows 
molten powder supported only by further powder. 

The layer-wise fabrication inherent to laser PBF has an impact on the stiffness of lattice 

structures overall, with build orientation affecting lattice stiffness [259]. This can be 

explained by the effect of orientation on individual micro-struts. Various studies show a 

difference in mechanical properties and morphology of single struts when built vertically, 

compared to a low angle to the build plate [191,200,263,205,209,245,248,249,260–262]. For 

the reasons shown in Figure 2.19, it is hard to build horizontal struts accurately using laser 

PBF, compromising the integrity of some potential unit cells. Using micro-CT or a 

microscope, the interaction between the ‘stair-step’ effect and the angle of struts to the build 

direction can be seen. The morphology of struts is greatly affected, with varying cross 

section [191,245,248], ‘waviness’ or eccentricity [200,209] and surface roughness [260], an 

example of which is shown in Figure 2.20. However, less data exists on the relationship 

between mechanical properties of these micro-struts and their build angle. Tensile tests of 

struts built at varying angles has been conducted in one study [201], but the direct 

relationship between build angle and elastic modulus or strength was not reported.  
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Figure 2.20: 
Varying strut aspect 
ratio for EBM struts. 

Comparison of the 
aspect ratio between 
struts built at 90°, 45° 
and 0° to the buildplate, 
showing micro-CT 
images of the strut 
volume with semi-fused 
particles attached.  
 
Image reproduced with 
permission from the 
rights holders, Elsevier. 
[249] 

Rough surfaces introduce stress concentrations into lattices which may impede their 

performance. Modelling approaches which subdivide surfaces and remove stress 

concentrations help improve lattice fatigue life [264], as well as increase the strength and 

stiffness [265]. Post processing with heat treatment [259] and chemical etching [266] are 

other methods which can be used to alleviate problems with lattices made using laser PBF. 
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2.3 Bone properties 

In designing and implementing AM structures that will benefit the patient’s bone, the 

properties of bone must be examined. Bone is a complex material with internal architecture. 

This varies at different anatomical locations and at different length scales, due to functional 

remodelling attributed to Wolff’s Law [267,268]. A distinction is made between the spongy 

interior of the bone, referred to as cancellous or trabecular bone with a 55-70% porosity 

(shown in the SEM micrographs of Figure 2.21), and the much denser outer cortical bone 

which has a higher strength [269]. 

 

Figure 2.21: SEM micrographs of cancellous or trabecular bone from the femoral head. 

(1) showing low density structure, (2) high density, plate-like structure and (3) columnar structure. Images 
reproduced with permission from the rights holders, Elsevier. [269] 

As a porous material, bone acts much like an idealised foam. Gibson and Ashby derived 

equations based on idealised structures like those previously discussed, but now based on 

four distinct structure types, rod-like or plate-like with either a columnar or asymmetric 

structure, seen in Figure 2.21 and Figure 2.22. 
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(a) 

 
(b) 

(c) 

 

(d) 

 

Figure 2.22: Idealised models of trabecular bone structures.  

(a) Rod-like columnar, (b) plate-like columnar, (c) rod-like asymmetric, (d) plate-like asymmetric. Applied force 
is 𝐹. Length of unit cell is 𝑙, and walls or beams/struts have thickness 𝑡. 
 
Images reproduced with permission from the rights holders, Elsevier. [269] 

The structures shown in Figure 2.22 have a relative density 𝜌∗ 𝜌𝑠⁄  which depends on the 

structure geometry as well as the density of the constituent solid bone 𝜌𝑠 which is between 

1400 and 2000 kgm-3 [270]. Equation 2.4 gives the general relationship between the elastic 

modulus 𝐸 or other properties such as compressive strength 𝜎 to its relative density 𝜌 𝜌𝑠⁄ .  

𝐸

𝐸𝑠
= 𝐶 (

𝜌

𝜌𝑠
)

𝑛

 
Equation 2.4 

The properties can be plotted using curves fitted to data using 𝐶 and 𝑛, when divided by the 

respective property of the constituent material (𝐸𝑠 or 𝜎𝑠). Equation 2.4 takes an identical form 

to Equation 2.3 as discussed in porous structure theory, section 2.1.6. Extensive literature 

reviews exist which explore the different elasticity-density relationships found empirically 

for bone from different anatomical locations, giving values for 𝐶 and 𝑛 [271,272]. These are 

important for accurate FE model predictions. 

2.3.1 Mechanical behaviour of bone 

To maintain the mechanical biocompatibilities of an implant or implant structure, the 

mechanical properties of the implant should match those at the implant location. The elastic 

strength and modulus of bone has been tested extensively and shown to be a viscoelastic 

two-phase porous structure [273]. Table 2.3 details some of the mechanical properties 

found. 
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Table 2.3: Selection of tested mechanical properties for trabecular bone 

Anatomical location Young’s modulus (MPa) Strength (MPa) Authors 
Proximal tibia 1.4 - 79 0.2 – 6.7 [274] 
Proximal tibia 10 - 500 1.5 - 45 [273] 
Proximal tibia 4 - 430 1 - 13 [275] 

Proximal femur 1000 - 9800 121 - 310 [276] 
Proximal femur 58 – 2248 0.45 – 15.6 [277] 

Values shown for bone from proximal femur and tibiae. Adapted from Goldstein  [267] 

As can be seen from Table 2.3, the properties vary widely. An extensive review was written 

by Goldstein in 1987 [267]. The compressive strength of bone has also been shown to 

decrease by 8.5% for each decade a patient has been alive [278]. Trabecular bone is 

anisotropic, and its load bearing properties vary with direction. For example, bone in the 

femoral head contains a primary compressive trabeculae group which bears bodyweight 

loads when standing. This trabecular structure is aligned at a certain angle within the femoral 

head, stretching from the bottom of the femoral neck to the top of the proximal end of the 

femoral head. Bone core specimens cut out of the femoral head that are aligned with the 

primary compressive trabeculae group are 40% stiffer than those offset by 20° [279]. Other 

locations within the skeleton are similarly anisotropic, and various studies have quantified 

the difference in stiffness and strength depending on the orientation of bone specimens to 

the loading direction. Some results are shown in Table 2.4, with greater stiffness values in a 

superior-inferior (SI) direction, and lower values in an anterior-posterior (AP) or medial-

lateral (ML) direction. 

Table 2.4: Maximum anisotropic ratio found for Young's modulus in trabecular bone  

Anatomical 
location 

Ratio of maximum to 
minimum modulus 

Maximum 
orientation 

Minimum 
orientation 

Authors 

Proximal tibia 3.2 SI AP [280] 
Proximal tibia 6.1 SI AP/ML [281] 

Proximal femur 1.5 SI AP [276] 
Proximal femur 2.0 SI ML [277] 
Mixed locations 2.3 - - [282] 

Anatomical locations include proximal tibia, proximal femur and other. All tested bone is stiffest in superior-
inferior (SI) axis, as opposed to the anterior-posterior (AP) or medial-lateral (ML) axes. 

Testing is conducted using cylindrical specimens or cubic ones when retesting each 

specimen in each axis, with adequate cross-sectional area [283]. Constraint of specimens at 

the bone/platens interface also vary across experiments, with impact on measured values, 

due to varying opinions on minimising end effects and frictional effects [284]. Machine 

compliance is also an important consideration, much like when testing AM porous 
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structures. For a continuum material assumption to be correct, the specimens must span at 

least three to five trabeculae at a minimum [285].  

2.3.2 Bone architecture 

Trabecular bone has anisotropic properties due to the varying architecture throughout, 

blending between rod-like, plate-like, columnar and asymmetric architecture as required 

[286]. Various methods exist to quantify this architectural anisotropy. They rely on 

interrogating the 2D or 3D geometry of trabecular bone from histologies or micro-CT scans. 

From these, simple measures such as the volume fraction of trabecular bone, trabecular 

thickness, intertrabecular spacing and trabecular number can be found [287]. More advanced 

measures, such as mean intercept length (MIL), volume orientation (VO), star length 

distribution (SLD) and star volume distribution (SVD) show the orientation of the trabecular 

bone in 3D space, as shown in Figure 2.23 and Figure 2.24.  

When used on 3D trabecular bone geometry, these statistical measures (often MIL) can then 

be used to create a symmetric second order ‘fabric’ tensor, which can be displayed as a 

surface which describes the orientation of material within the specimen. An example fabric 

tensor can be seen in Figure 2.25 in blue. This information about the fabric or geometry of 

the bone can be combined with FE simulations of the imaged bone to approximate the elastic 

properties of the sample in all directions. This method was described by Cowin, detailing the 

algebraic relationship between the fabric tensor and the fourth rank elasticity tensor [288]. It 

has since been used principally by Odgaard, Zysset and others to explore the anisotropic 

mechanical properties of bone, via the bone architecture [289–293]. 
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(a) Mean intercept length (MIL) 
method. 

(b) Volume orientation (VO) 
method. 

(c) Star volume distribution (SVD) 
and star length distribution (SLD) 
method. 

For each orientation angle ω, a grid 
of lines intersects the bone. The 
number of intersections is 
determined. 

For each point within the bone 
boundary, the orientation of the 
longest intercept is determined. 
The resulting orientation is 
considered the orientation for that 
point. 

For each point within the bone, the 
length of lines at multiple 
orientations is found. These 
lengths are used directly for SLD 
and cubed for SVD. 

Figure 2.23: Visual representations of bone architecture quantification methods.  

Images reproduced with permission from the rights holders, Elsevier. [294] 

 

 
(a) 

 

 
(b) 

Figure 2.24: Further illustration of the star length distribution method. 

(a) Star length distribution (SLD) peaks align with orientation of beams within structure. Oblique view top and 
bird's eye view on bottom. 

(b) Comparison between mean intercept length (MIL), SLD and star volume distribution (SVD) measures, 
showing sensitivity of those measures to trabecular orientation.  
 
Images reproduced with permission from the rights holders, John Wiley & Sons. [295] 
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Figure 2.25: Comparison between stiffness tensor and resulting stiffness tensor using measurements from FE 
model. 

(a) Voxel model of trabecular bone cube with fabric tensor representation; 
(b) full anisotropic stiffness tensor in the fabric coordinate system; 
(c) orthotropic stiffness tensor in the fabric coordinate system 

Images reproduced with permission from the rights holders, Springer Nature. [290] 

These statistical measures of architectural anisotropy, resulting in predicted elastic 

anisotropies, compare well with the principal elastic directions found using full FEA models 

[286]. Simpler measures of the architecture, bone volume fraction and trabecular plate 

number can also be used to predict up to 90% of properties found using mechanical testing 

[282]. Other fabric measures such as the Gradient Structure Tensor (GST) and Sobel 

Structure Tensor (SST) have also been used to quantify anisotropy, using clinical-level CT 

images and MRI [296–299]. Newer work on the topology of bone shows the node connectivity 

of trabeculae [300]. 

2.3.3 Bone remodelling 

Bone tissue can repair and reform itself to match its load bearing requirements. This has 

been mentioned as part of Wolff’s Law [267,268], which describes how the arrangement and 

pattern of trabeculae align with lines of principle compressive and tensile stresses [301]. 

However, Wolff’s law is part of a broader range of concepts which describe the reliance of 

the bone on strain signals to induce formation. Perren’s strain theory [302] and Frost’s 

concept of a bone ‘mechanostat’ [303] are also included in a theory of bone healing and 

nonunion (BHN) by Elliot [304]. From an engineering perspective, the strain-related 

mechanisms by which bone remodels are particularly important due to their response to 

design decisions in potential implants. 

The biological processes by which bone remodelling occurs are complex and will not be 

covered in full here. In summary, bone remodelling is mediated primarily by interactions 
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between various cell types including osteoblasts, osteoclasts and osteocytes [305]. 

Osteoclasts cause the resorption of existing bone and are created by precursors in bone 

marrow and blood. Osteoblasts cause formation of new bone and are derived from stem cells 

within the bone marrow. Osteocytes act as mechanosensors and regulate the bone 

remodelling process [306], by detecting mechanical pressures and loads through the 

interstitial fluid within their interconnected system of lacunae and caniculi [306–308]. This 

results in the secretion of growth factors and other molecules prompting bone formation, the 

full process referred to as mechano-reception and mechano-transduction. 

BHN theory states that in the case of a bone fracture, the tissue that forms there can be 

referred to as a ‘bone healing unit’ (BHU), that varies in composition so as to mediate the 

strain throughout, keeping it below the maximum strain that the tissue can tolerate [304]. 

Perren stated this maximum strain as 2% [302]. However, as the tissue lowers the strain such 

that bone can form and the bone is unified, then normal physiological conditions can apply 

as in homeostasis, where bone is turned over and remodelled with balanced osteoblast and 

osteoclast function. This is seen as point B in Figure 2.26a where net formation remains near 

zero, which is expanded in Figure 2.26b. Point A in Figure 2.26a represents extreme low strain 

environments, such as microgravity, and the area to the right of point C include fractures and 

nonunion prior to the formation of the BHU. 

 
(a) 

 
(b) 

Figure 2.26: Diagram of bone formation as described by Elliot in BHN theory. 

(a) A wide range of strains throughout which tissue in a fracture or nonunion operates. 
(b) Shows the processes within the physiological range, where Wolff's law applies, and bone resorbs or heals in 
response to stress change. 
 
Images reproduced with permission from the rights holder, the British Editorial Society of Bone & Joint Surgery. 
[304] 

Clinical evidence for the increase in bone formation at greater strains than point B are shown 

in the adaptation of bones in athletes operating at greater loads [309] and in various in vivo 

and finite element analyses [304]. Earlier structural mechanics work on functional bone 

remodelling shows that bone growth is driven by dynamic loading [310,311], which has 
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resulted in structural models which attempt to predict bone distribution by iterating FE 

elements to a target stress/strain stimulus [312,313]. A study used micro-CT imaging to 

quantify bone formation and resorption in the distal tibia of healthy post-menopausal women 

at 1-month intervals [314]. FEA of the imaged tibias was used to calculate the strain energy 

density (SED) throughout the tibias. Bone resorption peaked at low SED, and formation 

peaked at high SED (Figure 2.27a) and net bone formation frequency correlated strongly with 

tissue loading (Figure 2.27b). As such, the potential for implant design that triggers bone 

formation, by lowering the implant stiffness and inducing greater levels of periprosthetic 

strain is presented by BHN theory.  

 

(a) 

 

(b) 

Figure 2.27: 
Bone formation 
frequency as a function 
of tissue loading. 

(a) Frequency of bone 
resorption and formation 
as a function of tissue 
loading. 
(b) Net frequency of bone 
formation as a function 
of tissue loading 
(subtraction of graphs in 
(a)). 
 
Images reproduced with 
permission from the 
rights holder, Springer 
Nature. [314] 

The literature is varied in how it treats bone ingrowth into implants, especially in bone tissue 

engineering, where there is a large focus on pore size and its effect on bone ingrowth, with 

some debate as to the ideal size [315–317]. Some studies favour smaller pore sizes, either a 

range of 100 - 400 µm as ideal with no lower limit [318], whilst others show bone ingrowth 

with pores as small as 10 µm [319]. Some favour larger pores, with studies showing greater 

ingrowth with pore sizes of 300 µm - 500 µm [320,321]. Another study found a contradictory 

result of 600 µm - 900 µm pore diameter preferred, when compared to 300 µm [196,322]. The 

focus on pore size may be due to interest in other biological processes, such as 

vascularisation, which has been shown to plateau above pore sizes of 400 µm [323]. The size 

of pores directly affects properties such as hydraulic conductance and diffusivity [317], 

which would affect the flow of bone growth factors. However, an increase in pore size 

normally entails a lower relative density, thereby reducing the stiffness of the lattice or 

scaffold, with all else held constant. This focus on pore size rather than stiffness as the 

independent variable may be preventing a full account of how bone implants affect the 

formation of bone through increased strain considering BHN theory. 



LITERATURE REVIEW 

48 

2.4 Musculoskeletal applications for metal AM 

In this literature review, the use of metallic alloys as reliable structural biomaterials has been 

established. Previous attempts at using different materials such as polymers and 

composites in hip stems to alleviate stress shielding resulted in poor clinical outcomes, due 

to poor fixation, and no clear influence on bone remodelling. Since then, a better 

understanding has been developed of the use of bioactive materials, such as HA to improve 

fixation, and of the strain-dependent mechanisms that influence bone remodelling. Metal AM 

changes the paradigm for the creation of porous lattice structures for musculoskeletal 

applications, with the potential to take full control of the bone remodelling response (to reach 

peak bone formation in periprosthetic bone in Figure 2.26a), whilst avoiding the problems of 

poor fixation. As well as using bioactive coatings, AM itself can be used for better mechanical 

fixation of AM implants [324]. 

As the current literature has a large focus on pore size of lattices for musculoskeletal 

applications, there is more work to be done that focuses on the stiffness of implants as the 

property to optimise. This requires further investigation into lattice architecture and features 

which affect the stiffness of real printed parts, to prove that they are suitable for implant 

applications. The true mechanical behaviour of porous lattices is also not fully understood, 

especially in multiple directions, so it is unclear that strain would be distributed in trabecular 

bone in a predictable way.  

2.4.1 Optimising mechanical behaviour 

Some recent works have attempted to optimise porous lattices for stiffness, when implanted 

into trabecular bone. Lattices of varying stiffnesses were created for an ovine study. 

Commercially pure titanium (CPTi) and polyamide lattices were implanted into the medial 

femoral condyle of 6 ewes, and the resulting bone ingrowth generally increased as the 

stiffness of the lattices decreased [18]. Most but not all ewes responded well to the very low 

stiffness polyamide lattices, so it is not clear whether the peak bone remodelling response 

as in Figure 2.26a was reached adequately.  In the same experiment, one CPTi lattice was 

designed with the aim to maintain the mechanical homeostasis of bone i.e. that match the 

local stiffness of the trabecular bone. The local mechanical properties of the ovine bone were 

also characterised [315]. The average bone ingrowth into the CPTi lattice was 10.73 ± 2.97% 

after 6 weeks. 

A similar in vivo study did not focus on the designed stiffness of the Ti6Al4V implant [325]. 

However, a bone mechanoregulation algorithm was used to model bone ingrowth, and it was 

shown that a lower stiffness implant would improve bone ingrowth into the scaffold. Both 
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studies using animal models get closer to demonstrating that the lattice stiffness is a 

fundamental driver of bone ingrowth in vivo. More research is still needed to map the full 

range of in vivo results of implants with different designed stiffnesses. In contrast, the porous 

femoral stems that have been discussed previously often do not fully characterise the 

stiffness of the printed structures, and do not validate the predicted bone formation in vivo 

[199,226,237]. 

2.4.2 Aims and objectives of the thesis 

As stated in the Introduction, section 1.2, the overall aim of the thesis is to investigate the 

mechanical properties of AM lattice structures for musculoskeletal applications. Specific 

shortcomings have been identified in this literature review, which form objectives for each 

chapter of the thesis. 

Chapter 3 will address the different kinds of unit cell topologies seen in the AM literature. The 

objectives for this Chapter link to the first focus of the thesis: the design of lattices, and the 

impact that the choice of internal architecture has on the macro-scale behaviour of the 

structure. 

i. Many kinds of unit cells exist, with varying mechanical anisotropy. Some unit cell 

based lattices have exhibited inconsistent performance when tested in different 

directions. A method of testing a lattice in compression, in multiple directions, is 

needed to fill gaps in the literature, which invariably tests lattices in one direction only. 

ii. There is relatively little research about stochastic lattices. As they resemble metallic 

foams, it is intuitive to think that stochastic lattices would have more uniform 

mechanical behaviour than some unit cell based lattices that are anisotropic. A 

comparison between stochastic lattices and unit cell based lattices is needed.  

Chapter 4 will involve tensile testing of individual laser PBF lattice struts. The following 

objectives link to the second focus of the thesis: the fundamental mechanical and 

morphological properties of AM metal as fabricated. 

i. The elastic modulus and strength of individual struts is reduced, compared to the bulk 

material, in many studies. There is are differences between studies for the 

methodology that has been used, from strain measurement to the method for 

measuring the strut diameter. This leads to ambiguity about the true mechanical 

properties. Individual struts need to be tested using a robust method, to have a better 

understanding of how they are affecting lattice behaviour. 
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ii. The properties of individual struts also vary depending on their angle to the build 

platform. Most studies only test struts that have been built perpendicularly to the 

build platform. The effect of build angle on these properties should be found. 

Chapter 5 will incorporate the learnings from both previous chapters, to arrive at designs for 

lattice structures for musculoskeletal applications. 

i. Current lattices are constrained by AM limitations, such as poor manufacturing of 

struts at a low build angle. Designs that are ‘self-supporting’ and that overcome these 

manufacturing limitations may improve the performance of lattices in multiple 

directions. 

ii. AM lattices have been designed with a large range of mechanical properties. For an 

AM lattice to be used as a structural biomaterial, it must have an elastic modulus that 

is within the range of trabecular bone, in multiple directions.  
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3 Lattice architecture and 
anisotropy 

 

 

Porous lattices made using additive manufacturing (AM) can have varied internal 

architecture, which impacts the macro mechanical behaviour, much like for trabecular bone. 

Many types of lattice exist, though most literature focuses on periodic or repeating unit cell 

architecture. These have anisotropic properties that can be quantified non-destructively 

using architectural measures of the CAD geometry, or by mechanical testing of the physical 

structure in multiple directions. The work in this chapter compares the architecture of two 

AM lattices, a periodic BCC lattice, and a culled stochastic lattice using the star length 

distribution (SLD). A micro-CT of trabecular bone is also analysed using the SLD for 

qualitative comparison. The mechanical properties of the two AM structures are compared 

using uniaxial compression tests (n = 5) in 10 load orientations relative to the structure, 

including the three orthogonal axes. The SLD measure varied widely, with the BCC structure 

showing high anisotropy, and the stochastic culled structure displaying less anisotropy with 

similarities to trabecular bone. Mechanical testing results reflected the internal structure of 

the lattices, however the BCC structure had a ratio of maximum to minimum elastic modulus 

of 3.9, whereas this value was 4.3 for the stochastic culled structure. Whilst the SLD results 

are linked to the underlying architecture of the structure, they cannot be relied upon to predict 

the response of the structures in loading scenarios. Mechanical testing, whilst destructive, 

is a robust measure that is more appropriate for characterising AM lattices for 

musculoskeletal applications. Further investigation into strut behaviour and lattice design 

that overcomes AM limitations is needed, to create lattices that better match trabecular bone 

architecture and mechanical anisotropy. 

 

Parts of this chapter have been published in Additive Manufacturing 32 (2020) [19] and were 

presented at the International Society for Technology in Arthroplasty (ISTA) 2018 Congress, 

in the 3D Printed Implants and PSI seminar. All material within the chapter is my own work. 

M. Munford, U. Hossain, S. Ghouse, J.R.T. Jeffers, Prediction of anisotropic mechanical 

properties for lattice structures, Additive Manufacturing 32 (2020) 101041.  
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3.1 Introduction 

Additive manufacturing (AM) methods allow fine control over the internal architecture of 

porous lattice structures [216–219]. By varying the arrangement of material within the 

structure, it is also possible to control the elastic modulus in multiple directions [172,182]. 

Human bone is a complex material, the interior of which resembles a porous lattice structure 

and which can also vary in architecture and stiffness [268,326]. As such, AM methods are of 

particular interest in musculoskeletal applications such as orthopaedic implants or bone 

scaffolds [15,327,328]. The mass and architecture of bone are intrinsically linked to its 

mechanical environment, due to Wolff’s Law [267] and the role of mechanotransduction in 

bone formation [329]. However, current implants manufactured through casting or 

machining may have elastic moduli orders of magnitude higher than that of the bone they 

replace [55]. Consequently, the physiological loads through the bone are disrupted and there 

is a risk of the stress-shielding phenomenon, causing bone resorption where load is removed 

from the bone [65,72]. 

Following porous material theory, components containing a porous lattice have a lower 

stiffness than the bulk material [330]. AM methods such as powder bed fusion (PBF) can be 

used to manufacture porous lattices with elastic moduli in the range of bone 

[195,215,331,332]. This capability can be used to create scaffolds or implants that influence 

bone remodelling in musculoskeletal applications [15,308]. Architectural features of lattices 

such as pore size have been shown to affect surrounding bone ingrowth, with the ideal pore 

size varying in the literature from 100-900 µm [196,318,320]. However, pore size is linked to 

the stiffness of a lattice due to both being controlled by the relative density of the structure. 

Studies looking directly at the effect of implanting a lower modulus lattice on bone ingrowth 

have also been conducted [208,315]. 

Trabecular bone has an elastic modulus that can vary from 0.02-2 GPa, the least stiff 

including bone from the proximal tibia [273–275,280]. Trabecular bone is also anisotropic 

and its load bearing properties vary with direction depending on the anatomical location 

[276,280,286]. Trabecular architecture is also shown to vary, changing between a rod-like, 

plate-like and columnar structure depending on functional requirement [269]. Statistical 

methods exist which quantify the architecture of bone, commonly referred to in this context 

as the ‘fabric’ of the structure. The methods rely on interrogation of a 3D reconstruction of 

the bone from a micro-CT scan or magnetic resonance imaging. These different measures 

are detailed in Chapter 2, section 2.3.2. The star length distribution (SLD) measure shows an 

adequate sensitivity to trabecular orientation. These statistical measures of anisotropy can 
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be closely related to the principal elastic directions [286]. Through FEA, these measures of 

the fabric anisotropy combined with the bone’s relative density have been shown to predict 

up to 98% of the elastic properties [289]. These methods have also been used to predict 

anisotropic yield properties of vertebral trabecular bone [291]. 

A second order fabric tensor as described by Zysset [293] has been found for some AM 

lattices, and was used to predict mechanical properties of the lattice in multiple directions 

[19]. A good agreement was found with mechanical testing results. However, a direct 

comparison has not been made between the architecture or fabric of AM lattices and the 

architecture of bone. This chapter aims to make this comparison using the architectural 

measures described previously and conduct mechanical compression testing of two lattice 

structures with potential for musculoskeletal applications. The results should clarify the 

requirements for porous lattice structures which replace trabecular bone in an implant or 

scaffold. 

3.2 Materials and methods 

3.2.1 3D models for architecture investigation 

Two lattice structures were considered and are detailed in the first two columns of Table 3.1. 

The first was a body centred cubic (BCC) structure with a regular unit cell, comprising of 

beams or struts which meet in the centre from all 8 outer vertices.  

The second was a stochastic culled structure, which does not have a regular unit cell. It was 

created by populating a volume with pseudo-random points using a Poisson-disc algorithm, 

forming an even distribution of points that is not biased in a particular direction. The points 

were then joined by lines (struts), using a nearest-neighbour algorithm, subject to three 

parameters: 

1. The number of connections to make at a node 

2. The minimum length of a connection 

3. The maximum length of a connection 

These struts are arranged in an equally random distribution of directions. Lastly, a 

modification is made to the structure that improves manufacturability using AM methods. 

Struts that are horizontal and close to the x-y plane are prone to defects due to the nature of 

layer-wise manufacturing inherent in PBF, as discussed in section 2.2.5 

[191,200,205,209,245,248,249,260]. Therefore, struts at an angle lower than 30° to the x-y 

plane were removed, or ‘culled’. The resulting stochastic culled structure was described by 

Ghouse et al. [162]. The initial three parameters were varied such that a certain density and 
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‘connectivity’ was achieved, defined as the number of struts terminating at a given node. This 

is to ensure that the structure is dense enough to ‘self-support’, i.e. the structure is not so 

sparse that there are areas of ‘floating lattice’, and each region is supported by struts below. 

The density required for this kind of lattice has been found to be 4 struts per mm3, as well as 

an average connectivity of 5.5. This method, which uses Rhinoceros 5.0 and Grasshopper 

(Robert McNeel & Associates) was described by Ghouse et al. [162]. 

These two lattice structures were chosen with the properties detailed in Table 3.1, as they 

represent two kinds of lattice topology, using a periodic (repeating) unit cell versus a 

stochastic (randomised) arrangement of struts. The vast majority of unit cell topologies in 

the literature for biomechanical applications feature a periodic unit cell (seen in the literature 

review, section 2.2.2, Porous lattices and musculoskeletal research). Using the methods 

detailed in the following sections, these are likely to have contrasting performance in 

different directions, and so a comparison can be made between periodic and stochastic 

topologies. 

For qualitative comparison to these two CAD structures, a trabecular bone structure was 

obtained using a micro-CT scan of a bone core (10mm height, 7mm diameter) from the 

primary/principal compressive trabeculae group in a human proximal femur. This is also 

detailed in Table 3.1. This individual CAD model of trabecular bone was used as a point of 

comparison for evaluating the architectural measure described in the following section. 

The bone core used in this chapter was procured by A. Jin, in his work investigating 

trabecular bone microarchitecture [333]. Bone cores were taken from healthy femurs, and 

from patients who have suffered from osteoporosis and had been treated with bone 

metabolic medication (bisphosphonates). The trabecular bone used in this chapter came 

from a 75-year-old female hip fracture patient with no history of hip disease or bone 

metabolic medication. The bone from the proximal femur was used in this chapter as it is 

often replaced with a metallic femoral stem as detailed in section 2.1.2 of the literature 

review. To obtain the micro-CT, a Nikon X-Tek HMXST-225 scanning system was used and 

an appropriate 3D model was found by reconstructing the scan using CTPro 2.0 (Nikon 

Metrology UK, Tring, United Kingdom) [333]. The scan was then thresholded into a binary 

image using the ImageJ optimise threshold plugin, and the voxel data was converted into a 

surface using Monolith, a Grasshopper™ plugin. An STL triangular surface mesh was 

generated for all three structures, with the dimensions detailed below. 
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Table 3.1: Lattice structures and trabecular structure to compare 

BCC Stochastic culled Trabecular bone 

 

 

 

10mm x 10mm x 10mm  10mm x 10mm x 10mm  10mm H x 6.3mm D 

330 µm strut diameter 330 µm strut diameter - 

2mm BCC unit cell 
4.0 struts/mm3, 5.5 average 

connectivity 
- 

 

3.2.2 Star length distribution 

A 3-dimensional version of the star length distribution (SLD) architectural measure, as 

described in Figure 2.23 and Figure 2.24 (Chapter 2, literature review, section 2.3.2), was 

implemented in Grasshopper™, a plugin for Rhinoceros 3D. The SLD was chosen over other 

measures as volume-based measures such as SLD and star volume distribution (SVD) can 

pick up anisotropies in geometry that interface-based measures such as mean-intercept 

length (MIL) cannot [294]. Smit et al. also found that in analytical cases, SLD is a better 

measure than SVD for inferring mechanical properties [295]. 

The specific equation used for the SLD algorithm in this chapter is shown below, Equation 

3.1. The algorithm resembles a root mean square of the ‘available length’ within the structure 

in a given direction, where 𝐿𝑖 is the total length for a given position in polar space, (𝜃, 𝜑). This 

follows the method used in the SLD, although this uses geometry in 3D space, as opposed to 

a voxel-based CT volume, as would be common for bone, or a 2D slice of bone from a 

histology. The Grasshopper implementation is described in Figure 3.1 below. 

𝑆𝐿𝐷(𝜃, 𝜑) =
∑ (𝐿𝑖(𝜃,𝜑))2𝑛

𝑖=1

∑ (𝐿𝑖(𝜃,𝜑))𝑛
𝑖=1

  Equation 3.1 
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Figure 3.1: Process to calculate star length distribution measure from 3D model of structure. 

(a) Original structure, (b) sampling points used, (c) sample points within structure, (d) directions that lines are 
projected in from each point, (e) resulting lines terminating at the boundary of the structure. 

The resulting line lengths are summed using a root mean square algorithm, giving an average value in each 
direction. 

Figure 3.1a shows the stochastic culled structure that was analysed, (also in Table 3.1). In 

Figure 3.1b the total sampling points are shown. 8000 sampling points were used for each 

structure and were introduced in a spherical volume in the centre, with a diameter given as 

0.5 times the smallest specimen dimension. This was to prevent edge effects of lines 

terminating at the sides of the structure prematurely. Figure 3.1d shows the final projection 

directions. An equal spherical distribution of points was needed to prevent biasing of the 

method in any one direction. Therefore, the directions were found by calculating the vector 

from a centre point to the vertices of a subdivided tetrahedron, resulting in 1026 directions. 

A similar method was also used by Ketcham et al. [334]. Finally, Figure 3.1e shows the 

projected lines from each sampling point. To find the final SLD value for a given direction, the 

total line lengths were summed and averaged with those for the opposite direction. This 

shows an overall average of the length available, forwards and backwards along that vector. 

This calculation is made according to Equation 3.1 over all sampling points. This SLD 

architectural measure was implemented on all three of the CAD models in Table 3.1 above. 

Only the individual trabecular bone core pictured in Table 3.1 was included as a point of 

qualitative comparison. 



LATTICE ARCHITECTURE AND ANISOTROPY 

58 

3.2.3 Printed specimens for mechanical testing 

Mechanical testing of AM printed structures was also conducted for the BCC and stochastic 

culled structures. Compression test specimens were generated such that the outer cuboid 

geometry was aligned in 10 different directions, as shown in Figure 3.2b. The inner structure 

always remained at the same orientation with respect to the build direction. Five specimens 

were tested per direction. Specimen dimensions were 10 x 10 x 12 mm and conformed to ISO 

13314:2011 [238]. The mechanical testing did not include any trabecular bone, as it is 

impractical to carry out destructive testing of bone in multiple directions for a given 

anatomical location and is outside of the remit of this chapter. 

Direction 𝜽 𝝋 

0 0.00 90.00 
1 45.00 35.26 
2 0.00 0.00 
3 90.00 45.00 
4 20.10 18.97 
5 90.00 0.00 

6 0.00 45.00 
7 69.90 18.97 
8 45.00 0.00 
9 45.00 62.63 

 

 

 

 

(a) (b) (c) (d) 

 
(e) 

Figure 3.2: Test directions for structures 

(a) Spherical coordinates of each direction, (b) specimen orientations, (c) Body centre cubic specimen in 
direction 0, (d) stochastic culled specimen in direction 0 (e) Built specimens. 

3.2.4 Materials and manufacturing 

To build the BCC and stochastic culled structures using laser PBF, the laser employed a 

single-exposure or points strategy, which has been used previously to build porous lattice 

structures [162,186,201,335]. For solid geometry, the laser usually traces outer contours and 

‘fills in’ with hatching [162]. However, due to the small strut dimensions used in these 

specimens, the laser was focused on a single point and the exposure time was varied to 

increase the diameter of the melt pool. This method works well for structures comprising 
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solely of struts and individual lines. The geometry was sliced at a 50 µm layer thickness to 

create build files using Material Engine 1.0 (Betatype Ltd, www.betaty.pe, London, UK). Laser 

power was kept constant at 50 W, and the exposure time varied from 600 µs to 3300 µs. All 

specimens were printed using a Renishaw AM250 PBF additive manufacturing system. 

Titanium alloy (Ti6Al4V ELI, Grade 23) spherical powder of particle size range 10–45 μm was 

used to create specimens, supplied by Renishaw plc. The build chamber was vacuumed to -

960 mbar and then back filled with 99.995% pure Argon to 10 mbar with an O content of 

~0.1%. Specimens were removed from the buildplate using wire erosion, ensuring that the 

wire path preserved the intended part geometry, then cleaned using ultrasonic bath and air 

jet. Each specimen was individually measured thrice in each dimension using Vernier 

callipers, and dry weighed thrice at normal atmospheric conditions. The relative density was 

then calculated by dividing the specimen weight by the bulk weight of the metal that 

corresponds to the specimen macro volume. A density of 4.42 g/cm3 was used for Ti6Al4V 

ELI. 

3.2.5 Mechanical testing 

A materials testing machine (Instron 8872) with a 10 kN load cell was used to perform quasi-

static compression testing at an extension rate of 2 mm/min, which corresponds to a strain 

rate within standard limits [238]. Displacement was measured using two LVDTs (RDP 

D6/05000A) either side of the specimen to remove compliance effects. A sampling rate of 

30 Hz was used. The platens of the machine were lubricated to remove any frictional effects. 

Stress-strain curves were obtained using the individual macro dimensions of each specimen 

(engineering stress). The loading regime included a single cycle of loading/unloading 

(loading loop) to account for localised yielding within the porous structure. This was carried 

out from 70% of the yield stress (𝜎70), to 20% of the yield stress (𝜎20) and then the specimen 

was fully compressed to a high strain [238]. A preliminary specimen was compressed to 50% 

strain at 2 mm/min to find the required reference stresses. The elastic modulus was then 

calculated using an average of the linear regression of the loading loop from both LVDTS. 

3.3 Results 

3.3.1 Star length distribution rose diagrams 

The SLD was plotted in two different ways in Figure 3.3. Firstly, as a rose diagram, a 3-

dimensional representation of the SLD values. Secondly, the SLD values in each of the 10 

directions investigated for mechanical testing were found and plotted as a bar chart (see 

Figure 3.2b). The 10 directions were rotated into each octant, and the values for directions 0 

through 9 were then averaged from the resulting 8 per direction. 
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(a) 

 

(b) 

 

(c) 

 

(d) 

 

(e) 

 

(f) 

 

Figure 3.3: Rose diagram and interpolated results in 10 directions for all three structures 

Error bars indicate the full range of results (n = 5). BCC structure described in (a) and (b). Stochastic culled 
structure in (c) and (d), and the trabecular bone structure in (e) and (f). Structures are superimposed in grey. 
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The SLD measure calculated for the BCC structure appeared as ‘spikey’ in the rose diagram 

in Figure 3.3a, with high peaks in the corners. The ordering of the bars in this bar chart is 

different from the other charts, to reflect the rotational symmetry of this structure. The ratio 

between the maximum and minimum of the SLD measure was 5.8, showing a high 

anisotropy. The peak in direction 1 (Figure 3.3b) reflects the arrangement of the unit cell, and 

a concentration of material in a very specific direction compared to all other directions. 

The SLD measure for the stochastic culled structure in Figure 3.3c exhibited a lower 

anisotropy, with a maximum to minimum SLD ratio of 2.6. The rose diagram (Figure 3.3d) 

also showed a less severe change in material orientation. However, there are lower values in 

the x-y plane and for directions 2, 5 and 8 compared to in the z-direction, and direction 1.  

The SLD measure for the trabecular bone structure shown in Figure 3.3e was less anisotropic 

still, with a maximum to minimum SLD ratio of 2.3. The rose diagram resembled a disc shape 

with a minor axis almost aligned with the y-axis, implying fewer trabeculae oriented in that 

direction. Conversely, there was not one direction that necessarily dominates, with a roughly 

equal distribution of material in the x-z plane. The averaged values in 10 directions in Figure 

3.3f vared the least of the 3 structures. To capture more of the variance in the SLD values in 

Figure 3.3f, a transformation was applied to the rose diagram to re-align the y and z axes to 

the minimum and maximum. This shifted the 10 directions to better reflect the data in the 

rose diagram. The resulting new axes are shown in Figure 3.3e as x’, y’ and z’.  

3.3.2 Mechanical testing 

Table 3.2 details the average outer dimensions and standard deviations of the final 

specimens. The manufactured BCC specimens had an average relative density of 23.7%, and 

the stochastic culled specimens had a relative density of 15.8%. 

Table 3.2: Manufactured specimen dimensions compared to intended dimensions 

Specimens 
Average width ± SD 

(mm) 
Average depth ± SD 

(mm) 
Average height ± SD 

(mm) 
Intended 10 ± 0 10 ± 0 12 ± 0 

BCC 10.19 ± 0.37 10.16 ± 0.37 11.95 ± 0.22 
Stochastic culled 9.95 ± 0.25 9.98 ± 0.23 13.15 ± 0.76 

The results for the compression testing are shown below in Figure 3.4, as a rose diagram and 

bar chart. Engineering stress is used throughout. To create a rose diagram, the results have 

been mirrored to appear in each octant. This is possible due to the mechanical symmetry of 

both structures. The bar charts are displayed with the directions ordered to match the 

rotational symmetry for the BCC structure and ordered in ascending angle to the horizontal 

plane for the stochastic culled structure. 



LATTICE ARCHITECTURE AND ANISOTROPY 

62 

 
(a) 

 

 
(b) 

 
(c) 

 

 
(d) 

Figure 3.4: Results for mechanical testing shown as a rose diagram and bar chart.  

BCC structure in (a) and (b). Bars are ordered to group directions that are rotationally symmetric, i.e. 0, 2, 5 as 
the orthogonal axes, etc. Stochastic culled structure in (c) and (d). Bars are ordered with increasing angle of the 
direction to the ground plane, i.e. upwards from 2, 5 and 8. Error bars indicate the full range of results (n = 5). 
Engineering stress is used throughout. Testing directions are inset into both bar charts. 

The BCC structure had a peak in elastic modulus at 4.45 GPa, in direction 1, corresponding 

with the orientation of the unit cell and the peak SLD measure. Similarly, the lowest modulus 

was found in the orthogonal x, y and z directions, or directions 0, 2 and 5. The ratio between 

maximum and minimum modulus was 3.9. 
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The stochastic culled structure also bore a superficial resemblance to the SLD measure, with 

a peak in stiffness in direction 0. The elastic modulus was reduced as the directions 

approach the horizontal plane, due to the vertical orientation of the structure. Rather than 

being symmetric in the x-z and y-z planes, the elastic response of the structure was 

rotationally symmetric around the z-axis. This is due to the stochastic nature of the 

structure, which has no unit cell. Conversely to the SLD measure however, the elastic 

response was more anisotropic than the BCC structure, with a maximum to minimum ratio 

of 4.3. 

3.4 Discussion 

Lattice architecture can vary widely based on the choice of structure, with the BCC structure 

showing large amounts of anisotropy in the SLD measure. The stochastic culled structure 

displayed an architecture that was less anisotropic, and more closely resembled that of 

trabecular bone. This is due to the orientation of material within the structures. The BCC 

structure is highly symmetric, so, the architecture is essentially defined by the direction of 

one strut going from the vertex to the centre of the unit cell. The stochastic culled structure 

has a random internal architecture by nature, allowing an even distribution of material in all 

directions. There is, however, one axis of symmetry resulting from the removal of struts at a 

low angle to the horizontal plane. Thus, the rotational symmetry in one axis is shared by the 

architecture of the trabecular bone. However, this relationship is superficial, as for the 

stochastic structure this is caused by potential manufacturing limitations, and for the 

trabecular bone it is due to functional requirements in the proximal femur. 

Mechanical compression testing of the BCC and stochastic culled structures showed 

intuitive results that reflect the architecture of the lattices. The elastic modulus of the BCC 

structure had peaks in the same direction 1 as the SLD architecture measure. The stochastic 

culled lattice also had a stiffness peak that corresponded with the SLD measure in direction 

0. However, the stochastic culled structure had a higher anisotropy in elastic modulus than 

the BCC structure, whereas the opposite is true for the SLD architecture measure for both 

structures. This shows that the elastic modulus of a structure is linked to the underlying 

architecture, however, the SLD measure of the structure alone cannot be relied upon to 

predict the response of the structure in loading scenarios. Not all features of the lattice that 

contribute to its stiffness are accounted for in this measure, such as its connectivity or 

density.  

The BCC structure had a ratio of maximum to minimum elastic modulus of 3.9, whereas this 

value was 4.3 for the stochastic culled structure. Lattices with similarly anisotropic 
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mechanical properties include the cubic lattice. Using FEA, the maximum elastic modulus of 

the lattice has been shown to be over 5 times the minimum in different orientations [166,172]. 

Another unit cell resembling a ‘face-centred cubic’ structure varied by over 6 times [207]. 

Overall, the average elastic modulus for both structures was 2.18 GPa and 1.23 GPa for the 

BCC and stochastic culled structures respectively. This is within the range of stiffness for 

trabecular bone, closer to values in the proximal femur [273–275,280].  

The amount of mechanical anisotropy in trabecular bone depends on anatomical location. 

Cubic specimens have mainly been tested in three orthogonal directions (anterior-posterior, 

medial-lateral, and superior-inferior) due to the constraints of repeated compression tests 

on a single specimen. Trabecular bone from the proximal tibia shows a maximum 

mechanical anisotropy of around 3.2 [280], and from the proximal femur around 1.5 [276]. 

The average anisotropy from several metaphyseal locations was shown to be 2.3 [282]. 

However, similarly to a BCC structure, the principal direction of stiffness in trabecular bone 

may not exactly align with the three axes and may be due to functional requirements [336]. 

This can be seen with the result for the SLD measure of trabecular bone calculated in Figure 

3.3e. It has also been shown that the elastic modulus of specimens aligned with the primary 

compressive trabeculae group in the proximal femur is reduced by 40% when the alignment 

of the specimens are offset by 20° [279]. 

Limitations in this work include the analysis of only one trabecular bone mesh to find the 

SLD measure. Bone architecture will vary with specimens from different femurs due to 

different physiological loading, and from changes in anatomical location when removing 

bone cores. In the absence of mechanical testing of the bone, the analysis of one trabecular 

bone core still provides useful qualitative comparison to the lattice structures. The SLD rose 

diagram in Figure 3.3e also matches results from the literature for bone from the same 

location and using the same technique [334]. 

The geometry of the STL meshes used for the SLD analysis did not necessarily match the 

final manufactured specimens, which makes it harder to draw quantitative comparisons 

between the architecture and mechanical testing results. The relative densities between the 

BCC and stochastic culled specimens also differed by 7.9%, so the volumes of material within 

the structures also differed. However, only qualitative comparisons were made between the 

results to illustrate the difference in performance between unit-cell based lattices and 

stochastic lattices using the same AM methods. Further testing could involve stricter 

controls on lattice geometry so that comparisons between structures are applicable. 
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These limitations informed the methods used in the subsequent chapters in this thesis. 

Advanced imaging techniques, such as micro-CT, were used on as-built structures in 

Chapter 4 to make sure that any analysis of geometry or morphology of specimens 

accurately reflected the specimens. Chapter 5 uses the same mechanical testing 

methodology as in this chapter, ensuring that the structures were directly comparable. 

Neither of the structures investigated showed an architecture or mechanical anisotropy that 

matched trabecular bone well, with the BCC structure showing a peak in the SLD measure 

that is unlikely to exist in bone. Whilst the stochastic culled structure would intuitively seem 

to be a better candidate structure for matching bone, it also has a high mechanical anisotropy 

of 4.3 due to the culling of struts at a low angle to the build direction, resulting in a peak in 

stiffness in the z-direction. Further investigation into low-angle struts and what properties 

they have compared to vertically oriented struts will help inform the creation of a stochastic 

lattice that has a better mechanical performance. Advanced imaging techniques will also be 

used to get a clearer understanding of the morphology of as-built structures. 
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4 Tensile testing of struts 
 

 

 

Additive manufacturing methods such as laser powder bed fusion (PBF) can produce micro-

lattice structures which consist of ‘micro-struts’, which have properties that differ from the 

bulk metal and that can vary depending on the orientation of the strut to the build direction 

(the strut build angle). Characterising these mechanical and morphological changes would 

help explain macro-scale lattice behaviour. Individual stainless steel (SS316L) and titanium 

alloy (Ti6Al4V) laser based PBF struts were built at 20°, 40°, 70° and 90° to the build platform, 

with 3 designed diameters and tested in uniaxial tension (n = 5). Micro-CT was used to 

quantify changes in surface roughness, eccentricity and cross-section. There was no clear 

relationship between elastic modulus and build angle, and the average value across all build 

angles was 61.5 GPa and 37.5 GPa for SS316L and Ti6Al4V respectively, showing a decrease 

in performance compared to the bulk material. Yield strength was uniform over build angle 

for SS316L, but for Ti6Al4V it varied from 40% to 98% of the bulk value from 20° to 90°. All 

lower angle struts had worse morphology, with higher roughness and less circular cross-

sections. These data should help inform micro-lattice design, especially in safety critical 

applications, such as in the orthopaedic field, where lower mechanical performance must be 

compensated. 

 

 

 

 

 

 

 

 

 

The work in this chapter has been submitted to Additive Manufacturing.  
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4.1 Introduction 

Additive manufacturing (AM) methods, such as laser-based powder bed fusion (PBF), can be 

used to create lattice structures made of individual beams or struts, each with a diameter 

between 100-500 µm, also known as micro-lattice structures [186,201,215,331,337]. AM 

methods can also create solid components with comparable properties to cast or extruded 

metal, but the properties of struts or ‘micro-struts’ can be significantly different to the bulk 

material, and harder to characterise. This can impede the creation of robust FEA models of 

lattices and may cause unpredictable behaviour in manufactured lattices. Micro-struts have 

been manufactured in materials such as stainless steel (SS316L) and Ti6Al4V, a titanium 

alloy [201,203,241]. Further details can be found in Table 4.2. The latter is particularly useful 

for its biocompatibility, and several studies have explored its use in additively manufactured 

bone implants [188,235,338]. This chapter will characterise the mechanical properties of 

individual micro-struts using tensile tests. This will help improve the understanding of 

fundamental mechanical properties and may explain their influence on macro scale AM 

lattice behaviour. 

Tensile specimens for standard material testing normally use dog-bone specimens and 

follow ISO 6892-1:2016 [243], or the equivalent ASTM standard [244]. However, to investigate 

the specific influence AM methods have on the mechanical properties of micro-struts, it is 

necessary to use a modified test method due to the much smaller specimen dimensions. 

Established methods opt for one single strut ‘as-built’ which is gripped or fixed at each end 

so as to avoid slipping at the grip/strut interface [201,203,204,240]. However a ‘group’ of 

struts in lieu of the gauge section can also be used [245] and sometimes gripping ‘tabs’ are 

printed on the end [191,254].  

Strain has been measured in various ways. A clip gauge extensometer [201,240] overcomes 

any underestimation of elastic modulus due to machine compliance, especially given the low 

stiffness of the small specimens. However, these can also be cumbersome also due to the 

fragility of the specimens. They may also need to be counterbalanced to avoid adding stress 

concentrations on the strut where they attach. Where the crosshead extension has been 

used, compliance correction has to be introduced for improved accuracy [201,241]. Optical 

methods have also been used, which also measure strain along the gauge length of the 

specimen [203,242]. This has also been achieved using LVDTs that are fixed between the 

grips, parallel to the tensile direction [204]. This relies on the grip on the specimen to be 

reliable, ensuring that the force is applied to strut deformation rather than shearing at the 

grip/strut interface. This has been achieved before using grit paper or adhesive [240,241]. 
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The gauge length varies between existing studies, and there is no fixed ratio between 

specimen diameter and gauge length. However, changing the gauge length does not 

influence the calculated mechanical properties, assuming the specimen is long enough to 

not encounter end-effects near the grips [204]. 

The mechanical properties found from tensile testing of laser PBF micro-struts, such as 

elastic modulus and ultimate tensile strength, are below that of the bulk material. For 

stainless steel (SS316L), the modulus has been found to be between 37% and 74% of a bulk 

value of 190 GPa [201,203,204,240]. A reduction is also seen for the yield strength, varying 

between 29% and 57% of a bulk value of 494 MPa [257]. For titanium alloy Ti6Al4V, the elastic 

modulus has been reported as 107 GPa, 85% of the bulk value 129 GPa [241]. Renishaw 

provide datasheets for the mechanical properties of their fully dense laser PBF bulk metals, 

to which the following results are compared in Table 4.1 [257,258]. 𝐸, 𝜎𝑦, and 𝜎𝑈𝑇𝑆 refer to the 

elastic modulus, yield strength and ultimate tensile strength (UTS) respectively. The 

subscript 𝑠 refers to the bulk material property. 

Table 4.1: Comparison of mechanical properties found for micro-struts built using laser PBF in SS316L and 
Ti6Al4V 

Material 
𝐸 

(GPa) 

𝐸

𝐸𝑠
 

𝜎𝑦 

(MPa) 

𝜎𝑦 

(𝜎𝑦)𝑠
 𝜎𝑈𝑇𝑆 

(MPa) 

𝜎𝑈𝑇𝑆 

(𝜎𝑈𝑇𝑆)𝑠
 Strain 

measurement 
Author 

SS316L 140 0.74 144 0.29 - - Clip-gauge [201] 
SS316L 97 0.51 250 0.51 450 0.72 Clip-gauge [240] 
SS316L 71 0.37 280 0.57 - - Optical method [203] 

SS316L 81.3 0.43 263.3 0.53 575.3 0.92 LVDTs [204] 

SS316L - - ~340 0.69 ~480 0.77 Crosshead disp. [261] 

SS316L - - 339 0.69 459 0.61 Crosshead disp. [339] 

Ti6Al4V 102 0.81 - - - - Compliance corr. [241] 

Ti6Al4V 107 0.85 997 1.01 - - Optical method [242] 

Table 4.2: Comparison of methodologies for tensile tests of laser PBF micro-struts built in SS316L and Ti6Al4V 

Material 
Strut 

diameter 
(µm) 

Diameter 
measurement 

Strut 
orientation 

Laser 
power 

(W) 

Laser 
exposure 

(µs) 
Author 

SS316L 200 ± 17 SEM micrograph Vertical 140 500 [201] 
SS316L 207 ± 10 Archimedes Vertical 90 1000 [240] 
SS316L ~220 Caliper + correction Vertical - - [203] 

SS316L 170 - 410 SEM micrograph 45° 125 70 - 800 [204] 

SS316L 300 - 740 Digital microscope Vertical 195 - [261] 

SS316L 250 Digital microscope Vertical - - [339] 

Ti6Al4V 370 Micrometer 35° 200 1000 [241] 

Ti6Al4V 300-1200 SEM + correction Vertical 200 - [242] 
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The measurement of the strut diameter is a key step in calculating the mechanical properties 

and may be difficult to measure non-destructively. An accurate measure prior to tensile 

testing has been attempted by finding the ratio of the value found using a Vernier caliper to 

that using sectioned struts at various locations, dividing the sectioned diameter by the 

caliper diameter. This ratio, roughly 0.86, was then used as a correction factor for all caliper 

measurements [203]. A similar method uses the correlation between the Feret diameter 

(synonymous with the caliper diameter) and the true equivalent diameter [242],  or uses the 

volume fraction of a lattice using a similar strut to calculate the diameter analytically [240]. 

Advanced imaging techniques such as SEM and micro-CT have been used to provide precise 

measurement of strut geometry and highlight defects such as strut ‘waviness’ and internal 

porosity [193,209,246–249,254]. Due to the variation seen in strut geometry it is unclear what 

the best value is for the effective diameter, which affects stiffness calculation. In this chapter, 

this shortcoming is addressed by comparing different ways of defining the cross section of 

additively manufactured struts and investigating how they affect mechanical properties. 

Many studies show the impact of these morphology variations on finite element analysis 

models [200,205,245,250–255]. Properties of the strut morphology that have been 

highlighted include diameter, porosity and eccentricity, and introducing these defects on a 

statistical basis throughout the model can help improve predictions [252]. However, a key 

requirement for such statistical models is the input data used to define the statistical 

variance.  

The layer-wise fabrication of PBF components has an impact on the stiffness of micro-lattice 

structures overall [259], but there is also a difference in mechanical properties and 

morphology of single micro-struts when built vertically versus at a low angle to the build 

platform [191,200,262,263,340,341,205,209,245,248,249,254,260,261]. Struts have been 

imaged using micro-CT or microscope, and the impact of the angle of struts to the build 

direction on strut morphology has been investigated. This includes its effect on the cross 

section [191,245,248], ‘waviness’ or eccentricity [200,209] and roughness [260,340,341]. 

Tensile tests of struts built using laser PBF at varying angles to the build direction have been 

conducted [201,261,262], but there is little data in the literature on the relationship between 

build angle and elastic modulus and strength. Some research has also shown a better fatigue 

life for micro-struts built using electron beam melting at 45° versus 90° to the build platform 

[340]. These orientation-dependent parameters are essential to model the behaviour of 

complex lattices reliably.  
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Detailed investigation of both the mechanical properties of micro-struts and their 

morphology is conducted in this chapter. This aims to give clear insight into how the 

morphology and build angle are related, and how these two variables affect the elastic 

modulus and strength of the micro-struts. A secondary aim is to investigate the circularity 

of struts, their surface finish, and how different ways of defining diameter affect the 

calculated mechanical properties This fundamental knowledge will improve our 

understanding of the mechanical properties of micro-lattices. 

4.2 Materials and methods 

4.2.1 Specimen manufacture 

All strut specimens were built in two materials using a Renishaw AM250 powder bed fusion 

(PBF) additive manufacturing system (spot size of 70 µm and wavelength of 1.07 µm). 

Stainless steel (SS316L) and titanium alloy (Ti6Al4V ELI, Grade 23) spherical powders were 

used, with a particle size range of 10-45 µm. These were supplied by Carpenter Additive Ltd. 

Specimens were 25.8 mm long, for an eventual 5 mm gauge length (see Methods section 

4.2.4) and built at a range of angles, measured as the inclination vertically from the build 

platform. 20°, 40°, 70°, and 90° were chosen as these cover a large range of overhang at 

which micro-struts of this length can be built using PBF (Figure 4.1). Three designed 

specimen diameters were applied to the specimens, 250, 300 and 350 µm. These diameters 

are chosen as they are used regularly in micro-lattice structures [186,201,215,331,337]. 

 

Figure 4.1: 
Tensile testing specimens 
on build platform. 

(a) Top view of CAD layout 
for tensile specimens, with 
labelled diameter groups. 

(b) Ti6Al4V specimens 
attached to build platform 
with labelled angles used 
for testing. 
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Figure 4.1 shows the resulting build platform, where 20 specimens per variable were built to 

include redundancies, 240 specimens in total. 5 replicates per variable (n = 5) were required, 

120 successful specimens in total, avoiding the inclusion of unsatisfactory specimen data 

that may occur. The strut overhang was angled in the x direction, to avoid damage by the 

recoater blade, which moves along the y-axis. A 5° anti-clockwise rotation was also applied 

to the struts to avoid repeated scraping of the recoater blade by the struts. Airflow was 

perpendicular in the x-axis.  

Material Engine 1.0 was used (Betatype Ltd, www.betaty.pe, London, UK) to generate final 

build files for the machine. For each strut, the software calculates the intersection between 

the strut and the slice layer. At each intersection, an ellipse was calculated which reflects the 

angle of the strut to the build platform. Traditionally, the ellipse contour is traced by the laser 

and ‘hatch’ scans are used to fill in the strut cross-section, However, in this chapter the 

contour diameter was set as equal to the laser spot size (70 µm), ensuring that the centre of 

the strut is melted, and the strut thickness is then controlled by laser exposure time to 

increase the size of the melt pool, as shown in previous work [162,342]. The laser exposure 

times were chosen on a strut-by-strut basis, to achieve the desired diameters. For SS316L, 

the laser power was 200 W and exposure time varied from 40 to 100 µs. For Ti6Al4V, the laser 

power was 50 W and exposure time varied from 50 to 600 µs. The elliptical contour was 

traced out in points, with a spacing between points around the contours of 45 µm for all 

specimens. A 50 µm slice thickness was used. The method described herein is used in 

previous work [204]. The specimens were carefully removed from the plate using pliers, 

ensuring no deformation of the specimen, and were then stored individually before scanning. 

4.2.2 Micro-CT scanning 

To obtain high resolution information about the morphology of the struts and its variation 

over build angle, micro-CT scans of the struts were conducted. Compared to other measuring 

techniques, this revealed detailed information about the surface of the struts as well as any 

internal porosity. Radiolucent strut holders were designed to keep struts in place whilst 

scanning to ensure no ‘ghosting’ in the images due to movement, and to minimise distance 

of the struts to the X-ray source (Figure 4.2). These were manufactured using a fused 

deposition manufacturing (FDM) process on a Markforged Mark Two printer 

(www.markforged.com, Massachusetts, US). The Onyx filament was used, a fibre-reinforced 

nylon thermoplastic [343]. 
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Figure 4.2: 
3D-printed 
radioluscent strut 
holder. 

Shown assembled 
and disassembled 
with closeup on 
individual struts. 

Micro CT volumes of each batch of struts were acquired using a Bruker SkyScan 1272 

(www.bruker.com, Kontich, Belgium). A series of optimisation scans were conducted to find 

the ideal balance of angular spacing between rotational X-ray images, voxel size and frame 

averaging which captured the fine detail of pores and semi-sintered particles on the strut 

surface. A comparison is shown in Table 4.3. 

Table 4.3: Comparison of strut cross-section using different scanning parameters, with final selection in red 

        

Resolution: Low-res Low-res Low-res Low-res High-res High-res High-res 
Voxel size (µm): 6 6 3 3 3 3 3 

Frame averaging: 2 0 2 0 2 2 3 
Angular spacing (°): 1 0.5 2 1 4 1 0.5 

With images acquired at 1° spacing, and no frame averaging, a voxel size of 3.5 µm was 

achieved for all scans. The voxel size had to increase slightly from 3 µm to ensure the full 

gauge length was captured. The source voltage and current were 100 kV and 100 µA 

respectively. A 0.11 mm Cu beam hardening filter was used to improve the image contrast 

and remove streak artifacts [344]. The volume reconstruction from X-ray images was 

calculated using NRecon 1.7.1.0 (www.bruker.com, Kontich, Belgium). These volumes were 

then split up into one for each beam. An example micro-CT ‘slice’ is shown in Figure 4.3. 
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Figure 4.3: 
Example slice of 
reconstructed micro 
computed tomography 
(microCT) volume. 

Slice contains SS316L 
struts built at 20° to 
horizontal. 

 

4.2.3 Segmentation and analysis 

Treatment of the micro-CT voxel volume 

The central 5 mm of each scan of the beam was analysed as this would be the critical gauge 

length section of the strut undergoing the tensile test. A threshold operation was applied to 

all volumes automatically, creating a binary image using Otsu’s method (step 2 of Figure 4.4), 

as the grayscale images were assumed to contain two classes (air or metal) and that the 

histogram of the images was therefore bimodal [345]. This ensured consistency across all 

struts. Pores below the minimum pore size threshold were removed to allow for successful 

meshing of the beam (step 3 of Figure 4.4). The threshold was 150 voxels in volume, 

corresponding to an equivalent pore diameter of 2.17 µm, which is roughly an order of 

magnitude below the diameter of the powder particles themselves. Extraneous particles 

which were unconnected to the strut volume were removed so they did not influence any 

results. 

Meshing of micro-CT voxel volume 

A triangular surface mesh was generated for the outer surface of the strut and inner pore 

surfaces using the iso2mesh meshing algorithm [346], which is a MATLAB implementation 

of the CGAL 3D Surface Mesh Generation library [347] (step 5 of Figure 4.4). The mesh was 

generated at the boundaries within the binary volume. The maximum radius of the Delaunay 

sphere used to mesh the surfaces was 17.5 µm, lower than the average radius of the powder 
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particles, ensuring that surface detail caused by powder particles would be captured. A 

tetrahedral mesh of the volume of the strut was also generated using the triangular surface 

mesh as an input. The maximum target volume for the tetrahedral elements was 25 voxels, 

equivalent to a spherical of diameter of 6.35 µm (step 6 of Figure 4.4). 

To find the axis of the strut, the centroids of each mesh volume element were plotted in 3D 

space. A line was then fit to those points in 3 dimensions using a least squares method. The 

mesh was then realigned so that the strut axis followed the global Z-direction, allowing 

control of the mesh in global coordinates. The strut was translated so the axis midpoint was 

at the global origin. In the final step of the mesh manipulation, the mesh was scaled from 

voxel units to metres (step 9 of Figure 4.4). For subsequent analysis, the triangular surface 

mesh of the strut and internal pores was intersected to find the cross-section, giving the 

perimeter geometry and the cross section of any pores in the plane of the cross section. 400 

measurements were taken along the 5 mm gauge length of the beam, once every 12.5 µm 

(step 10 of Figure 4.4).  
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Figure 4.4: Flowchart of segmentation and analysis of micro-CT data, showing overview of full process 

Analysis of the mesh  

The three subroutines shown as steps 11, 12 and 13 of Figure 4.4 are expanded on in the 

second flowchart Figure 4.5. The internal steps for each part of the analysis are explained 

further.  

(1) Creating voxel 
volume from 

micro-CT images 

(2) Thresholding 
volume using 

Otsu’s method 

(3) Removing pores 
below pore size 

limit 

(4) Removing 
extraneous metal 

particles from 
volume 

(5) Meshing the 
outer and inner 

pore surfaces of 
the strut 

(6) Meshing the 
volume of the strut 

(7) Finding strut 
axis by fitting line 
to mesh volume 

element centroids 
using least squares 

method 

(8) Alignment of 
mesh to strut axis 

using rotation 
matrix to correct 

for tilt  

(9) Scaling mesh to 
real world units 

(10) Intersecting 
mesh at regular 

intervals for 
measurement 

End 

Start 

Image 
stack 

Pore size 
limit 

 

12.5 µm 
interval 

Strut data 
report 

Multiple 
inputs/ 
outputs 

(11) 
CROSS-
SECTION 

ANALYSIS 

(12) 
ROUGHNESS 

ANALYSIS 

(13) 
CORE 

AREA CALC. 

TREATMENT OF 
MICRO-CT 

MESHING OF 
MICRO-CT 

ANALYSIS OF 
MESH 



TENSILE TESTING OF STRUTS 

76 

  

Figure 4.5: In depth flowchart of last three stages of analysis, for cross sections, roughness and minimum 
effective area 

Cross-section analysis  

Overall measurements of the strut geometry were taken in the cross-section analysis stage. 

The cross-sectional area of each intersection was found and an ellipse was fitted to the outer 

perimeter (not including any points from pore intersections). This was used to calculate an 

effective diameter per cross section, the results of which were averaged at the end for an 

average diameter (Davg). The minimum of these effective diameters was also recorded as the 

minimum diameter (Dmin). By dividing the major axis length by the minor axis length of the 

resulting ellipse, the elliptical ratio was found at each measurement point along the strut. 
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This is 1 if perfectly circular and increases as the cross-section deviates from the intended 

geometry (Figure 4.6b).  

The centroid of the ellipse was also found at each point along the strut. The distance from 

the centroid to the strut axis at (0,0) was found, quantifying the eccentricity of the strut along 

its length (Figure 4.6c). 

 

Figure 4.6: Operations on strut cross sections showing the results of the ellipse fit and minimum bounding 
rectangle algorithm 

To compare to the average and minimum diameter measurements, a value was found per 

cross section which simulates the maximum diameter measurement achieved by caliper 

(Figure 4.6d). This was found by generating the minimum bounding box that contains the 

cross-section perimeter and using the larger of the two side measurements as the maximum 

caliper diameter (Dcal). This is synonymous with the maximum Feret diameter [242]. 

Roughness analysis 

To find an accurate measure of roughness for the surface of the strut, any variation of the 

surface due to overall deviation of the strut from the strut axis had to be accounted for. 

Therefore, the strut mesh was corrected for eccentricity. 

The eccentricity of an example strut in Figure 4.7a is plotted over its length as a single trace, 

with a dotted red line in Figure 4.7b. This is the variation of the centroid of cross-sections 

along the strut length (Figure 4.6c). Both the x and y components vary over z (the length), but 

in Figure 4.7b only the magnitude of the x component is shown. x = 0 at the strut axis shown 

in a grey dashed line in Figure 4.7a. High frequency variation can be seen in the trace, linked 

to surface roughness, as well as gradual variation due to waves in the building of the strut. 

To separate the high frequency variation from low frequency variation, an FFT transform of 

this trace was conducted for both the x coordinate and y coordinate of the eccentricity. The 
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sampling frequency used was 81.4 samples/mm, which equals the rate of original 

measurements of the cross section. 

As the trace is measured over the length of the strut instead of over time, this resulted in the 

components of the trace in the frequency domain measured in ‘per mm’ instead of ‘per 

second’ (Hz). Any variation in the strut mesh that occurred on a small frequency was filtered 

out, leaving only the changes in frequency that occur over a longer distance (low pass filter). 

The cut-off frequency corresponded to any changes occurring every 0.5 mm, which is 10 

times the layer thickness of 50 µm, ensuring that the filtered trace would only reflect longer 

scale variation and not surface roughness. The trace was transformed back into the space 

domain, resulting in the black trace in Figure 4.7b. 

Triangular surface mesh elements were described by 3 vertices with x, y and z coordinates. 

This ‘smoothed’ trace was subtracted from the vertex coordinates for both the x and y 

coordinates, resulting in the corrected mesh in Figure 4.7c, which still included high 

frequency variation of the beam due to surface roughness. Using this mesh, any eccentricity 

in the beam did not contribute to roughness measurements. 

However, after filtering the eccentricity trace, there were end effects due to a lack of high 

frequency variation in the trace (visible at the start and end of the filtered eccentricity trace 

in Figure 4.7b). Therefore, only the middle 4 mm of the 5 mm gauge length was used for the 

roughness measurements. An ellipse was fitted to all vertices of the corrected mesh after 

projection into the X-Y plane (Figure 4.8b) so that the mean surface could be found. The strut 

surface was compared to this ideal elliptical prism to find the roughness at different angular 

locations around the surface of the strut.  
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Figure 4.7: Removal of eccentricity from strut mesh before roughness analysis. 

(a) An example strut surface mesh, showing overall eccentricity (waviness) and high detail surface roughness. 
Average strut axis shown in grey dashed line. 

(b) Dotted red trace showing magnitude of eccentricity of the strut. This is the variation of the centroid of cross-
sections along the strut length. Black solid trace is the result of a low pass filter of the eccentricity using an FFT 
transform, removing changes that occurred every 0.5 mm and below. 

(c) Strut surface mesh after having the low pass filtered eccentricity (black trace) subtracted from all mesh 
vertices, correcting the mesh for gradual eccentricity.  

 

Figure 4.8: Process of calculating the core area, and the ideal elliptical prism representing the mean surface of 
the strut. 

Dark green mesh shows the calculated surface of the strut, the inside is not a cavity, and is dense metal. 
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The absolute value of the deviation of each node in the mesh from this elliptical mean surface 

𝑦𝑖 was found. This was defined by the difference between the radial height of the node from 

the origin and the radial distance of the elliptical surface in the same direction to the origin. 

Then, the deviations of the nodes within a given angular span of 10° were summed and 

averaged over the number of nodes 𝑛 queried. This calculation (shown in Equation 4.1) was 

made every 2° in an angular direction around the strut. The surface roughness 𝑆𝑎 could then 

be provided for a particular angle, as shown in Figure 4.8c.  

𝑆𝑎 =
1

𝑛
∑ |𝑦𝑖|𝑛

𝑖=1   Equation 4.1 

The mean and deviation of the surface roughness were also found to give average results for 

the whole strut surface.  

Finding core area diameter 

Another measure of the diameter was calculated for comparison to others. The core area 

diameter would be the diameter corresponding to the unobstructed area down the axis of the 

strut, which is consistent throughout the gauge length despite any eccentricity. To find this 

area, all faces of the outer surface mesh were projected to the X-Y plane and added together 

in a Boolean union operation. This resulted in one connected flat mesh geometry with an 

outer ‘maximum’ surface perimeter and ‘minimum’ unobstructed core perimeter, shown in 

Figure 4.8a. Only the start and end 0.025 mm were omitted, leaving 4.95 mm gauge length 

which the minimum area related to. This was to maximise the length of the strut that was 

used. The area of the inner core was found and a corresponding cylindrical diameter, Dcore, 

was calculated for comparison to other diameter measurements, Davg, Dmin and Dcal. A 

summary of diameter measurements is shown in Table 4.4 below.  

Table 4.4: Summary of diameter measurements for each strut 

Diameter 
measurement 

Dcore Dmin Davg Dcal 

Description 

Equivalent 
diameter of 
consistent 
inner core 

Minimum 
equivalent 

diameter from 
strut mesh 

Average 
equivalent 

diameter along 
strut 

Maximum 
simulated 

Vernier caliper 
diameter 

 

4.2.4 Tensile testing 

209 of the 240 strut specimens were successfully scanned, meshed, and analysed using the 

methods discussed. 194 of these specimens were subject to uniaxial tensile tests to find 

their mechanical properties. Five replicates (n = 5) were required for each combination of 

material (SS316L or Ti6AL4V), build angle (20°, 40°, 70° and 90°) and designed diameter 
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(250 µm, 300 µm and 350 µm), a total of 120 specimens. The testing rig shown in Figure 4.9 

was used in a uniaxial Instron 5570 testing machine with a 100 N load cell. The strain across 

the gauge length was measured on opposite sides using LVDTs (RDP D6/05000A) at 30 Hz, 

removing any systematic error due to machine compliance. Clip-on extensometers were 

deemed too impractical due to the small gauge length and diameter of the specimens, 

whereas using LVDTs allowed the specimen to remain undisturbed during testing. The 

average of these LVDT strain measurements were used in any properties that include strain 

in their calculation. 

Specimens were gripped between two additively manufactured surfaces, a plate with a small 

(~100 µm) 90° groove to align the specimen and a flat surface. The AM surface was 

unfinished to allow the rougher texture to aid in gripping. Plates with deeper grooves 

(~200 µm) were used for larger specimens. The plate clamped down close to the strut in four 

locations, on approximately 10.4 mm of length on each end. 

The alignment was checked visually using a camera before the test began (photo shown in 

close up in Figure 4.9). The camera field of view was aligned to the grips visually using the 

plate grooves, and the gauge length of the specimen was also visually checked to align with 

the camera field of view. A Canon 750D DSLR camera was used with a 24.2-megapixel CMOS 

sensor, and a 42 mm extension tube with 35 mm f/2.8 macro lens, resulting in an 

approximate horizontal FOV of 12 mm and an approximate vertical field of view of 7 mm. 

1080p video allowed a pixel size of ~6 µm. Tests where failure had occurred inside of the 

grips or too close to the grips were discarded, to avoid inclusion of data where failure was 

influenced by stress concentrations at the grips. This occurred for 46 of the 194 tests. Video 

footage of each test was reviewed and slipping of the specimen was visually identified were 

discarded. 4 of the tests were rejected due to slipping. 
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Figure 4.9: 
Tensile testing rig using 
linear variable differential 
transformers (LVDTs). 

Custom grips are shown with 
5 mm specimen gauge 
length, and connection to 
load cell. 

 

Quasi-static strain rates were used in testing, 1.67 x 10-3 s-1 for SS316L and 3.33 x 10-4 s-1 

for Ti6Al4V specimens. These rates fall within range 2 and 3 of ISO 6892-1 A [243]. Due to 

the brittle nature of Ti6Al4V titanium alloy, a slower strain rate was used to capture more 

data within the elastic range of the test.  

Specimens were loaded continuously until failure, and stress-strain curves were used to 

calculate the elastic modulus (E ) of each specimen, using a linear regression on points in 

the elastic region. This region was defined as between 5 and 30% of the ultimate tensile 

strength (σUTS) for SS316L and between 10 and 50% for Ti6Al4V specimens. The yield 

strength (σy) was also reported for SS316L specimens, defined as the stress at a 0.2% strain 

offset from the elastic region of the curve. An example stress-strain curve for a SS316L 

specimen can be seen in Figure 4.10. 
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Figure 4.10: Example stress-strain curve for a stainless steel specimen. 

SS316L specimen built at 20° to the build platform with designed diameter of 250 µm, (a) shows specimen in 
the beginning of the test, (b) just before necking, and (c) after fracture. (d) A Ti6Al4V specimen also built at 20° 
and with designed diameter of 250 µm. 

The average diameter (Davg) was used in calculations of the elastic modulus (E ) of all 

specimens, and the minimum diameter (Dmin) was used in calculations of the ultimate tensile 

strength (σUTS) and yield strength (σy). As the specimen could have a varying cross section 

unlike a standard tensile specimen, using the minimum area for properties involving yielding 

improved the accuracy of the measurement, as plastic deformation was more likely to occur 

at weaker points along the strut.  
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4.3 Results 

All shading in the following figures (Figure 4.11 to Figure 4.18) represent the maximum and 

minimum results for the five replicates tested per variable combination. 

4.3.1 Diameter measurements 

A comparison between the different methods for measuring diameter are presented in Figure 

4.11, where each are shown normalised by the calculated average diameter Davg, and 

displayed for each designed diameter. For both materials, Dcore was consistently the lowest 

of the diameter measurements, whereas Dcal was the largest. Davg and Dmin fall between the 

two. The variance of the data tended to decrease as the designed diameter increases, 

suggesting less variation in the strut overall. The resulting diameters as manufactured were 

not always constant as a function of build angle, despite varying the laser exposure times to 

compensate for potential changes. The average difference across all struts between the 

manufactured average diameter Davg and the designed diameter was an increase of 11.9% 

(s.d. 8.3%). 

 

(a) 

 

(b) 

Figure 4.11: Comparison of diameter measurement methods per designed diameters of tensile specimens. 

(a) SS316L and (b) Ti6Al4V struts, normalised by the average diameter. Shaded areas represent full range of 
results. 
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4.3.2 Strut morphology 

Elliptical ratio 

The average elliptical ratio ranged from 1.06 to 1.34 overall and was closer to unity at higher 

build angles, for all parameters. The results are shown in Figure 4.12 as a function of build 

angle with reference cross-sections on the y-axis. For both materials, the struts were less 

circular at lower build angles, possibly due to the increased overhang of successive layers 

when the struts were being built. However, Ti6Al4V struts showed slightly worse morphology 

than SS316L overall. The average value for the elliptical ratio across all struts was 1.17. 

 
(a) 

 
(b) 

Figure 4.12: Changing elliptical ratio over build angle for strut cross-sections. 

(a) SS316L and (b) Ti6Al4V struts. 1 is circular, and values above are progressively more elliptical. Shaded areas 
represent full range of results. 
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Roughness 

Average Sa generally decreased at higher build angles for all parameters and materials, with 

a slight deviation for SS316L 250 µm struts built at 90° (Figure 4.13). Compared to Ti6Al4V 

struts, the variance of the SS316L data is lower. The average Sa roughness for Ti6Al4V struts 

was 18.6 µm, 1.89 times as rough as stainless-steel specimens. There was little difference 

in roughness between the different thickness struts for both Ti6Al4V and SS316L. 

 
(a) 

 
(b) 

Figure 4.13: Average Sa roughness values (over entire strut surface) versus build angle. 

(a) SS316L struts and (b) Ti6Al4V struts. Shaded areas represent full range of results. 

Data for the eccentricity of struts can be found in the Appendix, section A1.1. 
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4.3.3 Tensile testing results 

SS316L struts exhibited a ductile failure during testing (as in Figure 4.10), whereas Ti6Al4V 

struts failed in a brittle manner shortly after leaving the elastic regime. The mechanical 

properties have been compared to bulk values from Renishaw datasheets, where specimens 

made from additively manufactured material were tested in the ‘Z’ direction, parallel to the 

build direction [257,258]. 

Elastic modulus 

The average value of E for SS316L was 61.5 GPa, 32% of the bulk value of 190 GPa [257] 

(Figure 4.14a). There was no clear trend for E changing with strut thickness or build angle. 

Calculating E using any of the diameter methods still gave a value below that of the bulk 

material, as shown in Figure 4.14b. For Ti6Al4V struts, average E was 37.5 GPa, 30% of the 

bulk value of 126 GPa [258] (Figure 4.15a). There was no clear trend for E changing with strut 

thickness or build angle. Calculating E using the core area diameter gave a value comparable 

to the bulk material, but the other diameter methods gave an E value below that of the bulk 

material (Figure 4.15b). 

 
(a) 

 
(b) 

Figure 4.14: Elastic modulus (E) for SS316L struts. 

(a) Variation over build angle, using average diameter and (b) change in E using different diameter values, over 
designed diameter. Bulk value shown with red dashed line. Shaded areas represent full range of results. 
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(a) 

 
(b) 

Figure 4.15: Elastic modulus (E) for Ti6Al4V struts. 

(a) Variation over build angle, using average diameter and (b) change in E using different diameter values, over 
designed diameter. Bulk value shown with red dashed line. Shaded areas represent full range of results. 

Ultimate tensile strength 

For SS316L, the average σUTS across all struts, calculated using the minimum diameter, was 

531 MPa, around 85% of the bulk value of 624 MPa [257], as seen in Figure 4.16a. There was 

no clear change in σUTS with either build angle or strut thickness. Using the core area diameter 

gave a σUTS value greater than σUTS  of the bulk material, using the other diameter methods 

gave a σUTS less than the σUTS  of the bulk material (Figure 4.16b). 

For Ti6Al4V the average value of σUTS across all struts was 794 MPa, around 73% of the bulk 

value of 1085 MPa [258] as shown in Figure 4.17a. There is a trend for increased σUTS  as a 

function of build angle, with the strongest specimens (σUTS = 750 MPa) built at 90° to the build 

plate and the weakest specimens (σUTS = 290 MPa) built at 20° to the build plate. There was 

no clear influence of strut diameter on σUTS. Using the core area diameter gave a σUTS value 

greater than the σUTS of the bulk material. Using the other diameters gave a σUTS less than the 

σUTS of the bulk material (Figure 4.17b). 
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(a) 

 
(b) 

Figure 4.16: Ultimate tensile strength (σUTS) for SS316L struts. 

(a) Variation over build angle, using minimum diameter and (b) change in E using different diameter values, over 
designed diameter. Bulk value shown with red dashed line. Shaded areas represent full range of results. 

 
(a) 

 
(b) 

Figure 4.17: Ultimate tensile strength (σUTS) for Ti6Al4V struts. 

(a) Variation over build angle, using minimum diameter and (b) change in E using different diameter values, over 
designed diameter. Bulk value shown with red dashed line. Shaded areas represent full range of results. 
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Yield strength 

The yield strength σy, calculated using the minimum diameter, is shown as a function of 

build angle in Figure 4.18a for SS316L struts. The average σy found across all struts was 

318 MPa, proportionally 64% of the bulk value of 494 MPa [257]. There was no clear 

relationship between σy and strut diameter or build angle. Calculation of σy using the core 

diameter gave values higher than exists for the bulk material, for 250 µm struts, while the 

other diameter methods underestimated σy compared to the bulk material (Figure 4.18b). 

 
(a) 

 
(b) 

Figure 4.18: Yield stress (σy) for SS316L struts. 

(a) Variation over build angle, using minimum diameter and (b) change in E using different diameter values, over 
designed diameter. Bulk value shown with red dashed line. Shaded areas represent full range of results. 

4.4 Discussion 

The most important findings of this work are that the elastic modulus of both the AM SS316L 

and Ti6Al4V material, and the strength of the SS316L material, did not change as a function 

of build angle or strut diameter. The strength of the Ti6Al4V material was not affected by 

diameter but was affected by build angle, more than doubling for a strut built at 90° compared 

to one built at 20° as shown in Figure 4.16. For both materials, as the build angle increased, 

the surface roughness decreased, and the circularity increased. This relationship was more 

pronounced for the Ti6Al4V material. The Ti6Al4V struts were less ductile than the SS316L 

struts and the increased surface roughness and associated stress concentration points may 
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explain the increased sensitivity of strength to build angle. This work also demonstrated how 

the definition of strut diameter affects all the properties and may partly explain the reduced 

stiffness of the struts compared to the parent material.  

The mechanical properties calculated for SS316L and Ti6Al4V struts are comparable to 

those found in the literature (Table 4.1 and Table 4.2). For SS316L struts, the elastic modulus 

was calculated as 61.5 GPa, 32% of the bulk value, lower than the previously reported results 

71 GPa, 84 GPa and 140 GPa (37%, 44% and 74% of the bulk value respectively) 

[201,203,204,240]. The elastic modulus is highly sensitive to how the cross section of the 

strut is measured, and this may explain some of the variation. Previous work has investigated 

the impact of diameter on the microstructure and mechanical properties of vertically built 

SS316L struts, testing diameters from 0.25 mm to 5 mm [339]. Struts with a sub-millimetre 

diameter had a reduced microhardness, and the yield strength also decreased with diameter. 

The elastic modulus was not reported, however the effects of changing microstructure in 

SS316L micro-struts may also explain the variation in reported stiffness. 

The yield stress σy found for SS316L struts of 318 MPa is in the range of values previously 

reported, between 144 and 380 MPa [201,339]. The ultimate tensile strength has been 

reported for SS316L struts as 450 MPa and 575.3 MPa [204,240], which bounds my value of 

531 MPa. The higher values for E and lower values for σy may be due to the average diameter 

Davg for calculating E and a lower value of the diameter used for yield related mechanical 

properties, Dmin. The true effective diameter of these varying struts probably falls somewhere 

between these two values. For E, variation in the strut makes it less stiff than a completely 

straight and consistent beam with the same average diameter. so Davg may be an 

overestimate. For σy, yielding may occur at a few different sites along the beam that are 

thicker than Dmin, the minimum diameter along the beam.  

Less data exists for Ti6Al4V struts, although the elastic modulus E has been calculated 

before as 102 GPa and 107 GPa, 81-85% of the value [241,242], which is higher than our value, 

calculated as 37.5 GPa, 30% of the bulk value. The methods used in this chapter for strain 

measurement (LVDTs) did not require machine compliance correction though the modulus 

is still lower than that found using optical methods [242]. These differences may be related 

to how the cross section is measured. Previous work has used a correlation between 

maximum caliper diameter or Feret diameter and the average diameter as observed in 

sectioned struts by SEM. It is possible that the diameter is underestimated with this method 

as compared to using micro-CT. It is also possible that there is a difference in Ti6Al4V 

microstructure, as the struts in work by Wang et al. were built using a laser power of 120 W, 
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whereas the struts in this work were built at 50 W (Table 4.3). Ti6Al4V lattices have been 

shown to be slightly stiffer in compression when built at 200 W versus 50 W [162]. 

Microhardness of laser PBF Ti6Al4V has also shown to increase with increased energy input 

[348,349]. The average value of 1066 MPa for the ultimate tensile stress (σUTS) of Ti6Al4V 

struts built at 90° compares well with the value of yield stress found by Wang. et al. of 

997 MPa, as the struts in this work failed immediately after yielding. 

Methods for quantifying differences in diameter measurement have been conducted by 

Suard et al. [249], who described two kinds of measurement of their struts. A ‘geometrically 

equivalent cylinder’, (notionally similar to the core diameter Dcore in this work) was calculated, 

and a ‘numerical equivalent cylinder’ was found by conducting FEA on voxelized models of 

their strut specimens, and a ‘numerically equivalent diameter’ was found from this FEA 

effective stiffness. These were both smaller than the nominal designed diameter, consistent 

with the results in Figure 4.11. Their differences in diameter measurement also varied over 

build angle. The comparison between a Vernier caliper or Feret diameter and the true 

diameter has also been explored before, showing an overestimation [242]. 

The elliptical ratio and how it changes over build angle has also been explored 

[191,245,248,249]. It has been shown to vary from 1 to 2 when building Ti6Al4V struts using 

EBM manufacturing [249], and as averaging at ~1.15 for Ti6Al4V struts built using powder 

bed fusion at 45° [248]. The trend towards circular cross sections as the strut is built closer 

to 90° is well confirmed in this work, and an average elliptical ratio 1.17 is within the 

established range. Similar variations in the cross section have been reported for AM struts 

built using aluminium alloy AlSi10Mg [191,245].  

The roughness of Ti6Al4V laser PBF struts have also been shown to vary over build angle 

[248,260,340]. Weißman et al. showed that struts built at 90° and 45° had significantly 

different Ra values (p < 0.001), with higher roughness values at 45° [248]. Alghamdi et al. 

showed a similar trend [260]. The Ti6Al4V struts in this work also decreased in roughness at 

a higher build angle as shown in Figure 4.13b. Further results showing the variation of 

eccentricity with build angle bear some similarity to the trends for roughness. These data 

can be found in the Appendix, A.1.1. 

This chapter investigated the effect of build angle and strut diameter on material properties, 

but other variables such as wiper blade direction, support of the strut in the print (how likely 

it is to move in the printing process) and availability of heat dissipation all may play a part in 

changing the morphological properties of the strut. Another limitation is that specimens were 

printed as one long 25.8 mm strut. Struts as part of a lattice normally have nodal connections 
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that support the strut in the build process and may have different morphological properties 

as a result. However, for accurate measurement of mechanical properties enough length was 

needed to grip the specimen. Another limitation was the use of varying laser exposure times 

to compensate for the changing build angle and maintain a consistent diameter did not work 

as expected, and the diameter of manufactured specimens did vary. However, the 

mechanical and morphological properties reported are on a per strut basis and account for 

any variation. Other mechanical properties such as fatigue strength are also important to 

find, for the purpose of building useful lattices with satisfactory performance in vivo. 

However, these were not covered within this chapter. As fatigue strength would be flaw 

dominated, there may be a greater impact on performance due to build angle. 

LVDTs were used in this work instead of optical methods to measure elongation of the 

specimen. These are equivalent, assuming that the grip of the specimen is adequate to avoid 

slippage. Only specimens with no visible slippage were included in the study after reviewing 

footage of the test and assessing the stress strain curves for any evidence of slipping.   

Digital image correlation (DIC) methods were also investigated in the preparation of this work 

as a method to capture strain along a strut as it was being tested. Figure 4.19 shows that the 

axial strain varies along the gauge length and plastic strain accumulates at various points 

prior to failure. However, LVDTs were still chosen as the final method of measurement, as 

accurate DIC requires maintaining good parallax and consistent lighting for all 120 

specimens, as well as time consuming data analysis. This was ultimately prohibitive.  

 

Figure 4.19: Digital image correlation (DIC) strain map for a SS316L tensile specimen. 

Specimen was a parameter C strut built at 70°. The varying axial strain across the gauge length of the strut is 
shown. The gross/nominal strain of the specimen was 0.0319. 

A final limitation is that the calculation method for the roughness value Sa is closer to an area 

roughness value and is not directly comparable to an Ra value that is captured using more 

sophisticated and dedicated hardware. This value can still be used however to compare 

between struts within this work. As the value comes from interrogating the mesh of each 

strut, the measure is still subject to any deviation of the mesh from the true metal surface, 
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although the element size was picked to capture sub-particle details. Similar micro-CT and 

mesh based roughness measurements have been used in the literature [340,350]. 

The outcome of this work has presented a detailed study on the effects of build angle and 

strut morphology on the mechanical properties of individual struts. For steel struts, the 

material strength is uniform across build angles and diameters, but for titanium the strength 

is highly dependent on build angle, being stronger at more vertical build directions. The lower 

angle struts have worse morphology, being rougher and less circular in cross-section, which 

may explain weaker titanium at lower build angle where imperfections in surface may 

contribute to a lower tensile strength. These data should help inform the design and 

manufacture of AM lattices by allowing struts at different angles to be assigned stiffness 

and strength properties based on these experimental measurements. For lattices that may 

be used in safety critical applications like implantable medical devices, extra care must be 

taken to compensate for mechanical properties that may be below the bulk value, and change 

depending on orientation of the lattice to the build direction. 
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5 Compression testing of 
structures 

 

 

 

Additive manufacturing (AM) enables fine control over the architecture of porous lattice 

structures, and the resulting mechanical performance. Orthopaedic implants may benefit 

from the tailored stiffness/elastic modulus of these AM biomaterials, as the stiffness can be 

made to closer match the properties of the replaced trabecular bone. This chapter used laser 

powder bed fusion (PBF) to create stochastic porous lattice structures in stainless steel 

(SS316L) and titanium alloy (Ti6Al4V), with modifications that aimed to overcome PBF 

manufacturing limitations of build angles. The structures were tested in uniaxial 

compression (n = 5) in 10 load orientations relative to the structure, including the three 

orthogonal axes. The testing verified that no hidden peaks in elastic modulus existed in the 

stochastic structure that occur in unit cell based lattices, causing unwanted mechanical 

performance. The stiffness of the lattices in directions close to horizontal were improved 

when made in SS316L. The range of stiffness results in the different directions decreased for 

both materials, indicating the structures were more isotropic. These modified stochastic 

lattices have similar stiffness to cancellous bone and have controllable anisotropy, giving 

them the potential to be used within implants which match the stiffness of trabecular bone.  

 

 

 

The work in this chapter has resulted in a patent application, filed on the 6th April 2020. The 

application details are as follows. 

UK Patent Application No 2005050.6 

Stochastic lattice structure with isotropy in axial loading 

Imperial College Innovations Ltd. 

Further details can be found in Appendix A2.2. 

The work in this chapter has been accepted for publication in Additive Manufacturing.  
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5.1 Introduction 

Additive manufacturing (AM) methods enable fine control of porous lattice structures 

[172,201,337,351,352]. This control allows the internal architecture of an additively 

manufactured component to be determined and optimised for specific mechanical 

performance, such as tailored stiffness properties [228,353]. Orthopaedic implants stand to 

benefit from this AM design opportunity [15,327]. Normally made through casting or CNC of 

biocompatible alloys such as titanium or cobalt-chrome, implants have a bulk elastic moduli 

much higher than that of bone [15,55]. Stress shielding can occur due to this mismatch in 

implant and bone properties, causing bone resorption in the stress shielded zone [72]. These 

alloys could be printed instead using AM methods such as powder bed fusion (PBF) to 

achieve porous lattices with elastic moduli more comparable to bone [195,215,331,332].  

Commercially, there are many examples of implants using AM methods for reconstructive 

surgery in the orthopaedic field [170,354,355]. For example, patient-specific implants are 

successfully manufactured by Stanmore Implants [169] using AM. There is also growing 

popularity of mass produced AM  implants, for example Stryker’s Triathlon Titanium Knee 

system [16]. However, although the AM method is now common, it has not been used to 

manufacture implants with a similar stiffness to bone. This would be highly beneficial as it 

could prevent the undesirable stress shielding phenomenon, but such a design would require 

a comprehensive understanding and control of lattice structure and elastic isotropy. 

Examples of this control include optimising the lattice porosity for minimum bone resorption 

and interface failure [222–224]. Graded lattices for bone scaffold applications have also been 

created using various initial unit cells, with elastic moduli comparable to bone when tested 

in one direction [195,236]. However, the repeating unit cell design of these lattices means 

they have an inherent anisotropy that may not be desired for bone stiffness matching [172]. 

The stiffness of a cubic lattice structure can vary by over 5 times depending on the 

orientation [166,172], whilst the stiffness of other unit cells can vary by over 6 times at 

different orientations [207]. This is a cause for concern as porous lattices are often used as 

‘space-filling’ geometry within a component.  

Lattices that aim to control stiffness anisotropy have been developed in the fields of light-

weighting and structural mechanics. One study achieves stiffness isotropy, by mixing plate-

based unit cells [173]. However, the final structures are closed-cell, preventing bone 

ingrowth, and manufactured using an AM method not applicable to biomaterials. Other 

theoretical unit cells have addressed this issue [172,216] but in the absence of multi-

direction mechanical confirmatory testing to rule out AM printing limitations. An alternative 
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repeating structure similar to a Schwarz-P minimal surface unit cell has demonstrated 

isotropic behaviour in both theoretical models and mechanical testing, but the surface 

structure may not be suitable for a bone ingrowth orthopaedic application [182]. 

Anisotropy also occurs due to differences in print quality at low build angles. This is apparent 

when the build orientation is varied with respect to the unit cell orientation in compression 

tests [214,259,356]. The stiffness properties of individual struts in a lattice can vary more 

widely than fully solid printed metal. Tensile tests have shown a difference in mechanical 

properties [201] and strut morphology [249] for struts printed at different angles (a full 

exploration of which was conducted in the previous chapter). However, all examples of 

anisotropy in lattices focus on repeating unit cell structures. There is an increasing interest 

in stochastic structures with controlled anisotropy [217], but little data exists on the 

anisotropy of such structures when printed using PBF.  

An isotropic stochastic lattice has the potential to avoid the pitfalls of anisotropic unit cell 

geometry. By varying the density of the stochastic lattice, a better match could be achieved 

with the changing modulus of bone at different anatomical locations [315]. However, the 

testing of such structures needs to be conducted in multiple directions to demonstrate that 

stiffness isotropy is improved relative to periodic unit cell based structures. Thus, the aim of 

this chapter is to investigate the anisotropy of a stochastic lattice structure and potential 

methods to prevent the anisotropy that occurs due to AM limitations.  

5.2 Materials and methods 

5.2.1 Specimen design and manufacture 

A stochastic structure was created by populating a volume with pseudo-random points 

using a Poisson-disc algorithm. The points were then joined by lines (struts) subject to three 

parameters: 

1. The number of connections to make at a node 

2. The minimum length of a connection 

3. The maximum length of a connection 

These were varied such that a certain ‘connectivity’ was achieved, defined as the number of 

struts terminating at a given node. This method, which uses Rhinoceros 5.0 and Grasshopper 

(Robert McNeel & Associates) was described by Ghouse et al. [162].  

With both bone ingrowth and vascularisation in mind (see section 2.3.3 of the Literature 

review), the minimum distance that was allowed as a strut connection was 0.4 mm, allowing 

space between nodes and creating a pore size of around 400 µm. 
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The density of the structure was 4.06 struts/mm3 and with an average connectivity at each 

node of 5.80, after varying the three parameters listed above. This was found through trial 

and error testing to be an adequate density to be printed correctly, i.e. without parts of the 

structure lacking support due to lack of connection between struts. 

Stochastic structure variations 

Three variants of the stochastic structure were generated. The first variant, variant A, was as 

described above with no further action, including horizontal or low angle struts relative to the 

build direction (see Figure 5.1a). A second variant, variant B, was created where all struts 

with an angle less than 25° to the horizontal plane were identified as ‘close to horizontal’ and 

potentially prone to building poorly (shown in pink in Figure 5.1). These struts are split into 

two parts and redrawn in a ‘kinked’ configuration, such that the strut subtends the same 

points but now kinks upwards to increase the angle of the strut to the horizontal, to at least 

25° (Figure 5.1b). A third variant, variant C, was created where in addition to the kinked 

horizontal struts, all remaining struts with an angle more than 25° to the horizontal direction 

(identified as ‘vertical’ and highlighted in blue in Figure 5.1) were kinked to an angle matching 

the average resulting angle of the horizontal kinking in the second variant (Figure 5.1c). 

The critical angle of 25° was chosen after conducting pilot testing using SS316L. Full details 

of this pilot testing is included in the Appendix, section A2.1. Other angles that were 

investigated included 20° and 30°. 

 

Figure 5.1: Stochastic structure variations. 

(a) Variant A, no change, (b) variant B, horizontal struts kinked, and (c) variant C, vertical struts also kinked. 
Struts in pink are classed as ‘horizontal’, with an angle to build platform of less than 25°. All other struts in blue 
are classed as ‘vertical’. 
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The resulting change in the distribution of strut ‘directions’ in each variant of the lattice 

structure is shown in Table 5.1 below. It is important to note that the node locations, strut 

density and average connectivity remained the same between variants. 

Table 5.1: Comparison of each variant and the distribution of struts in each direction 

 Variant A Variant B Variant C 

Diagram showing average 
length of strut segment in 
millimetres in each direction 
from horizontal (0°) to 
vertical (90°) 

   

The precise logic for the initial kinking of the structure, and the subsequent kinking of all the 

structure to an ‘average angle’ is detailed further in Figure 5.2. 

 

 

(1) 

 

(2) 

 

(3) 

 

(4) 

 

Figure 5.2: Detailed process description for creating structure variant A, B and C 
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The steps in Figure 5.2 are clarified as follows: 

1)  Shown are 3 struts that are close to the horizontal plane. These are struts that have 

an angle to the horizontal θ of less than 25°, the critical angle. 

2)  A point in the middle of the strut is selected for the split into two parts to occur. This 

point is moved directly upwards. 

3)  The point is moved upwards until the following condition is satisfied: both φ1 and φ2 

are larger than the critical angle 25°. Notice that the angle to the horizontal of the 

‘lower’ half of the strut will reach 25° first, and the movement is stopped when the 

higher half reaches 25°. For a truly horizontal strut, both angles will be the same. 

4)  The average angle of the kinking φk is found from the resulting distribution in the 

population of struts close to the horizontal, for use in the third structure variant. In 

the diagram you can see a range of kinking angles φk1, φk2 and φk3 due to range of 

struts included in the original population. 

Printed specimens 

Cuboid compression specimens were generated containing the structure variants aligned in 

10 different directions to the testing axis (Figure 5.3). Five specimens were tested per 

direction. Specimen dimensions were 10 x 10 x 12mm and conformed to ISO 13314:2011 

[238].  

Direction 𝜽 𝝋 

0 0.00 90.00 
1 45.00 35.26 
2 0.00 0.00 
3 90.00 45.00 
4 20.10 18.97 
5 90.00 0.00 
6 0.00 45.00 
7 69.90 18.97 
8 45.00 0.00 

9 45.00 62.63 

 
(a) 

 
 

(b)  

 
 

(c)  

Figure 5.3: Test directions for uniaxial compression of structures. 

(a) Spherical coordinates, (b) specimen orientations and (c) printed specimens. Airflow direction is from left to 
right, perpendicular to recoater blade direction. 
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5.2.2 Materials and manufacturing 

Solid STL geometry is usually printed using a contour-hatch printing strategy [162]. For this 

small-scale line geometry, the contour-only method was used to melt the required cross 

section of each strut as described by Ghouse et al. [162]. Contours are traced with individual 

points, holding the laser at a point for a specified exposure time and then moving to the next 

point in the sequence. Slice data (build files) were generated at 50 µm layer thickness using 

Material Engine 1.0 (Betatype Ltd).  

All specimens were printed using a Renishaw AM250 PBF additive manufacturing system. 

Both stainless steel (SS316L) and titanium alloy (Ti6Al4V ELI, Grade 23) spherical powder of 

particle size range 10–45 μm were used to create specimens, supplied by Carpenter Additive 

Ltd and Renishaw plc respectively. The build chamber was vacuumed to -960 mbar and then 

back filled with 99.995% pure Argon to 10 mbar with an O content of ~0.1%.  For SS316L, 

laser power was constant at 200 W whilst exposure times varied from 30 to 60 µs to maintain 

a constant strut thickness. For Ti6Al4V, laser power was constant at 50 W whilst exposure 

times varied from 100 to 150 µs. 

Specimens were removed from the buildplate using wire erosion, ensuring that the wire path 

preserved the intended part geometry, then cleaned using an ultrasonic bath and air jet. Each 

specimen was individually measured thrice in each dimension using Vernier callipers and 

averaged, and dry weighed thrice at normal atmospheric conditions and averaged. The 

relative density was then calculated by dividing the average specimen weight by the bulk 

weight of the metal that corresponds to the average specimen macro volume. A density of 

8.1 g/cm3 was used for SS316L and for Ti6Al4V ELI, 4.42 g/cm3. A selection of Ti6Al4V 

specimens to be tested in direction ‘0’ were imaged using a Hitachi S-3400N scanning 

electron microscope to compare the structure variations. 

5.2.3 Mechanical testing 

A materials testing machine (Instron 5570) with a 10 kN load cell was used to perform quasi-

static compression testing at an strain rate of 2 mm/min, which corresponds to a strain rate 

within standard limits [238]. Displacement was measured using LVDTs to remove any 

compliance effects from the test apparatus. A sampling rate of 30 Hz was used. The platens 

of the machine were lubricated to remove any frictional effects. Stress-strain curves were 

obtained using the individual macro dimensions of each specimen.  

The loading regime includes a single cycle of loading/unloading (loading loop) to account for 

localised yielding within the porous structure. This was carried out from 70% of the yield 

stress (𝜎70), to 20% of the yield stress (𝜎20) and the specimen was then fully compressed to 
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a high strain [238]. A preliminary specimen was compressed to 50% strain at 2 mm/min to 

find the required reference stresses for both materials. The elastic modulus was then 

calculated using a linear regression analysis of the loading loop. For all specimens, the 1% 

offset yield stress was calculated to define the yield properties, as recommended by ISO 

standard 13314:2011(E) [238]. The strength to stiffness ratio was also calculated to see if 

the modifications to the structure affected one property more than the other. To quantify the 

variation in the results over each direction, the standard deviation for each variant was also 

calculated for each mechanical property. 

5.3 Results 

Table 5.2 details the average outer dimensions of the final specimens built SS316L and 

Ti6Al4V, as well as the relative density of the final specimens. These values are compared to 

the intended dimensions and average intended relative density, calculated using the volumes 

of the CAD geometry of all designed specimens. 

Table 5.2: Manufactured specimen dimensions compared to intended dimensions 

Specimens 
Average width ± 

SD (mm) 
Average depth ± 

SD (mm) 
Average height ± 

SD (mm) 
Average relative 
density ± SD (%) 

Intended 10 ± 0 10 ± 0 12 ± 0 12.57± 0.73 

SS316L 10.25 ± 0.20 9.76 ± 0.22 11.95 ± 0.04 13.00 ± 0.98 
Ti6Al4V 10.00 ± 0.20 10.23 ± 0.20 11.95 ± 0.05 12.51 ± 0.48 
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5.3.1 Mechanical testing 

Example stress strain curves for a variant C specimen in direction ‘0’ is shown in Figure 5.4, 

for both materials. 

 
 

Figure 5.4: Stress strain curve for a specimen of variant C in the ‘0’ direction. 

(a) SS316L and (b) Ti6Al4V. 

SS316L specimens failed in a ductile manner and were gradually compressed until 

densification. Ti6Al4V specimens failed in a brittle manner and never recovered the same 

strength after yielding. Figure 5.5 compares the progression of specimen failure SS316L 

and Ti6Al4V specimens of variant A in the ‘0’ direction. 
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Figure 5.5: Photographs of variant A specimens in the ‘0’ direction for both SS316L and Ti6Al4V undergoing 
compression. 

The start of brittle failure can be seen in Ti6Al4V at ε = 6% (highlighted in red). Black scale bar on bottom right 
of images is 2 mm.  

The results for the mechanical testing show the values for each direction in order of 

increasing angle to the buildplate, i.e. from horizontal directions to vertical. The directions 

are described in Figure 5.3b. 
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Elastic modulus 

Elastic modulus results are shown in Figure 5.6. For SS316L specimens, the moduli of each 

direction for variant A (no change) ranged from 384 MPa to 1058 MPa. The overall elastic 

modulus of the structure increased with variant B (kinking low angle struts) to an average of 

1191 MPa, whilst reducing range of the results to 449 MPa. Variant C (kinking all struts) had 

a lower average modulus of 973 MPa, but also a lower range of 363 MPa.  

For Ti6Al4V specimens, the average elastic modulus was reduced with each succeeding 

variant, going from 680 MPa for variant A to 500 MPa for variant B, and then to 350 MPa for 

variant C, though the results did overlap in values. The range also decreased, going from 

variant A to C, from 288 MPa to 158 MPa. 

 
(a) 

 
(b) 

Figure 5.6: Elastic modulus vs test directions. 

Directions are grouped by the structure variant A, B and C for (a) SS316L and (b) Ti6Al4V specimens. 
Engineering stress. Error bars indicate the full range of results. 
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Yield strength 

Figure 5.7 shows similar results for the plastic properties of both materials as for the elastic 

properties in Figure 5.6. For SS316L specimens, the average 1% offset yield stress increased 

from variant A at 4.45 MPa to 6.80 MPa for variant B. There was no clear difference in the 

results going to variant C. The range of the results showed the same trend as before, 

decreasing from 2.14 MPa to 1.18 MPa. 

For Ti6Al4V specimens, the average 1% offset yield stress decreased from 11.76 MPa for 

variant A, to 9.24 MPa for variant B, and then to 7.72 MPa for variant C, though the results did 

overlap in values. There was no clear variation in the range of results. 

 
(a) 

 
(b) 

Figure 5.7: Yield stress vs test directions. 

Directions are grouped by the structure variant A, B and C for (a) SS316L and (b) Ti6Al4V specimens. 
Engineering stress. Error bars indicate the full range of results. 
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Strength over stiffness ratio 

Figure 5.8 shows the strength to stiffness ratio for both materials. This ratio compares how 

the plastic strength properties are affected compared to the elastic stiffness properties, with 

the changes to the structure made by each variant. For SS316L specimens, the ratio did not 

change dramatically with each variant. The average ratio decreased by 9%, going from 

variant A to C, showing that there was some small loss in strength/stiffness by modifying 

the structure. 

For Ti6Al4V, the ratio steadily increased, going from variant A to C, by 27% overall. Whilst 

both strength and stiffness decreased for Ti6Al4V variants, the stiffness or elastic properties 

decreased more readily than the plastic strength properties. 

 
(a) 

 
(b) 

Figure 5.8: Strength over stiffness ratio vs test directions. 

Directions are grouped by the structure variant A, B and C for (a) SS316L and (b) Ti6Al4V specimens. 
Engineering stress. Error bars indicate the full range of results. 
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5.3.2 SEM imaging 

SEM images show the effect of each modification from variant A to C on the print quality and 

final geometry of the printed structure (Figure 5.9). A failed horizontal strut in variant A can 

be seen, having been successfully built in variants B and C due to the kinking process. 

 

Figure 5.9: SEM images of the same location on a Ti6Al4V specimen ‘0’ structure for each variant A, B and C. 

Effect of kinking is shown on horizontal and vertical struts. In the close-up on right hand side, a horizontal strut 
is shown to build better after the kinking process. 
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5.4 Discussion 

This work shows that a modified stochastic lattice can overcome the mechanical anisotropy 

inherent in lattice structures, due to unit cell geometry. For both materials, testing these 

properties in 10 directions verified that there are no hidden peaks in elastic modulus or yield 

stress. The greatest ratio of maximum to minimum stiffness was 1.58 for Ti6Al4V variant C 

structures, as opposed to a value over 5 as can occur in cubic structures [166,172]. The 

gradual change in properties over the spherical coordinates is characteristic of stochastic 

structures. The effect that each modification variant B and C introduced were intuitive and 

decreased the variability in the stiffness properties in each direction.  

An isotropic stochastic structure can subsequently be modified to have a custom stiffness 

in each direction by modifying the strut diameters as required [315]. With an average stiffness 

of 350 MPa, the variant C Ti6Al4V stochastic lattice is within the range of stiffness needed to 

replace trabecular bone, which is between 0.02-2 GPa [15,55]. This includes the lower density 

bone found in the proximal tibia [273–275,280]. As 350 MPa is on the lower end of the 

stiffness needed for trabecular bone, increasing the strut diameter and therefore the stiffness 

could result in elastic moduli that approach that of the proximal femur [276,277]. In the 

proximal tibia, the ratio of elastic modulus in the axial direction versus in the transverse plane 

can be between 3.2 to 6.1 at maximum [280,281]. To achieve this specific anisotropy with 

the lattice, struts in the vertical direction could be stiffened preferentially to match the 

anatomical location, tuning the diameters as necessary. 

The variation in the yield properties for Ti6Al4V specimens did not improve as modifications 

were introduced as compared to SS316L (shown in Figure 5.7b). This may be due to the 

strong relationship between build angle of individual struts and the ultimate tensile strength 

(a good approximation for the yield strength) for Ti6Al4V struts shown in Chapter 4, Figure 

4.17a. The UTS increases by over 2.5 times from a build angle of 20° to 90°, so these 

properties would translate into the performance of the macro structure. This changing yield 

strength may also be impacting the performance of the lattice in the elastic regime, as low-

angle struts prematurely yield and compromise the stiffness of the lattice. Increasing the 

thickness of struts in the lattice would increase the overall stiffness but also increase the 

threshold at which the weakest parts of the lattice yield due to their low build angle. Using 

post processing techniques such as chemical etching may smooth out stress concentrations 

and roughness present in the lattice [266,350,357], which also disproportionately affect low 

angle struts as shown in Chapter 4, Figure 4.13b. 
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The strength to stiffness ratio is a useful measure for trabecular bone replacement as the 

required elastic modulus is low, whilst the yield properties should be maximised to extend 

fatigue life. The strength to stiffness ratio plotted in Figure 5.8 demonstrates that the 

modifications did not disproportionately affect the elastic over the plastic properties or vice 

versa, especially for SS316L. The ratio did increase by 27% for Ti6Al4V variant C specimens 

however, and whilst both the strength and the stiffness do decrease, going from variant A to 

C, the strength decreased less as the modifications are made. This is a useful improvement 

for musculoskeletal applications. 

Prior work involving isotropic lattices tends to begin with a unit cell design. These are 

analysed using FEA and then manually rearranged with optimisation of beam diameters 

[216,358] or the unit cell undergoes topological optimisation to reach elastic isotropy 

[172,182,359]. Many unit cells produced this way present a challenge to manufacture using 

PBF due to the presence of horizontal struts [172,216], or of closed cavities that may trap 

metal powder [173]. The topology-optimised unit cell presented by Takezawa et al. 

resembles that of a Schwarz P minimal surface and so would be better able to self-support 

during manufacturing [182]. However, compared to the other unit cells which are strut-based 

and create an open cell structure, it has been optimised for high stiffness and is less suitable 

for bone ingrowth applications.  

In contrast, the stochastic method used in this chapter precludes the use of FEA in this way 

due to the lack of a regular unit cell. Elastic isotropy is achieved instead throughout the 

‘continuum’ of the printed structure. The use of a ‘critical angle’ in the stochastic method 

presented here avoids any variability in strut morphology that can occur at low print angles 

[201,249]. Testing in ten directions, including the three axial directions, verifies the 

mechanical properties of the lattice are consistent throughout. The advantages of open cell 

structures for bone ingrowth are also retained. A further advantage of the stochastic 

structure is that the stress-strain curve is similar to that of a continuum material. There are 

no failure planes that could occur from a repeating unit cell, where the same part of the cell 

fails at once under a critical load (a shear band-type global failure) [360].  

When looking to control the overall stiffness of lattice, increasing or decreasing the relative 

density would be necessary as per the Gibson-Ashby model for porous materials. Where unit 

cells have been specifically arranged and balanced for isotropy, they are limited to one 

volume fraction [216], and would have to be re-optimised for a different volume fraction 

[172,182,359]. Stochastic lattices may not have this problem and increasing the beam 

diameter should suffice. Further testing is required to see if the benefits of strut modification 
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can be replicated at higher volume fractions. A lattice with anisotropy that has been tailored 

to match an anatomical location will potentially have a different relative density to those 

investigated in this chapter. 

All open cell, strut-based isotropic lattice designs will have their properties dictated in some 

way by the AM technique used, and thus relying on FEA data alone may not capture 

manufacturing effects due to build angles and build quality. However the experimental 

approach taken here and reported by others [182] avoids this outcome. For example, the pilot 

data for this work indicated that the 25° critical angle was appropriate for our setup, and this 

may not be the case for different materials, build parameters or manufacturing methods. The 

critical angle was chosen after conducting pilot testing using SS316L. Full details of this pilot 

testing is included in the Appendix, section A2.1. Other angles that were investigated 

included 20° and 30°. 

Other limitations of the work presented here relate to the manufacturing process. When 

creating porous lattices with feature sizes from 100 – 300 µm using PBF manufacturing, 

factors such the slicing method, and the quality of air filtration/optical train all influence the 

lattice performance. These may vary from printer to printer, so further tests would be 

necessary to evaluate the robustness of the structure against manufacturing method. 

Some parameters have been fixed for this study, which may have a key role in the mechanical 

behaviour. The effect of the value chosen for the critical angle of 25° has not been explored. 

Further work would explore how the mechanical isotropy changes with variation in that 

angle. The structures have also been tested at one density only. Testing at higher densities 

would allow a relationship with strength and modulus to be established, and whether this fits 

the Gibson-Ashby model for porous materials. It is also possible that the kinks act as ‘stress 

raisers’, which may impact on the fatigue properties of the lattice. Further testing would be 

needed to investigate this. 

The modified stochastic structure presented here has the potential to be used as a base 

lattice for stiffness matched implants for areas of trabecular bone. Overcoming PBF 

manufacturing limitations that cause anisotropy in stochastic lattices reduces the 

dependence of the lattice performance on build direction, especially compared to some unit 

cell based lattices. This has the benefit of allowing a greater range of orientations that the 

lattice could take within an implant component. This increases the options for arranging 

components on a print bed as different orientations would be possible, reducing the space 

required and providing flexibility. A patent has been filed to this effect as a result of the work 

in this chapter, the details of which can be found in the Appendix, A2.2. 
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Modified stochastic lattices have been designed which produce more isotropic mechanical 

behaviour. These low stiffness lattices could be used within implants which match the 

stiffness of trabecular bone.  
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6 Discussion 
 

6.1 Most important findings 

The work in this thesis has shown that the mechanical behaviour of a laser PBF AM lattice 

structure is affected by the lattice architecture and the underlying mechanical properties of 

AM metal. Lattice topology impacts the performance of the lattice in multiple directions. 

Lattice structures that have material arranged in highly aligned directions, such as a BCC 

structure, will have an anisotropic stiffness that reflects that architecture (Chapter 3). A 

stochastic structure can have a varying anisotropic stiffness, depending on whether low-

angle struts are removed or have been kept in and modified. Modified stochastic structures 

will have a gradual change in properties over spherical coordinates with no hidden peaks in 

stiffness (Chapters 3 and 5). Statistical measures of lattice architecture such as the SLD do 

not necessarily predict the mechanical performance of lattices, as they do not consider 

connectivity or density (Chapter 3). Mechanical testing is a better method for comparing 

between lattice topologies.  

The underlying elastic modulus for SS316L and Ti6Al4V micro-struts in a lattice has no clear 

relationship to build angle but is substantially lower than that for the bulk material. In 

contrast, the ultimate tensile strength of Ti6Al4V struts has a strong relationship with build 

angle. The average value for the UTS of Ti6Al4V struts more than doubles from struts built 

at 20° versus those built at 90°, though this relationship does not exist for SS316L. The 

morphology of low angle struts is also compromised with respect to elliptical ratio, 

roughness and eccentricity for both materials (Chapter 4). This change in morphology may 

explain the poor mechanical performance of unmodified stochastic lattices at low build 

angles.  

The modifications to the stochastic lattice introduced in Chapter 5 help overcome the poor 

print quality at low build angles, and constitute a low-stiffness lattice which could be tuned 

using a varying density to match the preferred mechanical stiffness and anisotropy for a 

given anatomical location. The resulting lattice used in a bone implant could help achieve 

peak bone formation in the periprosthetic bone. 
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6.2 Implications of the findings for implant design 

These findings have implications for the challenge of implant design. Importantly, the 

methodology developed for compression testing of a lattice in multiple directions in Chapters 

3 and 5 has shown that testing in only one direction is insufficient. As loading of implants is 

often dynamic, in both the magnitude and orientation of the load, consideration of planes of 

weakness for a lattice design needs to be considered. 

AM implants would invariably use Ti6Al4V over SS316L. The elastic modulus of Ti6Al4V 

struts in a lattice does not have a clear relationship with build angle, whereas the UTS does. 

However, it is not yet clear exactly what contribution surface defects and stress 

concentrations had on the relationship between strut build angle and UTS. As yield properties 

are important in lattice design, further testing would be needed regarding fatigue properties 

of the Ti6Al4V lattices, and whether the relationship between Ti6Al4V strut build angle and 

UTS causes anisotropic fatigue properties. 

Chapter 5 demonstrates a method for modifying stochastic lattices to have more uniform 

stiffness properties. This works well for SS316L lattices but could be improved for Ti6Al4V 

lattices. However, there is a lot of room for experimentation with the different variables, such 

as strut diameter, the critical angle of 25°, and for including post-processing techniques such 

as heat treatments as well as acid etching processes. These are not investigated in the thesis 

but would be important for implants that can be easily sterilised, and do not include semi-

fused particles. 

6.3 Limitations 

Chapter 3 was limited to the investigation of two kinds of lattice, BCC and stochastic. 

Comparison to further architectures and unit-cell designs would be instructive, especially as 

the multi-directional methodology employed in this thesis is not often used in the literature 

to highlight peaks and variability in lattice structures. However, the aim of creating a 

methodology which tested lattices in multiple directions was accomplished (Aims and 

objectives of the thesis, section 2.4.2) A full comparison between many unit cells would have 

benefitted many researchers, though including a stochastic lattice did address a lack of data 

in the literature.  

Chapter 4 included build angle and strut diameter as independent variables when 

investigating fundamental mechanical properties, fulfilling the broad aims of this chapter. 

However, other variables such as wiper blade direction and support for the strut (normally 

available as part of a lattice) would also affect the mechanical and morphological properties. 
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Fatigue strength was also not investigated. It was also established using a robust method 

that the mechanical properties are lower than that of the bulk material for both SS316L and 

Ti6Al4V. Digital image correlation may have been a more accurate method of strain 

measurement, but the method used LVDTs and took many precautions to avoid machine 

compliance. 

The structures in Chapter 5 had some parameters fixed, such as the critical angle of 25°, and 

the structures were tested at one density only. Changing the strut diameter to affect the 

lattice density as suggested may cause changes in the performance of the lattice in multiple 

directions. Micro-CT imaging was also not used on full lattice structures as built to analyse 

defects in the same way as for individual struts. Imaging lattices in full would ensure that the 

morphological properties found for individual struts match those that are found in a built 

lattice. However, the aims set out for this Chapter were achieved, with a specific method that 

improved the manufacturability of SS316L stochastic lattices. The resulting Ti6Al4V lattices 

had an elastic modulus that was within the range of trabecular bone, in multiple directions. 

6.4 Comparison to existing work 

There is very limited work that explores the kind of stochastic lattice established by Ghouse 

et al. in the Imperial College London Biomechanics group [162,315,342], and which features 

in this thesis. Examples exist outside of the metal AM literature [217,230,353], but this lack 

of work on stochastic structures may be because design tools and software commonly used 

in engineering favour regular structures rather than those using pseudo-random points. 

Current work in metal AM that uses lattices designed using a random input, does not explore 

the full mechanical behaviour, or is not suitable for biomaterial applications [186,187,199]. 

However, modified stochastic lattices have been shown in this thesis to behave more like a 

‘continuum’ material, without hidden peaks in stiffness as can be found for unit-cell based 

lattices.  

The uniaxial tensile testing and morphology investigation for individual micro-struts at 

varying build angle is the first comparison between SS316L and Ti6Al4V struts with the same 

methodology. The results confirm that the mechanical properties of laser PBF metal are 

lower than that for the bulk material, and that strut morphology is impacted for struts at low 

build angles. The use of micro-CT imaging to quantify the morphology of tensile test 

specimens has not been done previously, and the work in Chapter 4 adds substantially to the 

reported mechanical properties of micro-struts built at different angles. 

The method used in this thesis for multi-directional uniaxial compression testing of stiffness 

for lattices is novel, and similar comprehensive testing for other kinds of lattices is not 
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always implemented. Where mechanical testing has been performed in multiple directions, it 

is only carried out in one or two extra directions [182,213,214], or the structure is not tested 

such that the build direction remains consistently oriented to the lattice structure [207]. 

Otherwise, FEA is used to test in multiple directions [166,172,173,206,220,358]. However, the 

inconsistencies in metal AM highlighted in Chapter 4 show that this approach may not be 

reliable if these are not taken account in the material model. One topology optimised lattice 

has been tested in 3 directions, but has been designed for biomaterial applications [182]. As 

such, the work in this thesis has tried to address this area of the literature. 

6.5 Future work 

When considering implant design, there are benefits to further testing for mechanical 

properties of Ti6Al4V struts. As the yield-related properties such as ultimate tensile strength 

do seem to be related to build angle, possibly due to poor surface morphology, the effect of 

post-processing on individual struts need to be considered. Heat treatments as well as acid 

etching processes should all be tested to see if improvements are made to the mechanical 

and morphological properties.  

These post processes will also affect the macro behaviour of lattices. They may improve the 

effect that the modifications have on stochastic lattices made using Ti6Al4V. Compared to 

SS316L lattices, the Ti6Al4V lattices did not have a dramatic improvement to their 

performance at low angles. Heat treatments may increase the ductility of the Ti6Al4V 

lattices. The yield behaviour of the lattices is also important due to the requirements of 

implants, specifically suitable fatigue properties. The effect that the stochastic lattice 

modifications have on fatigue behaviour is also important, as they may be a cause of further 

stress concentrations/stress raisers. 

The modified stochastic lattice structures introduced in Chapter 5 could be explored further, 

as there are multiple variables that impact the lattice architecture and would impact the 

lattice performance. The 25° critical angle for struts defining them as ‘horizontal’ to the build 

platform could be subject to a sensitivity analysis. Tests on individual ‘kinked’ struts could 

provide detail as to the magnitude of bending that is induced and the relationship with 

changing strut morphology. Various densities of modified stochastic could also be 

evaluated, to see if tuning the stiffness by increasing strut diameter as suggested causes 

other mechanical effects.  

Analysing full lattice structures using micro-CT as well as SEM, and mechanically testing the 

same specimens, would allow for useful feedback loops. This geometric data could be used 

to minimise error when manufacturing the lattices, especially with respect to strut diameter. 
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Equally, using more advanced imaging techniques for measuring strain, such as the DIC 

method briefly introduced in Chapter 4, would provide higher resolution data about the 

accumulation of strain in individual AM struts. Further work could correlate the location of 

defects and stress concentrations with failure locations. Chapter 4 also showed that 

stiffness of SS316L did vary at certain build angles as a function of tensile specimen 

diameter. Microstructural effects could be the reason for this variance, so analysis of AM 

metallurgy may be useful for fine control of lattice performance.  

In using micro-CT imaging for the individual struts, full volumetric meshes can be calculated 

for each strut. These can be converted into a tetrahedral FEA mesh for further analysis in 

silico. Tensile tests could be conducted using FEA, and the results compared to the physical 

tests. This could help clarify the true effective stiffness of the strut geometry, retaining the 

geometry imperfections that are not captured using an average diameter for the whole gauge 

length. 

A useful development of the work would be to continue testing porous lattices in vivo, either 

using animal models or a bioreactor with loading capabilities. This would take the work to 

the next step, demonstrating how modifications of a lattice affect bone remodelling directly, 

rather than using FEA or testing the lattice alone. The Biomechanics group in Imperial College 

London has shown some promising initial results with their bioreactor, with bone cells kept 

alive and exhibiting response to strain input. This bodes well for future experiments that can 

rapidly iterate between lattice designs, optimising for peak bone formation. 

6.6 Further applications of the work 

As SS316L has also been tested alongside Ti6Al4V, there are broader applications for the 

work in this thesis beyond musculoskeletal applications. SS316L has high corrosion 

resistance and excellent weldability [361]. It is useful where a higher stiffness is needed than 

Ti6Al4V. It is also more ductile than SS316L. Chapter 5 also showed how the modifications 

to stochastic lattices improved the performance of SS316L lattices when loaded at a low 

angle. Therefore, the SS316L modified stochastic lattice from Chapter 5 could be used in a 

range of light-weighting, energy absorption or heat exchanging applications, where a more 

uniform stiffness is needed, and manufacturing limitations do not allow an unmodified 

stochastic lattice to be built. 

The results for the tensile testing in Chapter 4 will also be helpful for researchers outside of 

the orthopaedic field, who use SS316L regularly in their lattice designs. It will be useful to 

know that the mechanical properties of SS316L do not have a clear relationship with build 

angle. 
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6.7 Research impact 

Various parts of this thesis have been presented, published or are currently under review. 

The multi-directional compression testing of a culled stochastic lattice in Chapter 3 was 

employed in a paper published in Additive Manufacturing (December 2019 issue), and the 

comparison between BCC and stochastic structures was presented at the International 

Society for Technology in Arthroplasty (ISTA) 2018 Congress. The tensile testing work in 

Chapter 4 has been submitted to Additive Manufacturing. The compression testing work of 

modified stochastic lattices in Chapter 5 has resulted in a patent application (UK Patent 

Application No 2005050.6). Full details can be found in Appendix A2.2. The work has also 

been accepted for publication in Additive Manufacturing. 

6.8 Conclusion 

AM lattices have been designed, manufactured, and tested for musculoskeletal applications. 

The investigation of fundamental mechanical and morphological properties has revealed 

manufacturing limitations in laser PBF and provided data that could be used to better predict 

lattice behaviour. The modified stochastic lattice structures that have been designed 

overcome these limitations. The resulting lattice shows improved stiffness isotropy and 

could be tuned to match the stiffness and anisotropy of local trabecular bone. 
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8 Appendices 
 

A1 Tensile testing of struts 

A1.1 Further strut morphology 

Eccentricity 

Eccentricity is shown as a function of build angle in Figure 8.1. The average eccentricity 

across all struts was 22.4 µm. There is a general trend to smaller amounts of eccentricity at 

high build angles for both materials. For SS316L struts the average eccentricity decreased 

from 26.1 µm at 20° to 12.0 µm at 90°, more than halving the value. A similar trend is seen 

for Ti6Al4V specimens, with the average eccentricity almost halving from 36.1 µm to 18.7 µm 

over the range of measurement. The amount of variation for Ti6Al4V specimens is larger than 

for SS316L and there is not a clear difference between struts with different designed 

diameters. 

 
(a) 

 
(b) 

Figure 8.1: Average eccentricity of the strut over build angle. 

(a) SS316L struts and (b) Ti6Al4V struts. 
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A2 Compression testing of structures 

A2.1 Pilot data 

Pilot testing was conducted for the kinking process detailed in Chapter 5, to find what 

might be an appropriate critical angle to use for the full set of test specimens. The pilot 

data was conducted by testing only 4 of the 10 directions, namely direction 0, 1, 2 and 3. 

Direction 0 was pointed in the z direction, direction 1 at the centre-point between all three 

axes, direction 2 in the x direction, and direction 3 in between the z and y directions (see 

Figure 5.3). This covered a range of horizontal to vertical directions. One other constraint 

was that the tests were only conducted in SS316L, and not Ti6Al4V. Variant A (no 

modifications) was tested in these directions. A critical angle of 20° was tested with variant 

B and C. A critical angle of 25° was also tested with variant B and C. Lastly, a critical angle 

of 30° was tested with variant C. 

The elastic modulus was calculated using the method described in section 5.2. The 1% 

offset yield stress was also calculated as described previously. Lastly, the plateau stress 

was calculated, which is the average stress from 20% to 30% strain, as recommended by 

the ISO standard [238]. 

  



APPENDICES 

162 

Elastic modulus 

Figure 8.2 shows the elastic modulus results for the pilot data. The variant B structures 

were shown to improve the low angle stiffness of the structures versus variant A. The 

elastic modulus increases overall with the other variants. The stiffness of variant C 

structures was decreased from variant B overall, with variant C-25 showing the smallest 

range in results. 

 

Figure 8.2: Elastic modulus vs test directions 0, 3, 1 and 2, ordered by increasing vertical orientation.  

Directions are grouped by the structure variant A, B and C and the critical angle that was chosen. 
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Yield stress 

Figure 8.3 shows the yield stress results for the pilot data. The variant B structures were 

again shown to improve the low angle yield strength of the structures versus variant A. The 

yield strength increases overall with the B and C variants. The range in yield strength for 

variant C-25 was again the smallest. 

 

 

Figure 8.3: Yield stress vs test directions 0, 3, 1 and 2, ordered by increasing vertical orientation.  

Directions are grouped by the structure variant A, B and C and the critical angle that was chosen. 

  



APPENDICES 

164 

Plateau stress 

Figure 8.4 shows the plateau stress results for the pilot data. The results are very similar in 

pattern to the yield stress results, with improved performance by the variant B and C 

structures. Again, the range of plateau stress for variant C-25 was again the smallest. 

 

 

Figure 8.4: Plateau stress vs test directions 0, 3, 1 and 2, ordered by increasing vertical orientation.  

Directions are grouped by the structure variant A, B and C and the critical angle that was chosen. 

Due to the results found using this pilot data, a critical angle of 25° was chosen for the full 

set of experiments. However, further testing of different critical angles is still warranted, 

especially for Ti6Al4V specimens and for different heat treatments thereof. 
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