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Abstract 

Currently, bone implants are manufactured from Ti-6Al-4V, an alloy originally designed for use in 

aircraft. Hence, Ti-6Al-4V has short-comings in biological applications. This alloy contains toxic 

elements of Al and V and possesses a much higher elastic modulus than bone. The elastic modulus mis-

match between bone implants and the natural bone surrounding the implant after implantation results 

in ‘stress-shielding’. Stress-shielding causes the natural bone surrounding the implant to be resorbed by 

the body. Implant loosening and fracture of thinning bone surrounding the implant are, hence, common 

complications after surgery. Implant failure causes significant pain and reduction in quality of life of 

patients and leads to complicated revision surgeries with even further reduced success rates and 

increased surgical risk and cost.  

Additive manufacturing is increasingly adopted by major implant manufacturers, aiming to improve 

surgical success rates by manufacturing bespoke implants. However, the suite of materials available for 

manufacture remains limited to Ti-6Al-4V. New alloys, specifically designed for bone implant 

applications, are required. Initial considerations such as removing toxic elements and reducing elastic 

modulus are a start. However, new understanding in the biological response to implant materials has 

encouraged design of new alloys which are ‘bioactive’, providing functionalities when implanted, such 

as anti-bacterial behaviour or enhanced osteogenesis. Bespoke additively manufactured bone implants 

made from new bioactive alloys have the potential to significantly reduce implant complications.  

Tantalum (Ta) has a long history in biomedical applications and has recently been highlighted for its 

superior osteogenic response when compared with titanium (Ti). However, Ta is extremely dense at 

16.7 g/cm3, has a high elastic modulus of 186 GPa and is difficult to process and shape, due to its 

refractory nature. Ta acts as a β phase stabiliser in Ti and hence the TiTa system can reach low elastic 

moduli, whilst retaining a superior strength to pure Ti, due to solid solution strengthening. However, it 

is still unknown whether alloys of the TiTa system retain the improved osteogenic capabilities of pure 

Ta. In addition, due to the large difference in melting points between Ti and Ta, simultaneously holding 

these two metals in the molten state is extremely difficult. Preliminary studies of laser powder bed 

fusion (L-PBF) of TiTa alloys show remaining partially melted Ta particles embedded in the TiTa 

matrix, suggesting new processing methods are required to improve homogeneity.  

This thesis addresses the gaps in the understanding of processing TiTa alloys using L-PBF and 

investigates the mechanical and biological response of these alloys. Two alloy compositions were 

chosen, as two minimum modulus points exist in the alloy system at Ti25Ta and Ti65Ta and were 

investigated through mixed powder L-PBF processing.  

The thesis is divided into seven chapters. Chapter 1 provides the motivations for this thesis whilst 

Chapter 2 summaries the literature of biomedical alloys, additive manufacturing methods, the current 
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state of mechanical properties achieved in additively manufactured biomedical alloys and existing 

strategies to improve the biological response of implant materials.  

Chapter 3 discusses the selection of Ti25Ta and Ti65Ta alloys and high throughput additive 

manufacturing is used to validate the alloy selection, by investigating the volume fractions of α and β 

phases present over a range of compositions. Laser directed energy deposition (L-DED) processing 

validated the expected crystal structures and highlighted the necessity of developing new processing 

strategies to ensure full melting and incorporation of the Ta. Processing parameter optimisation was 

then investigated for L-PBF of these alloys, the preferred AM method for implant manufacture. 

Improved melting of the refractory Ta was addressed by ‘remelt scanning’, a scanning strategy which 

has previously been investigated to improve surface finish and reduce residual stress, however, has not 

been investigated as a tool for improving alloy homogeneity. The density of the manufactured material 

was also used to validate parameter optimisation models. A normalised enthalpy model which includes 

chemical properties of the metals investigated, was applied to study the processing window. While this 

model highlighted benefits for parameter predictions over the traditional energy density model, some 

shortcomings, such as the lack of describing heat transfer between powder particles, were reported. 

Future work is suggested to further enhance the enthalpy model.  

Chapter 4 investigates the microstructure and quasi-static mechanical properties of the L-PBF Ti25Ta 

and Ti65Ta alloys. The work furthers the disputed α’/α’’ compositional boundary in the TiTa phase 

system, as the microstructure provides the unique opportunity of TEM crystal investigation across a 

variety of wt.% composition diffusion zones. In addition, this chapter highlights the non-columnar grain 

structure produced, which is unusual for Ti alloys produced via L-PBF. This is attributed to a 

combination of constitutional supercooling and remaining partially melted Ta particles acting as grain 

nucleation sites. The tensile and elastic modulus properties of the alloys are then related to their 

observed microstructure. The effect of the novel processing method of remelt scanning on disrupting 

grain structure and texture and increasing alloy strength is discussed. The developed alloys show similar 

strength to L-PBF produced pure titanium, with half the elastic modulus.  

Chapter 5 investigates the performance of the TiTa alloys under cyclic loading, such as would be 

experienced by an implant. Fatigue testing was conducted for solid and lattice structures, neither of 

which have yet been explored in literature. The yield stress normalised fatigue behaviour of the solid 

material was shown to be superior to both pure Ti and Ti-6Al-4V, highlighting the applicability of the 

TiTa alloy system to low-stress loaded bone implant applications, such as maxillofacial implants. The 

remelt scanning strategy was found to decrease the fatigue life of the material due to increased internal 

stresses, however the remaining Ta particles in the single melt material were not seen to contribute to 

crack initiation and failure. Parameter optimisation for the creation of fine lattice structures is also 

explored, revealing the dependence of microstructure on the part geometry. The improved ductility of 
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the TiTa alloys was noted to be especially beneficial for lattice structures and their fatigue performance. 

By reducing notch sensitivity, the TiTa alloys show superior fatigue life to Ti-6Al-4V at an equal stress 

amplitude of 50 MPa.  The fatigue behaviour of the TiTa alloy system provides a promising avenue for 

future development in new biologically designed lattice structures. 

The biological performance of L-PBF Ti25Ta and Ti65Ta are compared to L-PBF Ti-6Al-4V in Chapter 

6. The alloys are assessed in vitro through attachment, proliferation, morphology and osteogenesis 

assays with human bone marrow mesenchymal stromal cells (hBMSCs). The results showed that both 

the Ti25Ta and Ti65Ta compositions display an equal cell attachment and proliferation with an 

enhanced osteogenic response when compared with the standard Ti-6Al-4V alloy.  However, no 

statistical difference in osteogenic behaviour is noted between the Ti25Ta and Ti65Ta alloys. This 

highlights that the Ti25Ta has sufficient Ta content to be ‘bioactive’ but also offers a reduced alloy cost 

and weight when compared with the Ti65Ta composition, making the Ti25Ta alloy the preferential 

material for bone implants. 

Finally, Chapter 7 presents conclusions of the thesis and outlines recommendations for future work.  

Overall, this thesis contributes to a better understanding of additive manufacturing methods for TiTa 

alloys, providing an improved material choice for bone implant applications to increase the success rate 

of implant surgeries. This thesis established an understanding of the microstructure formation and the 

corresponding mechanical properties of TiTa alloys. Furthermore, the biological response of these 

alloys is studied and osteogenic benefit over traditional Ti-6Al-4V highlights these alloys as promising 

candidates for the implant industry.  
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Chapter 1 Introduction 

Head and neck squamous cell carcinoma is the 6th most common cancer worldwide, with alarming 

increasing rates in young people [1-3]. As the oral mucosa, where this cancer begins, is close to the 

mandible, the cancer often invades the mandibular bone and treatment involves radiotherapy coupled 

with removal of the tumour through bone resection. Large sections of the bone are removed, in attempt 

to remove all possible cancerous material, which results in chewing, speaking and swallowing 

difficulties and large facial deformities [4, 5].  

Facial reconstruction following the resection surgery consists of acquiring suitable bone from a second 

site within the body, often the fibula or iliac crest (Figure 1-1(a)). This bone is then shaped and attached 

to the remaining mandible with a titanium plate, which is manually bent to the contour of the patient’s 

face by hand during surgery and secured with multiple screws. Unfortunately, the success rate of this 

reconstructive surgery is low, with a high percentage of implant failures occurring in the first 6 months 

after surgery [6].  

 

Figure 1-1: Components of mandible reconstruction. (a) Fibula free flap surgery provides the replacement bone which is 

attached (b) with a titanium plate and multiple screws. (c) Plate fracture is one of the causes of reconstruction failure. (a) (b) 

and (c) are reproduced with permission from [7] [8] [9], respectively. 
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10 – 20 % of failures occur due to screw loosening [6, 10-15], screw fracture [10, 12, 13] or plate 

fracture [6, 9-13, 15-18]. Due to bending of the plates during surgery, residual stresses are induced into 

the plate which can cause fatigue fracture [9, 12, 13], and contour mismatch between the plate and 

reconstructed bone can lead to micromotion which results in reduced bone bonding and plate and screw 

loosening [19]. Furthermore, the mechanical properties of the solid titanium plates and screws are much 

stronger and stiffer than the surrounding bone which can lead to bone resorption, also contributing to 

plate and screw loosening [15, 20].  

To improve the success rate of mandible reconstructions and improve the quality of life for patients, 

new bespoke implants are considered in academia and industry. These designs can be enabled through 

an emerging manufacturing technique known as additive manufacturing (AM). AM can create implants 

which mimic a patient’s individual bone shape [21], and open up an opportunity to explore new 

materials, which can improve the success of many types of stress-loaded bone implants.  

Additive manufacturing (AM) is a layer-wise manufacturing process, capable of manufacturing 

complex geometries previously unattainable with conventional processing techniques. With the use of 

computer aided design (CAD), implants can be created which are based directly on CT scans of the 

patient’s bone shape, and with the additional benefits of improved functional design, such as better 

fixation mechanisms. In the case of mandibular surgery, AM of mandible implants could remove the 

need for fibular surgery altogether, by producing a scaffold through which natural bone could grow to 

fill the resection defect. Many AM devices have already received approval from the Food and Drugs 

Administration (FDA) [22-25] and have facilitated surgeries that were previously impossible with 

conventional implants. One style of mandible reconstruction plate has already been designed [26], 

however, it is still manufactured using the conventional Ti-6Al-4V alloy, which was initially designed 

for use in aeroplanes, not implants.  

Titanium (Ti) and its alloys have been widely used in medicine, due to their high strength to weight 

ratio and corrosion resistance. However, Ti-6Al-4V has many drawbacks as a biological alloy. It has a 

high elastic modulus, causing ‘stress-shielding’, a phenomenon that results in the resorption of natural 

bone in contact with the implant. Ti-6Al-4V also contains aluminium (Al) and vanadium (V), which 

are both toxic constituents, and is inert in the body, providing no benefit for the surrounding tissue. 

Additive manufacturing allows an exploration of new alloy systems which are specifically designed not 

only for use in the body, but for specific implant applications. For example, bone density and strength 

vary widely throughout the body, depending upon the magnitude of the forces applied to the bone by 

surrounding muscles and tendons. Furthermore, bone density and strength also vary significantly from 

one individual to another and is dependent upon age, gender and many other health factors. If all bone 

implants are manufactured from a single material, there will inevitably be mechanical property 
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mismatch between the implant and surrounding bone, leading to implant failure. Hence, a larger 

selection of materials is required to suit each bone implant application.  

Materials which were previously difficult to manufacture, such as the refractory elements of niobium 

(Nb), tantalum (Ta) and zirconium (Zr), are useful β phase stabilisers in titanium. Pure Ti exists in the 

α phase at room temperature, which has a much denser atomic structure, and hence higher elastic 

modulus than the β phase, which exists at temperatures above 880 °C [27]. The addition of β stabilisers 

to pure Ti reduces the temperature at which the β phase is stable and with sufficient additions, the β 

phase becomes stable at room temperature. These β-type low modulus alloys have been highlighted 

over the last ten years as promising candidates for bone implants. Additive manufacturing is helping to 

realise these systems, due to the use of high input energy sources directed at small metallic powders, 

enabling the melting of refractory constituents on a much smaller scale. 

One of the most promising refractory constituents is Ta. Ta not only has the ability to stabilise the β 

phase in Ti, but has also been highlighted in medicine for its superior bone integration properties [28-

30]. Bone tends to form more quickly and strongly on Ta implants, compared with any other metal to 

date, and hence Trabecular MetalTM, a porous Ta scaffold developed by ZimmerBiomet, has been used 

widely in a range of bone implants [31-35]. However, Ta on its own is very dense, four times as dense 

as titanium, and has a high elastic modulus of 186 GPa. The high weight of pure Ta limits its use to 

very small implant applications, whilst its high modulus is even further mis-matched from bone than 

Ti-6Al-4V, contributing to stress-shielding and implant failure. In addition, with a melting temperature 

of approximately 3000 °C Ta is extremely difficult to process, requiring special techniques such as 

chemical vapour deposition to create scaffolds.  

Preliminary investigations into the TiTa system have shown that low elastic moduli of ~65 GPa can be 

achieved [36]. However, additive manufacturing may help to realise the full potential of this alloy 

system, by investigating a range of alloys and creating unique and complex geometries for implants. In 

addition, due to its difficulty of conventional manufacture, the TiTa systems has had little biological 

investigation and it is yet unknown whether any compositions of the TiTa alloy system show the 

improved osteogenic response of pure Ta when compared with pure Ti. Therefore, the following work 

investigates additively manufactured TiTa compositions, produced by laser direct energy deposition (L-

DED) and laser powder bed fusion (L-PBF), for their microstructure, mechanical properties and 

biological response, in order to ascertain their suitability for stress-loaded bone implant manufacture.  

 

  



Introduction 

4 

 

1.1 Research Objectives 

The primary objective of this research is to develop a more suitable TiTa alloy than Ti-6Al-4V for 

bone implants, which can be additively manufactured into the complex geometries required. In 

particular, the research aims to identify: 

1. Favourable compositions in the TiTa alloy system for bone implants, considering both 

mechanical and biological response. The microstructure and mechanical properties of different 

alloy compositions will be explored and investigated in vitro for their biological suitability. 

 

2. Improved processing techniques for AM TiTa alloys, focused on improving melting of the 

refractory Ta component. Parameter optimisation and new scanning strategies will be 

investigated to improve the homogeneity of as-built parts.  

 

3. The static and dynamic mechanical response of L-PBF TiTa lattice structures. The suitability 

of the new TiTa alloys will be evaluated considering the complex geometric shapes and 

functional loading conditions experienced by implants.  

 

4. The osteogenic response of the new TiTa alloys compared directly with the conventional Ti-

6Al-4V alloy. The newly created AM TiTa alloys will be compared directly to Ti-6Al-4V in 

vitro to ascertain whether they elicit an improved bone response.  
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1.2 Thesis Scope 

The scope of this research is as follows:  

1. Identify favourable alloy compositions using thermodynamic modelling (ThermoCalc 

software) and high throughput L-DED manufacturing. 

 

2. The favourable alloy composition and improved processing techniques will be investigated by 

assessing microstructure and mechanical properties. X-ray diffraction (XRD) , scanning electron 

microscopy (SEM), transmission electron microscopy (TEM) and electron back scattered 

diffraction (EBSD) will be used for microstructure characterisation, and supported with 

ultrasonic modulus testing, tensile testing and fractography.   

 

3. The behaviour of the L-PBF alloys will be investigated under complex loading conditions of 

low-cycle fatigue (LCF), supported by Micro-CT analysis. Furthermore, the L-PBF TiTa alloys 

will be investigated in lattice form, identifying the changes to microstructure and mechanical 

properties resulting from the lattice geometry.  

 

4. In vitro  testing with human bone marrow stem cells will be used to identify and quantify any 

difference in osteogenic behaviour of the new AM TiTa alloys, compared directly with AM Ti-

6Al-4V. Cell attachment and proliferation will be analysed, accompanied with cell morphology 

analysis and osteogenic assays.   
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Chapter 2 Literature Review 

 

This literature review explores the range of biomedical alloys currently used in biomedical applications 

and their limitations. Titanium alloys are at the core of this review due to their significant use in 

orthopaedics. New developments in Ti based biomedical alloy systems are examined focusing on 

mechanical properties, such as their elastic modulus, toxicity, and bioactive response. Following this, 

additive manufacturing methods of metallic alloys are introduced and laser powder bed fusion (L-PBF) 

is highlighted as versatile manufacturing technique for implant manufacture. A brief introduction into 

L-PBF parameter optimisation is given and the limitations of current parameter modelling systems is 

highlighted. Furthermore, scanning strategies for in situ microstructural control are discussed and linked 

to control of part density and surface properties. The current state of mechanical properties achieved in 

additively manufactured biomedical alloys is then summarised, particularly highlighting the recent 

studies in L-PBF of the pure Ti, pure Ta and TiTa systems. To contextualise the mechanical research 

for implant applications, the current understanding of fatigue behaviour of AM materials is summarised 

and new research investigating promising lattice geometries for tissue integration are presented. Finally, 

the developing definition of ‘biocompatible’ for orthopaedic materials is discussed and experimental 

techniques for determining ‘biocompatibility’ critically analysed. To date in vitro and in vivo 

comparative testing of Ti and Ta studies are reviewed, confirming the improved osteogenic response of 

Ta over Ti, but also highlighting the limitations of the in vitro experimental techniques used. Finally, 

the current hypotheses for the mechanisms contributing to Ta improved osteogenic response compared 

to Ti is discussed. The literature review is concluded with a summary of the existing gaps and a 

formulation of critical research questions to be answered in this thesis.  
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2.1 Biomedical Alloys 

Metals have been used in the body as surgical aids for the past 100 years, with the first total metallic 

hip replacement implanted in 1938 [37]. Metals are employed to replace or stabilise bone, due to their 

high strength, for electrical devices like pacemakers and electrodes, due to their conductivity, and for 

antibacterial coatings. In orthopaedics, metals are generally employed as fixation plates and screws to 

stabilise fractures and reconstructions, and as large structural members, such as artificial joints. The 

mostly commonly used biomedical metals today include stainless steels, cobalt-chrome alloys and 

titanium alloys, whilst magnesium alloys and pure tantalum are growing in use.  

Stainless steels tend to show a high ductility, good corrosion resistance and twist strength and are 

generally used in short-term fracture plates due to their wide availability and low cost. Cobalt-chrome 

alloys show a high resistance to fatigue and wear and hence are heavily used in joint prostheses [27, 

37].  Magnesium occurs as a vital trace metal in the body and hence magnesium alloys are investigated 

for possible in vivo degradation applications [38]. On the other hand, tantalum (Ta) is of interest due to 

opposite reasoning; Ta is biologically inert and forms strong oxide layers that inhibit corrosion and 

hence is deemed to create very safe implants [39]. Titanium alloys exhibit high strength, low density 

and high corrosion resistance, making them the ideal candidate for bone replacement applications.  

Matching the mechanical properties of metal exactly to the mechanical properties of bone is critical to 

create a well-functioning implant. For example, the metal must display a strength equal to that of bone, 

so that the implant does not fail under loading. In addition, the metal must possess a good fracture 

toughness, so that the implant has a similar resistance to impact like bone. But most crucially and most 

difficult to achieve, the metal must show a similar stiffness or elastic modulus to bone as an implant 

with a high stiffness will preferentially absorb stress and lead to a phenomenon called ‘stress-shielding’. 

This phenomenon results in bone resorption surrounding the implant, which ultimately leads to implant 

loosening and failure [20, 40, 41]. Even though stress-shielding caused by metallic implants was first 

observed in the 1970s, it is still a recurring issue today. With increasing global life expectancy, the need 

for increased implant lifetime, particularly in osteoporotic patients, is growing [42]. Exactly replicating 

the mechanical properties of bone is difficult. Bone is a complex hierarchical structure made of ceramic 

and organic components, resulting in its light weight, strength and flexibility. Among metallic materials, 

titanium alloys, particularly if designed to possess a low elastic modulus and manufactured into bone-

mimicking shapes, are the closest replicate available.  

The most common medical titanium alloys include commercially pure (CP) titanium and Ti-6Al-4V. 

There has been significant research into new titanium alloys since the 1980s, but only a handful have 

achieved approval for use in medical devices, subject to standards produced by ASTM International 

and International Organization for Standardization (ISO) standards [43, 44]. A review of the materials 
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used to produce commercially available mandible plates and screws showed that only CP Ti, Ti-6Al-

4V and one case of Ti-6Al-7Nb are used for this system to date (see Table 2-1).  

 

Table 2-1: Materials used for current medical devices. 

Company Medical Device Material Reference 

BioUre Plates: CP Ti (no grade specified) 

Screws: Ti-6Al-4V 

* 

DePuySynthes Plates: CP Ti (no grade specified) 

Screws: Ti-6Al-7Nb 

[45, 46] 

GlobalD Plates: Grade II, Grade IV and Ti-6Al-4V [47] 

Medartis Plates: CP Ti (no grade specified) and Ti-6Al-4V [48] 

ZimmerBiomet Plates: Grade II, Grade IV [49] 

 

CP Ti is available in four different grades, depending on oxygen content (0.18 – 0.45 wt.%), which 

adjusts the yield strength from 170 - 520 MPa [50]. Despite this increase in strength, CP Ti is still the 

lowest strength biomedical alloy, which makes it suitable for implant materials which must be 

customised by bending during surgery, such as mandible plates [19]. Whilst the tensile strength of CP 

Ti is adequate when compared with bone, the elastic modulus of CP Ti is still three times that of the 

strongest form of bone, cortical bone (see Table 2-2).  

Ti-6Al-4V was initially developed for use in the aerospace industry in the 1960s, but has since been 

employed in orthopaedics due to its superior tensile and cyclic properties in comparison with CP Ti 

[50]. Whilst CP Ti seems to provide adequate tensile strength, the complex forces of the body and cyclic 

loading conditions can result in mechanical situations where the strength of CP Ti is inadequate. The 

higher static and fatigue strength of Ti-6Al-4V is required for structural implants, such as hip stems, 

which undergo millions of stress cycles per patient per year [51] at forces 4 to 6 times that of the body 

weight of the patient simply by walking up and down stairs [52]. Small changes have been made to the 

Ti-6Al-4V alloy to increase its ductility and fracture toughness for biomedical applications. Ti-6Al-4V 

ELI (extra low interstitial) is most commonly used in biomedical applications and has reduced levels 

of carbon, nitrogen, iron and oxygen. However, it possesses an even higher elastic modulus than CP Ti, 

accentuating stress-shielding. A further variant of Ti-6Al-4V was developed replacing the toxic 

vanadium (V) with niobium (Nb), Ti-6Al-7Nb, however the aim was to produce an alloy with similar 

mechanical properties to Ti-6Al-4V, not bone [53].  

 

* Written correspondence with the company representative 
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Table 2-2: Mechanical properties of commonly used biological metals in comparison to bone. 

Bone/Alloy Yield Strength/UTS 

(MPa) 

Elongation 

(%) 

Elastic 

Modulus 

(GPa) 

ASTM 

Standard 

[44] 

Reference 

Cortical Bone 85 ± 10 /68 - 150 1 - 3 13 - 35 - [54-56] 

Cancellous Bone† 25 / 0.9 - 10 2 - 9 0.02 - 2 - [54, 57, 58] 

Stainless Steel 190 - 690 / 490 - 1350 - 200 - 210 F139 [59] 

Cobalt-chrome 310 - 1586 / 655 - 1793 - 210 - 253 F75 [59] 

Ta 165 - 220 / 200 - 390 20 - 50 186 F560 [60] 

CP Ti (Gr I – IV) 170 - 586 / 240 - 662 20 - 30 103 - 104 F67 [60] 

Ti-6Al-4V 795 - 875 / 960 - 965 10 - 15 101 - 110 F136 [54] 

Ti-6Al-7Nb 795 / 860 10 105 F1295 [54] 

 

The use of Ti-6Al-4V is widespread in the biomedical industry, however this alloy only became popular 

in medicine because it was deemed suitable for the body due to its high corrosion resistance. It was not 

purposefully designed for use in the body and therefore there exists an opportunity to design an alloy 

which is specifically tailored for use in orthopaedic implants. As new research from collaborations 

between materials scientists and biologists evolves, new requirements for improved implant materials 

are discovered. For orthopaedics, these requirements have centred around three major themes;  

• Reducing the elastic modulus mismatch between the implant and the host tissue.  

• Reducing toxicity concerns around implant alloy constituents.  

• Controlling the interaction between the implant material and host tissue.  

 

2.1.1 Achieving Low Elastic Modulus 

In orthopaedics, metals are required which possess an elastic modulus close to bone to avoid stress-

shielding. Cortical bone, the dense bone found on the outside of most bones, has an elastic modulus of 

13 – 35 GPa, whereas cancellous bone, the porous bone constituting the inside of the bone has a much 

lower elastic modulus of 0.02 - 2 GPa [61] (Figure 2-1). If an implant made of Ti-6Al-4V, with an 

elastic modulus of ~110 GPa, is put into direct contact with bone, the implant absorbs the functional 

stresses, the bone is unstimulated by stresses and resorbed by the body. Bone is remodelled and created 

 

† Properties listed for cancellous bone are from compression testing 
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in areas of high stress, and less so in areas of low stress [62]. This ultimately results in implant failure 

as the implant will come loose or the surrounding bone will become thin and break.  

 

Figure 2-1: (a) Elastic modulus of biomedical metals compared to bone (b) Comparitive X-rays showing screw loosening as 

a result of stress-shielding. Reproduced with permission from [40]. 

 

β-type titanium alloys were first investigated in the 1980s to address the elastic modulus problem. CP 

Ti exists in an α hexagonal close packed (HCP) crystal structure below 882.5 °C, and as a β body centred 

cubic (BCC) structure above this temperature. Elements such as aluminium (Al), oxygen (O), nitrogen 

(N) and carbon (C) stabilise the α phase, whilst molybdenum (Mo), vanadium (V), tungsten (W), 

tantalum (Ta), niobium (Nb), iron (Fe), chromium (Cr), copper (Cu), nickel (Ni), cobalt (Co), 

manganese (Mn) and silicon (Si)  stabilise the β phase [63]. The β phase can achieve a much lower 

elastic modulus compared with the α phase, attributed to the lower packing density of the BCC crystal 

structure [27]. The elastic moduli of β-type Ti alloys generally lie between 60 – 80 GPa, which is a 

reduction of 25 – 50% compared with pure titanium. Generally, these alloys possess a lower strength 

coupled with their lower elastic modulus (see Table 2-5), and strengthening methods such as solid 

solution strengthening, cold working and ceramic additives are often employed. 

β-type titanium alloys are either classed as stable or metastable. Stable β-type alloys have sufficient β-

phase stabilising element content that the β phase is retained entirely upon ageing. Metastable β-type 

alloys contain enough β stabilising elements to suppress the martensite start temperature to below room 

temperature, however can precipitate α phase upon ageing. Even lower concentrations of β stabilisers 

result in the martensite start temperature occurring above room temperature, and upon quenching, 

fractions of the β phase may turn into α′ or α′′ martensite. α′ martensite possesses the same crystal HCP 

crustal structure as α Ti whilst α′′ martensite exists in an orthorhombic structure (see Figure 2-2). The 

final phase identified in this alloy class is the ω phase, which can occur on β phase decomposition and 

can result in strengthening but also severe embrittlement. Whilst not technically classed as β-type alloys, 

some of the α + β and ω microstructures can still retain low elastic modulus values and acceptable 

mechanical properties for biomedical applications.  
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Figure 2-2: (a) Schematic of β isomorphous alloy phase diagram. (b) Crystal structures present in β Ti alloys. Reproduced in 

part with permission from [63]. 

 

The β phase stabilising elements are classed as isomorphic (Mo, V, W, Nb, Ta) or eutectoid stabilisers 

(Fe, Cr, Cu, Ni, Co, Mn, Si). The isomorphic stabilisers result in a binary system, whilst the eutectoid 

stabilisers can show a eutectoid reaction, resulting in a third intermetallic phase. Increasing solute 

content of the isomorphic stabilisers results in a decrease in the β transition temperature, whilst 

increasing solute content of the eutectoid stabilisers can either increase or decrease the β transition 

temperature. For this reason, isomorphic stabilisers are often favoured as the β phase can be retained at 

lower solute contents.  

Molybdenum is well-known as the most potent isomorphic β phase stabilising element. Only 10 wt.% 

of Mo is required to retain 100 % beta phase on water quenching [63]. Of the Ti-Mo compositions the 

Ti-15Mo alloy has been highlighted for biomedical applications due to its high strength, high strain 

hardening and good cold forming ability [64] and is one of the few β-type Ti alloys which has received 

an ASTM standard (see Table 2-5). However, despite the full β phase microstructure, the alloy still 

displays an elastic modulus of 100 GPa, as well as a reduced corrosion resistance compared with Ti-

6Al-4V [65]. Attempts have been made to further reduce the elastic modulus and increase the corrosion 

resistance of the Ti-15Mo alloy through alloying with niobium.  The Ti-15Mo-20Nb alloy displayed an 

elastic modulus reduction down to 80 GPa, but no improvement in corrosion resistance was noted [66]. 

By using the theoretical approach of reducing the electron-atom ratio, a Ti-15-Mo-5Zr-3Al alloy was 

produced which exhibited an elastic modulus as low as 43 GPa in single crystal condition, by 

suppressing the formation of the ω phase [67]. However, single crystal formation provides little benefit 

to complex shaped implants. Ti-12Mo-6Zr-2Fe (TMZF) has proven to be the most promising alloy in 

the TiMo system with reduced elastic modulus of 74 – 85 GPa and yield strengths to 1000 MPa upon 
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ageing. The success of this system is evident in its inclusion in ASTM standards [68]. Interestingly, it 

was commented that the alloy increased in modulus due to the dissolution of the ω precipitates, 

disagreeing with the findings in [67] which suggest larger amounts of ω phase increases elastic modulus. 

Ti-Fe alloys are also under investigation due to Fe being a relatively low cost β stabiliser which also 

occurs naturally in trace amounts in the body [69]. Fe is a very potent β stabilizer with only 3.5 wt.% 

required to retain 100% β upon water quenching, however it falls into the eutectoid category and high 

contents of Fe can lead to an intermetallic phase of TiFe, resulting in modulus values > 175 GPa [70]. 

The Ti-31Fe alloy can reach very high yield strengths of 2028 ± 20 MPa [71], but its high elastic 

modulus makes it unsuitable for orthopaedic applications. Additions of Ta and Nb to this system can 

stabilise the β phase and reduce the martensite transition temperature, but low contents of Fe are 

required to supress the TiFe intermetallic phase [69]. A modulus of 92 GPa was obtained by cold crucial 

levitation melting in the Ti-10Fe-10Ta system [69], whilst 84 GPa was reported in the Ti-7Fe-11Nb 

study [72], both showing no intermetallic phase. Compressive yield strengths of 1000 MPa were 

retained for both alloys, with plastic strain from 35 – 38%. These alloys were not investigated under 

tension.  

The Ti-Fe-Cu system is also of interest due to the reported antibacterial properties of Cu. Whilst the Ti-

3.5Fe-3.9Cu alloy showed acceptable electrochemical behaviour compared to Ti-6Al-4V [73], the low 

Fe content results in lower strengths and complex manufacturing of dual-axial hot forging repeated 20 

times was required to create a nanostructured alloy to achieve an ultimate tensile strength of 1100 MPa 

[74]. The as-cast material showed a strength of 900 MPa with a small elongation of < 2%. The elastic 

modulus is quoted for the Ti-3.5Fe-3.9Cu alloy to be at 70 GPa [75].  

Titanium alloys with Nb and Ta additions form the bulk of newly developed β-type alloys, despite their 

higher cost. These metals are both classed as refractory, due to their high melting temperatures (see 

Table 2-3), and are very electronically similar, notoriously being recorded as the same element until 

1884 when they were finally chemically distinguished [76].  

 

Table 2-3: Metal densities and melting temperatures of β phase stabilising elements [77]. 

 Ti V Cr Fe Co Ni Cu Nb Mo Ta W 

Density  

(g/cm3) 
4.54 6.11 7.19 7.87 8.90 8.9 8.96 8.57 10.2 16.7 19.3 

Melting 

Point (°C) 
1660 1890 1860 1530 1490 1450 1080 2470 2620 3000 3410 
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The ability of both these metals to form strong oxides results in a strongly inert status in the body, 

supported by the long positive clinical history of Ta. Both Nb and Ta are isomorphic β phase 

stabilisers, and due to their similar atomic properties, the TiNb and TiTa systems form similar crystal 

structures at similar at. % compositions (see Table 2-4). The crystal structure changes through α′ → 

α′′ → β as more solute content is added, however the TiNb system retains a full β phase at a slightly 

lower at.% composition. The TiNb investigated was arc melted under vacuum and then cooled to 

room temperature by dropping in a graphite crucible [78], whilst the TiTa study investigated was cast, 

solution treated above the β transus and then rapidly quenched in ice water [36]. This may result in 

vastly different cooling rates for each system and hence differing ability to retain β phase upon 

quenching. However, it can be reliably concluded that a lower atomic percentage of Nb is required to 

form a β phase alloy.  

 

Table 2-4: Crystal structures of TiNb and TiTa compositions after arc melting and quenching. 

 Nb [78] Ta [36] 

α′ < 15 wt.% = < 8 at.% 10 – 20 wt.% = 3 – 6 at.% 

α′′ 17.5 – 25 wt.% = 10 – 15 at.% 30 – 50 wt.% = 10 – 21 at.% 

β > 30 wt.% = > 18 at.% 70 – 80 wt.% = 38 – 51 at.% 

 

The TiNb system shows two points of minimum elastic modulus values of 58 – 65 GPa at compositions 

of 16 – 17.5 wt. % and 26 – 40 wt.%  Nb [78-82]. The elastic modulus of Ti initially decreases as Nb 

is added and reaches a minimum value at the beginning of the α′′ crystal structure compositional region 

(16 – 17.5 wt.% Nb). The elastic modulus then increases with increasing Nb content, first due to Nb 

saturation of the α′′ crystal structure, and then decreases with increasing Nb content as the β phase 

forms. The second modulus minimum occurs in the full β phase, however the compositional range at 

which this minimum occurs (26 – 40 wt.%) is much wider across literature studies. This is most likely 

due to the occurrence of the ω phase as studies show ω phase is possible in as-cast material at 

compositions of 18.5 wt.% Nb, but absent in homogenised and water quenched material of similar and 

higher Nb concentrations [82]. The volume fraction of ω was seen to increase upon ageing [80] and 

larger volumes of ω phase were noted to cause higher strength and elastic modulus [79, 80]. The as-

cast yield strength of the TiNb system ranges from 600 – 900 MPa with strength initially increasing 

with Nb content, due to solid solution strengthening and ω phase formation. The strength begins to 

decrease above 30 wt.% Nb [78, 82]. Due to this mechanical profile, compositions between 30 – 40 

wt.% Nb show the best strength-to-modulus ratio for biomedical applications. Ramarolahy et al. [83] 

also showed that oxygen additions to Ti-41 wt.% Nb could improve the alloy strength from 445 – 810 

MPa whilst only slightly increasing the elastic modulus from 50 – 54 GPa. This was attributed to the 
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oxygen providing solid solution strengthening in the β phase and fully suppressing the formation of the 

α′′ phase.  

 

Figure 2-3: Mechanical properties of TiNb and TiTa systems based on atomic % of Ta or Nb. (a) Elastic modulus, (b) yield 

strength, (c) elongation and (d) ultimate tensile strength. Data reused with permission from; Ta (0.06O) [36], Nb (0.14O) 

[79], Nb (low O) and Nb (0.5O) from [83]. 

 

The TiTa system shows similar compositional and mechanical properties to the TiNb system, also 

showing two minimum elastic modulus points of 64 - 67 GPa at approximately 25 wt. % and 65 wt. % 

Ta [36]. The first minimum modulus point occurs on the α′/α′′ phase boundary and the second in the β 

phase. The transition in elastic modulus is explained by the unit cell volume of the phases present. As 

the α′ phase increases in lattice volume with Ta content, the modulus decreases up to the α′/α′′ phase 

boundary, whereas the α′′ phase decreases in lattice volume with Ta content, and hence the modulus 

increases beyond the α′/α′′ phase boundary. The β phase also decreases in lattice volume with Ta 

content, and hence the minimum modulus point occurs at the full β phase composition with the lowest 

Ta amount. The yield strength of the as-cast TiTa system ranges from 400 – 700 MPa [36]. A gradual 

increase in yield strength is noted as the Ta content increases from 0 – 25 wt.%, due to solid solution 

strengthening. However, a following decrease in strength is noted between 30 - 50 wt.% Ta, which is 

still unexplained. An increase in strength is then again seen > 60 wt.% Ta as solid solution strengthen 

in the β phase dominates. 

The two main alloy compositions investigated in literature are the 25 wt.% Ta and the 50 wt.% Ta 

compositions, due to their high ratio of strength-to-modulus. The Ti25Ta was highlighted by Zhou et 

al. [84] to show the best ratio of yield strength (480 MPa) to elastic modulus (64 GPa). The lower 

concentration of Ta in Ti25Ta, compared with the Ti50Ta alloy, makes the alloy less dense and hence 
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preferable for bone applications. Studies show either complete α′ phase [85, 86], complete α′′ [84] or a 

combination of α′′ and β [87] phases existing at this composition upon quenching, hence the 

compositional phase boundaries, particularly the α′/α′′ boundary, remain disputed. Where β phase was 

noted, heat treatments in the range between 700 – 1000 °C for 30 mins followed by quenching retained 

higher amounts of β phase at higher temperatures, which increased the alloy strength [87]. However, 

no elastic modulus values were measured for this study, but it is likely the modulus would have 

increased with the increasing strength. Despite the promising strength to ratio that this composition 

presents, few studies have investigated this alloy, likely because it is not classed as a stable β phase 

alloy.  

The Ti50Ta composition has been much more heavily investigated, likely as it is well known that at 

least 45 wt.% of Ta is required to form a fully β phase alloy on quenching [63] and in addition, it can 

display shape memory effects [88, 89]. Shape memory is a phenomenon where a material can return to 

its trained shape, generally induced by temperature changes. The TiTa system can show this 

phenomenon due to the crystal structure change between α′′ and the β phase. This phenomenon can be 

used in medical devices, such as cardiovascular stents which inflate once inside the body but is yet to 

find uses in orthopaedics and hence will not be further discussed here. The as-cast Ti50Ta alloy shows 

a yield strength of 380 MPa and elastic modulus of 90 GPa, inferior in strength-to-modulus ratio to the 

Ti25Ta composition [36]. However, Zhou et al. [90] showed that heat treatments at 600 °C could double 

the yield strength from 380 MPa to 877 MPa, due to the formation of the ω phase. The ability to form 

ω phase has not yet been noted in the Ti25Ta system. However, a reduction in ductility from 25 – 2.6% 

accompanied the formation of ω phase seen by Zhou et al. [90] and has been seen in many studies as a 

result of ω phase formation [88, 89, 91], reducing the efficacy of ω formation as a strengthening 

mechanism. The formation of the ω phase also inhibits the shape memory effect [88, 89].  

Many ternary and quaternary titanium alloys, using combinations of these β stabilising elements have 

also been investigated, with the aim of achieving the lowest elastic modulus possible. Many 

compositions have been determined theoretically using the d-electron alloy design method [27]. The 

ternary alloy Ti-13Nb-13Zr (wt.%) has achieved an ASTM standard [44] and shows good tribological 

properties for its low modulus of 80 GPa [65]. Its low Nb content also results in the lack of ω phase 

upon ageing [92, 93], retaining a good ductility of 28% with a yield strength of 515 MPa. Additions of 

13 (at.%) Ta to the Ti-30Nb (at.%) system showed the creation of a novel face centred cubic (FCC) γ 

phase in Ti rich regions and the original β phase in Ti poor regions  [94].  This novel microstructure, 

created by fine microstructure milled powders and pulsed electric current sintering (PECS), resulted in 

a very low elastic modulus of 49 GPa and outstanding compressive yield strength of > 1860 MPa. 

However, PECS is difficult to be scaled up and is unable to produce complex geometries, such as lattice 

structures, which are required in orthopaedics. 
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The most heavily investigated quaternary alloys are Ti-29Nb-13Ta-4.6Zr (TNTZ) and Ti-24Nb-4Zr-

7.9Sn (Ti2448). TNTZ was developed by Akahori and Niinomi [95] using the d-electron alloy design 

method, which successfully produced a β phase alloy with low elastic modulus of 62 GPa and yield 

strength of 650 MPa. A single crystal of TNTZ was found to exhibit an extremely low modulus of 35 

GPa in the <1 0 0> direction, which was directly comparable to the elastic modulus of bone [96]. Severe 

cold working and ageing was required to give the alloy similar strengths to Ti-6Al-4V ELI (1050 Mpa 

and 1000 MPa respectively) [95], however comparable fatigue performance could not be achieved 

through this strengthening method as introduced strains resulted in reduced fatigue life. Liu et al. [97] 

was also able to mimic the strengths of Ti-6Al-4V ELI and also reported an increase in fatigue life of 

TNTZ, due to the use of small oxygen additions of 0.1-0.7 wt.%. This method was much more effective 

at retaining the low elastic modulus, whilst increasing strength. The oxygen addition aids work 

hardening and induces fine densely arranged α′′ twins, enhancing resistance to fatigue crack initiation 

and propagation.  

Ti-24Nb-4Zr-7.9Sn (Ti2448) was developed as the additions of Zr and Sn were found to suppress the 

formation of athermal ω and α′′, which removed the two minimum modulus points in the TiNb system 

and replaced them with one even lower modulus point in the metastable β phase [98, 99]. An extremely 

low elastic modulus of 42 GPa was obtained in this alloy, with an accompanying ultimate tensile 

strength of 850 MPa. The strength can also be increased with ageing at 500 °C to 1150 MPa, whilst 

only increasing the elastic modulus to 70 GPa, achieving the best strength-to-modulus ratio to date. 

Additions of oxygen to the alloy to improve strength and fatigue performance have not yet been 

investigated. The complexity of the alloy however makes it hard to manufacture, with multiple arc 

melting and homogenisation steps required, using a mix of elemental powders and TiNb master alloys. 

Sintering of elemental powders resulted in a two-phase microstructure with α phase precipitated upon 

β grain boundaries and a reduced ductility due to restricted diffusion caused by oxygen pick up. 

However, an elastic modulus of 57 GPa was still achieved, with a UTS of 760 MPa [100]. 

Overall, Table 2-5 shows that low modulus β Ti alloys have been created which range in elastic modulus 

from as low as 35 – 100 GPa. The lowest achieved elastic modulus of 35 GPa is similar to the upper 

range of cortical bone, however no alloy has been designed which can bridge the breadth of the elastic 

modulus of natural bone (0.02 – 35 GPa). Strengthening these alloys to be comparable to the strength 

of the current industry standard material, Ti-6Al-4V ELI, is also challenging as many strengthening 

mechanisms also raise the elastic modulus of the material. The most promising strengthening 

mechanisms for β Ti alloys include solid solution strengthening with small oxygen concentrations and 

suppressing α′′ and ω phase formation with ternary and quaternary elemental additions, such as Zr and 

Sn. In addition, due to the refractory nature of the Ta and Nb often employed in these alloys, 

conventional manufacturing methods require multiple melting and homogenisation steps. Complex 

mechanical treatments to produce novel microstructures and exceptional mechanical properties cannot 
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be applied to complex shaped implants, so low elastic moduli achieved by single crystal formation or 

high mechanical strength achieved by severe cold working are not applicable to implant manufacture.  

Conventional manufacturing methods and alloy design have slowly reached the limits of mechanical 

properties obtainable from the β Ti alloy systems. Additive manufacturing provides new ways of 

manipulating microstructures to achieve similar strengths in the β Ti alloys to conventional Ti-6Al-4V. 

In addition, to further reduce the elastic modulus of implants, new geometries can be designed based 

on complex lattice structures, which better mimic bone porosity and reduce the implant structural elastic 

modulus to within the range of the bone. 

 

Table 2-5: Phases and mechanical properties of β-type Ti alloys. 

Alloy Manufacturing 

conditions 

Phase Yield 

Strength/ 

UTS (MPa) 

Elongation 

(%) 

Elastic 

Modulus 

(GPa) 

ASTM 

Standard 

[44] 

Ref. 

Ti-15Mo 
Cold rolled and 

annealed 
β 451 / 752 37 100 F2066 

[64, 

65] 

Ti-12Mo-6Zr-2Fe 

(TMZF) 
Annealed β 

1000 - 1060 / 

1060 - 1100 
18 - 22 74 - 85 F1813 [54] 

Ti-31Fe Conventional Β 2028 / 2627 7.5 -  [71] 

Ti-10Fe-10Ta 
Cold crucible 

levitation melting 
α + β - / 1005 - 92  [69] 

Ti-3Fe-3Cu 
Dual-axial 

forging, 20 times 
α + β 1050 / 1200 8 70 - 100  

[73, 

75] 

TiNb  

(16 - 40 wt.%) 

Conventional and 

aged 
α′, α′′, β 

290 - 900 /  

420 - 900 
0.5 - 33 50 - 115  

[78-

83] 

TiTa  

(10 - 80 wt.%) 

Conventional and 

aged 
α′, α′′, β 

350 - 877 /  

500 - 700 
3 - 25 67 - 100  

[36, 

90] 

Ti-13Nb-13Zr Conventional α, α′, β 515 / 680 28 80 F1713 

[65, 

92, 

93] 

Ti-30Nb-13Ta  

(at.%) 
PECS β, γ > 1860‡ - 49  [94] 

Ti-29Nb-13Ta-

4.6Zr 

(TNTZ) 

Conventional, 

cold rolled, aged, 

single crystal 

α, α′′, β 
300 - 1350 / 

500 - 1450 
1 - 26 

(35§)  

59 - 110 
 

[95, 

97] 

Ti-24Nb-4Zr-7.9Sn 

(Ti2448) 

Conventional, 

cold rolled 
α, β 

350 - 1100 / 

700 - 1600 
2 - 20 42 - 105  

[98-

101] 

 

‡ Tested in compression 
§ Single crystal 
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2.1.2 Elemental Biocompatibility 

Another important requirement for the development of new biomedical alloys is a consideration of the 

biocompatibility of their constituents. Already 40 years ago, the biocompatibility of V in Ti-6Al-4V 

became a concern as toxicology studies showed many of the compounds formed by vanadium in the 

body were highly toxic [76]. Despite this, the majority of Ti-6Al-4V implants, implanted since the 

1950s, have shown no serious toxic effects as they have strong corrosion resistance [53]. Nonetheless, 

Ti-6Al-7Nb and Ti-5Al2.5Fe were developed in response to the vanadium toxicity concerns, only to 

have Al recently classed as a neurotoxin [102-104]. 

As the population ages, orthopaedic implants are expected to last for longer in the body and hence 

implant degradation becomes an even greater concern. Studies show metal ions and oxide nanoparticles 

in hard and soft tissues surrounding implants [105-109], even in the absence of wear and when the metal 

particles are considered virtually insoluble [110].  In addition, titanium particles from hip, knee and 

mandible implants have been found in the liver, spleen, lungs and lymph nodes of patients [111, 112] 

and in regenerated bone surrounding implants in animals [113, 114]. So far, concentrations of vanadium 

found in surrounding tissues have been below toxic level [115], however this highlights the need for 

strict assessment of the biocompatibility of Ti alloy constituents in new orthopaedic alloys. 

There has been an effort to comparatively study the in vitro biocompatibility of the commonly used β 

phase stabilising elements, however no consensus has been reached concerning biocompatibility 

rankings [116-121]. This is a reflection of the large variability in the types of biocompatibility testing 

conducted, due to the flexible definition of ‘biocompatible’. The definition of ‘biocompatible’ and the 

difficulties surrounding consistent biocompatibility testing will be discussed further in Section 2.5. 

Here, the studies focus on the cytotoxicity of these elements using viability and haemolysis assays to 

assess toxicity, however some studies accompany this data with cell morphology and protein activity. 

This range of analysis techniques, in conjunction with the use of different cell types and material 

preparation (particles of various sizes or solid surfaces) lead to conflicting results.  

Eisenbarth et al. [116] conclude that Ta, Nb, Ti and Zr show the highest biocompatibility, by assessing 

cytotoxicity, cell proliferation and cell morphology, using two different cell types (MC3T3-E1 and 

GM7373), in direct contact with the polished metals. This comparatively robust study found 

molybdenum and 316L stainless steel to be cytotoxic in comparison to Ti, whilst Al was not classed as 

cytotoxic but showed a reduced corrosion performance, which would release ions into the body. Hence, 

the biocompatibility of the metals was ranked from Ta, Nb, Ti, Zr > Al > 316L > Mo. This highlights 

the limitations of in vitro cytotoxicity testing as systemic effects of these metals are not considered and 

Al, which is known to cause systemic neurotoxicity, is rated as relatively ‘biocompatible’.  
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Ti, Nb, Ta and Zr are concluded as most biocompatible by the majority of studies [117-119], however 

contention still exists concerning other elements. For example, Zhang et al. [117] assessed 17 elemental 

metals for cytotoxicity, cell proliferation, cell morphology and cell protein activity with osteoblast-like 

cells (SaOS2) and found Cr to be part of the biocompatible elements, whilst Song et al. [118] assessed 

just cytotoxicity with mouse fibroblast cells (L-929) and found Cr to be highly cytotoxic. Zhang et al. 

[117] also found that V, Mn, Fe, Co, Ni, Cu and Zn caused severe cytotoxicity, whilst Rae et al. [119], 

studying the effects of elemental particulates, agrees that Ni and Co were cytotoxic but Cr, Fe and Mo 

were only mildly cytotoxic. Sakai et al. [120] also investigated the cytotoxicity of elemental particulates 

and found even Ti, Nb, Ta and Zr to be highly cytotoxic to MG-63 osteoblast-like cells. However, 

Kuroda et al. [121] concludes that the size of the metal particulates has a strong effect on results, and 

found Al, Ti and Zr to by cytotoxic, whilst Ta, Nb and Cr were not.  This makes the studies very difficult 

to compare as Rae et al. [119] do not quote the particulate size used, Sakai et al. [120] use a range of 

particle sizes from 1 – 150 µm and the lowest particle range Kuroda et al. could practically use for their 

study was 5 – 23 µm [121]. 

Comparing biocompatibility studies is fraught with variation in experimental methods. Different cell 

lines [122], different material preparation such as particulate size [121] and different biocompatibility 

measures, all contribute to varying conclusions. In addition, in vitro biocompatibility testing is very 

limited as, when implanted in the body, the material will come into contact with much more than one 

cell type, and any ions or particulates which are released from the metal can cause systemic effects in 

other areas of the body. A set of testing regimes must be developed for AM materials including both in 

vitro and in vivo testing of materials in preparation states which reflect AM implants in the body. This 

should include particulate cytotoxicity testing of particles representing the size of the stock material 

used in processing, as well as direct contact testing across a range of cell types. 

In conclusion, the majority of studies find Ti, Ta, Nb and Zr to be most biocompatible, whilst Co, Cu, 

Mo, Ni and V seem to be least biocompatible (see Table 2-6). This is supported by a recent literature 

review which investigated the cytotoxicity of a range of β Ti alloys and concluded Nb, Ta and Zr were 

most prevalent in the least cytotoxic titanium alloys [123]. As toxicology studies further develop, it is 

likely that the definition of biocompatible constituents will develop further, and it is important to be 

flexible in alloy design to accommodate these future changes.  

Table 2-6: Ranked cytotoxicity of β phase stabilising elements based on in vitro investigations. 

Ranking of cytotoxicity β phase stabilising elements References 

Lowest cytotoxicity Ti, Ta, Nb, Zr [116-120] 

Medium cytotoxicity Fe, Cr, Mn, Zn, Sn [119, 120] 

Highest cytotoxicity Co, Cu, Mo, Ni, V [116-118] 
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2.1.3 Bioactive Metals 

The need to reassess the use of Ti-6Al-4V due to toxicity concerns of Al and V provides an excellent 

opportunity to design Ti alloys for implants which have constituents that not only improve the 

mechanical properties of the material but are also beneficial to their surrounding biological 

environment. Some metals have been classed as ‘bioactive’ due to their ability to encourage healing or 

because they display antibacterial properties. These metals are not just inert in the body, like Ti-6Al-

4V, but actively provoke a beneficial biological effect. Examples include Ag and Cu, which exhibit 

antibacterial properties and could reduce the failure of implants due to infection, Mg, which already 

exists as a trace element in the body and degrades leaving porous structures to be filled by bone and Ta, 

which shows an enhanced osteogenic response, improving implant stability.  

Recently, additions of Cu and Ag to implant alloys have been investigated due to the antibacterial effect 

of these elements. Studies of 1 – 6 wt.% Cu additions to Ti-6Al-4V have shown antibacterial effects for 

Cu contents greater than 4 wt.% [124, 125], however Krakhmalev et al. [126] found only 1.38 wt.% Cu 

was effective to reduce bacterial growth in a Ti-6Al-4V additively manufactured alloy [126]. Cu 

additions also strengthened the alloy and increased corrosion resistance. A 4.5 wt.% addition of Cu to 

316L also showed good antimicrobial behaviour but resulted in lower corrosion resistance [127], 

suggesting antimicrobial Ti alloys are the more promising alloy class. Ag additions have also been 

investigated in Ti-6Al-4V, however 0.5 wt.% additions were found to reduce the strength of the alloy 

[125]. Cu was deemed the more effective additive as it had a stronger antibacterial effect, increased 

alloy strength and decreased the elastic modulus of Ti-6Al-4V slightly from 114 GPa to 110 GPa. The 

anti-bacterial mechanism of Cu and Ag additions in alloys is still disputed, however two possible 

mechanisms dominate discussion; metal ion sterilisation, which relies on metal ion release from the 

alloy, and contact sterilisation, which suggests some metal compositions disrupt membrane proteins 

and ion channels in the bacteria, causing death. A recent investigation by Shi et al. [128] suggested that 

for Ti-Ag alloys antibacterial activity was caused mainly by contact sterilisation with Ti2Ag particles,  

though ion sterilisation was also still present. A new anti-bacterial mechanism has also been reported 

for Ti-Mg composites which suggested the formation of a microscale electric field between the 

galvanically different Ti and Mg which inhibits bacterial attachment [129]. 

Mg alloys are also of interest as bioactive implant materials due to their ability to safely biodegrade in 

the body. The recommended daily intake of Mg is 4.43-6.00 mg/kg/day for an average 70kg human 

[130], as Mg is essential to maintain bone health and lower the risk of cardiovascular disease. A bone 

scaffold made of Mg could provide this requirement for Mg intake, whilst degrading and being replaced 

entirely by natural bone tissue, removing the need for revision surgeries or the possibility of stress-

shielding complications in the future. However, degradation of Mg in the body results in the creation 

of hydrogen gas, which can cause problems for biological systems if not carefully controlled. 
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Controlling the degradation rate is crucial and is a balance between the need for sufficient mechanical 

properties with the correct surface area to degrade at the desired rate. One approach to maintaining this 

balance is the creation of Ti-Mg composites which leaves porosity on the surface of the titanium matrix 

as the Mg degrades [131-134]. This leaves an interconnected porous network to encourage bone 

regeneration but also retains sufficient mechanical properties during degradation. More recently, Li et 

al. [135] have shown that careful topological design of scaffolds using additive manufacturing can 

control scaffold degradation rate in vitro, removing the need for the Ti component and allowing 

complete regeneration of bone.  

Ta has been highlighted in literature as a bioactive metal which encourages bone growth and healing 

when in direct contact with bone [136]. Originally employed in wire form as a skin suture material, Ta 

showed such promising bioinert behaviour that it was heavily used in applications from nerve repair to 

cranioplasty to radiopaque markers. However, studies during the 1980s and 1990s which highlighted 

the osteogenic capability of Ta brought this metal forward for bone applications [137-140]. Due to its 

physical characteristics (e.g. high density, hardness and melting point) Ta remained restricted in its use 

in medical devices until the early 2000s when Trabecular Metal™ (TM) (Figure 2-4) was introduced 

by ZimmerBiomet. A new manufacturing method of chemical vapour deposition (CVD) was 

introduced, where thin layers of Ta (approximately 50 µm) were deposited onto a carbon scaffold [140]. 

The 75 – 80% porous scaffold possessed similar strength to cortical bone (60 MPa), similar elongation 

to cancellous bone (5%) and an elastic modulus between that of both types of bone, at 8 GPa [141]. The 

interconnected porous network also allowed for fluid flow, which is critical for bone ingrowth [142]. 

Since its introduction, TM has been used in over 800,000 surgeries [143], mainly in hip [144-148], knee 

[149-152], spinal [153, 154] and dental applications [155-159]. The clinical results highlight the good 

osteogenic and non-toxic behaviour of the TM material [160] however there has been no direct 

comparison to Ti or Ti-6Al-4V implants manufactured using the same method. Only recently have there 

been investigations directly comparing the osteogenic capability of Ta and Ti which show an improved 

bone response on Ta, though the attributed mechanism is still unknown and will be discussed in Section 

2.4.3.  

 

Figure 2-4: Biomedical devices made from pure titanium and Trabecular Metal™ (pure tantalum). (a) Pure titanium tooth 

implant and (b) pure titanium tooth implant with improved Trabecular Metal™, adapted with permission from [31] 

(c)Trabecular Metal™ acetabular cup, reproduced with permission from [150]. 
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Nb has also been recently highlighted as a possible bioactive osteogenic metal [28]. Nb and Ta are very 

similar and were only chemically distinguished from one another in 1864 [76]. The largest difference 

between the two metals is their density (see Table 2-3). Ta is almost twice as dense as Nb, and hence 

less suitable for large implants. However, Ta has been used clinically since 1940 [30] and Nb only 

began to appear in the medical field in 1977 as an additive to Ti alloys [53]. As a result, the toxicology 

information on niobium is much more limited than Ta [76]. In addition, direct comparisons of the 

osteogenic capability of Ta and Nb are even more rare than Ta and Ti. One in vivo study found Nb was 

less effective at osteogenesis compared to Ta and Ti when coated on a polycarbonate scaffold and 

inserted into a rat tibia [138], however a second in vivo study found that Nb was more effective at 

osteogenesis compared with Ta and Ti when wires were implanted in rat bone marrow [28]. More direct 

comparative studies between these metals are required to ascertain the magnitude of osteogenic benefit 

for each metal and the mechanisms behind this benefit. Due to its thorough medical history and more 

accessible toxicology information, tantalum was chosen over niobium as the osteogenic bioactive 

material for this study.  

When Ta is added to Ti, the resulting alloys can display a low elastic modulus, are likely biocompatible 

proven by the thorough medical history of both Ti  and Ta, and may display bioactive qualities, due to 

the enhanced osteogenic response of Ta [136]. In addition, these alloys possess a lower density than 

pure Ta, better mimicking the lightweight characteristic of bone than TM. The TiTa alloy system is 

hence a very promising new biomedical alloy for orthopaedic devices. However, combining Ti and Ta 

is not easy. Titanium begins to boil and evaporates intensely at the temperature that Ta begins to melt 

(3000 ° C) [77]. A homogeneous solid solution of TiTa alloys can only be produced with multiple arc 

melting steps, which are inverted between melting steps to mixing the widely different density metals 

[36, 87, 91, 161]. The resulting ingot is difficult to machine into the complex shapes required for 

implants, as the material has high strength and hardness. In addition, machining results in waste material 

which becomes a major factor when using higher cost constituents.  

Additive manufacturing (AM) is an emerging manufacturing method capable of exploring new alloy 

systems, by mixing elemental powders, and capable of producing complex geometries, impossible to 

produce with conventional machining. AM provides a new method for investigating TiTa alloys, 

avoiding large scale batch homogeneities, by beginning with a micron sized powder and melting with 

a laser on a micron scale. It remains to be shown whether these alloys, when produce by AM, retain 

their biocompatible status and the improved osteogenic qualities of pure Ta. 
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2.2 Additive Manufacturing 

Additive manufacturing (AM) is a viable manufacturing method for bespoke implants, benefiting 

patients through exact matching and replication of their bone shape, which leads to better implant 

stability and performance [21, 162]. Complex geometric features, such as hollow structures and lattice 

work, can also be added to implants to improve their performance and expensive materials can be 

explored, due to less material waste than conventional manufacturing processes, such as computer 

numerical control milling. AM differs from conventional manufacturing as it is an additive as opposed 

to a subtractive process. Material is added to a part in layers, as opposed to a subtractive machining 

from a large ingot. AM is also possible over a wide range and combination of materials through different 

AM techniques; binder jetting, directed energy deposition, material extrusion, material jetting, powder 

bed fusion, sheet lamination and vat photopolymerisation. Each method requires an energy source (e.g. 

laser, electron beam or heated nozzle) and a material stock (e.g. metal/ceramic powder, liquid polymer 

resin, thermoplastic filament) which can be formed, melted or cured in a sequential layer-by-layer 

manner.  

 

2.2.1 Types of Metal AM 

For metal powder processing, the two main methods are directed energy deposition (DED) and powder 

bed fusion (PBF). An E or L preceding the naming acronym indicates an electron beam or laser power 

source [163]. L-DED systems, Figure 2-5(a), comprise of a nozzle which can move in three axes and 

carries feedstock wire or powder in a stream of gas into the path of a laser beam, where it is melted 

directly onto a substrate or existing part. Due to the free moving nozzle, DED systems can build and 

repair parts up to meters in scale and is considered ‘high throughput’ due to the high rate of material 

deposition. Large laser spot sizes on the mm scale are used with large feed powders of up to 100 µm in 

particle diameter [164]. As DED is a ‘high throughput’ system, it is well-suited to alloy development 

as many different alloy compositions can be produced in a short amount of time. In addition, multiple 

powder feeders can be connected to the nozzle and their feeding rates altered, to instantaneously create 

new alloy compositions and gradient structures. However, due to the large laser spot size and large 

particle diameter, DED systems cannot achieve the high dimensional tolerances needed for implant 

applications.  

L-PBF systems, Figure 2-5(b), comprise of a chamber of metal powder and build plate arranged 

sequentially. The powder is spread layer-wise onto the build plate via a powder spreader and the laser, 

controlled by a series of mirrors, follows a scan path dictated by the computer-generated slice file. The 

powder delivery system is then raised, the build plate lowered, and another layer of powder is spread 

over the solidified material. The laser spot size is generally less than 100 µm and powders between 10 



Literature Review 

24 

 

– 50 µm in particle diameter are used. This configuration facilitates dimensional tolerances and features 

of < 200 µm [164]. The downside here remains that, due to the small powder size and powder spreading 

mechanism, the deposition rate is much lower than DED. In addition, as the metal powder needs to be 

inside the working chamber before the process begins, premixing of powders is required before the 

printing process.   

 

 

Figure 2-5: (a) L-DED and (b) L-PBF schematic. Reproduced in part with permission from [164]. 

 

To investigate new alloys in metal AM processing, the feedstock powders can be in either pre-alloyed 

or pre-mixed form. Pre-alloyed powders are created from gas atomisation of a pre-alloyed ingot, whilst 

pre-mixed powders consist of mechanically mixed elemental powders. Pre-alloyed powders have the 

benefit of producing more homogeneous material [165-167], as homogenisation occurs during ingot 

fabrication. However, pre-alloyed powders are difficult to acquire for all but a few common alloy 

compositions, e.g. Ti-6Al-4V, 316SS, IN718, AA6061 and H13 steel. Therefore, pre-mixed powders 

are more suitable for investigating new alloy systems.  

Refractory elements, such as Nb, Mo, Ta and W which act as β stabilizers in Ti alloys, are difficult to 

form into powder due to their high melting temperatures. New methods of plasma atomisation are 

required to produce spherical powders from these materials [168]. This leads to high powder costs, with 

the Ta powder for this study costing $2000 AUD/kg.  
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2.2.2 Parameter Optimisation in L-PBF 

The initial aim in additive manufacturing of a new material is to find adequate process parameters to 

achieve high quality material. For L-PBF systems, laser scanning speed (v), laser power (P), hatch 

distance (h) and layer thickness (t) are the most frequent parameters adjusted. The hatch distance is the 

distance between two adjacent laser passes, as shown in Figure 2-6. The layer thickness is dependent 

upon the vertical distance moved by the build plate, the surface roughness and shrinkage of the 

previously processed layer and is integral in ensuring the connectivity between the solidified layers. 

Many AM studies use ‘energy density’, Eq. 1, to model the combined effect of these parameters on 

material density as a single variable [164, 169, 170]. Generally, a low energy density causes insufficient 

melting of the material, resulting in ‘lack of fusion’ defects. Too high energy density can cause material 

vaporisation which leads to ‘keyhole’ defects. These defects can be differentiated by their shape, as 

‘lack of fusion’ defects tend to be irregular and often between layers, whilst ‘keyhole’ defects show 

round or conical formation, mimicking the shape of a gas bubble at the bottom of the melt pool [164, 

171, 172].  

 𝐸 =
𝑃

𝑣ℎ𝑡
 (1) 

 

 

Figure 2-6: A typical scanning pattern used in L-PBF and L-DED processes. The hatch distance (h) is the distance between 

two adjacent laser scans. 

 

The energy density equation, however, is limited, when used to model L-PBF processes, particularly in 

the case of mixed powders. The equation does not include variables which represent elemental specific 

variables such as thermal conductivity, elemental diffusivity and absorption of laser radiation by the 

powder and hence does not allow a quantitative comparison between processing of different alloys. 

Furthermore, alloys which contain elements with significantly different chemical properties often 

experience preferential vaporisation of the lower melting point constituent [171, 173, 174] and the 



Literature Review 

26 

 

energy density model has no capacity to address this processing difficulty. As Ti melts at approximately 

1600 °C whilst Ta melts at approximately 3000 °C, close to the temperature at which Ti boils and 

evaporates intensely [77], the energy density equation is unlikely to be a representative parameter 

optimisation model for this alloy system. 

The normalised enthalpy model, Eq. 2, proposed by King et al. [175], incorporates powder specific 

variables, such as absorption of the laser radiation by the powder (A) and thermal diffusivity (D), as 

well as chemical specific variables incorporated in the enthalpy term ℎ𝑠, Eq. 3, such as melting 

temperature (Tm) and thermal conductivity (κ). Additionally, the model includes the laser spot size (∅), 

critical to the powder-laser interaction. The normalised enthalpy model predicts a region at which 

material vaporisation is likely to occur, called the ‘keyhole zone’. This zone occurs at normalised 

enthalpy values of 30 ± 4. There has yet been no investigation as to whether this model is appropriate 

for modelling mixed powder alloys such as TiTa. 

 
∆𝐻

ℎ𝑠
=

𝐴𝑃

ℎ𝑠√𝜋𝐷𝑣∅3
 (2) 

 ℎ𝑠 =
𝑇𝑚𝜅

𝐷
 (3) 

 

2.2.3 L-PBF Scanning Strategies 

In addition to achieving dense material, it is important for many applications to obtain homogeneous 

material. This is more difficult for powders with refractory components and more difficult for pre-mixed 

powders than pre-alloyed powders. Generally, heat treatments such as hot isostatic pressing (HIP) are 

used to improve the quality of AM material post-processing. However, this incurs more time and cost 

for part production. By making adjustments to parameters and scanning strategies, in situ heat 

treatments can be achieved improving material density, surface finish, alloy homogeneity 

microstructure and mechanical properties [168, 176, 177]. 

One strategy which can be used to increase the homogeneity of an AM produced alloy is ‘remelt’ 

scanning. This consists of two passes of the laser per powder layer, providing a second opportunity for 

element melting and mixing and could prove an essential processing method for the TiTa system to 

increase material homogeneity.  

The remelt scan has been investigated as a tool to increase part density, by allowing gas release from 

previously formed pores [168, 177-181], as well as to increase surface quality, by allowing a second 

liquid metal flow to fill surface unevenness [182-184]. However, applying a second laser scan per layer 

also alters the thermal history of the part and results in microstructural changes. The most noted change 

is that the remelt scan can cause a finer grain structure [180, 185, 186]. It is hypothesised that as the 
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laser interacts with a pre-solidified metal surface, instead of a layer of powder, there is a decrease in 

laser absorption and hence a shallower melt pool is formed. No thermodynamic and microstructural 

modelling has yet been completed to assess this hypothesis.  

The remelt scan has also been assessed as a tool to reduce residual stress in AM parts. Due to the high 

cooling rates experienced in PBF, parts often retain a high level of residual stress. Literature studies 

show that remelt scanning can be employed to reduce residual stress, however the efficiency depends 

on the scanning parameters used [178, 187-190]. Studies exploring remelt scans, using different 

scanning parameters for the single and the remelt scan, show that the remelt parameter set can be 

optimised to decrease residual stress [187-189]. However, studies using identical scanning parameters 

for the remelt scan show an initial increase in residual stress in the range of 22 – 68 % upon the 

application of one remelt scan [178, 187, 190]. It is suggested that this is due to a slight increase in 

cooling rate upon the first remelt scan, due to the lower laser absorption and subsequent smaller melt 

pools. With subsequent remelt scans, the residual stress begins to decrease, eventually reaching values 

below that of the single melt sample. Upon subsequent remelt scans, it is hypothesised that the part 

begins to accumulate heat, hence reducing thermal gradients and lowering the cooling rate. 

Remelt scanning has shown to both increase and decrease the tensile strength of L-PBF Ti-6Al-4V [178, 

187]. Xiao et al. [178] found that applying one to three remelt scans successively increased the strength 

and decreased the ductility of the material. This was attributed to strain hardening induced by multiple 

rapid heating and cooling cycles. Upon the fourth remelt scan, however, it was found that the strength 

once again decreased and this was attributed to retained heat in the material causing annealing. Strain 

hardening strengthening caused by the remelt scan is supported by the findings of Wei et al. [190] who 

noted no increase in strength in remelt material after the samples had been stress relieved. Ali et al. 

[187] also found that a single remelt scan would slightly increase material strength and decrease 

ductility, however when the energy density of the remelt scan was reduced, a drop in material strength 

and increase in ductility was observed. It was hypothesised that the remelt scan changed material 

density, induced phase transformation from α′ to α + β and increased the oxide layer thickness, which 

all contributed complexly to mechanical property changes. An increase in oxide thickness on the surface 

of remelted parts [184] and phase transformations [191] have been observed in other studies 

investigating the effects of remelt scanning. 

Remelt scanning can be used to alter the microstructure and mechanical properties of L-PBF produced 

alloys and optimising the remelt scan parameters is complex when considering not just porosity, but 

residual stresses and oxide complications. A small number of studies have been performed investigating 

the remelt strategy as a homogenisation tool [126, 167] and no study has been done investigating this 

tool for use in the TiTa alloy system. Remelt scanning is a promising new strategy for the increase in 
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homogenisation of alloys with refractory constituents, however the effects of this strategy on 

microstructure and mechanical properties is so far limited.   

 

2.3 Mechanical Properties of Additively Manufactured Titanium Alloys 

Implants under lower stresses, such as mandible reconstruction plates, require less static strength than 

implants under high stresses, such as hip stems. Currently only two alloys are used to represent all 

implants within this stress scale; CP Ti is used for low stress applications whilst Ti-6Al-4V is used for 

high stress applications. As a result, the strength of the Ti-6Al-4V alloy often overshoots the mechanical 

properties required for the application. As high strength is often linked to high elastic modulus, high 

strength implants are more likely to cause stress-shielding. AM of new biomedical Ti alloys introduces 

the prospect of tailoring specific alloys for specific implant applications. Coupled with advances in 

mechanical modelling of physiological forces, implants could be designed which much more closely 

represent their mechanical environment. As accurate physiological models are still under development, 

the mechanical properties of new L-PBF produced Ti alloys must be compared to conventionally 

produced CP Ti or Ti-6Al-4V.  

  

2.3.1 Quasi-Static Mechanical Properties of AM Ti Alloys 

Due to the high cooling rates in L-PBF processing, microstructures possess high dislocation densities, 

resulting in higher strengths but lower ductilities than their conventionally cast counterparts. In addition, 

unique metastable microstructures can be formed, as well as fine grain microstructures which contribute 

to higher strengths. L-PBF Ti alloys generally consist of plate-like α or α′ acicular grains, which 

nucleate out of columnar prior-β grains oriented in the building direction [192, 193]. This is due to the 

strong thermal gradient between the melt pool and the cold build plate. The columnar grain structure, 

however, leads to anisotropic mechanical properties, as the lack of grain boundaries in the build 

direction provide less boundaries for dislocation slip. Methods to tackle the columnar grain structure 

include the inclusion of grain refinement particles such as boron, and heating of the build plate. Studies 

of L-PBF produced CP Ti also highlight the need for oxygen level testing [60, 193-195]. Most studies 

begin with a Grade 1 or Grade 2 powder, however depending on the L-PBF process, different levels of 

oxygen can be picked up during printing, resulting in higher strengths [194]. To accurately assess the 

strength of L-PBF produced Ti, it is important to assess the oxygen content after printing. 

Ti-6Al-4V is one of the most investigated additive manufacturing alloys, due to its use in the biomedical 

and aerospace industries, and significant data is available for the mechanical properties of this material 

produced by L-PBF [174, 178, 192, 196, 197]. As can be seen from Table 2-7, the tensile strength of 
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L-PBF Ti-6Al-4V can reach as high as 1400 MPa in the as-built condition, 400 – 500 MPa higher in 

strength than conventionally wrought or cast Ti-6Al-4V. However, the ductility of the material is 

severely reduced to 1.6%, which severely impacts the applicability of the material for fatigue 

applications. The lower strength but improved ductility and lower elastic modulus of β type alloys 

benefit from L-PBF processing as fine grain structures can increase strength in as-built materials, 

without increasing elastic modulus and whilst retaining a much higher intrinsic ductility than Ti-6Al-

4V. 

 

Table 2-7: Mechanical properties of additively manufactured biomedical Ti and Ta alloys. 

 Manufacturing 

Method 

Elastic 

Modulus 

(GPa) 

Yield 

Strength 

(MPa) 

Tensile 

Strength 

(MPa) 

Elongation 

(%) 

Reference 

CP Ti (Gr I – IV) Conventional 103 - 104 170 - 586 240 - 662 20 - 30 [60] 

Ta Conventional  186 165 - 220 200 - 390 20 - 50 [60] 

Ti-6Al-4V Conventional  101 - 110 795 - 875 960 - 965 10 - 15 [54] 

CP Ti  

(Grade I,II) 

L-PBF 91 - 104 353 - 587 413 - 800 7 - 25 [60, 193, 194, 

198-201] 

Ti-6Al-4V L-PBF 94 - 118 910 - 1330 1035 - 1400 1.6 - 11 [196] 

Ti-15Mo L-DED 73 - - - [202] 

Ti-15Mo-5Zr-3Al L-PBF 69 - - - [203] 

Ti-20Mg-5Ta L-PBF 43 - 72 747 - 989 763 - 1089 13 - 20 [204] 

TiNb (26 - 45 

wt.%)  

L-PBF/L-DED 61 - 85 768 683 - 799 11 - 22 [166, 167, 

205-210]  

Ti-Nb-Zr  

(TNZ) 

L-PBF 65 - 85 756 - 874 916 - 1155 2 - 7 [211-213] 

Ti-Nb-Ta-Zr 

(TNTZ) 

L-PBF 64 520 680 15 [214, 215] 

Ti-24Nb-4Zr-8Sn 

(Ti2448) 

L-PBF/EBM 53 563 665 - 950 14 - 28 [173, 216, 

217] 

Ta L-PBF - 450 - 654 739 2 [60, 218] 

Ti10Ta L-PBF 110 730 780 11 [219] 

Ti25Ta L-PBF 89 1029 1186 5 [220] 

Ti30Ta L-PBF 72 920 950 10 [219] 

Ti50Ta L-PBF 76 883 925 12 [221] 
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Only a few of β Ti alloys have been thus far explored using additive manufacturing. As with Ti-6Al-

4V, the literature shows that the mechanical properties of the L-PBF material exhibit slightly higher 

strengths than conventional processing methods, but with retained low elastic modulus and reasonable 

ductility [166, 173, 211, 213, 214, 217, 220]. A few L-PBF studies record significantly higher strengths 

than conventionally processed material [211, 220]. One example of the L-PBF processing of the TNZ 

alloy showed a maximum strength of 1155 MPa [211], almost double the strength achieved through 

conventional processing. However, the increase in strength was attributed to the formation of the ω 

phase which also significantly decreased the material ductility to 2%. The most promising mechanical 

properties achieved to date are by Yan et al. [204] in a very recent study which showed how a novel 

cross-scanning strategy could produce nano sized grains in a Ti-20Mg-5Ta alloy. The alloy showed 

strengths similar to conventionally produced Ti-6Al-4V, whilst retaining elongations of up to 20% and 

the lowest elastic modulus yet achieved by L-PBF, 43 GPa. The novel cross-scanning strategy shows 

promise for improving the mechanical properties of L-PBF materials and possibly for increasing the 

melting of refractory constituents, as almost all the other studies highlight the difficulty of fully melting 

components such as Nb and Ta [204, 210, 221-223].  

Despite its refractory nature and high cost, pure Ta has been successfully printed using L-PBF to 

densities of > 99.8% [218, 224-226]. High laser powers of 200 – 400 W are often required to prevent 

inter-layer porosity due to insufficient melting, and mechanical failure is often attributed to crack 

initiation at these defects [218, 226]. Studies of mechanical properties show yield strengths two to three 

times larger than that of cast material, attributed to grain refinement [218, 224], Table 2-7. 

Unfortunately, the ductility is also reduced from 40% to 2%, for solid material, however a compressive 

ductility of 35% was observed when lattice structures of 80% porosity were created [225]. This may be 

due to the microstructural differences between solid and lattice material. Ta forms a β phase 

microstructure and shows a strong crystallographic texture when printed, resulting in mechanical 

property anisotropy [224]. The porosity of lattice structures likely disrupts the strong thermal gradients 

in the building direction. The Ta lattices were considered more applicable to cyclic loaded implants 

than pure Ti, due to its higher normalised fatigue strength [60].  

L-PBF provides a new unique manufacturing method to combine Ti and Ta by melting them on a micron 

scale. The two most investigated compositions in literature are Ti25wt%Ta [220] and Ti50wt%Ta [219, 

221, 227, 228]. The Ti25Ta composition reportedly has the best strength-to-modulus ratio of the TiTa 

system [84], whilst the Ti50Ta composition has the lowest Ta content to produce a fully β phase 

microstructure in conventional manufacturing [63]. Sing et al. [221] were the first to successfully 

fabricate Ti50Ta by L-PBF, using pre-mixed CP Ti (Grade 2) and pure Ta powders. It was shown that 

a fully β microstructure was obtained, formed of equiaxed grains, however some partially melted Ta 

particles remained within the matrix. The volume of unmelted Ta particles was not quantified, making 

predictions, concerning how these particles will affect mechanical behaviour, difficult. The mechanical 
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properties of this composition were promising, showing an improved yield strength (883 ± 20 MPa) 

compared to L-PBF CP Ti (620 ± 20 MPa) and improved ductility (11 ± 1%) compared with L-PBF CP 

Ti and L-PBF Ti-6Al-4V (5 ± 1% and 6 ± 3%, respectively). The improved ductility was linked to the 

absence of strain hardening due to the lack of the α′ phase. Parameter optimisation studies also showed 

that a higher input energy improved the melting of Ta, however full incorporation of Ta was not 

achieved [228]. Optimal parameters for Ti50Ta were found to be P = 460 W, v = 500 mm/s, h = 0.125 

mm and t = 0.05 mm, with an 80 µm laser spot size. These parameters result in an energy density of 

147 J/mm3.  

Zhao et al. [220] more recently investigated Ti-xTa (x = 6, 12, 18, 25 wt.%) which showed a gradual 

increase in yield strength with increasing Ta content from CP Ti at 560 ± 13 MPa to Ti-18Ta at 668 ± 

20 MPa. However, at the Ti25Ta alloy, a significant jump in strength to 1029 ± 8 MPa was noted. This 

jump in strength was attributed to the fine grain size and quantities of the β phase, as the Ta content 

supressed the α′ formation, however no other literature studies have noted β phase at this composition. 

This study used ball milled spherical CP Ti Grade 1 powder with an average particle size of 30 µm, and 

smaller irregular Ta powders with an average particle size of 3.66 µm, which may have contributed to 

enhanced solid solution strengthening, however also led to low relative densities achieved, below 95%, 

due to the irregular particle flow. In addition, despite the small Ta particle size, remaining partially 

melted Ta particles were still noted in the matrix, and were hypothesised to act as heterogeneous 

nucleation sites for small grain formation. The optimal parameters for the Ti25Ta alloy were found to 

be P = 340 W, v = 1200 mm/s, h = 0.07 mm and t = 0.05 mm, with an 80 µm laser spot size. These 

parameters result in an energy density of 81 J/mm3. 

Huang et al. [219] investigated Ti-xTa (x = 10, 30, 50 wt.%) and found the Ti30Ta alloy to be most 

favourable for biological applications due to its highest yield strength (925 ± 10 MPa) and lowest elastic 

modulus (72 ± 10 GPa). The strength was seen to increase with increasing Ta content as the lath/acicular 

phase refined but strength decreased at 50 wt.% Ta when the coarse β phase was retained. The Ti30Ta 

alloy showed a combination of α′′ and α′ phases, with partially melted Ta particles present in the matrix, 

which caused reduction in elongation. The same process parameters were used for each composition 

and the porosity was found to increase with Ta content from 0.04 to 0.47 % due to insufficient melting. 

The L-PBF TiTa alloy system requires further investigation to address the inconsistencies in tensile 

behaviour and microstructure reported in these few papers. In particular, the α′, α′′ and β phase 

boundaries in L-PBF TiTa alloy system remain disputed. Differences are possibly due to the different 

printing systems and parameters used and a thorough database of material properties and quality must 

be made to understand how these materials will behave and pinpoint their optimal processing 

parameters. The difference in ‘optimal’ energy density, 147 J/mm3 [221] and 81 J/mm3 [220] for Ti25Ta 

and Ti50Ta respectively, highlights that the energy density equation is not particularly suitable for 
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modelling the optimal process parameters for the L-PBF TiTa system. As higher energy density is 

required to melt higher Ta contents, it is inconsistent that the optimal energy density for the Ti50Ta is 

lower than that of the Ti25Ta alloy.  

 

2.3.2 Fatigue of L-PBF Materials 

Understanding the fatigue performance of biomaterials is critical for reliability of cyclically loaded 

implants. AM materials are known to be inferior in fatigue performance to conventionally produced 

materials due to the presence of internal defects, stresses and rough surfaces [229-231]. Whilst post-

processing methods such as milling, micro-machining and HIP are known to increase fatigue life, many 

AM parts are created in complex geometries which cannot by fully processed. Hence, it is important to 

understand the as-built fatigue response of AM parts.  

The high residual stresses present in as-built AM parts results in less damage resistant parts [232-234]. 

Residual stresses are relieved when the part is removed from the build plate [188], however depending 

on part material and size, further stress relieving treatment is required. Chastand et al. [235] found 4 hr 

of heat treatment at 640 °C was sufficient to relieve stress in L-PBF Ti-6Al-4V parts and return 

comparable fatigue behaviour to EBM Ti-6Al-4V parts, which were deemed to not have residual stress, 

due to the heating the build platform and chamber during the printing process. Other methods to reduce 

residual stress in building is to use scanning strategies such as, island scanning, where each large surface 

area scanned by the laser is broken down into smaller segments [187, 236, 237], or remelt scanning 

[187, 189, 190]. In addition, heated build plates can be used to lower the thermal gradients between the 

melt pool and built platform [188, 189], however not all L-PBF systems have this functionality. Samples 

which are electro-discharge machined (EDM) from a bulk printed sample are also believed to be 

somewhat stress relieved, though the exact quantification of remaining stress is still debated [238-240]. 

In conclusion, it is important when comparing fatigue properties of L-PBF materials to estimate their 

residual stress state by considering their manufacturing history. 

Process-induced porosity, particularly at the surface of AM specimens where stresses are highest, leads 

to premature fatigue failure [197, 232, 241-243]. Defects act as stress concentration points, resulting in 

earlier crack formation. Whilst hot isostatic pressing (HIP) can be used to decrease the final defect 

concentration, investigations into real time print monitoring systems [164, 244] and modelling of defect 

dependant mechanical properties [245-247] are addressing the reliance on post-processing treatments. 

Rough surfaces are also detrimental to fatigue life [197, 229, 230, 248], and can be removed by post-

process machining for simple shapes, but is not possible for complex geometries such as lattices. Remelt 

scanning has been shown to effectively reduce surface roughness [182-184], however, for implant 

applications, surface roughness is seen as crucial to successful implant integration. Rougher surfaces 
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provide better mechanical interlocking between the bone and the sample, as well as encouraging 

superior osseointegration [249-251]. Hence, it is important to investigate both as-built and machined 

surface conditions, to find a balance between fatigue life and biological behaviour.    

The fatigue behaviour of Ti-6Al-4V is the most widely studied of L-PBF Ti alloys, with fatigue 

strengths at 106 cycles of 100 – 250 MPa [60, 242], superior to that achieved in L-PBF CP Ti and Ta 

(see Table 2-8). This is attributed to the higher strength of Ti-6Al-4V obtained on precipitation 

strengthening. However, when normalised by yield strength, CP Ti and Ta both outperform Ti-6Al-4V. 

Due to their superior ductility [60], CP Ti and Ta perform particularly well in the high-cycle fatigue 

regime ( > 106 cycles) where crack propagation dominates fatigue failure. Porous Ta structures even 

showed a higher absolute value of fatigue strength when compared with porous Ti-6Al-4V structures 

(7.35MPa to 4.18 MPa, respectively) [252]. This was attributed to increased ductility lowering the notch 

sensitivity in a structure which has a high surface area. Ti-6Al-4V, which has a high notch sensitivity 

[253], does not perform particularly well in lattice configurations as early crack formation occurs at 

multiple sites within the lattice.  More ductile metals, such as CP Ti and Ta are more suitable for implant 

applications which include complex geometries and undergo lower bodily stresses, such as 

maxillofacial implants.  

 

Table 2-8: Fatigue life of L-PBF Ti alloys. 

 Elastic 

Modulus 

(GPa) 

Yield 

Strength 

(MPa) 

Tensile 

Strength 

(MPa) 

Elongation 

(%) 

Fatigue 

Strength at 106 

cycles (MPa) 

References 

TNTZ 64 550 680 15 225 [214] 

Ti-6Al-4V 94 - 118 910 - 1330 1035 -1400 1.6 - 11 100 - 250 [60, 196, 242] 

Ta - 450 - 654 739 2 120 [60, 218] 

CP Ti  

(Grade I,II) 
91 - 104 420 - 555 500 - 800 8 - 25 82 

[60, 193, 194, 

198-200] 

 

There is little literature investigating the fatigue behaviour of new β-type Ti alloys.  However, one study 

by Luo et al. [214] shows promising fatigue properties for the low modulus TNTZ alloy. Despite a 

much lower yield strength than Ti-6Al-4V (TNTZ = 500MPa and Ti-6Al-4V = 900-1300 MPa, see 

Table 2-8), the heat-treated TNTZ samples showed a similar fatigue strength at 106 cycles of 225 MPa. 

No explanation was given for this impressive fatigue behaviour. It was, however, noted that the fatigue 

limit of the L-PBF TNTZ was much lower than conventionally produced material, due to the inherent 

processing shortfalls of AM on fatigue life noted earlier. However a promising study investigating the 

fatigue behaviour of conventionally produced TNTZ showed that small (0.1 - 0.7 wt.%) additions of 
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oxygen to the TNTZ alloy increased the fatigue performance of this alloy, without significantly raising 

the elastic modulus of the alloy [97]. Oxygen additions have not yet been investigated in L-PBF TNTZ 

alloys, however, provide a likely mechanism for further improving fatigue behaviour. As yet, there have 

been no investigations into the fatigue life of the AM TiTa alloy system.  

 

2.3.3 Mechanical Properties of Lattice Structures for Implants 

One of the main benefits of AM implants is that complex geometries, such as lattice structures, can be 

incorporated in the implant design to improve their mechanical and biological functionality. Therefore, 

it is important to understand how the new β type Ti alloys function when formed in these complex 

structures. Beam-based lattice structures, triply periodic minimal surfaces and graded designs are all 

made possible with AM and open a new avenue of mechanical response which is not dependent simply 

upon the mechanics of the material, but a combination of the mechanics of the material and the structure. 

The designs are referred to as ‘meta-materials’ and are critical in bridging the mechanical property gap 

between synthetic materials and natural bone [254].  

Most investigations into the mechanical response of lattice structures have focused on beam-based 

structures, which consist of a repeating unit cell, such as cubic, diamond, and dodecahedron structures 

[61, 171, 255-258]. Lattices can be classified into stretch-dominated and bending-dominated unit cells, 

which determines their failure mechanisms. Stretch-dominated structures tend to shower higher 

stiffness and strength at low weight, whilst bending-dominated structures show a lower stiffness and 

strength but accommodate much larger strains [259]. Cubic lattices with vertical struts, such as FCCZ 

design, tend to show stretch-dominated behaviour whilst lattices lacking vertical struts, such as BCC, 

show bending-dominated behaviour [255, 258]. In both cases, stress concentrations are highest at the 

lattice nodes, which undergo plastic deformation under compression [61]. The porosity of these lattice 

structures is used to lower their elastic modulus similar to human bone, as the elastic modulus of the 

structure follows the power-law relationship, Eq. 4, where 𝜌 represents the lattice relative density and 

the power law exponent b is close to 1 for stretch-dominated unit cells and equal to 2 for bending-

dominated unit cells [259, 260].  

 𝐸 = 𝜎𝑦 𝜌𝑏 (4) 

 

Using this design ideology, lattice structures have been created by L-PBF in both conventional and new 

β-type biomedical alloys which show elastic modulus levels that mimic the range of natural bone (see 

Table 2-9). However, there is still a large range of fields to be investigated considering the 

manufacturing and mechanical response of these lattices. For example, the strongest Ti-6Al-4V lattices 

still cannot mimic the strength of the strongest bone found in the body (usually found in the long bones 
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of the tibia and femur) and the ductility of these structures, even in compression, is limited to 3.5 – 

5.0% [61]. In conjunction with the limited surface finishing techniques available, fatigue life of these 

structures is unreliable. Further research is also required for parameter optimisation for lattice struts, as 

most studies show a large variation between CAD and the final printed geometry [61, 222, 254, 261-

264], as well as porosities within the struts acting as critical points of failure [265]. In addition, the 

microstructure has been found to be dependent on the geometry used and can be markedly 

inhomogeneous across the structures [255, 265]. Finally, whilst the structural elastic modulus has been 

reduced to levels similar to natural bone, a single cell will only experience the elastic modulus of the 

surface it is attached to, and not the entire structure. The elastic modulus of a substrate is known to 

effect cell fate [266], and it is not understood how the difference in material modulus from conventional 

alloys to new β-type alloys can affect cell behaviour on a much smaller scale.  

 

Table 2-9: Mechanical properties of L-PBF lattice structures with different geometries. 

 Elastic 

Modulus 

(GPa) 

Yield Strength 

(MPa) 

Porosity 

(Designed/Actual) 

Structure 

Type 

References 

Cortical 

Bone 
13 - 35 85 ± 10 - 

- [54-56] 

Cancellous 

Bone 
0.02 - 2 25 - 

- [54, 57, 58] 

Ti-6Al-4V 

22 - 58 160 - 520 
25 - 64%  

(12 - 51%) 

Schwartz 

(TPMS) 

[267] 

0.6 - 13 10 - 250 
15 - 50%  

(18 - 58%) 

Diamond [268] 

0.9 - 7 14 - 200 
15 - 50%  

(22 - 53%) 

Neovius [268] 

1.1 - 4 27 - 130 
15 - 50%  

(21 - 51%) 

Gyroid [268] 

0.6 - 3.5 16 - 92 (69 - 84%) Dodecahedron [252] 

3.2 - 6.4 92 - 276 
43 - 77%  

(35 - 71%) 

Primitive, 

gyroid, 

diamond 

(TPMS) 

[269] 

CP Ti 

0.6 - 2.6 9 - 37 (66 - 82 %) Dodecahedron [60] 

1.5 - 2.7 45 - 57 (68 - 73 %) 
Gyroid 

(TPMS) 

[270] 

Ta 1.2 12.7 (80%) Dodecahedron [225] 
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Elastic modulus is not the only important feature to investigate in lattice structures for implants. The 

size and shape of the pores in the structure, as well as their interconnectivity, also has a strong effect on 

tissue formation. It has been shown that bone is more likely to regenerate in concave shaped pores, and 

the higher the curvature, the faster the tissue regeneration [271-273]. This has led to investigations into 

new structures called triply periodic minimal surfaces (TPMS) (see Figure 2-7). TPMS locally minimise 

surface energy, which results in an equivalent mean curvature of zero, a structure frequently seen in 

nature which leads to a unique combination of topological, mechanical and mass transport properties 

[269]. Studies investigate the balance between sufficient mechanical properties and increased 

permeability of the scaffold to allow nutrient flow and cell migration [269, 274, 275] and recent 

investigations into L-PBF of these structures have shown promising biological and mechanical results, 

with improved strength-to-modulus ratio [269] and excellent fatigue endurance of 60% of their yield 

strength [269]. Comparatively, beam-based unit cells tend to show a fatigue endurance limit of 20 – 

30% of their yield strength [256, 276]. This improvement is attributed to TPMS structures being less 

affected by processing defects than beam-based structures [277].  

 

Figure 2-7: Functional scaffolds designed for biological applications. Reproduced with permission from [269]. 

 

 

 



Literature Review 

37 

 

2.4 Biological Response of TiTa Alloys 

New alloys have been developed and manufactured by AM that can simulate similar mechanical 

properties when tested in vitro. However, the human body is a dynamic and complex environment, 

raising many more requirements to a suitable new alloy, than mechanical properties. It was previously 

mentioned that the design of new biological alloys includes considerations of ‘biocompatibility’ and 

‘bioactivity’ of the alloy and its constituents. The following section explores the definitions of these 

words and the experimental methods used to determine their properties. The section will then explore 

the literature investigating the bioactivity of pure tantalum, pure titanium and TiTa alloys, and how the 

presence of Ta may lead to a superior orthopaedic alloy to Ti-6Al-4V. The hypothesised mechanisms 

causing the improved osteogenic capability are then discussed.   

 

2.4.1 Biocompatibility: from bio-inert to smart materials 

Determining the ‘biocompatibility’ of materials is a complex field. It requires collaboration of materials 

engineers and scientists, cell biologists and clinicians, and is a constantly developing area of research. 

Since the synthetic materials were first used as implant materials, the definition of ‘biocompatible’ has 

developed significantly.  

For first generation biomaterials, biocompatibility was generally defined as materials which did not 

cause an adverse systemic reaction in the body or trigger an immune response [278]. These materials 

are classed as ‘bio-inert’, although they may still trigger a ‘foreign body’ response from the body’s 

immune system which results in fibrous capsule formation (Figure 2-8). The fibrous capsule separates 

the material from the surrounding tissue and systemic environment of the body. For metallic implant 

materials, achieving first generation biocompatibility comes down to the systemic toxicity and 

cytotoxicity of the metal in its solid or corroded state. Hence, first generation biocompatible metals are 

generally highly corrosion resistant; e.g. stainless steels, CoCrMo and Ti alloys. This stops metallic 

leachables or particles from entering surrounding tissues and interfering with biological processes. 

However, fibrous capsule formation effectively separates the implant material from surrounding tissue, 

which is problematic when trying to create a strong implant-tissue interface, such as is required for 

orthopaedic implants.  
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Figure 2-8: Mechanisms of fibrous capsule formation. Adapted with permission from [279]. 

 

Second generation biomaterials attempt to elicit a positive and controlled reaction from surrounding 

tissues, critical for implant osseointegration [280]. TiTa alloys may provide a benefit over the current 

industry standard material of Ti-6Al-4V because Ta is highlighted as a bioactive metal, due to its 

increased ability for osseointegration [136]. This class also includes resorbable materials, such as Mg 

alloys [131-134], which are designed to be resorbed by the body and replaced by local tissue, and anti-

bacterial alloys, such as Ti-Ag and Ti-Cu [124-129], which are designed to reduce infection rates upon 

implantation.  

Third generation biomaterials attempt to stimulate and regenerate functional tissue. Here, the freedom 

of design in AM allows for the creation of scaffolds which can be penetrated by regenerating bone. 

Hence, the bioactivity of the base material is aided by the implant structure to encourage the body to 

regenerate tissue. If TiTa alloys provide enhanced bone formation, scaffolds of this material may further 

improve bone regeneration throughout an implant, leading to improved stability. Other investigations 

of third generation biomaterials include coatings which include biological molecules that stimulate bone 

growth [281, 282] and fully degradable magnesium bone scaffolds. Whereas Ti implants will always 

remain in the body and hence not allow for complete tissue regeneration, fully degradable magnesium 

scaffolds could eventually be completely replaced by regenerated tissue. 

Finally, fourth generation biomaterials are often termed ‘smart biomaterials’ [283]. These materials aim 

to replicate the complex structural hierarchy of natural materials. For bone, that consists of re-creating 

the structure of bone from nano sized hydroxyapatite crystals, to micro scale fibril bundles and finally 

the macro scale porous and dense transition of cancellous to cortical bone, Figure 2-9. Whilst AM has 

advanced to printing with multi-material feedstocks, printing with complex materials, such as live cells, 

to create live tissues is still in its infancy [38]. Bioprinting uses ‘bio-inks’ which generally consist of 

hydrogels, live cells and sometimes growth factors, however limitations still exist in that cells are often 

damaged due to heat or shear stresses during printing and creating vascularised tissue remains a large 



Literature Review 

39 

 

challenge [38, 284-286]. It is likely that bulk non-degradable metals will have little future in this area 

as stock material as printing with living cells, ceramics and collagen, the natural building blocks of bone 

tissue, will become more possible.  

 

Figure 2-9: Hierarchical structure of bone. Adapted with permission from [287]. 

In conclusion, ‘biocompatible’ materials have developed, and continue to develop, from ‘bio-inert’ to 

‘bioactive’ to ‘regenerative’ to ‘smart’. As more materials are developed in the ‘bioactive’, 

‘regenerative’ and ‘smart’ categories, it is likely that simple ‘bio-inert’ behaviour will no longer be 

considered biocompatible. Hence, the days of Ti-6Al-4V as a biocompatible material are likely 

numbered, and new materials which help tissue regeneration will replace it. A first step to this could be 

additively manufactured TiTa alloys, which offer the bioactive nature of tantalum and complex scaffold 

structures to encourage local bone tissue regeneration. This solution could significantly increase the 

success rate of bone implant devices, allowing time for research into new ‘smart’ materials and 

manufacturing methods, which is still in its infancy, but could eventually replace the need for metallic 

implants altogether. 

 

2.4.2 Experimental Techniques for Determining 'Biocompatibility' and Osteogenesis 

As the definition of ‘biocompatible’ materials develops, so do the experimental methods used to 

evaluate a material’s suitability to be used in the body. Whilst some standards exist for in vitro testing 

of biomedical materials, such as ISO 10993-5 Tests for in vitro cytotoxicity and ISO 10993-4 Selection 

of tests for interactions with blood,  there is often still great variability in results due to cell line, type 

or passage used [122]. Sometimes where the cell type is specified, the cell type is unrepresentative of 

the material’s future environment, such as using fibroblasts (connective tissue cells) for a cytotoxicity 

study of an orthopaedic material, and hence studies choose a more preferable cell type, such as 

osteoblast precursors [54, 123, 288] or osteosarcoma cells [87, 219, 289]. There is no chapter within 

the ISO 10993 standard for in vitro osteogenic testing. This is likely why many in vitro test results do 
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not agree with the results of subsequent in vivo studies. For example, Zadpoor et al. [290] found that 

lower porosities in bone scaffolds were superior to bone formation when tested in vitro, however higher 

porosities produced better bone formation in vivo. This highlights the need for development of new 

biocompatibility standards, particularly when considering new AM scaffold materials. In addition, care 

must be taken when comparing literature studies which investigate the different biological behaviour of 

Ti and Ta metals.  

Cytotoxicity is the most common in vitro testing method used to determine a material’s 

‘biocompatibility’. The standard ISO 10993-5 [291] describes procedures for testing in direct contact 

to or with liquid extracts from biomaterials using a colorimetric MTS or MTT assay, which relies on 

the cells to metabolize a yellow water-soluble reagent into a blue-violet insoluble formazan product. 

The optical density of the solution in contact with the cell-seeded test material ( 𝑂𝐷𝑠 ) is compared with 

the optical density of a cell-seeded positive control solution ( 𝑂𝐷𝑐 ), Eq. 5. This value represents the 

‘cell viability’ and is interpreted as a comparative representation of how many cells are left alive after 

contact with the test material. Measurements are generally taken over a period of 7 days to assess 

whether the cells proliferate normally over that time period. A viability of < 70% is generally used to 

indicate that the material has cytotoxic potential, whilst the shape of proliferation curves can indicate if 

cells are proliferating similarly on each sample. 

 𝑉𝑖𝑎𝑏. % =
100 × 𝑂𝐷𝑠

𝑂𝐷𝑐
 (5) 

 

The amount of reagent metabolized on each sample, and hence the optical density of the solution, is 

affected by more factors than just the cytotoxic behaviour of the material. For example,  how many cells 

attach to each sample, how quickly the cells proliferate on each sample and the speed of cell metabolism 

can all affect viability readings [122]. Hence, care should be taken when observing ‘viability’ data and 

further experimental techniques, such as individual cell counting and normalisation of proliferation data 

by cell attachment number, should be used to verify viability data. In addition, a control curve should 

be used for each cell type, line and passage to give an indication of the metabolic rate. For AM produced 

scaffolds, cell attachment often plays a key factor in affecting viability data, as scaffolds with larger 

surface areas tend to have more cells attach, and hence show false higher viability readings.  

Investigating the osteogenic potential of new biomaterials in vitro is often explored through cell 

morphology and chemical markers. The study of mechanotransduction investigates how mechanical 

cues from the external microenvironment are sensed by a cell and how these forces alter biochemical 

signalling within the cell, which in turn alters cell fate [292]. Cells attach to a substrate via 

transmembrane receptors called integrins and cluster together to form focal adhesions, which link the 

external substrate to the internal actin cytoskeleton of the cell, Figure 2-10. This network of proteins is 
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essential for the cellular sensing of the mechanical properties of the substrate to which the cell is 

attached, and results in conformational changes in the proteins. These structural changes activate the 

intracellular signalling cascades which determine cell fate [293, 294].  

Cell attachment is a highly complex system, combining both mechanical and biochemical cues and 

hence there can be multiple mechanisms to activate a particular signalling pathway and cell fate. In the 

context of bone formation and osseointegration, high tension in the actin filaments activates pathways 

which lead to osteogenic behaviour, but this can be achieved through starkly different cell 

morphologies. For example, topographical grooves directed osteogenic differentiation in stem cells by 

elongating the cell, increasing its aspect ratio and inducing higher tensile forces [295]. However, simply 

measuring a higher aspect ratio does not always mean improved osteogenic differentiation. Lee et al. 

[296] found a lower aspect ratio (2:1) but complex concave shaped pit was more effective for osteogenic 

differentiation than a high aspect ratio (12:1) oval. Generally, more spread cells have higher tension 

which is seen as a good sign for osteogenesis, as well as suggesting a strong interaction between the 

cell and the material [288, 294, 295]. Hence, measures of cell area and cell shape can be useful in 

determining osteogenic capability of a substrate material. 

 

Figure 2-10: Cell attachment mechanisms. Reproduced with permission from [293]. 

 

The biochemical markers induced by the attachment mechanics of the cell can also be measured to 

indicate osteogenic behaviour. However, the genetic markers are dependent upon the cell type used in 

the experiment. The most common cell types used to study osteogenic behaviour are osteoblasts (mature 

bone cells), pre-osteoblasts (stem cells which have already committed to the osteogenic pathway) and 

mesenchymal stromal or stem cells (MSCs) (cells with differentiation capacity to bone, fat and cartilage 
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cells). An MSC differentiating into a pre-osteoblast and then an osteoblast expresses different levels of 

genes at different stages of its differentiation. The earliest markers for osteogenesis noted in MSCs and 

pre-ostoblasts include RUNX-2, osterix and alkaline phosphatase (ALP). RUNX-2 is the master 

transcription factor which upregulates many of the following markers, whilst osterix (OSX) is trigged 

after RUNX-2 and ALP is present throughout the early stages of osteogenesis. Later chemical markers 

for osteogenesis which are produced by pre-osteoblasts and mature osteoblasts are osteonectin (ON), 

osteocalcin (OCN) and osteopontin (OP). These late chemical markers lead to the formation of mineral 

deposits on the substrate surface [297]. 

Genetic markers can be measured through reverse transfection polymerase chain reaction (qRT-PCR) 

assays, whilst Western Blotting is used to measure protein markers [295, 296, 298-301]. Furthermore, 

colorimetric p-nitrophenol (pNP) assays  investigate ALP activity, whilst late mineral formation can be 

detected by Ca or phosphate staining and imaging [29, 288, 295, 302, 303]. Early markers are assessed 

within one week of cell seeding whilst late markers are assessed after three to seven weeks. Increased 

levels of early and late osteogenic markers generally indicate enhanced osteogenic behaviour, however, 

like the viability measure, quantitative gene expression and mineral formation is affected by the number 

of cells present and hence these measures should be normalised to DNA content where possible. 

Furthermore, the validity of these in vitro measures of osteogenesis are disputed. A study from Hulsart-

Billström et al. [304] investigated 93 different biomaterials over 36 in vivo and 47 in vitro studies. The 

in vitro studies measured osteogenic capability through ALP activity, RUNX2 expression and mineral 

formation, whilst the in vivo studies assessed bone regeneration in animal models. A poor correlation 

was found between the in vitro and in vivo osteogenic capabilities, highlighting the inadequacies of 

current in vitro assessments and the importance of in vivo validation. Despite this lack of correlation, in 

vitro testing is critical to reduce the burden on animal testing and for rapid clinical translation of new 

materials.  

In vivo testing requires scaffold implantation in animals, followed by animal sacrifice and measurement 

of regenerated bone within the implant. Due to the high financial and ethical cost of animal testing, few 

in vivo studies exist for AM metallic scaffolds [225, 250, 305-308]. Histology is often used to assess 

bone formation, through sectioning and staining of the sliced implant, however this requires sacrifice 

of the test animal. Wauthle et al. [225] were the first to show successful bone integration into a porous 

Ta AM implant, with histology analysis showing regenerated bone almost completely bridging the 6 

mm bone defect after 12 weeks. However, no CP Ti or Ti-6Al-4V implant was used in comparison to 

show relative osteogenic behaviour. More recently, Micro Computed Tomography (Micro-CT) has 

been used to provide an accurate ratio of bone volume within the scaffold after implantation [305]. Guo 

et al. [305] showed increase bone volume in L-PBF produced Ti-Ta-Nb-Zr scaffolds when compared 

directly with identical Ti-6Al-4V scaffolds. This remains the only in vivo study to directly compare 
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bone formation in a new AM β Ti alloy with identical scaffolds in either Ti-6Al-4V or CP Ti and is a 

promising sign for increased osteogenesis and improved implant stability from new β Ti alloys. 

In conclusion, in vitro testing is important for basic cytotoxicity testing and can provide crucial insights 

into cell behaviour, through analysing cell morphology. However, in vivo experiments rarely mimic the 

positive osteogenic results found in vitro. This highlights the need for further research into methods of 

in vitro osteogenic assessment and improvements in the in vitro testing pipeline, to more effectively 

translate newly developed possible osteogenic materials to clinical applications.  

 

2.4.3 Review of Biological Comparison Studies of Ti, Ta and TiTa Alloys 

Since the introduction of Trabecular Metal™ by ZimmerBiomet, it is been claimed in many studies that 

Ta shows superior osteogenic properties to pure Ti or Ti-6Al-4V. Both in vitro and in vivo studies have 

been conducted to investigate this claim, however, due to the inconsistencies and unreliability of 

osteogenic testing mentioned above, it is important to evaluate the experimental methods of these 

studies critically. In addition, pinpointing the cellular mechanisms which differ for cells and tissues in 

contact with Ti and Ta should indicate the fundamental mechanisms that govern the osteogenic 

behaviour of Ta, allowing this to be applied to other biomaterials. 

A review of in vitro studies which directly compare the osteogenic capability of Ti and Ta substrates 

showed that the majority (12 out of 16) conclude that Ta shows improved osteogenic properties related 

to either higher cellular area or volume, higher expression of bone markers and/or higher mineralisation 

[116, 288, 300, 309-317], Table 2-10. The remaining 4 out of 16 studies conclude that there was no  

statistical difference observed between Ta and Ti for the majority of these measures [29, 117, 318, 319], 

however each of these studies does note at least one difference in behaviour between Ta and Ti 

substrates. 12 out of 16 of the studies also highlight an improved adhesion and/or proliferation of cells 

to Ta substrates.  This could suggest that the improved osteogenic response on Ta surfaces is simply 

due to the presence of more cells colonising the implant surface, rather than a direct pro-osteogenic 

effect. However, 6 out of 9 studies also noted a higher cellular area or volume on Ta surfaces. Cell area 

and volume cannot be affected by attachment numbers, whilst higher proliferation is more likely to lead 

to smaller cell areas, as less space is left available for the cells to spread when arranged in higher density. 

The higher cellular area and volume may suggest a stronger interaction between the cell and the Ta 

substrate, allowing the cell to form more anchor points on the surface. The result of this higher spreading 

is increased internal tension, which causes osteogenic differentiation [288, 294, 295]. This is supported 

by the 12 out of 14 studies which noted chemical changes through a higher expression of at least one 

genetic marker for osteogenesis, or in another cellular mechanistic area (e.g. mitochondrial activity or 

immuno-profile). 9 out of 11 studies note higher mineralisation on Ta surfaces, including 4 studies 
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which investigated increase bone volume in vivo. These results strongly support the improved 

osteogenic behaviour of Ta, and suggest the mechanism is due to the increased attachment and 

spreading of cells.  

Table 2-10: Review of studies directly comparing the osteogenic response of Ti and Ta surfaces. 

Ta 

Improved 

Osteogenic 

Behaviour? 

(Y/N) 

Cell Type Increased 

attachment? 

Increased 

proliferation? 

Increased 

cell area? 

Increased 

marker 

expression? 

Increased 

mineral? 

Ref. 

12/16  12/16 6/9 12/14 9/11  

Y 
Pre-osteoblast 

(MC3T3-E1) 
- Y Y 

Mitochondrial 

activity 
- [116] 

Y Human MSC N N Y ALP Y [309] 

Y 
Osteoblast 

(hFOB) 
Y (not differentiated) Y -  Y [315] 

Y 
Osteoblast 

(hFOB) 
Y (not differentiated) Y ALP - [314] 

Y 
Osteoblast 

(HOB) 
Y Y - OCN Y [320] 

Y 
Human 

BMSC 
Y (not differentiated) Y ALP, RUNX2 Y (in vivo) [310] 

Y Goat BMSC N Y - - Y (in vivo) [312] 

Y 
Rabbit 

Osteoblast 
Y (not differentiated) Y 

ALP, 

Mitochondrial 

activity 

Y (in vivo) [317] 

Y 
Pre-osteoblast 

(MC3T3-E1) 
Y (not differentiated) - ALP Y (in vivo) [316] 

Y Rat BMSC Y - - 

VCL, ITGα5, 

ITGβ1, Fn1, 

p-FAK- 

- [311] 

Y Rat BMSC - N N 

ALP, ITGα5, 

ITGβ1, 

RUNX2 

Y [300] 

Y 
Pre-osteoblast 

(MC3T3-E1) 
Y N  

ALP, BMP-2, 

OCN, OPN 
N [288] 

N 
Osteoblast 

(NHBC) 
N N N 

RANKL, 

OPG 
Y [29] 

N Human MSC Y - N N N [319] 

N 
Human 

BMSC 
N - - 

Immuno-

profile 
- [318] 

N 
Osteosarcoma 

(SaOS2) 
Y N - N - [117] 
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Due to the difficulty of conventionally manufacturing TiTa alloys, few in vitro and no in vivo studies 

exist for the TiTa alloy system. Furthermore, the in vitro studies aim to prove basic biocompatibility of 

the alloy system through cytotoxicity testing, without assessing improved osteogenic behaviour. 

Compositions ranging from 5 wt.% to 70 wt.% Ta have been investigated with colorimetric assays and 

it is concluded that there is no increase in cytotoxicity compared with CP Ti [139], no difference in 

cytotoxicity between different alloy compositions [321] and no increase in cytotoxicity when the alloys 

are heat treated [87]. Only one study investigated cell morphology and found no qualitative difference 

in cell morphology between cells cultured on the Ti5Ta alloy and the CP Ti control [139]. The low 

amount of Ta in the alloy studied is likely a contributing factor as to why no difference was observed. 

Each study claims that the TiTa alloys studied are ‘biocompatible’ as they do not show significant 

cytotoxic effects. However, this does not help to answer the question as to whether the TiTa alloys 

retain improved osteogenic behaviour compared with CP Ti, or what levels of Ta are required to induce 

this capability.   

Additive manufacturing has significantly enhanced the capability of manufacturing TiTa alloys and 

studies investigating the biological behaviour of the TiTa alloy system are beginning to emerge. Taking 

advantage of the design freedoms capable in additive manufacturing, Huang et al. [219] used L-PBF 

processing to manufacture scaffolds using a basic cubic unit cell in Ti10Ta, Ti30Ta and Ti50Ta 

compositions. The biological investigation was conducted on the Ti50Ta alloy, in comparison to CP Ti 

and Ti-6Al-4V scaffolds, although the Ti30Ta alloy was deemed as most mechanically suitable for 

implant applications. Cytotoxicity testing through an MTT assay and live/dead staining showed no 

statistical difference in cell attachment at the 24 hr timepoint, or cell proliferation at the 7 day timepoint. 

The stronger adhesion and proliferation noted on pure Ta may be reduced by the lower content of Ta 

present, or the geometry of the scaffold interrupting the improved cell spreading capability. However, 

a second study which investigated Ta and Ti30Ta cold spray coatings on EBM manufactured Ti-6Al-

4V substrates showed a significant increase in cell number on the Ti30Ta coating compared with Ti-

6Al-4V and pure Ta [322]. As only image analysis is used to manually count cells, the study may have 

been biased by preferential imaging of regions with larger cell densities. In addition, mouse fibroblast 

cells were used, a very different cell type to those reviewed in Table 2-10. No indication is given as to 

why the Ti30Ta coating showed a 2.5-fold increase in cell attachment, compared with both Ti-6Al-4V 

and pure Ta, after only 6hrs of culture. In this study the Ta coating also showed equal cell attachment 

to the Ti-6Al-4V material, disagreeing with the previously surveyed literature.  

In conclusion, it has been well established that the cytotoxicity of the TiTa alloy system is no worse 

than CP Ti or Ti-6Al-4V, and hence achieves a basic level of ‘biocompatibility’. Studies which 

investigate the osteogenic behaviour of these metals have made little attempt to separate the initial 

number of cells attached with the following cell proliferation. This makes it difficult to assess whether 

the improved osteogenic capability of Ta surfaces is due simply to a higher number of attached cells. 
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However, supporting data of cell area and morphology, as well as expression of a variety of markers, 

indicate higher tension in the Ta-contacting cells which is leading to chemical responses within the 

cells. No studies have yet investigated whether the TiTa alloy system retains an osteogenic benefit 

compared with CP Ti or Ti-6Al-4V. Significant research is required to determine what level of Ta is 

required for an improved osteogenic response whilst balancing the composition with the changing 

mechanical properties. 

 

2.4.4 Mechanisms for Improved Osteogenesis on Ta Compared with Ti 

The mechanism by which Ta leads to improved osteogenesis is still unknown. Both material properties 

and cellular processes likely contribute and hence answering this question requires strong knowledge 

from both material science and biology. However, determining the mechanism could allow a 

mechanistic approach to improving osteogenic behaviour of other biomaterials. Current investigations 

by materials scientist explore the specific oxide surface energy of Ta which allows cells to wet surfaces 

to differing degrees, whilst biologists tend to highlight the chemical ability of Ta to up-regulate adhesion 

related genes through the specific cell-substrate attachment points.  

The measure of wettability is often used to determine the comparative area of cell-substrate contact. A 

higher surface energy or hydrophilicity generally results in improved wettability. Surface energy can 

be increased by increasing surface roughness [323] or by changing the surface chemistry [315]. Ta 

surfaces generally show a more hydrophilic nature than Ti surfaces, often measured through contact 

angle testing [315, 319, 324] however various surface treatments can change this by altering topography 

[282, 325]. Contrary to other studies, Lu et al. [300] showed a lower hydrophilicity of Ta than Ti when 

testing polished surfaces of equal roughness cut from conventionally manufactured plate, suggesting 

the material manufacturing method may also contribute to surface oxide chemistry, altering the surface 

energy. Unfortunately, increased surface energy does not directly correlate to increased cell attachment 

[282]. Cell attachment is a combination of cell wetting and protein attachment, and hydrophobic 

materials attract more proteins. Hence, a complex balance is required between hydrophilic and 

hydrophobic nature to maximise cell attachment [326]. Hemmersam et al. [324] showed that Ti and Ta 

surfaces adsorbed different levels of fibrinogen protein depending on the concentration of protein in the 

solution applied. In addition, the adsorbed fibrinogen layer on each surface showed different affinities 

for antibodies, suggesting that the fibrinogen layer is likely oriented and/or denatured differently on 

each surface. Further understanding of the chemical and physical nature of oxide layers and their protein 

attached layers is required to elucidate the mechanism of improved osteogenesis.  

The effect that the substrate surface has on the internal cell signalling may also provide the clue to 

improved osteogenic capability. Lu et al. [300] found that Ta surfaces up-regulated the α5 and β1 



Literature Review 

47 

 

integrin expression and when α5 and β1 integrin expression was intentionally down-regulated, 

osteoblastic differentiation was severely impaired. This suggests that the ability of Ta to more strongly 

activate integrin production may be the cause of increased osteogenesis. Zhu et al. [311] made a similar 

conclusion finding thin film Ta surfaces up-regulated fibronectin, vinculin, integrin α5, integrin β1 and 

β-actin expression, all adhesion-related genes. Lu et al. [300] hypothesised that the surface metallic 

oxide and the integrins act as semiconductors. As the electronic band gap between titanium oxide and 

the integrins is more similar than that between tantalum oxide and the integrins, electron transfer is 

more likely to occur between titanium oxide and the integrins. This electron transfer may disrupt the 

integrin behaviour, and hence cause less integrin signalling leading to osteogenesis.  

In conclusion, literature suggests that Ta has a superior interaction with cells compared with Ti. The 

increased interaction, possibly due to the surface energy of Ta oxide or increased integrin production 

and signalling, or a combination of both, may be the key to improved osteogenic behaviour. Increased 

cell and substrate interaction provides promising outlooks for improving implant behaviour by causing 

enhanced bone formation and minimizing bone implant interface micro-motion [327]. Future research 

into the interactions of cells and biomaterials can lead to more tailored surface modification strategies 

for implant materials to improve implant integration. However, with current knowledge, Ta shows 

promise as a bone implant alloy constituent and promises to further bioinert implant alloys such as Ti-

6Al-4V to a more bioactive status. Additive manufacturing is now allowing Ta to be processed more 

easily and produced in alloys with Ti, making this alloy system more available for in vitro and in vivo 

testing. It is yet to be shown, either in vitro or in vivo, that the TiTa alloy system can provide the 

beneficial osteogenic capabilities of pure Ta, or whether certain levels of Ta are required to elicit this 

bioactive benefit.  

 

2.5 Literature Review Summary 

The current literature highlights the need to replace Ti-6Al-4V with more mechanically and biologically 

suitable alloys for implant use. The following gaps in theoretical understanding were identified: 

• Wider biomedical alloy selection: Natural bone covers a range of strengths and elastic moduli. 

New alloys with a range of mechanical properties are required to suit the specific mechanical 

properties of bone for the required bone implant application.  

 

• Bioactive alloys: Simply corrosion resistant alloys are no longer acceptable for implant alloys. 

The material must be able to interact in a positive way to its biological environment, for 

example, by aiding bone regeneration or reducing infection by inhibiting bacterial colonisation.  
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• Improved predictive capabilities for L-PBF modelling of parameter optimisation: Parameter 

optimisation for L-PBF is a costly process in both time and material. The energy density 

equation is not sufficient to describe a suitable parameter space for alloys comprised of 

components with very different melting characteristics. Parameter optimisation modelling must 

be further developed to include thermal characteristics of the elemental components of the 

alloy, particularly in the case of mixed powder alloy processing. 

 

• New scanning strategies for processing of alloys with refractory components: Most L-PBF 

mixed powder alloys which contain a refractory component struggle to fully incorporate the 

refractory component into the material matrix. New scanning strategies are required to produce 

homogeneous material and the wider implications of remaining partially melted particles on 

mechanical performance must be investigated. 

 

• Effect of new scanning strategies on microstructural formation and mechanical behaviour: New 

L-PBF scanning strategies will inevitably lead to new microstructures and hence mechanical 

behaviours. The microstructure and mechanical property relationship of the TiTa alloy system 

must be well understood for its reliable use in implant applications. 

 

• Performance of L-PBF lattice structures: The surface roughness of L-PBF structures is known 

to decrease their fatigue performance. This is accentuated in lattice structures due to the large 

increase in surface area. In addition, L-PBF Ti-6Al-4V shows a low ductility which leads to 

high notch sensitivity and poor fatigue performance. More ductile β Ti alloys must be 

investigated to achieve an improved fatigue performance of lattice structures.  

 

• Osteogenic potential of L-PBF TiTa alloys: Ta has been observed in multiple studies to enhance 

osteogenesis, however it is yet unknown whether L-PBF TiTa alloys will benefit from the 

improved osteogenic capabilities of its Ta component, or possibly what concentration of Ta is 

required to induce improved osteogenesis. Furthermore, the biochemical and mechanic 

mechanisms behind improved osteogenic performance on Ta surfaces remain unexplained.  

This thesis aims to address the above gaps in current knowledge by investigating the TiTa alloy system 

as a possible new low modulus and bioactive alloy replacement for Ti-6Al-4V. AM processing of the 

TiTa alloy system will be investigated with a focus on the ability to process the refractory Ta component 

in conjunction with identifying the optimal alloy composition for bone replacements. L-DED and L-

PBF TiTa alloys will be characterised for their microstructure and mechanical properties, and 

manufactured in lattice structures, the most applicable geometry for future AM implants. Finally, the 

alloys will be tested in vitro for their biocompatibility and osteogenic nature.   
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Chapter 3 Additive Manufacturing of the TiTa Alloy System 

 

In order to identify new alloys which can be used for additively manufactured bone implants, the TiTa 

alloy system is explored to determine the most suitable compositions. This includes a theoretical 

exploration, using the ThermoCalc software, to determine possible phases at different compositions in 

conjunction with an assessment of the mechanical properties and phase fractions quoted in literature for 

the conventionally manufactured compositions. The TiTa system is then explored through the high 

throughput AM method of L-DED to manufacture a range of compositions, which can be analysed for 

their phase volume, microstructure and hardness. Whilst the thermodynamic conditions of L-DED and 

L-PBF processing, the AM method most suitable for implant application, are significantly different due 

their difference in physical scale, L-DED can still be used to give a unique insight into the laser-powder 

interactions and can be used to quickly create a range of alloys which can be screened for 

biocompatibility. From L-DED and ThermoCalc investigations, the Ti25Ta and Ti65Ta compositions 

are highlighted as most suitable for implant applications and are then explored through L-PBF 

processing.  Parameter optimisation using single laser scan tracks and metallographically assessed 

porosity is conducted. A remelt scan strategy, consisting of a second laser pass identical to that of the 

first laser pass per layer, was investigated as a homogenisation tool and the volume of remaining 

unmelted Ta quantified for each sample to determine total homogeneity. Finally, predictions using the 

normalised enthalpy model are compared with the experimental results, to determine the applicability 

of the model for mixed powder TiTa alloy processing.   
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3.1 Theory of Alloy Selection 

A low elastic modulus is possible in the TiTa system due to the β phase stabilising effect of Ta. Figure 

3-1 displays the phase diagram of the TiTa system, as calculated by ThermoCalc software. As Ta atoms 

are added to Ti, the β phase is stabilised at lower temperatures. The β phase generally results in a lower 

elastic modulus than the α phase as the crystal structure has a lower atomic density [328]. 

Experimentally, it has been shown that the β phase can be entirely retained at room temperature by 

water quenching of alloys containing greater than 45 wt.% Ta [63]. AM techniques generally show very 

fast cooling rates, similar to quenching, however, the layer-by-layer process also generates repeated 

heating cycles through the already solidified material, which could lead to decomposition of the β phase.   

 

 

Figure 3-1: Phase diagram of TiTa system in wt.% calculated using ThermoCalc software. 

 

In addition, the α phase exists in three different morphologies and structures. Equiaxed α grains can be 

formed by working and annealing of Ti in the α phase field. However, when quenched from the β phase 

field, an α′ martensitic phase forms, comprising of dislocation dense, parallel-sided laths. As the crystal 

structure does not alter between α and α′, there is little hardening effect caused by α′ martensite 

formation. Increasing the Ta content of the alloy will first result in the laths becoming smaller and cause 

degeneration of the ordered structure into individually oriented α′ laths [63]. With further additions of 

Ta of between 22 – 25 wt.% Ta [84-86], a phase change to α′′ laths occurs, which have an orthorhombic 

crystal structure. This phase is responsible for the shape memory behaviour observed in many β Ti 

alloys.  
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These crystal structure changes result in changes in elastic modulus. Two minimum modulus points 

have been noted; at the boundary between the α′/α′′ phases (~ 25 wt.% Ta) and in the fully β phase 

microstructure at (~70 wt.% Ta) [36], Figure 3-2. Zhou et al. [36] also noted that increasing solute 

content in the α′ phase increased tensile strength and reduced elastic modulus, whilst the opposite trend 

is noted in the α′′ phase, shown earlier in Figure 2-3. Similar to the α′′ phase, the β phase increases in 

modulus with increasing Ta content. 

 

Figure 3-2: Variation of Young’s (elastic) modulus with Ta content. Reproduced with permission from [36]. 

 

Therefore, it was concluded that the composition range from 30 – 70 wt.% should be investigated 

through AM processing techniques, beginning with L-DED high throughput processing.   

 

3.2 Validation of Alloy Selection via L-DED High Throughput Screening 

L-DED was used as a high throughput screening method to create a range of TiTa compositions, whilst 

investigating the process of laser melting of mixed powders. Whilst it is understood that the 

microstructures produced by L-DED are different from those produced by L-PBF processing, due to 

the different cooling rates and different laser spot sizes, L-DED processing can give a unique initial 

insight into laser-powder interactions and can quickly manufacture a range of TiTa alloy compositions 

which are suitable for preliminary biological testing. A similar L-DED approach was used by Nag et al. 

[329] who demonstrated that a gradient of Ta could be added to Ti through L-DED processing and 

presented the phase composition of the created alloys after β solutionising, followed by furnace or air 
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cooling. The as-built phase compositions of L-DED processed TiTa alloys have not been recorded in 

literature. Hence, in this study, a range of TiTa compositions will be created and their as-built phases 

investigated, and compared to the results of Nag et al. [329]. In this study, Ta and Ti powders were 

loaded into separate powder feeders, and the powder feedrate and carrier gas flow altered to create 

sample cubes in pure Ta, pure Ti and a range of TiTa compositions. The layer height, the vertical 

distance moved by the nozzle between each layer (z), and the laser power were also altered in order to 

maximise the height of the solidified sample during printing. Further parameter optimisation was not 

undertaken as L-DED processing experiences very different thermal conditions to L-PBF, which will 

ultimately be used for implant manufacture.  

Samples were manufactured using a TruLaser Cell 7040 (Trumpf, Ditzingen, Germany). The TruLaser 

Cell 7040 consists of a nozzle, moveable in x, y and z directions, which is used to print directly onto an 

appropriate substrate, secured to a table within the printing chamber, Figure 3-3. Powders are fed from 

the powder hoppers to the nozzle, through tubing carrying helium gas streams. The powders are fed 

evenly into the tubing using a groove on a rotating disc, and hence powder feedrate is measured in 

revolutions per minute (rpm). The flow rate of the helium gas stream, measured in litres per minute 

(L/min), can also be adjusted to increase or decrease powder fed into the path of the laser, and hence 

alter deposition rates. The powder feedrate and carrier gas flow are used to alter the ratio between 

deposition of Ti and Ta, and hence create TiTa alloy compositions.  

Due to the reactive nature of Ti and the 3 beam nozzle available, printing was conducted in an argon 

filled bag. A plastic bag was attached to a circular plate around the nozzle head, Figure 3-3 (a), and 

printing conducted once the bag was inflated, Figure 3-3 (b). An O2 monitor was used to ensure the 

oxygen content within the bag remained below 50 ppm and was attached to the circular plate around 

the nozzle head. New coaxial nozzles available have additional capabilities of feeding a separate shield 

gas to the print area through a separate gas stream, however the argon bag set-up used in this study 

provided better atmosphere protection to the entire build plate during extended part cooling. The 4 kW 

disk laser used was a 1064 nm Nd:YAG with a 2 mm spot size. 

 

Figure 3-3: L-DED reactive material set-up showing (a) nozzle head with O2 monitor attached and (b) printing conducted in 

argon inflated bag. 
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Parameter optimisation of L-DED processing to achieve fully dense material also involves adjusting 

the laser power, laser scan speed, layer thickness, and hatch spacing. However, as L-DED was utilised 

in this study in order to quickly create multiple TiTa compositions, which likely all have their own 

individual optimised parameters, these parameters were not widely investigated here. Laser powers 

from 600 – 1200 W were investigated, in conjunction with layer heights from 0.2 – 0.4 mm, in order to 

achieve the highest deposition rate possible, assessed by the final build height of the samples. Laser 

scan speed and hatch spacing were kept constant 800 mm/min and 2 mm (50 %), respectively. A bi-

directional scan pattern, with a 90 ° rotation of the scan pattern between layers, as shown in Figure 2-6, 

was used to create 15 mm sample cubes. 

Ta powder from American Elements and grade 1 CP Ti powder from Advanced Powders & Coatings 

was used, Figure 3-4. The Ta powder was irregular in shape and had a 10 – 75 µm particle size 

distribution. The CP Ti powder was spherical with a 45 – 150 μm particle size distribution. 

 

Figure 3-4: (a) American Elements Ta powder, (b) Advanced Powders & Coatings Ti powder. 

 

The samples were removed from the titanium substrate by electro-discharge machining (EDM) and 

prepared for microstructure analysis by cross-sectioning, grinding using grades 180 – 4000 SiC paper 

and polishing using oxide polishing suspension (OPS). The porosity (%) of each sample was determined 

using optical images obtained with a GX51 Optical Microscope, each image covering a sample area of 

35 mm2 and analysed using ImageJ software. In addition, energy dispersive spectroscopy (EDX) was 

conducted on samples 9-13, to determine the alloy composition. Vickers hardness measurements were 

taken using a Duramin A-300 hardness tester with a 600 gf load applied for 10 s. An average of 9 points 

were taken in a grid pattern over the available surface. 
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Table 3-1: Process parameters, resulting porosity and chemical composition for L-DED manufactured cubes. 

Sample 

Number 

Power 

(W) 

Layer 

Height 

(mm) 

Powder 

Feedrate 

(rpm) 

Carrier Gas 

Flow 

(L/min) 

wt.% 

Ta 

Porosity 

(%) 

Hardness 

(HV) 

1 1000 0.4 3 (Ta) 4 100 13.5 - 

2 1000 0.4 6 (Ta) 4 100 9.7 - 

3 1000 0.3 6 (Ta) 4 100 11.1 - 

4 1000 0.2 6 (Ta) 4 100 10.0 240 ± 40 

5 1000 0.4 3 (Ti) 4 0 1.8 171 ± 16 

6 800 0.4 3 (Ti) 4 0 6.0 - 

7 1200 0.4 3 (Ti) 4 0 1.9 - 

8 600 0.4 3 (Ti) 4 0 2.8 - 

9 1000 0.4 3 (Ti) / 3 (Ta) 4/4 33 ± 2 2.4 274 ± 22 

10 800 0.4 3 (Ti) / 3 (Ta) 4/4 34 ± 2 4.6 - 

11 1000 0.4 3 (Ti) / 6 (Ta) 4/6 48 ± 2 6.6 274 ± 15 

12 1000 0.4 3 (Ti) / 9 (Ta) 4/10 58 ± 2 7.7 - 

13 1000 0.4 3 (Ti) / 10 (Ta) 4/15 55 ± 2 2.8 259 ± 15 

 

Table 3-1 displays the process parameters and resulting porosity, hardness and Ta content of the L-DED 

material. EDX analysis revealed that the compositions of the TiTa mixed samples ranged from 33 – 58 

wt.% Ta, showing the powder feed rate and carrier gas flow to be the dominant variables for creating 

compositional change. The porosity of the samples ranged between 1.8 – 13.5 %, with the highest 

porosity occurring in the solid Ta samples. The pure Ti samples showed much lower porosity values 

from 1.8 – 6.0 %, suggesting that the high porosity in the Ta samples was caused by a combination of 

insufficient energy to induce full melting of the Ta powder and the irregular shape of the Ta powder. 

The cross-sectional optical micrographs showed large gaps between the powder layers in the Ta 

samples, Figure 3-5(a), and no gaps between layers in the Ti samples, Figure 3-5(b). As the Ta content 

increases in the TiTa compositions, the gaps between layers become more visible, Figure 3-5(c) and 

(d).  

The porosity of the samples also led to a large standard deviation in the material hardness and caused 

the pure Ti sample (171 ± 16 HV) to display a slightly lower hardness than conventionally wrought CP 

Ti (210 HV) [330]. However, all three TiTa compositions showed a higher hardness than both the pure 

Ti and pure Ta samples, indicating that the Ta atoms have led to solid solution strengthening in the Ti. 

The Ti33Ta and Ti48Ta compositions also showed a similar hardness to L-PBF Ti50Ta, reported by 

Sing et al. [221] (284.5 ± 11.06 HV) and cast and quenched Ti50Ta reported by Trillo et al. [331] (265 



Additive Manufacturing of the TiTa Alloy System 

55 

 

HV). The Ti55Ta composition however showed a decreased in hardness, likely reflecting a decrease in 

strength due to a higher retained content of β phase.  

 

Figure 3-5: Optical micrographs of L-DED cross-sections for (a) pure Ta (sample 2), (b) pure Ti (sample 8), (c) Ti48Ta 

(sample 11) and (d) Ti58Ta (sample 12). 

 

To investigate the melting of the Ta particles, back scattered imaging using a JOEL 7001F FEG SEM 

of two adjacent scan tracks from the Ti48Ta sample was conducted, Figure 3-6. The scan tracks were 

approximately 400 µm in height, and showed a microstructure peppered with bright partially melted Ta 

particles and dark pores. Clearly, the Ta has not been fully incorporated into the matrix, highlight the 

difficulty of creating a homogeneous alloy from mixed powders with refractory constituents, such as 

Ta. The upper scan track, running in the y-direction, shows dendritic solidification at the front of the 

melt pool, highlighted in Figure 3-6(a). These images confirm that solidification is mainly initiated at 

the front laser scanning direction of the melt pool, as seen in previous L-DED studies [191, 332, 333]. 

The lower scan track, running in the x-direction, shows a less noticeable grain structure as the dendrites 

appear perpendicular to the reader. 
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Figure 3-6: Back-scattered image of Ti48Ta showing two adjoining scan tracks, partially melted Ta particles and dark pores. 

(a) Strong dendritic solidification is seen at the front of the melt pool and (b) partially melted Ta particles act as heterogeneous 

nucleation sites. 

 

However, in addition to the edge of the melt pool, radial dendrites can be seen to form around the 

partially melted Ta particles, Figure 3-6(b), suggesting that the partially melted Ta particles are acting 

as heterogeneous nucleation sites. Tedman-Jones et al. [334] also observed refractory particles of Mo, 

Nb and W acting as nucleation sites during wire arc additive manufacturing of Ti alloys. It was 

hypothesised that the partial melting of refractory elements in Ti creates a saturated zone around the 

particle leading to ‘dissolutional supercooling’ and nucleation. An increased number of heterogeneous 

nucleation sites during solidification can lead to a finer and more equiaxed grain structure, which could 

prove to be a useful grain refinement technique for additively manufactured TiTa alloys.  

Finally, to complete the L-DED sample characterisation X-ray diffraction (XRD) analysis was 

undertaken, to identify the phases present in each alloy. A Bruker D8 Advance X-ray diffractometer 

with a Cu Kα X-ray source was used. Scans were conducted from 30 – 110 ° at 0.02 ° increments with 

a speed of 1s per step. The XRD patterns for the Ti33Ta and Ti48Ta samples showed peaks for both 

the α and β phases, Figure 3-7, confirmed with powder diffraction file (PDF) cards 00-044-1294 and 

00-004-0788, respectively. The Ti55Ta sample showed dominant β peaks with only minor indications 

of α. To quantify the volume of each phase present, Rietveld refinement was undertaken using TOPAS 

software, and the volume percentages displayed in Table 3-2, in comparison to the phases seen in the 

TiTa alloy system in literature. 
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Figure 3-7: XRD spectra of L-DED produced TiTa compositions. 

 

Table 3-2: Phase fractions of α and β measured in L-DED TiTa compositions. 

Wt.% Ta Volume % β 

Phase  

Volume % α 

Phase 

Volume % α 

observed in [329]  

Qualitative phases 

observed in [36]  

Processing 
L-DED as-built 

[this study] 

L-DED as-built 

[this study] 

L-DED, solution 

treated in β phase 

field and furnace 

cooled 

Cast, rolled, solution 

treated in β phase field 

and quenched in ice 

water 

33 ± 2 27 ± 5 73 ± 5 83.33 (Ti32Ta) α′′ (Ti30Ta) 

48 ± 2 89 ± 5 11 ± 5 65.97 (Ti49Ta) α′′ (Ti50Ta) 

55 ± 2 97 ± 5 3 ± 5 57.98 (Ti51Ta) α′′ + β (Ti60Ta) 

 

As the Ta content increases in the L-DED as-built material, the volume % of the retained β phase also 

increases, reflecting the β phase stabilising effect of Ta in Ti. The β phase is almost entirely retained in 

the Ti55Ta alloy, which supports the softening observed in the hardness testing. When compared to L-

DED solutionised and furnace cooled TiTa alloys, investigated by Nag et al. [329], a higher volume % 

of α phase is noted in similar compositions when the samples are furnace cooled. The furnace cooling 

likely gives the opportunity for α nucleation and growth, as the samples are held for longer in the α + β 

phase region. The difference in volume of α phase increases with the increasing Ta content, likely as 

the α + β phase region increases in size at higher Ta contents.  
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Zhou et al. [36], on the other hand, investigated conventionally produced arc-melted TiTa alloys, which 

were cast, rolled into 3 mm thick plates, solutionised above the β transus temperature and quenched in 

ice water. These samples showed no β phase present until the Ti60Ta composition was reached. It was 

first suggested by Bania et al. [335] that a fully β microstructure could be obtained at Ti45Ta upon 

water quenching, however no experimental data was given to support this claim. Hence, there still exists 

disagreement in literature as to the composition at which a fully β microstructure can be obtained. The 

current work supports that a fully β alloy can be obtained through L-DED processing at a Ti55Ta 

composition. Whilst the single layer cooling rates of L-DED likely sit between air cooling and water 

quenching rates, the multiple layer application of the laser, likely results in some heat treatment of the 

pre-solidified material. Hence, it is unlikely that a L-DED processed alloy would retain a higher 

percentage of β phase than a cast and water quenched alloy simply due to cooling rate. As the L-DED 

produced material is inhomogeneous, as seen in Figure 3-6, it is possible that a portion of the β XRD 

peaks are attributed to the remaining Ta particles. A powder mixture of Ti55Ta, would show 

approximately 25% volume β phase, contributing a significant volume of β phase to an inhomogeneous 

L-DED alloy.   

In conclusion, pure Ti, pure Ta and TiTa compositions of Ti33Ta to Ti58Ta were manufactured using 

L-DED. Hardness measurements suggested the TiTa alloys display a superior strength to L-DED CP Ti 

and hence are a promising replacement material for CP Ti implants. Microstructure analysis highlighted 

the difficulty of fully incorporating the refractory Ta into the Ti matrix, highlighting that further in situ 

methods of homogenisation should be explored, such as new scanning strategies. However, the partially 

melted Ta particles also acted as heterogeneous nucleation sites and may act as grain refiners, reducing 

the columnar grain structure often seen in L-PBF Ti alloys. With a narrowed compositional window, 

L-PBF investigations for mixed powder TiTa alloys could begin. 

 

3.3 L-PBF Single Tracks for Narrowing the Parameter Space 

L-PBF is better suited to implant manufacture than L-DED due to its higher achievable tolerances 

facilitated by the smaller laser spot size. Finer features can be manufactured, which due to their smaller 

volume, experience higher cooling rates, resulting in finer microstructures and hence different 

mechanical properties to L-DED produced material. The L-PBF process is also capable of fabricating 

fine and complex features such as lattice structures, which can facilitate bone ingrowth in implants. 

To determine the best parameters for L-PBF processing of the TiTa alloys, earlier studies of L-PBF CP 

Ti, Ti50Ta and pure tantalum were consulted, Table 3-3. According to the energy density model, a 

higher energy density is required to process pure Ta when compared with pure Ti as Ta possesses a 

much higher melting temperature (Ta; 3000 °C to Ti; 1660 °C  [77]). However, the difference in energy 
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density required to process pure Ti and Ti50Ta (~21 at.% Ta) is relatively small, suggesting the energy 

density does not increase linearly with increasing Ta content. The limitations of the energy density 

model for predicting optimal processing parameters, discussed in Section 2.2.2, are clearly highlighted.  

 

Table 3-3: L-PBF process parameters for CP Ti, Ti50Ta and Ta from literature. 

Material CP Ti (Grade II) Ti50Ta Ta 

Power (W) 165 360 300 

Scan speed (mm/s) 138 400 100 

Thickness (mm) 0.1 0.05 0.03 

Hatch Distance (mm) 0.1 0.125 0.230 

Energy Density (J/mm3) 120 144 435 

Reference [193] [221] [218] 

 

A recognised method for narrowing the parameter space in L-PBF processing is the analysis of single 

and multi-scan tracks [336-339]. The single scan track method uses minimal material and time, as only 

a single laser path up to a centimetre in length can be used to analyse the lateral stability of the scan 

track, as well as the dimensions of the melt pool. Track stability and melt pool dimensions can indicate 

the susceptibility of a part to processing-induced porosity or lack of fusion defects [164]. In this study, 

20 parameter sets were explored for single and multi-scan tracks, using a laser power of 95 W, and scan 

speeds from 100 - 480 mm/s, at 20 mm/s increments.  

An Mlab Cusing R (Concept Laser GmbH, Germany), with a small build chamber (90 mm × 90 mm × 

80 mm) suited for the processing of expensive powders, such as Ta, was used. The laser system is a 100 

W Nd:YAG fibre laser with a 1070 nm wavelength and a 50 µm spot size. The maximum laser power 

in this study was limited to 95 W to maximise the repeatability of the print jobs, as it was noted that 

using the laser at its maximum capacity could lead to fluctuations in laser intensity. Printing was 

conducted under an argon atmosphere with oxygen content below 0.2 %. Residual powder from the L-

DED process was used, at an approximate composition of Ti50Ta. This powder was deemed suitable 

for narrowing the parameter space for L-PBF of the TiTa alloy system, as the composition lay between 

the Ti25Ta and Ti65Ta alloys, and the laser Ta particle interactions could be investigated. The Ti and 

Ta elemental powders are described in Section 3.2. A single 25 µm layer of powder was spread over 

the build plate to create the single scan tracks, 10 mm in length. The multi-scan tracks consisted of ten 

powder layers, with the laser applied per layer. The single scan and multi-scan tracks were imaged 

laterally and through their cross-section by optical (GX51 Optical Microscope) and SEM (JEOL 7001F 

FEG SEM) microscopes. The SEM was fitted with back scattered electron and electron dispersive X-

ray detectors.  
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Figure 3-8 displays an example of a laterally stable (a) and an unstable (b) melt track. A laterally stable 

melt track should appear similar to a truncated cylinder on the substrate whilst unstable melt tracks 

often show variation in diameter. Preliminary observations of the single scan track stability, showed a 

decrease in scan track width with increasing scan speed, Figure 3-8(c). All the investigated parameter 

combinations showed a linearly consistent melt track, without balling or scan track breaks. BSI of the 

scan track produced at 220 mm/s scan speed, Figure 3-8, showed unmelted Ta particles dispersed 

randomly throughout the track, as well as swirling patterns within the track matrix, indicating the 

Marangoni flow characteristics caused by temperature gradients in the melt pool [340].  

 

Figure 3-8: Schematic of a (a) stable and (b) unstable melt track, reproduced with permission from [338]. (c) and (d) Electron 

back scattered images of single scan tracks of mixed TiTa powders produced at different scanning speeds.  

 

To further understand the parameter space for L-PBF of TiTa alloys, the single scan and multi-scan 

tracks were cross-sectioned, and the melt pool dimensions analysed, Table 3-4. The width (W) and 

depth (D) of the melt pools decreased with increasing scan speed, Figure 3-9(a) and (b). The melt pool 

width and depth decreased with scan speed from 232 to 125 µm and 215 to 52 µm, respectively. The 

ratio of melt pool depth (D) to width (W) has been used as an indicator for keyhole formation. Keyhole 

pores are formed as a result of excessive energy and material vaporisation, which results in melt pool 
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collapse and defects at the bottom of the melt pool, where the temperature is highest [175, 341]. A D/W 

ratio greater than 1.5 indicates likely keyhole formation [339, 342]. The maximum D/W ratio observed 

in the TiTa melt pools was 0.92 at the slowest scan speed of 100 mm/s and decreased with increasing 

scan speed. Hence, none of the selected parameter sets are likely to cause keyhole vaporisation. 

  

Table 3-4: TiTa single layer melt pool dimensions across scan speeds of 100 – 480 mm/s.  

Melt Pool Dimensions Maximum  

(at 100 mm/s) 

Minimum  

(at 480 mm/s) 

Melt pool width (µm) 232 ± 11 125 ± 17 

Melt pool depth (µm) 215 ± 21 52 ± 4 

D/W  0.92 0.42 

D/t  9 2 

 

The ratio of melt pool depth (D) to layer thickness (t) is also used to consider whether lack of fusion 

defects will occur between layers [343, 344]. A D/t ratio less than 1 suggests that the laser energy 

provided by the chosen parameters is not sufficient to penetrate through a single powder layer and hence 

fuse the powder to the pre-solidified material, resulting in lack of fusion defects. The D/t melt pool 

ratios in the current study ranged from 9 – 2, suggesting that the investigated parameters created deep 

melt pools which would penetrate through multiple layers. Such a deep melt pool may cause 

inconsistencies in geometries, particularly at overhangs, but could also assist in further melting the 

refractory Ta particles remaining in previous layers.  

 

Figure 3-9: Single and multi-scan tracks produced in mixed powder Ti50Ta. Single melt tracks (a) and (b) and ten-layer multi-

scan tracks (c) and (d). 
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The multi-scan tracks, Figure 3-9(c) and (d), clearly display the effect of the high D/t ratio. The multi-

scan track produced at 120 mm/s, with an associated D/t ratio of 8, showed good homogeneity at the 

centre of the scan track. Each melt pool is deep enough to penetrate 8 previous layers of material, and 

hence provide sufficient energy to fully incorporate the Ta. However, a pore is also observed at the 

bottom of the melt pool which, due to its round form and position, can be identified as a keyhole defect. 

Hence, despite the low D/W ratio indicating unlikely keyhole formation, keyhole vaporisation can still 

occur in the case of high D/t ratios. The multi-scan track printed at 320 mm/s, with an associated D/t 

ratio of 5, had a smaller homogeneous zone at the centre, but showed no keyhole formation. Hence, 

scanning speeds around 100 mm/s are likely to cause keyhole vaporisation in the TiTa alloys, due to 

the large melt pool depth. Laser scan speeds of 300 mm/s are likely to be more suitable and will be used 

as the median scan speed for investigating the optimal process parameters for the Ti25Ta and Ti65Ta 

mixed powder alloys.  

In conclusion, single and multi-scan tracks confirm that the parameter space encompassing scan speeds 

of 100 – 500 mm/s is suitable for processing TiTa mixed powder alloys. It must be noted that the 

observations of homogeneity are only preliminary, as during the L-PBF process, the overlapping hatch 

distance between adjacent scan tracks will contribute to further Ta melting and mixing. However, it can 

clearly be seen that a deep melt pool which penetrates multiple powder layers is effective at increasing 

material homogeneity, though a tipping point will likely be encountered between creating homogeneous 

and pore free material.  

 

3.4 L-PBF Parameter Optimisation for High Density and Homogeneous 

Parts 

Spherical powders ensure optimal powder layer packing and aid in the formation of dense parts for L-

PBF processing. Hence, spherical tantalum (TEKNA, Canada) and titanium (Grade 1 ASTM B861, 

TLS Technik Spezialpulver, Germany) powders were acquired for TiTa part manufacture. Both 

powders showed a similar particle size distribution from 5 – 45 µm, Figure 3-10, though the titanium 

powder also showed a bimodal distribution, which is optimal for high density packing [345]. The 

chemical compositions, as measured by the suppliers, are displayed in Table 3-5, showing that the 

oxygen content of the Ti powder is below 0.18 wt.% and hence conforms to the CP Ti Grade 1 

specification. The powders were combined in 25 wt.% Ta and 65 wt.% Ta compositions and tumble 

mixed for 12 hr at 15 rpm.  
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Figure 3-10: The high quality mixed TiTa powder used for L-PBF part processing. (a) Particle size distribution for the Ti and 

Ta powders. (b) A back-scattered electron image showing the mixed Ti (dark) and Ta (light) particles, reproduced from [346]. 

 

Table 3-5: Chemical composition of as-received powders in wt.%, measured by suppliers. Reproduced from [346]. 

 Ta Ti O Fe N C 

Ta > 99.95% - 0.033 ≤ 0.001 ≤ 0.001 ≤ 0.001 

Ti - Bal. 0.11 0.012 0.009 0.006 

 

Cuboid samples (15 mm × 15 mm × 10 mm) were printed at 95 W with varying scan speeds within the 

identified parameter space of 100 – 700 mm/s. The hatch distance was set to 35 µm, to ensure good 

overlap between scan tracks (laser spot size = 50 µm) and the layer thickness was kept constant at 25 

µm. The scanning strategy applied per layer was a single continuous laser path running at 45 ° to the y-

axis and between layers there was a 90 ° rotation to the scanning strategy. However, due to the remnant 

partially melted particles noted in the single track study, in addition to those noted in the study of Ti50Ta 

by Sing et al. [221], a remelt scanning strategy was attempted (denoted as RS) and compared to the 

single melt material (denoted as SS). The remelt scan consisted of a second laser pass per layer to allow 

a second opportunity for melting. The laser parameters of the remelt scan were kept identical to the 

laser parameters of the initial laser scan, and the remelt scan followed an identical laser path to the 

previous scan. Although it has been previously noted in literature that investigating different parameters 

for the remelt scan can alter material properties such as residual stress and surface roughness [178, 187-

190], the rescan parameters were kept identical to the original scan parameters in this study as only 

preliminary investigations of the remelt scan as a homogenisation tool have yet been undertaken and 

initial results comparing the single melt to the remelt conditions are required in literature. Future work 

will investigate optimising the remelt scan laser parameters to improve homogeneity, residual stress 

and mechanical properties.  



Additive Manufacturing of the TiTa Alloy System 

64 

 

The density of the printed samples was assessed through cross-sectioning, metallographic grinding and 

polishing, and optical analysis. The samples were cross-sectioned through the y-z plane and polished 

with 0.04 µm OPS colloidal silica. Optical images were taken using a GX51 Optical Microscope at 10X 

magnification and the images analysed using thresholding techniques in ImageJ analysis software. The 

density of the samples was calculated as the average area fraction of pores taken across five images 

spread over the cross-sectional surface of each sample.  

Figure 3-11(a) and (b) show that high densities > 99.7 % were achieved in both the Ti25Ta and Ti65Ta 

compositions, with similar laser scan speeds. The Ti25Ta composition showed the highest density of 

99.9 % at a scan speed of 300 mm/s Figure 3-11(d), with a slight decrease in density at higher scan 

speeds and a larger decrease in density at lower scan speeds, Figure 3-11(c). At the low scan speeds, 

pores are likely created due to keyhole vaporisation, as observed in the multi-track scans in Section 3.3, 

where excessive laser energy leads to material vaporisation [175, 341, 347]. The slight increase in 

porosity at higher scan speeds could be due to lack of fusion, where there has been insufficient energy 

to cause full melting and densification of the powder particles. However, the depth of the melt pools 

observed in Section 3.3, suggest lack of fusion defects are unlikely. In addition, the part density at 200 

mm/s is lower than that at 100 mm/s, suggesting other mechanisms contributing to pore formation, such 

as spatter particles passing through the laser beam and diffracting or blocking the incident energy. 

Spatter particles often also have a much higher oxygen content and irregular shape, which reduces 

particle wetting and can lead to subsequent defects if they land in the laser path [179, 244, 348]. Porosity 

caused by spatter particles may be amplified at lower scan speeds as the spatter particles have more 

time to pass through the incident laser beam or settle in the laser path.  

 

Figure 3-11: Parameter optimisation for high density Ti25Ta (a)(c)(d) and Ti65Ta (b)(e)(f) material. (a) and (b) show the 

density of parts at difference scan speeds, for the single melt and remelt scan strategies. (c)(d)(e)(f) Optical micrographs of 

porosity, showing the highest (c)(e) and lowest porosity (d)(f) achieved in each composition. Ti25Ta data reproduced from 

[346]. 
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Similar trends in porosity were observed in the Ti65Ta composition, however the optimal scan speed 

was found to be 350 mm/s, Figure 3-11(b). Due to the higher content of Ta in this composition, it was 

expected that lower scan speeds and hence higher energy densities would be required to adequately melt 

the higher concentration of Ta. However, the optimal parameter sets produce an energy density of 361 

J/mm3 and 310 J/mm3 for the Ti25Ta and Ti65Ta compositions respectively. Hence, the limitations of 

the energy density equation as a parameter prediction tool are clearly seen. The disparity in energy 

density is even greater when considering previous literature works which found the optimal energy 

density for Ti25Ta to be 81 J/mm3 [220] and Ti50Ta to be 147 J/mm3 [221]. It is clear that parameter 

optimisation is also heavily influenced by mechanistic and morphological processes, such as the 

interactions between the laser spot size and individual powder particles. Hence, considering parameters 

such as laser focal spot size is much more applicable for L-PBF processing than the energy density 

number.  

The observation that porosity at higher scan speeds is caused by a mechanism other than insufficient 

melting is supported by the findings of porosity levels after the application of the remelt scan. The 

remelt scanning strategy slightly decreased material density at low scan speeds, whilst having negligible 

effect on porosity at the optimal scan speed for each alloy. This supports that keyhole vaporisation is 

caused by the lower scan speeds, and hence the remelt scan may fill in existing pores, but also compound 

the pore volume upon the second melting. At the higher scan speeds, however, the remelt scan causes 

a minor increase in material density, likely by filling in pre-existing pores created by the initial scan. 

This suggests that the mechanism of pore formation at these higher scan speeds, is not replicated during 

the remelt scan. Hence, the mechanism for pore formation at the higher scan speeds is likely associated 

with the powder layer and thermal transfer between individual powder particles. A hypothesised 

mechanism will be discussed further in Section 3.5. 

The optical micrographs in Figure 3-11(d) and (f) also clearly show particles incorporated in the TiTa 

matrix. Back scattered electron imaging (BSI) and X-ray dispersive spectroscopy (EDX) were used to 

confirm that these particles were remaining partially melted Ta. Further optimisation of the processing 

parameters for material homogeneity was conducted by quantifying the area fraction of partially melted 

Ta particles by image analysis for all parameter combinations.  

The area percent of partially melted Ta particles decreased with decreasing scan speed, suggesting 

increasing the melt pool depth does enhance Ta melting, Figure 3-12(a) and (b). It is possible that the 

remaining area percent of partially melted Ta would decrease further at even lower scan speeds 

however, as porosity was seen to increase at lower scan speeds, this is an inadequate solution. The 

remelt scan, on the other hand, successfully further decreased the remaining partially melted particles 

at all scan speeds on average 40 % for the Ti25Ta alloy and 36 % for the Ti65Ta alloy. Hence, the 

material produced at the optimal scan speed for density could be improved in homogeneity without 



Additive Manufacturing of the TiTa Alloy System 

66 

 

increasing porosity. This resulted in a small area percent of Ta particles of 0.3 % and 0.8 % at the 

optimal porosity processing parameters for the Ti25Ta and Ti65Ta alloys respectively. A third remelt 

scan could potentially further solutionise the Ta however, the effect of the remelt scan on the 

microstructure and mechanical properties should first be understood.  

It was also hypothesised that the area percent of remaining Ta particles indicated that the matrix Ta 

composition deviated from the desired nominal compositions. However, simple volume calculations 

showed that a 1 % or 2 % area of unmelted Ta particles in the Ti25Ta and Ti65Ta alloys respectively, 

would only adjust the matrix composition to 23.3 wt.% Ta and 64.0 wt.% Ta. This variation of 1 – 2 % 

Ta content in the matrix was confirmed using point EDX analysis (Appendix Figure 8-1).  

 

 

Figure 3-12: Increase in homogeneity caused by the remelt scan. Partially melted Ta particle percentage decreases with 

decreasing scan speed in (a) the Ti25Ta alloy and (b) the Ti65Ta alloy. (c),(d) Optical micrographs show the Ti25Ta and 

Ti65Ta single melt material and (e),(f) show the reduction in partially melted Ta particles after the remelt scan was applied. 

Ti25Ta data reproduced from [346]. 

 

In conclusion, the optimal scanning speeds for high density in the Ti25Ta and Ti65Ta compositions 

were found to be 300 mm/s and 350 mm/s respectively, however, the compositions still retain partially 

melted Ta particles. The designed remelt scan successfully decreased the remaining portion of partially 

melted particles, however further understanding of the melting enthalpy of the mixed powder TiTa 

alloys is required to determine whether parameter optimisation can indeed achieve a fully homogeneous 

material.  
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3.5 Normalised Enthalpy Model for L-PBF 

Decreasing laser scan speed increased the melting of Ta but began to induce keyhole porosity. Using 

the energy density equation, it is suggested that keyhole formation begins at energy densities between 

361 - 542 J/mm3 and 310 – 361 J/mm3 for the Ti25Ta and Ti65Ta alloys, respectively. Note that the 

range is larger for the Ti25Ta as 100 mm/s increments of laser scan speed were investigated, whilst the 

increments were refined for the Ti65Ta alloy. The lower energy density for the Ti65Ta alloy is 

contradictory to earlier findings which suggest that compositions with high contents of refractory 

constituents, such as Ta, require higher energy densities to produce optimal processing conditions. 

To improve upon the predictions of the energy density model, the normalised enthalpy of melting was 

considered. Eq. (2), developed by King et al. [175], utilises chemical properties of the feedstock 

powders, including the absorption of the laser radiation by the powder, melting temperature, thermal 

conductivity and thermal diffusivity to predict the enthalpy of melting at different laser scan speeds. 

King et al. [175] found experimentally that a normalised enthalpy region existed where keyhole 

formation begins, at 30 ± 4. 

The chemical data for pure Ti, pure Ta, Ti25Ta and Ti65Ta alloys was used to calculate the normalised 

enthalpy of melting using Eq. (2). Where literature values did not exist for thermal properties of the 

Ti25Ta and Ti65Ta alloys, the rule of mixtures was used to predict likely values (Appendix Table 8-2). 

The normalised enthalpy curves of pure Ti and Ti25Ta intersect the keyhole formation zone identified 

by King et al., whilst the curves for Ti65Ta and pure Ta do not, Figure 3-13. The enthalpy model 

suggests that the normalised enthalpy for the Ti25Ta alloy is approximately 44 % higher than that for 

the Ti65Ta alloy, and that for keyhole vaporisation to occur in the Ti65Ta composition, scanning speeds 

below 100 mm/s are required. However, in this study it was found experimentally that pore formation 

began in both the Ti25Ta and Ti65Ta alloys between scan speeds of 200 – 300 mm/s. Furthermore, the 

Ti65Ta alloy optimal scan speed was found to be 350 mm/s, slightly higher than the Ti25Ta 

composition, indicating that the processing of both the Ti25Ta and Ti65Ta is likely limited more by 

mechanistic processes, rather than chemical ones. For example, as the laser spot size for the Mlab 

system (50 µm) is very similar to the powder particle size (15 – 45 µm), at any instant in time one 

powder particle may be irradiated by the laser. If this one particle were a Ti particle, the chemical nature 

of pure Ti would suggest vaporisation at scan speeds of ~ 200 mm/s. Hence, it is likely that the 

processing of mixed powder alloys are limited by the melting and vaporisation characteristics of the 

lowest melting point constituent.  
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Figure 3-13: Normalised enthalpy as calculated by King et al. [175] for L-PBF of pure Ti, pure Ta, Ti25Ta and Ti65Ta. 

Keyhole formation is expected by King et al. at 30 ± 4 however, for the Ti25Ta and Ti65Ta alloys, this region is not reached 

until scan speeds below 200 mm/s. Despite this, keyhole pores were recognised at speeds > 200 mm/s in the experimental data. 

Adapted from [346]. 

 

The normalised enthalpy model provides slightly improved predications when compared to the energy 

density model as it considers the thermal properties of the alloy printed. However, the normalised 

enthalpy model is very limited for mixed powder alloys, as it does not consider the interaction between 

the laser and individual powder particles of a single element. Measurements of the thermal diffusivity 

and conductivity of the mixed powder, to better show energy transfer between single powder particles, 

may improve the predictive capabilities of the model. The normalised enthalpy model is much more 

suited to pre-alloyed powders and cannot be used to address the material inhomogeneity seen in Section 

3.4. 

 

3.6 Chapter 3 Summary 

TiTa mixed powder alloys were investigated in both L-DED and L-PBF processing. The following 

conclusions can be drawn from Chapter 3: 

• The composition range from 30 – 70 wt.% Ta is the most promising for TiTa AM implants. L-

DED produced Ti33Ta, Ti48Ta and Ti55Ta alloys displayed a superior strength to L-DED CP 

Ti and hence are promising replacement materials for CP Ti implants.  

 

• L-PBF parameter optimisation must find a balance between pore free and homogeneous 

material. Scan speeds between 100 – 500 mm/s with 95 W laser power were found suitable for 

stable track and melt pool formation, however low scan speeds induced keyhole formation in 
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multi-scan tracks and high scan speeds produced inhomogeneous material. The designed remelt 

scanning strategy successfully increased material homogeneity, without increasing material 

porosity, and is likely an applicable tool for processing of refractory component alloys. 

 

• Partially melted Ta particles were observed to act as heterogeneous grain nucleation sites. These 

particles may be employed as grain refiners and could reduce the columnar grain structure often 

seen in L-PBF Ti alloys, and will be investigated in Section 4.2.2. 

 

• Optimal scanning speeds for high density Ti25Ta and Ti65Ta compositions were found to be 

300 mm/s and 350 mm/s respectively, with 95 W laser power. This finding disagrees with 

predictions from both the energy density and normalised enthalpy models. The energy density 

model is limited as it does not consider the differences in chemical nature between the Ti25Ta 

and Ti65Ta alloys, whilst the normalised enthalpy model is limited as it does not consider the 

laser and individual powder particle interactions, which play a significant role in mixed powder 

L-PBF.  
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Chapter 4 Microstructure and Mechanical Properties of L-PBF 

Ti25Ta and Ti65Ta  

 

For the Ti25Ta and Ti65Ta L-PBF alloys to be considered as implant materials, a thorough 

understanding of their microstructure and mechanical properties must be determined. The mechanical  

properties of each alloy must be determined to assist in tailoring these new alloys to specific implant 

applications. Further understanding of microstructure formation during L-PBF processing will assist 

with adapting this new manufacturing method to achieve the required properties. Hence, the Ti25Ta 

and Ti65Ta alloys, produced at the optimal parameters determined in Chapter 3 were assessed for their 

volume phase structure using ThermoCalc and X-ray diffraction analyses, and the morphology of the 

microstructure further investigated using SEM and TEM imaging methods. The mechanical properties 

of each alloy were then analysed by tensile testing, with fractography used to investigate the effect of 

remaining Ta particles on failure mechanisms. Ultrasonic modulus testing was used in addition to 

tensile testing to validate the elastic modulus of the alloys, due to the higher accuracy possible with this 

method. Furthermore, two different tensile geometries were used, due to the high cost of the Ti65Ta 

alloy, however both geometries were designed according to the ASTM E8 standard. Finally, the 

microstructure is linked to the observed mechanical properties and the strengthening contributions 

discussed.  
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4.1 Phase Analysis 

Early sources investigating the TiTa alloy system claim that a 100 % β phase alloy can be created in 

the Ti45Ta composition upon water quenching, based on the Molybdenum equivalency equation (see 

Bania et al. [335]). However, as L-PBF processing introduces a new kind of thermodynamic 

treatment, the phases which are present directly after printing must be investigated. To understand the 

initial equilibrium phases in the TiTa alloy system, ThermoCalc investigations were undertaken. 

 

4.1.1 Thermodynamic and Oxygen Assessment 

The ThermoCalc software was used to calculate equilibrium phase diagrams of both the Ti25Ta and 

Ti65Ta systems. The results in Figure 4-1, showed that both the Ti25Ta and Ti65Ta alloy systems fall 

into the ‘meta-stable’ category, with both α and β phases present at equilibrium at room temperature, 

which facilities precipitation strengthening on ageing. The Ti65Ta alloy shows a much higher molar 

percent of β phase stable at room temperature, due to the higher Ta concentration. However, it should 

be noted that the existing ThermoCalc database (TTTI3 v. 3.1) is not able to distinguish the effect of 

Ta composition on the formation of α′ or α′′ phases.  

 

Figure 4-1: ThermoCalc simulations of equilibrium phases in (a) Ti25Ta and (b) Ti65Ta. 

 

It is known that Ti alloy strength and phase volume fraction is dependent upon oxygen content [349]. 

While the L-PBF process is conducted under an argon atmosphere, several studies reported that the 

reactive materials such as Ti can experience oxygen pick-up during the printing process, powder storage 

and powder reuse [350-353]. Furthermore, as the remelt scanning strategy, investigated in Chapter 3, 
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effectively doubles the time molten material is in contact with the argon atmosphere, an increase in 

oxygen could be possible. Higher oxygen content powders have been linked to defect formation through 

the amalgamation of oxide particles, with reduced melting capabilities [179]. It is also known that 

oxygen is an α phase stabiliser in the TiTa system, and leads to solid solution strengthening, particularly 

in the α phase. Therefore, the oxygen content of the virgin and reused Ti25Ta powders, Table 4-1, was 

analysed and compared with samples of the single melt and remelt solid material, Table 4-2. The reused 

powder analysed had been used for 15 build jobs and stored, sealed, in an oxygen atmosphere. 

 

Table 4-1: Chemical analysis of virgin and reused powders in wt.%. 

 Ti Ta N C O H Fe Al V 

Virgin Powder Bal. 25.1 0.01 0.01 0.07 <0.005 0.06 0.03 <0.01 

Reused Powder Bal. 24.9 0.01 0.01 0.07 <0.005 0.08 0.04 <0.01 

 

The chemical analysis of the virgin and reused powders revealed no oxygen pick-up, but a slight 

increase in other impurities, such as Fe and Al, was observed. This is understandable since the printer 

utilised in this project is used by multiple users to print different material classes and despite following 

the manufacturer prescribed cleaning processes, some residue may remain. Also note that the Ta 

composition stayed relatively stable in the reused powder, supporting the assumption that a stable 

nominal composition was retained between builds.  

The oxygen content of the final printed material was also investigated, to assess whether the remelt scan 

caused an increase in oxygen content. When the remelt scan was applied, particularly to tall samples, 

colouration was seen on the sample surface, suggesting higher oxidation, Figure 4-2. A colour gradient 

was observed, from gold to blue, which increased with build height, but then disappeared abruptly at 

specific build layers. This was attributed to gradual blocking of the gas flow filter, which resulted in 

decreased argon flow during printing. When the filter became full, the print was paused, the filter 

replaced, and hence good argon flow resumed. This design flaw is inherent to the Mlab Cusing R and 

requires improvement in future designs of the machine but is beyond the scope of this thesis. To assess 

the oxygen content of the coloured surfaces in comparison to the material bulk, both samples from the 

inner and surface of the printed block were analysed for oxygen content, Table 4-2. 
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Figure 4-2: Example of oxidised surface caused by the remelt scan. Single melt samples on left and remelt samples on right. 

The tensile samples were cut from the centre of the block corresponding to the adjacent surface specimen. 

 

Table 4-2: Chemical analysis of single melt and remelt material in wt. %. 

 Ti Ta N C O H Fe Al V 

SS (bulk) Bal. 25.2 0.02 0.02 0.09 <0.005 0.02 <0.01 <0.01 

RS (bulk) Bal. 25.9 0.02 0.02 0.11 <0.005 0.02 <0.01 <0.01 

SS (surface) Bal. 25.9 0.01 0.02 0.09 <0.005 0.03 <0.01 <0.01 

RS (surface) Bal. 25.1 0.05 0.02 0.16 <0.005 0.03 <0.01 <0.01 

 

The remelt scan increased the oxygen content by 0.02 % in the bulk and by a 0.07 % at the sample 

surface. The increased oxygen levels for both the bulk and surface material still fall within the range of 

oxygen required for ASTM grade 1 CP Ti, 0 – 0.18 wt.% oxygen [349], however even small additions 

of 0.1 wt.% of oxygen can increase material strength up to 100 MPa in CP Ti. Previous studies 

investigating the oxygen content after remelt scanning concluded that any oxygen increase in printed 

material caused by the remelt scan had negligible effects on the final material [177, 184, 185, 187]. It 

is hypothesised that the remelt scan increases the depth that oxygen can penetrate into the surface [187], 

however as the remelt scan is acting on a pre-solidified surface, with a much lower surface area than a 

powder layer, the bulk increase in oxygen content is negligible [177]. However, none of these studies 

were investigating the mechanical properties of titanium where minor increases in oxygen can have 

large mechanical effects. To confirm the increased oxygen content on phase volume is also negligible, 

ThermoCalc analysis of the Ti25Ta and Ti65Ta compositions including 0.16 wt.% oxygen was 

conducted, Figure 4-3. 

 

 



Microstructure and Mechanical Properties of L-PBF Ti25Ta and Ti65Ta 

74 

 

 

Figure 4-3: ThermoCalc simulations of equilibrium phases with 0.16 wt.% oxygen additions in (a) Ti25Ta and (b) Ti65Ta. 

 

The ThermoCalc simulation suggested that the increased oxygen content of 0.16 wt.% could cause an 

approximate increase of 1 % in the molar volume of α phase, in the form of a second α phase which 

begins to form at higher temperatures, Figure 4-3 (HCP 2). The ThermoCalc TTTI3 v. 3.1 database 

does not provide further details of the second α phase which alloy the phase to be differentiated from 

the initial HCP phase in the following analysis. It should be noted that the HCP and HCP 2 phases do 

not represent the α′ and α′′ phases, as the α′′ phase is orthorhombic, as opposed to HCP, and occurs with 

increasing Ta content, as opposed to increasing O content.  

In conclusion, the oxygen content changes negligibly during L-PBF processing and is unlikely to 

change the phase fractions or mechanical properties of the material.  

 

4.1.2 X-Ray Diffraction Phase Analysis 

The phases present in the as-built single melt and remelt L-PBF TiTa alloys were investigated using 

XRD on the cubic samples produced at the determined optimal parameters. A Bruker D8 Advance X-

ray diffractometer with a Cu Kα X-ray source was used. Scans were conducted from 30 – 100 ° at 0.02 

increments at a speed of 1s per step, on the polished cross-sections of both the Ti25Ta and Ti65Ta 

samples. In addition, samples of the CP Ti and Ta virgin powders were analysed for comparison. 
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Figure 4-4: The XRD phases observed in (a) L-PBF Ti25Ta with CP Ti powder for comparison and (b) L-PBF Ti65Ta with 

Ta powder for comparison. Adapted from [346]. 

 

The XRD analysis revealed that the Ti25Ta material showed a similar crystal structure to the pure Ti 

powder, Figure 4-4(a). Both the Ti25Ta material and CP Ti powder displayed an HCP phase structure, 

confirmed by PDF card 00-044-1294. The peaks in Figure 4-4(a) are labelled as α′ as this is the 

metastable, martensitic form of the stable α phase, which possesses the same crystal structure and is 

consistently observed in L-PBF CP Ti and conventional quenched TiTa alloys [36, 193]. The Ti65Ta 

material showed the same crystal structure as the Ta powder, Figure 4-4(b). Both displayed a BCC 

phase structure, confirmed by PDF card 00-004-0788.  

Upon higher resolution analysis, Figure 4-5, peak shifts and peak broadening were recognised in the L-

PBF material. The peak shift indicates a change in lattice parameter size. For the Ti25Ta material, 

Figure 4-5(a), the L-PBF material peak is shifted to the left, suggesting an increase in lattice parameter 

size and supports the drop in elastic modulus compared to CP Ti, due to a decrease in lattice atomic 

density. There is negligible peak shift between the single melt and remelt scan peaks, suggesting the 

remelt scan does not significantly alter the material crystal structure. For the Ti65Ta L-PBF material, 

Figure 4-5(b), the peak is shifted slightly to the right, indicating a decrease in lattice parameter. The 

peak broadening can be explained by increased dislocation density and residual stress in the L-PBF 

material. This is a common result of the rapid solidification occurring during solidification in L-PBF 

processing [354]. 
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Figure 4-5: Magnified analysis of the (a) Ti and (b) Ta powder XRD analysis, overlayed with the L-PBF material, showing 

peak shifts and broadening. Adapted from [346]. 

 

Contrary to the equilibrium calculations in Figure 4-1, the L-PBF Ti25Ta and Ti65Ta both show single 

phase microstructures. The 9 % retained β phase in the equilibrium Ti25Ta alloy is likely undetectable 

in the XRD analysis due to its low volume fraction, whilst the 67 % α phase in the equilibrium Ti65Ta 

alloy is supressed by the rapid solidification of the L-PBF process.   

 

4.2 Microstructure Morphology and Formation  

To further understand the crystal and grain structure of the L-PBF Ti25Ta and Ti65Ta alloys, SEM and 

TEM analysis was used. SEM sample preparation for the Ti25Ta alloy included ion beam polishing at 

300 µA and 7kV for 10 min followed by 100 µA and 3kV for 15min, to provide an adequate surface 

for high indexing in EBSD analysis. The L-PBF Ti25Ta was difficult to image due to the high 

dislocation concentration of the martensitic α′ laths. The Ti65Ta samples underwent the same 

preparation for consistency. A JEOL 7001F FEG SEM equipped with back scattered image (BSI), 

electron dispersive X-ray (EDX) and electron back scattered diffraction (EBSD) detectors, was used to 

assess the elemental homogeneity and microstructure morphology of the samples. TEM samples were 

prepared using focused ion beam milling and lifted out from the bulk sample with a FEI Scios Dual-

beam FEGSEM. A JEOL 2100F FEGTEM, with an Oxford X-MaxN EDX detector, was used to 

conduct brightfield imaging, selected area electron diffraction (SAED) and EDX analysis. An 

accelerating voltage of 200 kW was used.  
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4.2.1 BSI and EDX Analysis 

BSI revealed the overlapping melt pool structure in the y-z plane, Figure 4-6. The inhomogeneity of the 

Ti25Ta single melt material is clearly observed in Figure 4-6(a). The melt pool shows swirl patterns 

indicating the Marangoni flow, which occurs due to temperature gradients in the melt pool [340]. This 

adds a physical mixing characteristic to the melt pool, in addition to the Ta diffusion caused by high 

temperatures. The swirl patterns were not observed in the melt pool after the remelt scan was applied 

indicating increased homogeneity, Figure 4-6(b). Swirl patterns were noted to a lower degree in the 

single melt Ti65Ta material, due to the higher weight percent of Ta in the composition, Figure 4-6(c). 

To quantify the melt pool homogeneity, EDX point analysis was used. Ten points were analysed across 

the melt pool cross-section and the standard deviation in composition calculated, Table 4-3. For both 

the Ti25Ta and Ti65Ta alloys, the remelt scan showed a significant decrease in the standard deviation, 

highlighting an increase in homogeneity.  

 

Figure 4-6: Melt pools observed with BSI in Ti25Ta (a) single melt and (b) remelt and in Ti65Ta (c) single melt and (d) remelt. 

Adapted from [346]. 
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Table 4-3: Standard deviation in Ta elemental wt.% across a single melt pool. 

 Single Melt Remelt 

Ti25Ta (wt.% Ta) ± 2.66 ± 0.26 

Ti65Ta (wt.% Ta) ± 1.34 ± 0.69 

 

In addition, a change in melt pool size and shape between the single melt and remelt conditions can be 

observed in Figure 4-6. The single melt condition, in both alloys, produced a wider and deeper melt 

pool than the remelt condition, Table 4-4. Furthermore, a lower melt pool width (W) and depth (D) was 

noted in the Ti65Ta composition when compared with the Ti25Ta composition. These differences are 

likely linked to the applied energy density and enthalpy of melting for each condition. For the single 

melt condition, the wider melt pool is created by a higher incident energy [337], likely due to the 

morphology of the absorbing surface. In the single melt condition, the laser is absorbed by a layer of 

powder. King et al. [345] showed using finite element simulation that a layer of Ti powder absorbs 

twice as much energy as a flat surface, due to multiple scattering of the laser between powder particles. 

Furthermore, the melt pool is larger in the Ti25Ta alloy, as the normalised enthalpy of melting is lower, 

due to the lower content of Ta. As a result, the melt pool penetrates a larger number of pre-formed 

layers in the Ti25Ta composition, enhancing the Ta melting. This explains why the remelt scan was 

more effective at reducing the area % of remaining Ta particles in the Ti25Ta alloy as opposed to the 

Ti65Ta alloy, noted in Section 3.4. 

 

Table 4-4: Melt pool dimensions in L-PBF Ti25Ta and Ti65Ta 

 Width (µm) Depth (µm) D/W Range Layers Melted 

Ti25Ta SS 135 ± 5 65 ± 5 0.43 – 0.54 2.6 

Ti25Ta RS 85 ± 5 55 ± 5 0.55 – 0.75 2.2 

Ti65Ta SS 90 ± 5 45 ± 5 0.42 – 0.58 1.8 

Ti65Ta RS 60 ± 5 40 ± 5 0.54 – 0.82 1.6 

 

The melt pool D/W ratio was also higher for the remelt condition for both alloys. As discussed in Section 

3.3, a D/W ratio greater than 1.5 has been observed in literature to cause keyhole formation, as a tall 

narrow melt pool, is more likely to undergo collapse. The D/W ratio for both alloys is much less than 

1.5 for both scanning conditions, however it can be concluded that the remelt scan is more likely to 

result in keyhole formation than the single melt condition, due to the melt pool morphology.  
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4.2.2 EBSD 

The increased homogeneity and decreased melt pool size of the remelt samples observed likely 

influences the microstructure morphology. To observe the microstructure, EBSD analysis was 

conducted both in the x-y and y-z planes and inverse pole figure (IPF) maps created. The x-y plane 

tends to show a microstructure based on the laser scan pattern, whilst the y-z plane tends to show 

columnar grains formed due to the strong temperature gradient between the melt pool and cold build 

platform. The EBSD analysis was undertaken using α phase indexing for the Ti25Ta alloy and β phase 

indexing for the Ti65Ta alloy.  

 

Figure 4-7: EBSD IPF of top surface of Ti25Ta (a) single melt and (b) remelt and of Ti65Ta (c) single melt and (d) remelt. 

Adapted from [346]. 

 

The x-y plane for both alloys, Figure 4-7, showed grain structures which reveal the scanning track of 

the laser, approximately 35 µm wide and running at 45 ° to the parallel. The Ti25Ta single melt sample, 

Figure 4-7(a), showed regions of prior β grains, filled with aligned martensite, due to the 

crystallographic link between martensite and the prior β grains from which it forms [63, 355]. The prior 

β grain structure is less defined in the remelt condition and the martensite arrangement appears to be 

more random, Figure 4-7(b). The loss of martensite alignment may be caused by a combination of more 
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homogeneous Ta atom distribution and the changed thermodynamics of the remelt scan. It has been 

previously shown that increasing substitutional atom additions to the Ti lattice decreases the size of the 

martensite colonies and can eventually lead to the nucleation of randomly oriented plates [63]. In 

addition, the remelt material is formed with smaller melt pools and hence there may be refinement in 

the prior β grains, which is difficult to discern in the α′ microstructure. Ti25Ta α′ laths were measured 

manually through a selection of 100 laths from different prior β grain regions. The average lath length 

was found to be 6.1 ± 3.4 µm and the average lath width was 0.45 ± 0.28 µm for the single melt material, 

and 5.7 ± 4.1 µm and 0.30 ± 0.11 µm for the remelt material, Table 4-5. There was no statistical 

difference in lath size between the single melt and remelt conditions when analysed with a paired t-test 

at a confidence level of 95 %. Future work investigating prior β grain reconstruction could assist with 

determining exact values of grain refinement in the Ti25Ta alloy, however the β grains of the Ti65Ta 

sample, provide a good indication.  

A fully β grain microstructure was observed in the Ti65Ta alloy. The single melt material displayed 

both regions of elongated grains in the scanning direction and regions of much finer grains, likely where 

scan tracks overlap, Figure 4-7(c). Fine grains at scan track overlaps are attributed to recrystallisation 

of the solidified adjacent scan track [332]. The average grain size determined using the line intercept 

method was 4.8 ± 5.6 µm for the single melt sample and was reduced to 3.3 ± 2.9 µm for the remelt 

sample, Figure 4-7(d). This reduction in grain size was significant when tested with an unpaired t-test 

at a confidence level of 95 %. The reduction in grain size in the Ti65Ta remelt sample is likely caused 

by the smaller melt pools which physically restrict the possible grain size area. In addition, the cooling 

rate experienced by the remelt scan is possibly faster than that experienced in the single melt condition, 

as discussed in Section 2.2.3. Hence, grain growth is further restricted than in the single melt condition.  

 

Table 4-5: Grain sizes measured from EBSD analysis in Ti25Ta and Ti65Ta single melt and remelt material 

 Single Melt Remelt 

Ti25Ta 
α′ Width (µm) α′ Length (µm) α′ Width (µm) α′ Length (µm) 

0.45 ± 0.28 6.1 ± 3.4 0.30 ± 0.11 5.7 ± 4.1 

Ti65Ta 
Average β Diameter (µm) Average β Diameter (µm) 

4.8 ± 5.6 3.3 ± 2.9 

 

Analysis of the y-z plane of the Ti25Ta, Figure 4-8, and Ti65Ta, Figure 4-9, alloys showed a lack of 

columnar grain structure in each composition, which is usually found in L-PBF produced Ti alloys 

[354]. The strong thermal gradient between the melt pool and the build platform in L-PBF processing 

usually results in epitaxial grain growth. When the solidification front caused by thermal gradients is 

faster than solid nucleation within the liquid, grains take the same orientation as the previous layer and 
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form long columnar grains over multiple layers [354]. Columnar grains can lead to anisotropic 

mechanical properties and hence, altering the alloy solidification rate through composition and the use 

of grain refiners, such as boron, are used to hinder columnar grain growth [356].  

The y-z plane of the Ti25Ta alloy, Figure 4-8,  showed equiaxed prior β grains, indicated by aligned 

and colour matching martensite laths. The region displayed in Figure 4-8 covers approximately 10 

powder layers. As the martensite transformation can make it difficult to discern the prior β grain 

structure, an etched sample was also analysed to confirm this conclusion (Appendix Figure 8-2). Despite 

the equiaxed grain regions, a slight texture was noted in the Ti25Ta single melt sample, with a maximum 

MUD (multiples of uniform density) of 5.85. The remelt condition, which displayed randomly aligned 

martensite, decreased the MUD value to 3.86. Whether the lath randomisation is due to a more 

homogeneous distribution of Ta atoms, or the different thermodynamic conditions of the remelt scan, 

it appears that the opportunity for a second nucleation step resulted in a reduction in anisotropy. Hence, 

it is possible that the remelt scan could be used as a strategy in other alloy compositions to reduce 

anisotropy. 

 

 

Figure 4-8: EBSD IPF of side surface of Ti25Ta (a) single melt and (b) remelt. Adapted from [346]. 
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Epitaxial growth is avoided here due to the high compositional solidification rate of the Ti25Ta alloy, 

which is likely aided by partially melted Ta particles acting as nucleation sites. Compared to other 

commonly L-PBF produced Ti alloys, such as CP Ti and Ti-6Al-4V, the Ti25Ta alloy has an increased 

solidification rate. The formation of the Ta rich solid phase from the liquid leads to constitutional 

supercooling, facilitating nucleation ahead of the epitaxial solidification front. This was also seen in the 

Ti50Ta composition produced by Sing et al. [221] where only equiaxed grains were observed. 

According to the phase diagram, Figure 3-1, the liquid + β phase region is smaller for the Ti25Ta alloy 

compared with the Ti50Ta alloy (36 ° - 91 ° respectively), however the undercooling occurring is still 

sufficient to cause equiaxed grain growth in front of the epitaxial solidification front. In addition, the 

partially melted Ta particles are likely acting as heterogeneous nucleation sites. Tedman-Jones et al. 

[334] investigated using refractory particles such as W and Nb as grain refiners in Ti wire arc melted 

alloys and found that partially melted particles created an enriched zone around them, raising the 

equilibrium liquid temperature which facilitated grain nucleation. This phenomenon was termed 

‘dissolutional supercooling’. 

Similarly, the y-z plane of the Ti65Ta alloy showed no columnar grains and an equiaxed grain structure, 

Figure 4-9. In contrast to the Ti25Ta alloy, the Ti65Ta displayed no texture in the single melt or remelt 

conditions, suggesting stronger composition driven solidification. The grain refinement noted in the x-

y plane was also observed in the y-z plane. Regions of thin, elongated β grains were observed, often 

radiating in a curve mimicking the melt pool shape. These grains likely indicate the different 

thermodynamic conditions of the remelt scan, as the smaller melt pool and faster cooling rates, lead to 

small areas of epitaxial grain growth, forming in the direction of the greatest thermal gradient.  
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Figure 4-9: EBSD IPF of side surface of Ti65Ta (a) single melt and (b) remelt. 

 

To confirm a lack of columnar grains in the Ti65Ta material, EBSD was conducted over an area 

covering approximately 60 powder layers, Figure 4-10. This could not be replicated in the Ti25Ta alloy 

as the fine and dislocation dense martensite laths could not be indexed at a lower magnification. 

However, the Ti65Ta microstructure confirmed an equiaxed grain structure over a large area, with a 

higher percentage of elongated radial grains in the remelt material. The lack of columnar grains was 

also attributed to constitutional supercooling and remaining Ta particles acting as nucleation sites. Due 

to the even higher weight percent of Ta in the Ti65Ta composition, larger compositional gradients lead 

to an even stronger nucleation in front of the temperature driven solidification front. The Ti25Ta and 

Ti65Ta L-PBF consist of starkly different crystal structures, however, due to the solidification 

mechanism from β to α grains, the overall grain structure for each alloy is relatively similar.  
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Figure 4-10: Large area EBSD IPF of x-y plane of Ti65Ta (a) single melt and (b) remelt conditions. 
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4.2.3 TEM  

As the Ti25Ta alloy sits on the boundary between the α′ and α′′ phase regions, an in-depth TEM analysis 

was undertaken in an attempt to identify any small volume fractions of the α′′ phase, as only the α′ phase 

was observed in XRD analysis. Early investigations of the TiTa alloy system assert that the α′/α′′  phase 

boundary exists between 22 – 23 wt.% Ta [85] and most studies confirm α′′ formation at 25 wt.% Ta 

[84, 87, 219]. However, only one of these studies [84] used TEM analysis to confirm the α′′ phase. The 

other studies rely on previous literature and XRD scans. The XRD peaks between α′ and α′′ are difficult 

to differentiate, as only a few peaks undergo slight peak splitting when transforming from the α′ to α′′ 

phase [357]. One study concluded that peak broadening is noted when both the α′ and α′′ phase exist 

simultaneously [219], however this is very difficult to differentiate from peak broadening due to 

residual stresses and lattice strains in L-PBF material. 

Due to the inhomogeneity of the L-PBF samples, TEM analysis also provided a unique opportunity to 

investigate the α′/α′′ compositional boundary by assessing crystal structures in different compositional 

areas. Hence, a region with nominal composition was analysed for both the single melt and remelt 

conditions, alongside a Ta rich region. Selected area diffraction (SAD) patterns were used to identify 

the crystal phases.  

The SAD patterns of the nominal composition region of the Ti25Ta single melt and remelt samples both 

indicated only lattice structures corresponding to the hexagonal α′ phase, Figure 4-11. The lattice 

parameters calculated from the SAD patterns are displayed in Table 4-6. The ‘a’ lattice parameter for 

the HCP lattice increased when compared to that of L-PBF CP Ti (a = 0.27 nm) [194, 358], confirming 

the lattice size increase noted in the peak shift of the XRD data (Section 4.1.2).  
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Figure 4-11: TEM brightfield images of the Ti25Ta (a) single melt and (b) remelt  samples in regions with nominal composition 

(24 – 26 wt.% Ta). The SAD patterns indicate only α′ martensite. Reproduced from [346]. 

 

Table 4-6: Lattice parameters of phases observed in Ti25Ta single melt and remelt samples. Reproduced from [346]. 

Sample Region Phase a, nm b, nm c, nm 

Ti25Ta  

Single Melt 

nominal α′ (P63/mmc) 0.2911 - 0.4605 

Ta-rich β (Im3m) 0.3283 - - 

α′ (P63/mmc) 0.2906 - 0.4602 

Ti25Ta Remelt nominal α′ (P63/mmc) 0.2938 - 0.4612 

Ta-rich α′ (P63/mmc) 0.2951 - 0.4681 

α′′ (Cmcm) 0.2992 0.4917 0.4640 

Ti60Ta40 (00-052-0960) α′′ (Cmcm) 0.3038 0.4957 0.4686 

 

The TEM brightfield image of a Ta rich region in the Ti25Ta single melt sample, Figure 4-12, spanned 

the transition from a BCC to a HCP crystal structure. The top right corner of the brightfield image 

returned a BCC crystal SAD pattern and corresponded with a concentration of approximately 80 wt.% 

Ta. This high Ta content region may correspond to a region of retained prior β phase, or more likely, a 

partially melted Ta particle. The Ta concentration, as shown by line scan 1, decreased away from the 
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centre of the region, and plateaus at the nominal composition of 25 wt.% Ta. Hence a range of 

compositions between 25 – 80 wt. % of Ta exist in this region. However, the analysis of several large 

lamellae on the boundary of the BCC region, B and C, both display α′ crystal structures, in addition to 

regions D and E, further from the boundary. The α′ structure is confirmed by the observation of {101̅1}α′ 

twins (region B), which has been observed in additively manufactured Ti-6Al-4V [351, 359, 360]. 

Despite the high Ta content, the α′′ structure was not detected in these regions. 

 

Figure 4-12: TEM brightfield image of a Ta rich region of the Ti25Ta single melt sample. A-E show several diffraction patterns 

from this region, including β and α′ phase regions. The line scan shows the delineation between the β and α′ phase regions 

and the accompanying elemental concentration. Reproduced from [346]. 

 

However, in a Ta rich region in the remelt material, the α′′ was phase observed, Figure 4-13. The Ta 

concentration in this region was found to vary from 30 – 50 wt.%. A nano-scale discontinuity was also 

observed, represented by the white dashed line in the brightfield image. To the left of the discontinuity, 

regions A and B, where the composition was lowest at 30 wt.% Ta, the α′ crystal structure was observed 

whilst to the right of the discontinuity, regions C, D and E, where the composition was around 50 wt.% 
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Ta, the α′′ crystal structure was observed. Regions A and B both displayed very fine martensite laths 

and hence only twinned regions could be analysed. The twin was determined to be {101̅1}α′ type, 

similar to that observed in the single melt sample. Coarser laths in the region to the right of the 

discontinuity allowed for analysis of three laths. Laths C and E were not twinned, showing the 

orthorhombic structure, with lattice parameters agreeing with the PDF card 00-052-0960, Table 4-6. 

Lath D showed {111}α′′ twinning, agreeing with previous reports of orthorhombic twinning in TiNb 

[361] and Ti-Mo alloys [362].  

 

Figure 4-13: TEM brightfield image of Ti25Ta remelt showing a delineation between α′ and α′′ phases. Reproduced from 

[346]. 

 

Therefore, for L-PBF produced Ti25Ta material the α′/α′′ phase boundary appears to lie above 25 wt.% 

Ta as all analysis of areas of nominal composition displayed the α′ phase. The α′′ phase was only seen 

to exist in regions with 50 wt.% Ta. While this disagrees with literature findings, it is likely that the 

rapid solidification of L-PBF alloys and the use of mixed powder heavily restricts Ta atomic diffusion 
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in comparison to the literature studies. The formation of α′′ phase upon β phase decomposition, likely 

requires a larger compositional homogeneity. Hence the α′′ phase was only seen in the remelt sample, 

which had a second opportunity for melting, atomic diffusion and greater homogeneity. The volume 

fraction of the α′′ phase is also so small that is not possible to be discerned from the XRD analysis, and 

likely contributes very little to the mechanical performance of the alloy.  

 

4.3 Mechanical Properties 

The mechanical properties of the L-PBF TiTa alloys need to be characterised to determine which 

implant applications these alloys will be most suited for. The low elastic modulus must be confirmed 

in the L-PBF material and the material strength compared to the currently used biomedical alloys of CP 

Ti, pure Ta and Ti-6Al-4V ELI.  Ultrasonic modulus and tensile testing were used to investigate these 

properties, supported with fractography analysis to assess how the remaining partially melted Ta 

particles affect mechanical behaviour.  

 

4.3.1 Ultrasonic Modulus 

As elastic modulus is one of the most important requirements for a new low modulus biomedical alloy, 

accurate measurement of elastic modulus is required. Elastic modulus derived from the linear region of 

stress-stain curves obtained from tensile testing tends to underestimate the modulus when compared 

with ultrasonic and free resonance methods [27]. Hence ultrasonic modulus testing was used in this 

study. Cuboid samples (15 mm × 15 mm × 10 mm) were printed using the single melt and remelt 

scanning strategies, cut from the build platform using EDM and ground to achieve parallel top and 

bottom surfaces. The sample thickness and density were recorded, and the sonic velocity of longitudinal 

and transverse waves measured using an Olympus 702 PR pulse processer and a Fluke 190 – 204 

Scopemeter. The velocity measurements were used to calculate the elastic modulus as in Refs. [210, 

363]. Both the single melt and remelt Ti25Ta material showed an elastic modulus of 65 ± 5 GPa, Table 

4-7, which is in agreement with the literature value of conventionally produced Ti25Ta (64 GPa) [36]. 

The Ti65Ta single melt and remelt samples returned elastic modulus values of 71 ± 5 GPa and 67 ± 5 

GPa respectively, slightly higher than the Ti25Ta material, but within the range of modulus experience 

by TiTa alloys from 60 – 70 wt.% Ta (84 – 66 GPa) [36]. The single melt Ti65Ta value is slightly 

higher than the remelt value, but still within the standard deviation of the measurement. As no 

differences in crystal structure or phase volume was noted between the single melt and remelt Ti65Ta 

material, this increase is likely negligible.  
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Table 4-7: Ultrasonic modulus measurements. 

 Single Melt Remelt 

Ti25Ta 65 ± 5 GPa 65 ± 5 GPa 

Ti65Ta 71 ± 5 GPa 67 ± 5 GPa 

 

Both Ti25Ta and Ti65Ta alloys displayed an elastic modulus value almost half that of the most 

commonly used biomedical alloy, Ti-6Al-4V (114 GPa), and significantly lower than CP Ti (103 GPa) 

and pure Ta (186 GPa) [60]. Hence, the TiTa alloys are promising new biomedical alloys with a closer 

elastic modulus to bone, which may reduce stress-shielding effects and improve implant stability and 

lifetime. Hence, further study of their mechanical properties was undertaken via tensile testing.  

 

4.3.2 Ti25Ta Standard Tensile Testing 

To assess the strength and deformation behaviour of the L-PBF TiTa alloys, tensile testing was 

undertaken. Tensile sample dimensions were designed in accordance with ASTM standard E8 to fit 

within the Mlab Cusing R build volume, Figure 4-14(a). A vertical sample orientation was chosen, as 

this direction represents the minimum strength achievable from L-PBF tensile samples, attributed to 

elongated grains and inter-layer defects causing premature failure [192]. As this required a build height 

of 70 mm, and hence a large volume of powder, only the Ti25Ta alloy was investigated with this sample 

size. The Ti65Ta alloy was investigated with mini-tensile samples and will be discussed in Section 

4.3.4. Net-shaped and bulk-type samples were produced. The bulk-type specimens were machined from 

printed blocks (20 mm × 15 mm × 70 mm), Figure 4-14(b). The samples were tested under uniaxial 

tensile loading in the build direction (z-axis), at a strain rate of 0.2 mm/min, on a 100 kN 4505 Instron 

tensile machine. An extensometer was used to accurately record the strain in the gauge region.  
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Figure 4-14: Tensile sample dimensions. (a) The net-shaped samples were printed to these dimensions, whilst the bulk-type 

samples were machined from (b) a printed block.  

 

The net-shaped samples showed a higher strength (~ 150 MPa increase), but larger standard deviation 

( ± 25 – 30 MPa), than the bulk-type samples ( ± 3 – 8 MPa), Figure 4-15(a). This agrees with literature 

findings which attribute the higher strength to net-shaped samples due to grain refinement and higher 

oxygen contents [192]. Grain refinement from an α′ lath width from 0.88 µm to 0.76 µm was noted for 

3 mm thick samples of L-PBF Ti-6Al-4V when comparing bulk-type to net-shaped samples. Using the 

relationship of lath thickness to strength and the Hall-Petch slope derived by Cao et al. [351] for L-PBF 

Ti-6Al-4V, a minor refinement of lath width on this scale equates to an approximate 25 MPa increase 

in strength. Furthermore, Barba et al. [192] found net-shaped samples showed a minor increase in 

oxygen content (~ 0.05 wt.%) compared with bulk-type samples, attributed to the higher surface area 

to volume ratio. Oxygen has a strong solid solution strengthening effect on Ti and an increase in oxygen 

content of 0.05 wt.% oxygen could contribute a further 50 MPa of strength to the net-shaped samples.  

Grain refinement and oxygen content likely only account for half of the increase in strength noted in  

the net-shaped samples. An additional strengthening mechanism contributing to the net-shaped sample 

strength is likely residual stress. Residual stresses are inherent in L-PBF processing due to the high 

cooling rates caused by the large thermal gradient between the melt pool and the cold build platform 

[189, 234, 237]. A study by Leuders et al. [232] measured residual stresses of 225 ± 25 MPa in the 

building direction of as-built Ti-6Al-4V tensile specimens and found this to equate to 50 MPa difference 

in strength between as-built and stress relieved samples. As residual stresses can be somewhat relieved 

by EDM, particularly as the highest residual stresses tend to occur at the surface of the L-PBF material 

[238-240], the bulk-type specimens are likely somewhat stress relieved, contributing to their lower 

strength. Measuring the residual stress after L-PBF processing was deemed beyond the scope of this 
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study. In addition, stress relieving heat treatments were not explored in this work as the focus was to 

explore as-built properties and how these could be altered in situ via the remelt scanning strategy. As 

the remelt scanning strategy was not yet fully understood in literature, it is unknown if the remelt 

material would respond similarly to the single melt material during stress relieving heat treatments. 

Stress relieving treatments will be explored in future work when the final implant geometry has been 

ascertained, as geometric factors can significantly alter regions of residual stress.  

 

 

Figure 4-15: (a) Stress-strain curves for the Ti25Ta (b) net-shaped and (c) bulk-type samples. Adapted from [346]. 

 

The net-shaped samples also showed a much higher standard deviation in strength and elongation than 

the bulk-type samples, Table 4-8. The large standard deviation in net-shaped samples is commonly seen 

in literature and attributed mainly to the uneven surface produced during building [192, 248, 364]. 

Surface defects act as stress concentrators which can lead to premature failure and remain one of the 

largest issues for net-shaped AM parts. As can be seen in Figure 4-15(b), the net-shaped sample surfaces 

were coated in partially melted surface particles, which built-up significantly at the sample corners. The 

powder build-up was worse on the side of the sample which faced the powder coating blade and could 

be a result of powder spreading over the samples whilst they were still warm. Each net-shaped sample 

was ground to 1200 grit finish before testing, however two out of three of the net-shaped remelt samples 

failed in the elastic region and outside of the gauge length of the sample, revealing geometric defects 

on the fillet between the grip and gauge length. Whilst net-shaped parts must ultimately be considered 

before use in implant applications, the geometry, surface finish and residual stresses contribute to such 

large variations in sample testing, that it is difficult to assess the basic material properties of the new L-

PBF TiTa alloys. Hence, it was concluded that bulk-type samples would be used for the following study 

to more accurately characterise the mechanical properties of the L-PBF TiTa alloys. Complications with 
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net-shaped parts will be discussed further in Chapter 5 when lattice structures, a much more relevant 

geometry for implant applications, are manufactured and their mechanical properties explored. 

 

Table 4-8: Static mechanical properties of Ti25Ta net-shaped and bulk-type specimens in single melt and remelt conditions. 

 Net-Shaped Bulk-Type 

 Ti25Ta SS Ti25Ta RS Ti25Ta SS Ti25Ta RS 

Elastic Modulus (GPa) 69 ± 20 74 ± 35 35 ± 8 47 ± 3 

Yield Strength (MPa) 588 ± 51 ~ 880 425 ± 15 545 ± 9 

UTS (MPa) 659 ± 36 > 915 509 ± 7 565 ± 6 

Elongation (%) 10 ± 2 - 25 ± 1 11 ± 5 

 

The bulk-type samples showed a lower standard deviation and a higher material elongation, as they 

were less affected by geometrical defects than the net-shaped samples. The enhanced elongation of the 

bulk-type single melt material revealed tensile softening, Figure 4-15. Tensile softening is observed in 

both conventionally and AM processed CP Ti [352, 365] and is attributed to the α Ti structure 

possessing a lower activation energy for self-diffusion than the activation energy for deformation [366-

368]. Hence, a high rate of dislocation annihilation occurs during deformation and very little work 

hardening. The Ta content of the Ti25Ta alloy does not appear to inhibit self-diffusion of dislocations 

in the CP Ti at all.  

The remelt material displayed a higher strength but significantly reduced elongation in both the net-

shaped and bulk-type conditions. The increase in strength in the remelt material was approximately 50 

– 200 MPa, similar to the 67, 100 and 180 MPa increases in strength of remelted L-PBF titanium alloys 

observed by Ali et al. [187], Wei et al. [190] and Xiao et al. [178] respectively. The strengthening 

mechanisms caused by the remelt scanning strategy are investigated in the following paragraphs 

considering the material homogeneity, grain morphology, oxygen content, residual stress and 

dislocation densities. 

The remelt scan was shown to increase material homogeneity, Section 4.2.1. As Ta acts as a solid 

solution strengthening agent in the α′ phase, a more even Ta distribution may contribute to a higher 

strength. In addition, as the result of increased Ta diffusion, the remelt scan caused the formation of 

small volume fractions of the α′′ phase, Section 4.2.3. The α′′ phase was observed to cause higher 

strengths in alloys with greater than 25 wt.% Ta contents [36]. However, both these possible 

strengthening mechanisms occur in only minor volumes. The α′′ phase was only noted in TEM analysis 

as the volume content was too low to notice in XRD analysis and the remelt scan only caused an 
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approximate 0.5 % reduction in the area of Ta particles. Therefore, the increased material 

homogenisation is unlikely a major contribution to the increase in strength of the remelt material. 

The grain size and morphology was also altered by the remelt scan, as seen in Section 4.2.2. Even 

though there was no statistical difference in the α′ lath width and length between the single melt and 

remelt material, a statistically significant reduction in size of the β grains was noted in the Ti65Ta alloy. 

Hence, the prior β grains of the Ti25Ta alloy, which ultimately determine the martensite lath length, 

were likely slightly refined as well. This difference was possibly not observed in the analysis in Section 

4.2.2 as, due to the difficulty of imaging highly dislocation dense α′ laths, a  smaller region of prior β 

grains was analysed for the Ti25Ta alloy. Nevertheless, the average lath width was seen to decrease 

from 0.45 ± 0.28 µm to 0.30 ± 0.11 µm which equates to an increase in strength of up to 100 MPa, 

using the relationship of lath thickness to strength and the Hall-Petch slope derived by Cao et al. [351]. 

Hence, grain refinement caused by the remelt scan could be a significant contribution to the increased 

strength of the remelt material.  

Furthermore, the remelt scan caused randomisation of lath orientation, Figure 4-7, which may also 

contribute to the lower ductility noted in the remelt scan sample. Slip can occur in α′ Ti through <a> 

slip, <a + c> slip and {101̅1}α′  twinning [369, 370]. However, twinning can be retarded by stacking 

faults and the presence of other phases, such as β, at the twin interface [371]. As the α′ laths are randomly 

oriented and no longer sharing grain boundaries with similarly oriented α′ laths, dislocation pile up 

[164], as well as the retardation of twinning mechanisms, may contribute to the brittle fracture observed 

in the remelt material.  

Oxygen is known to be a strong interstitial strengthening element in Ti, with contents as low as 0.1 

wt.% contributing to 100 MPa in strength [349]. The remelt material is exposed to the atmosphere in a 

molten state for twice the time experienced by the single melt material. The oxygen content analysis of 

printed material in Section 4.1.1 showed an increase of oxygen content in the remelt material of 0.02 % 

in the bulk and 0.07 % at the sample surface. Hence, oxygen enrichment could account for 20 – 70 MPa 

of increased strength in the remelt material and is likely to contribute a higher amount to the net-shaped 

samples than the bulk-type, due to their higher surface area to volume ratio. Furthermore, increases in 

strength in titanium alloys due to oxygen enrichment are also coupled with a strong decrease in ductility, 

as observed in the remelt material. Oxygen enrichment is likely not as strong a contributor to strength 

as grain refinement but cannot be discounted. 

Different residual stress levels in the single melt and remelt material may also contribute to their 

different tensile behaviour. Several studies using identical parameters to the single scan to remelt 

material, as used in this study, reported an increase in residual stress from 22 – 68 % when the remelt 

scan was applied [178, 187, 190]. These studies hypothesised that the cooling rate is increased by the 

remelt scan, as the lower absorption of the laser by the reflective solidified metallic surface causes 
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smaller melt pools and the smaller melt pools cool faster than larger melt pools. A reduction in melt 

pool size was observed in Section 4.2.1 and hence, it is possible that residual stresses are higher in the 

remelt material. However, as residual stress is somewhat relieved during EDM [238-240], it is likely 

that any increased residual stresses are contributing significantly more to the strength of the net-shaped 

samples than the bulk-type samples.  

Finally, increased dislocation concentration in the remelt samples, may also contribute to their higher 

strength. No literature studies have explored the effect of remelting on dislocation density, however 

high dislocation density is common in AM produced materials due to rapid solidification, thermal 

contractions and plastic strains generated from passing through the β transus [164, 226, 372]. If residual 

stresses are increased in the remelt material, it is likely that dislocation density is also increased. 

However, no visible increase in dislocation density could be noted in the TEM investigations in Section 

4.3.2 or through peak broadening in the XRD analysis in Section 4.2  Manero et al. [370] observed that 

increased dislocation density in Ti-6Al-4V facilitated the formation of {101̅1}α′ twins by lowering the 

boundary energy for twin formation. This resulted in an accompanied increase in ductility, which was 

not observed in the remelt material.   

Overall, the remelt material likely displayed a higher strength due to grain refinement, increased oxygen 

content, increased residual stress and dislocation levels. In addition, the ductility of the remelt material 

is likely affected by the oxygen content and the randomisation of the α′ lath orientation, hindering the 

deformation mechanisms of slip and twinning. Despite these changes in mechanical properties between 

the single melt and remelt material, the L-PBF Ti25Ta, in both conditions, performs well when 

compared with other currently used biomedical alloys.   

When compared with L-PBF Grade II CP Ti, the Ti25Ta bulk-type samples displayed a similar strength 

but almost half the elastic modulus, Table 4-9. L-PBF CP Ti displays a yield strength of 353 – 587 MPa 

[201], whilst the Ti25Ta single melt material in this study displayed a yield strength of approximately 

426 ± 14 MPa. A similar strength was also observed in the conventionally produced Ti25Ta (480 MPa) 

[36], suggesting that the grain refinement caused by the fast cooling rates in L-PBF is similar to that 

achieved during water quenching during conventional processing. The Ti25Ta alloy hence does not 

benefit significantly in strength from L-PBF processing, as in other alloy systems.  
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Table 4-9: Comparison of L-PBF Ti25Ta mechanical properties to other biomedical alloys. 

 

In addition to a similar strength to conventionally produced Ti25Ta, the single melt L-PBF Ti25Ta also 

displays a similar elongation. Low ductility is often observed in L-PBF materials, with large reductions 

in ductility noted in CP Ti, pure Ta and Ti-6Al-4V, Table 4-9. The single melt Ti25Ta, on the other 

hand, appears to retain a high ductility, even higher than other recently developed β Ti alloys of TNZS 

and Ti50Ta. The high ductility is promising, suggesting the L-PBF Ti25Ta alloy will be particularly 

beneficial in fatigue, due to its high damage tolerance.  

Furthermore, the L-PBF Ti25Ta displayed almost half the elastic modulus of L-PBF CP Ti. The elastic 

regions of the bulk-type tensile sample curves suggested an elastic modulus of 35 ± 8 GPa and 47 ± 3 

GPa for the single melt and remelt samples, respectively. This supports the analysis of Niinomi et al. 

[27] that tensile testing often underestimates the value of elastic modulus. The ultrasonic modulus value 

was 65 ± 5 GPa for both the single melt and remelt conditions, similar to the resonance vibration value 

from literature of 64 GPa [36]. The tensile modulus does however suggest a higher elastic modulus in 

 

**Note that the values quoted for the strength of CP Ti refer to Grade II with a higher oxygen content than the Grade I CP Ti 

used in this study.  

 Total 

Elongation (%) 

Yield Strength 

(MPa) 

Elastic 

Modulus (GPa) 

Ref. 

L-PBF     

Ti25Ta Single Melt 25 ± 1 426 ± 14 65 ± 5 This work 

Ti25Ta Remelt 11 ± 4 545 ± 9 65 ± 5 This work 

CP Ti (Grade II)** 7 - 22 353 - 587 112  [221] [201] 

Pure Ta 2 450 - 654 - [218] 

Ti-24Nb-4Zr-8Sn (TNZS)  19 563 53 [173] 

Ti50Ta 12 883 76 [221] 

Ti-35Zr-28Nb (TNZ) - 612 57 [213] 

Ti-6Al-4V 1.6 - 11 910 - 1330 94  - 118 [196] 

Conventional     

Ti25Ta  20 480 64 [84] 

CP Ti (Grade I) 30 170 - 241 103 [60] 

Pure Ta 20 - 50 165 - 220 186 [60] 

Ti-24Nb-4Zr-8Sn (TNZS)  15 700 46 [99] 

Ti50Ta 25 375 77 [36] 

Ti-35Zr-28Nb (TNZ) 11 729 64 [373] 

Ti-6Al-4V 10 - 15 795 - 875 105 [54] 
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the remelt material, which was not observed in the ultrasonic modulus testing. This will be discussed 

further with the addition of fatigue hysteresis data in Section 5.1.2. 

Overall, the L-PBF Ti25Ta alloy is promising for low stress implant applications, such as mandible 

plates, due to its similar strength but much lower elastic modulus than CP Ti. However, to assess the 

effect of the remaining partially melted Ta particles on mechanical failure, fractography of the tensile 

samples was conducted. 

 

4.3.3 Ti25Ta Standard Tensile Fractography 

Fractography analysis of the bulk-type tensile samples was undertaken to clarify the mechanisms of 

failure in the L-PBF single melt and remelt Ti25Ta material. A JEOL 7001F FEG SEM was used in 

back-scatter imaging (BSI) mode to identify process-induced defects and remaining partially melted Ta 

particles in the matrix.  

 

Figure 4-16: Fracture surface of Ti25Ta remelt sample showing transition from brittle to ductile fracture zones, as well as 

remaining Ta particles. SE image (a) and BSI (b). Reproduced from [346]. 

 

The fracture surfaces of the bulk-type tensile specimens showed very similar features between the single 

melt and remelt samples, and hence only the remelt sample is displayed in Figure 4-16 in (a) SE and 

(b) BSI modes. Each surface showed a ductile and brittle fracture region, characterised by ductile 

dimples and planar fracture surfaces respectively. The ductile zone encompassed a slightly larger area 

of the fracture surface on the single melt sample, corresponding to its superior elongation.  

Both fracture surfaces showed process-induced porosity and remaining Ta particles. There was a larger 

number of remaining Ta particles observed in the single melt sample, corresponding with the increased 

homogenisation caused by the remelt scan. The BSI image, Figure 4-16(b), highlighted that the 

remaining Ta particles did not correspond with the major deformation sites, such as ductile dimples. In 
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addition, no remaining Ta particles were seen raised above the surface, as if pulled out of the matrix. 

Hence, there was no indication that the Ta particles were contributing to mechanical failure by acting 

as crack initiation sites. Instead, ductile dimples often corresponded with process-induced defects, 

suggesting that the pores acted as sites where cavitation began during plastic deformation.  

 

4.3.4 Ti65Ta Mini-Tensile Testing 

A mini-tensile sample was designed in accordance with ASTM standard E8, to require a maximum of 

40 mm of powder in the Mlab Cusing R powder delivery system, Figure 4-17(a). This procedure 

reduced the volume of powder to be used in the Mlab chamber, while following the designated standard 

to obtain the mechanical properties of the Ti65Ta alloy. Sample blocks of 15 mm × 6 mm × 35 mm, 

Figure 4-17(b), were printed using the optimal parameters determined in Section 3.4, with both the 

single melt and remelt scanning conditions. Both the Ti25Ta and Ti65Ta alloys were printed to allow 

for consideration of the differences in mechanical behaviour caused by the change in part size. The 

samples were tested using a 100 N Zwick ZMART.PRO at a constant strain rate of 0.2 mm/min, with a 

10 mm strain gauge.  

 

Figure 4-17: (a) Mini-tensile sample dimensions, EDM machined from the block in (b). 

 

The Ti65Ta tensile curves displayed a UTS of 776 ± 21 MPa and 949 ± 83 MPa for the single melt and 

remelt conditions, respectively, Figure 4-18(a). Similar to the Ti25Ta material, the higher strength of 

the remelt scan material was coupled with a reduced ductility. Furthermore, the Ti65Ta material 

appeared to have two separate elastic regions and yield points, Figure 4-18(b). The initial yield point 

corresponds to the stress-induced transformation from the β to α′′ phase, and hence the earlier linear 

region is more representative of the modulus of the β phase. The subsequent linear region represents 
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the elastic behaviour of the α′′ and β phases together, as seen in other meta-stable β Ti alloys [374]. The 

stress-induced α′′ formation results in the shape memory effects of β Ti alloys however exploring the 

shape memory properties was deemed beyond the scope of this thesis. 

 

Figure 4-18: Mini-tensile data. (a) Stress-strain curves for Ti65Ta single melt (SS) and Ti65Ta remelt (RS) material. (b) 

Stress-displacement†† curve for Ti65Ta remelt sample, showing double yield points. 

 

The UTS of conventionally produced Ti65Ta is approximately 650 MPa [36]. The L-PBF single melt 

Ti65Ta shows an increase in UTS of approximately 100 – 150 MPa, likely attributed to the grain 

refinement, oxygen enrichment, and higher residual stresses and dislocation densities, caused by L-PBF 

processing, as discussed in Section 4.3.2 in regards to the Ti25Ta alloy. The Ti65Ta alloy, however, 

undergoes a higher increase in strength when L-PBF processed than the Ti25Ta alloy. The grain size of 

the Ti65Ta alloy is more significantly reduced when compared to conventionally produced material. 

Lath width is similar in conventional and L-PBF produced Ti25Ta due to the diffusion-less 

transformation between the β and α′ laths. However, the β grains in conventionally produced Ti65Ta 

were found to be up to 60 µm in diameter by Zhou et al. [36]. EBSD analysis in Section 4.2.2 revealed 

average β grain sizes of 4.8 ± 5.6 µm and 3.3 ± 2.9 µm for the single melt and remelt material, 

respectively. Hence, grain refinement caused by L-PBF processing has a much stronger effect on the 

strength of L-PBF Ti65Ta than L-PBF Ti25Ta.  

The representative tensile curves of the Ti25Ta and Ti65Ta suggested that the two alloys have similar 

strengths, Figure 4-19. The Ti65Ta material also displayed a higher total elongation but similar uniform 

elongation to Ti25Ta. The mechanical properties of each alloy are summarised in Table 4-10. 

Elongation past the uniform elongation point is dependent more upon fracture mechanisms than work 

hardening. Work hardening is almost non-existent in both the Ti25Ta and Ti65Ta alloys due to a high 

dislocation annihilation rate discussed in Section 4.3.2. Sample fracture is caused by nucleation, growth 

 

†† Displacement is used in this graph to visually accentuate the dual yield points.  
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and coalescence of voids. In the both the L-PBF alloys, void nucleation likely corresponds to process 

induced defects, however, in the Ti25Ta alloy brittle failure occurs due to rapid crack propagation along 

the high-density martensite lath boundaries. The Ti65Ta alloy undergoes much more ductile failure due 

to the slower propagation of cracks along the β grain boundaries, which are at a much lower density 

than the martensite boundaries. Furthermore, twinning in the β phase was, observed by Ankem and 

Green to reduce with grain size [375], and hence the grain refinement of the Ti65Ta L-PBF material 

has likely contributed to the lower elongation (13 ± 1 %) than observed in conventionally produced 

Ti65Ta (~20 % [36]).  

 

Figure 4-19: Comparative mini-tensile curves for single melt Ti25Ta and Ti65Ta 

 

Table 4-10: Comparative mini-tensile data for L-PBF Ti25Ta and Ti65Ta. 

 Ti25Ta SS Ti25Ta RS Ti65Ta SS Ti65Ta RS 

 α′ α′ β → α′′ β + α′′ β → α′′ β + α′′ 

Elastic Modulus 

(GPa) 
39 ± 3 35 ± 3 50 ± 6 86 ± 7 64 ± 12 99 ± 10 

Yield Strength 

(MPa) 
710 ± 10 - 212 ± 35 665 ± 45 245 ± 29 888 ± 52 

UTS (MPa) 812 ± 9 > 962 ‡‡ 776 ± 21 949 ± 83 

Elongation (%) 8 ± 1 - 13 ± 1 11 ± 3 

 

 

‡‡ The mini-tensile Ti25Ta remelt samples failed in the elastic region, and hence the yield strength, UTS and elongation were 

unable to be accurately determined for the mini-tensile geometry. 
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The elastic moduli values determined from the slope of the elastic region suggested a higher elastic 

modulus in the Ti65Ta alloy than the Ti25Ta alloy. Similarly, to the standard bulk-type specimens in 

Section 4.3.2, the elastic moduli values determined from tensile testing underestimate the elastic 

modulus compared to the ultrasonic modulus testing method. However, the ultrasonic modulus testing 

did not note a significant increase in the modulus between the Ti25Ta and Ti65Ta alloys, as observed 

in Table 4-10. It is possible that the ultrasonic modulus method was affected by the inhomogeneity of 

the material, as remaining Ta particles may have caused wave scattering. The moduli of each alloy will 

be further discussed in Section 5.1.2, with additional elastic moduli data derived from hysteresis loops 

during fatigue testing.  

It should also be noted that the UTS of the mini-tensile Ti25Ta samples (812 ± 9 MPa) was considerably 

greater than that observed for the bulk-type standard sized tensile samples (509 ± 7 MPa). In addition, 

ductility was reduced significantly from 25 ± 1 % to 8 ± 1 %. The mini-samples were closer in strength 

and ductility to the net-shaped standard sized tensile samples (UTS = 659 ± 36 MPa and elongation = 

10 ± 2%), suggesting similar part size effects contributed to the increase in strength. Recent studies 

show that part size and shape can alter the thermodynamic history of a part and hence affect 

microstructure and mechanical properties [192, 263, 376]. The mini-tensile material likely underwent 

grain refinement and obtained a higher oxygen content than the standard tensile samples, similar to the 

net-shaped standard size samples. Part size effects of the different sized samples was deemed beyond 

the scope of the study, particularly considering that very minor changes in oxygen content and α′ lath 

width contribute significantly to changes in strength in α′ Ti alloys. Measuring methods with sufficiently 

high accuracy to properly analyse these variables were not available for this study. 

The Ti65Ta material shows a similar ultimate strength to the Ti25Ta material, with improved total 

elongation but similar uniform elongation, suggesting that the Ti65Ta material is similarly suitable to 

the Ti25Ta for bone implant applications. Furthermore, the shape memory effects resulting from the β 

to α′′ stress-induced transformation could make the Ti65Ta applicable to other biological applications, 

such as heart stents.  

 

4.4 Chapter 4 Summary 

The microstructure and mechanical properties of the Ti25Ta and Ti65Ta alloys were investigated and 

the effects of the remelt scanning strategy elucidated. The following conclusions can be drawn from 

Chapter 4: 

• Oxygen analysis of the printed material suggested that the remelt scanning strategy caused 

increases in oxygen content of up to 0.07 wt.% oxygen at the remelt sample surface. This 

oxygen content may be minor for some alloy systems however, oxygen is a strong interstitial 
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strengthening agent in Ti alloys and hence the oxygen increase caused by the remelt scan was 

not deemed negligible in this study. 

 

• L-PBF Ti25Ta and Ti65Ta consisted of starkly different microstructures. The Ti25Ta alloy 

displayed an α′ microstructure, consisting of fine martensitic laths, whilst the Ti65Ta alloy 

displayed a full β microstructure, consisting of equiaxed grains. When the remelt scan was 

applied to the Ti25Ta alloy, the α′′ phase was created in high Ta content regions of 40 – 50 

wt.% Ta, due to enhanced Ta diffusion. Nevertheless, α′ was predominantly seen in L-PBF 

Ti25Ta, contrary to the α′′ microstructure seen in conventionally produced Ti25Ta.  

 

• The high Ta content, as well as the remaining partially melted Ta particles in the matrix, 

created an equiaxed grain structure in both the Ti25Ta and Ti65Ta alloys, avoiding columnar 

grain growth. 

 

• The remelt scan caused grain refinement in both the Ti25Ta and Ti65Ta alloys and induced a 

randomised lath orientation in the Ti25Ta alloy, reducing the material texture. Grain 

refinement caused increased strength in both alloys, however the remelt scan also caused a 

reduction in ductility. Reduced ductility was attributed to a combination of increased oxygen 

content for both alloys, as well as randomisation of the lath orientation in the Ti25Ta alloy 

and grain refinement in the Ti65Ta alloy. 

 

• Both the L-PBF Ti25Ta and Ti65T alloys possessed a superior strength to modulus ratio 

compared to L-PBF CP Ti, highlighting their suitability to replace CP Ti in bone implant 

applications. Both the TiTa alloys retained a high ductility when L-PBF processed, promising 

good fatigue performance.  
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Chapter 5 Cyclic Response of TiTa Implants 

 

Understanding the fatigue response of an alloy is critical for their use as implant materials. Implants 

undergo millions of cycles of complex stresses when functioning in the body. It has been highlighted 

in the literature review that AM materials suffer from reduced fatigue life due to high surface roughness, 

internal residual stresses and process-induced defects. In addition, complex geometries such as lattices, 

intensify these effects due to their high surface areas, thin struts and complex stress distributions under 

load. To add further complexity to the design of bone implants, rough implant surfaces are beneficial 

for osseointegration and therefore, a balance between fatigue life and biological response must be met. 

It is important to investigate the new L-PBF TiTa alloys in both solid material and lattice structures 

with their corresponding machined and as-built surfaces, to fully understand the behaviour of AM 

implant materials.  
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5.1 Fatigue Response of Solid Ti25Ta and Ti65Ta 

The fatigue behaviour of the solid Ti25Ta and Ti65Ta alloys, in both the single melt and remelt 

conditions, was first investigated. Sample blocks of 12 mm (x) × 22 mm (y) × 31 mm (z) were printed 

Figure 5-1(a), from the pre-mixed powder compositions and optimised parameters sets detailed in 

Section 3.4. Flat fatigue samples were electro-discharge machined (EDM) from these blocks to the 

dimensions shown in Figure 5-1(b). The flat fatigue sample geometry used is specifically designed for 

sub-sized dimension testing of costly materials and has been used numerously in published works (eg. 

in Aydinoz et al. [377]), despite not yet being captured in an official standard. The sample blocks were 

manufactured The samples were then ground using P1200 SiC paper to remove the surface layer which 

may have been altered by the EDM process. Residual material from the printed block was investigated 

by X-ray computed tomography (Micro-CT) analysis to provide a three-dimensional analysis of the 

material porosity and Ta particle distribution, Figure 5-1(a). 

 

Figure 5-1: Geometry of (a) L-PBF produced blocks and (b) EDM machined flat fatigue samples. Measurements are in mm. 

The position of the X-ray Micro-CT samples cut from the residual block material is shown in (a) (not to scale). Reproduced 

from [378]. 

  

The machined fatigue samples were tested in the low-cycle fatigue (LCF) regime. The LCF regime was 

chosen to investigate the transition between plastic and elastic fatigue response. Any plastic deformation 

should be avoided in implant applications, however, as new AM implants aim to minimise strut 

thickness, plastic deformation becomes a greater risk. Therefore, it is important to understand the 

mechanical signals which denote the onset of cyclic softening. The number of cycles to failure of the 

LCF regime is dominated by crack propagation, as opposed to crack initiation life, which dominates 
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fatigue life in the (very) high-cycle fatigue (HCF) regime [379, 380]. As crack propagation is highly 

affected by material ductility, the low ductility noted in AM materials could lead to fast and sudden 

fatigue failure [232]. In addition, low ductility can also lead to high notch sensitivity, such as seen in 

AM Ti-6Al-4V, resulting in a low resistance to damage and low fatigue performance [233]. Therefore, 

the higher ductility of β Ti alloys noted in Section 2.3.1 suggest a promising improved fatigue 

performance in comparison to AM Ti-6Al-4V.  

However, as the L-PBF Ti25Ta and Ti65Ta alloys still possess remaining Ta particles within their 

matrix, fractography and EDX analysis was also undertaken to support the Micro-CT analysis and to 

determine whether the Ta particles contribute to early fatigue failure and may be a risk for implants.  

 

5.1.1 X-Ray Micro-CT Analysis of Solid Ti25Ta and Ti65Ta 

To investigate the porosity and Ta particle distribution within the material, X-ray Micro-CT analysis 

was performed on 0.7 mm × 0.7 mm × 4 mm sections which were cut from the residual material 

following EDM machining. Analysis was undertaken using a Zeiss Xradia Versa 520 using an 

acceleration voltage of 140 kV, power of 10 W and voxel size of 2.20 µm. Data was reconstructed using 

Avizo 9.4 software and segmented using a grey-thresholding tool, to separate porosity and Ta particles 

from the matrix. Porosity and Ta particles less than 5 µm in diameter were deemed unreliable due to 

the voxel size and hence excluded from the data. The porosity and particle size distributions are 

presented in equivalent diameter (Figure 5-2); the diameter of a spherical particle of the same volume 

of the particle analysed. In addition, Avizo 9.4 software was used to assess the sphericity of the particles 

and pores. The total volume fractions of porosity and Ta particles are displayed in Table 5-1. 
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Figure 5-2: Micro-CT derived equivalent pore diameters of (a) Ti25Ta and (c) Ti65Ta and Ta particle diameters in (b) Ti25Ta 

and (d) Ti65Ta. Adapted from [378]. 

 

Table 5-1: Volume fraction of pores and partially melted Ta particles. Adapted from [378]. 

 Porosity Volume (%) Partially melted Ta 

Volume (%) 

Ti25Ta Single melt 0.15 ± 0.01 2.07 ± 0.01 

Ti25Ta Remelt 0.37 ± 0.01 0.22 ± 0.01 

Ti65Ta Single melt 0.12 ± 0.01 3.26 ± 0.01 

Ti65Ta Remelt 0.03 ± 0.01 0.96 ± 0.01 

 

Internal porosity and defects as a result of AM are known to have a detrimental effect on fatigue life. 

Hence, understanding the porosity size and distribution, as well as the remaining Ta particles is required 

to understand the fatigue performance. Micro-CT analysis showed that the single scan strategy produced 

a material porosity of 0.15 ± 0.01 vol. % in the Ti25Ta materials and 0.12 ± 0.01 vol. % in the Ti65Ta 

material, Figure 5-2(a) and (c). The porosity is evenly distributed throughout the material, with an 

average pore diameter of 15 µm. Few large pores between 30 – 40 µm were detected in either 
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composition. The average sphericity of pores in the Ti25Ta material was 0.96 ± 0.10, whilst the 

sphericity of the pores in the Ti65Ta material was 0.88 ± 0.10. The higher pore sphericity of the Ti25Ta 

material suggests that the pores are more likely due to entrapped gas, whilst the pores of the Ti65Ta are 

more likely due to lack of fusion between the higher content of Ta particles. This suggests that the 

process parameters used for the Ti25Ta material are approaching the keyhole vaporisation mode, 

supported by the remelt strategy porosity data. The remelt scan led to an increase in porosity level to 

0.37 ± 0.01 vol. % in the Ti25Ta material, whilst a decrease of porosity level to 0.03 ± 0.01 vol. % was 

observed in the Ti65Ta. The pore size distribution in each case remained unchanged.  

The initial parameter study in Section 3.4 showed no increase in porosity when the remelt scan was 

applied to the Ti25Ta material. It was however observed that the porosity could increase with the remelt 

scan at scanning speeds below 300 mm/s as the optimal parameter set chosen sits on the boundary 

between the keyhole mode and optimal Ta melting zones. Literature studies have shown the remelt scan 

is capable of increasing porosity [168, 178, 187] and Xiao et al. [178] hypothesised that an increase in 

porosity occurred upon remelting Ti-6Al-4V as heat was not transferred as quickly away from the melt 

pool as in other materials, due to the low thermal conductivity of Ti (22 W/m°C) [77]. The thermal 

conductivity of other commonly processed AM metals such as aluminium (237 W/m°C) [77]  and iron 

(80 W/m°C) [77] are much higher than that of Ti, highlighting that Ti alloys may be more susceptible 

to keyhole formation upon remelt scanning.  

The enhanced susceptibility of Ti alloys to keyhole formation upon remelt scanning does not explain 

why an increase in porosity was seen in the fatigue material, and not in the original parameter study. 

Slight variations to the feedstock powder, part size and machine functionality (such as laser condition) 

may have also contributed to the shift in the optimal printing zone for the Ti25Ta alloy.  

The fatigue sample feedstock powder had been reused 15 times before sample manufacture. It has been 

shown that an increase in oxygen content of the powder can lead to porosity through the presence of 

particle oxides [179]. However, the reused powder chemical analysis, shown in Section 4.1.1, showed 

only a slight variation in some impurities, such as Fe, Al and V, however no increase in oxygen was 

observed. Interestingly, Leung et al. [179] also investigated the remelt scan strategy on high oxygen 

content powder and found that the remelt scan still increased material density by causing liquid flow to 

fill existing pores. Hence, the feedstock powder is unlikely the cause of increased porosity seen in the 

fatigue samples.  

A change in sample shape and size may have also contributed to an increase in porosity. As discussed 

in Section 4.3.4, recent studies showed that part size and shape can alter microstructure, mechanical 

properties and material density, by altering the thermodynamic conditions [192, 263, 376]. A 34 

decrease in scanning area, resulted in a decrease from 0.4 µm to 0.1 µm in Ti-6Al-4V, observed by 

Zhao et al. [376]. In addition, Barba et al. [192] showed that smaller volume parts were more susceptible 
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to defects due to their higher surface area to volume ratio. Sample volume was increased by 3.6-fold 

between the parameter optimisation samples and the fatigue blocks, however the surface area to volume 

ratio decreased from 3.6 to 3.1. Hence, a higher surface area to volume ratio of the fatigue blocks is not 

the cause of increase porosity. Furthermore, investigation of the martensite lath size from showed no 

significant difference in lath width between the parameter optimisation sample and fatigue blocks (0.5 

± 0.3 µm to 0.6 ± 0.3 µm). Hence, the change in sample size and shape between these studies has a 

negligible effect on the microstructure thermodynamic history.  

In conclusion, the minor increase in porosity of the remelt samples was attributed to the original 

optimised parameters lying too close to the vaporisation zone and slight changes in machine 

functionality. A repeated parameter study was conducted to assess the degradation of the laser and is 

presented in Appendix Figure 8-3, which confirmed slight degradation of the laser during the three 

years of study. Despite the minor porosity increase, the density of the remelt Ti25Ta alloy produced for 

the fatigue samples ( > 99.63 %) is still representative of well processed L-PBF Ti alloys [194, 381-

383], and hence, the following discussion will focus on the effect of the remaining Ta particles on 

fatigue performance, as opposed to the porosity.  

The Micro-CT analysis confirmed that the remelt scan was successful at reducing the remaining Ta 

particles in both the Ti25Ta and Ti65Ta compositions, Figure 5-2(b) and (d). The partially melted Ta 

particle concentration was reduced from 2.07 ± 0.01 vol. % to 0.22 ± 0.01 vol. % for the Ti25Ta 

composition, and from 3.26 ± 0.01 vol. % to 0.96 ± 0.01 vol. % in the Ti65Ta composition. These 

measurements agree well with the 0.3 and 1.1 area % calculated in the parameter optimisation study. 

The Ta particles are homogeneously distributed in each sample, supporting that the pre-mixed powder 

method is a viable method for testing different alloy compositions. The Ta particles are also spherical 

in shape, with an average equivalent particle diameter of 22 µm. The size distribution of the Ta particles 

corresponds well with the particle size distribution of the original powder.  

In conclusion, Micro-CT analysis confirmed that the remelt strategy was successful at reducing the 

volume of remaining Ta particles in both the Ti25Ta and Ti65Ta compositions. The single melt material 

showed a similar level of porosity between the compositions; however, the defect sphericity indicates 

different pore formation mechanisms for each alloy. The Ti25Ta composition was more susceptible to 

material vaporisation and keyhole melting, characterised by spherical gas pores and these defects were 

compounded by the remelt scan. The Ti65Ta composition showed more irregular defects indicating 

insufficient melting, however porosity was reduced by the remelt scan, by allowing a second 

opportunity for metal flow. The porosity levels are slightly higher than those obtained in the initial 

parameter optimisation study, due to machine and laser instabilities. The porosity levels are still 

acceptable for well processed L-PBF Ti alloys and will be considered in relation to the fatigue life for 

each material. 
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5.1.2 Low-Cycle Fatigue Life 

The fatigue behaviour of the Ti25Ta and Ti65Ta alloys was investigated using a digitally controlled 

servo-hydraulic load frame, under strain-controlled conditions, with a load ratio of R = -1. Fully 

reversed tension-compression fatigue conditions are representative of some of the complex and most 

demanding implant applications in the body. Strain amplitudes of Δε/2 = ± 0.5 %, ± 0.65 % and ± 0.8 

% were tested to investigate the transition between plastic to elastic material response. A constant strain 

rate of 6 × 10-3 s-1 was applied and an MTS miniature extensometer, with a gauge length of 5 mm, was 

used to accurately record strain values. To avoid buckling of the thin 1.5 mm samples, the load was 

increased stepwise over the first 10 – 25 cycles. Due to the restrictions of costly feedstock materials, at 

least two, but in most cases three tests were conducted for each alloy and scanning condition (single 

melt and remelt). As the curves showed no pronounced scatter, one representative curve is displayed in 

Figure 5-3.  

 

Figure 5-3: Low-cycle fatigue behaviour of (a) Ti25Ta and (b) Ti65Ta. Adapted from [378]. 

 

The fatigue life curves display an initial steady increase in stress amplitude, due to the stepwise increase 

in load. This initial increase is followed by either a stable stress plateau, indicative of full elastic 

behaviour or a slightly decreasing stress level, indicative of plastic behaviour and cyclic softening. For 

the Ti25Ta material, the Δε/2 = ± 0.5 % strain amplitude for both single melt and remelt conditions, as 

well as the single melt sample at Δε/2 = ± 0.65 % show a stable stress plateau. This elastic behaviour is 

also seen in all the Ti65Ta samples, except for the remelt sample at the highest strain amplitude of Δε/2 

= ± 0.8 %. The remaining samples show cyclic softening, suggesting at least minor plasticity and 

indicating the cyclic yield strengths of the materials, Table 5-2. These values are generally in-line with 

the monotonic yield strengths determined through tensile testing, reinforcing the increased strength in 

the remelt material in both alloys. The Ti65Ta remelt material undergoes minor cyclic softening at a 

slightly lower stress than the monotonic determined yield strength likely due to the stress-induced phase 

transformation of β to α′′. 
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Table 5-2: Estimated cyclic yield strengths compared to the monotonic yield strength range determined from standard and 

mini-sized tensile samples. 

 Ti25Ta SS Ti25Ta RS Ti65Ta SS Ti65Ta RS 

Cyclic Yield 

Strength (MPa) 
435 - 540 495 - 690 > 625 605 - 760 

Monotonic Yield 

Strength (MPa) 
426 - 710 545 - 962 665 ± 45 888 ± 52 

 

For both alloys, the remelt material showed a higher stress amplitude response at all strain levels, 

accompanied by a reduced fatigue life. The higher stress amplitude response indicates a combination of 

higher strength and possible higher elastic modulus, whilst the lower fatigue life is likely due to a 

combination of decreased material ductility and the increased stress amplitude testing level. The remelt 

scan was designed to reduce the remaining volume of Ta particles, however the reduced volume of Ta 

particles in the remelt material has not led to an increase in fatigue life, as anticipated. Even at low 

strain levels where crack initiation life dominates fatigue response, the remelt material still shows a 

reduced fatigue life. The exception may be the 0.5 % strain amplitude test of the Ti65Ta material, which 

displayed the same number of cycles to failure for the single melt and remelt material, despite the higher 

testing stress experienced by the remelt material. To help separate the effects of increased strength and 

modulus, from reduced Ta particle concentration, the elastic modulus of each material was calculated 

from the data gradient of the half-life hysteresis loops, Figure 5-4 and Table 5-3.  

 

 

Figure 5-4: Half-life hysteresis loops of (a) Ti25Ta and (b) Ti65Ta. Adapted from [378]. 
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Table 5-3: Elastic moduli values calculated using different methods. 

 Ti25Ta SS Ti25Ta RS Ti65Ta SS Ti65Ta RS 

Cyclic Elastic Modulus (MPa) 65.4 ± 1.9 76.8 ± 3.3 81.1 ± 4.9 96.1 ± 6.5 

Ultrasonic Elastic Modulus (GPa) 65 ± 5 65 ± 5 71 ± 5 67 ± 5 

Monotonic Elastic Modulus (GPa) 35 ± 8 47 ± 3 68 ± 7 §§ 82 ± 12 

 

All testing conditions showed the remelt scan caused an increase in elastic modulus. This increase was 

not observed in the ultrasonic modulus testing, believed to be the more accurate method of modulus 

measurement [27]. It is possible that the ultrasonic modulus method was affected by the inhomogeneity 

of the material, as remaining Ta particles may have caused wave scattering. The larger difference 

between ultrasonic and cyclic modulus measurements was noted in the Ti65Ta composition, which had 

a higher concentration of Ta particles. The monotonic measurements were generally lower than the 

ultrasonic measurements, whilst the cyclic measurements were higher than the ultrasonic 

measurements. Niinomi et al. [27] reviewed studies investigating the modulus measurements of 

different β Ti alloys and found a similar characteristic effect of each testing method. It is concluded that 

the cyclic elastic modulus values likely give the most accurate representation of the elastic modulus of 

the alloys. Though the cyclic modulus values may be slightly overestimated, the cyclic modulus 

measurements more clearly differentiate the alloys and scanning conditions and will be considered as 

the most applicable for the rest of the work.  

The remelt scan strategy caused an average increase of 18 % in the cyclic elastic modulus of both the 

Ti25Ta and Ti65Ta alloys and is likely attributed to enhanced Ta diffusion. Zhou et al. [36] showed 

that an increase in Ta in the α′ phases led to a decrease in elastic modulus, whilst conversely, increasing 

Ta in the α′′ and β phases, led to an increase in elastic modulus. The change in elastic modulus was 

attributed to changes in the lattice volume, either increasing in the case of α′ or decreasing in the case 

of α′′ and β. Decreasing lattice volume results in a higher density crystal structure, and hence higher 

elastic modulus. Therefore, increased diffusion of Ta in the Ti65Ta alloy, leading to a higher density β 

crystal lattice, logically increases the elastic modulus of the alloy. However, the opposite should be 

observed for the Ti25Ta material as it was shown in Section 4.2.3 that the L-PBF Ti25Ta material 

consisted of the α′ phase.  

Here it is considered that the elastic modulus of the Ti25Ta alloy increases with the remelt scan as the 

remelt scan facilitates the formation of α′′ phase on a local scale. Although the compositional boundary 

of α′ and α′′ phases is still disputed, generally the α′′ phase is only noted in compositions between 25 – 

 

§§ The monotonic elastic moduli of the Ti65Ta single melt and remelt material was calculated as an average of 

the two elastic zones noted in Section 4.3.4. 
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60 wt. % Ta [87, 161, 321]. However, the unique inhomogeneity seen in the L-PBF processed material 

leads to the creation of multiple Ta diffusion zones which would meet this compositional requirement. 

The remelt scan, which causes further diffusion of the Ta, may in fact not increase the lattice size of the 

α′ phase, but force formation of the α′′ phase. The α′′ phase has a smaller lattice volume, particularly at 

high Ta contents, and hence a higher elastic modulus [36]. TEM investigations in Section 4.2.3 revealed 

the presence of the α′′ phase only in the remelt material, supporting this hypothesis.  

The increased elastic modulus and strength of the remelt material resulted in a higher experienced stress 

at each strain level for the remelt material. As samples tested at higher forces are expected to fail at a 

lower number of cycles, the remelt material consistently showed inferior fatigue performance to the 

single melt material. Similarly, the Ti65Ta material showed a higher elastic modulus than the Ti25Ta 

material, and hence experienced higher stresses at the strain rates tested. To compare the fatigue 

behaviour of the Ti25Ta and Ti65Ta alloys, samples which experienced a similar stress level of 

approximately 400 MPa were considered.  

The Ti25Ta single melt material had a lower remaining content of Ta particles when compared with the 

Ti65Ta single melt material, but a similar uniform elongation determined in tensile testing, Section 

4.3.4. Both single melt alloys tested at 400 MPa revealed a fatigue life of approximately 10,000 cycles 

to failure. At the lowest stress level of 400 MPa, where crack initiation effect on fatigue life is strongest, 

the lower content of remaining Ta particles did not increase fatigue performance. This suggests that the 

remaining Ta particles are not acting as crack initiation sites. For further alloy comparison, cyclic testing 

of the lattice samples, Section 5.2.6, will be conducted at similar stress levels. 

When comparing the single melt and remelt material, the remelt consistently fails at a lower number of 

cycles, despite its lower remaining Ta particle concentration. Under tensile loading it was observed for 

the Ti25Ta alloy that, the remelt scan increased the material ultimate tensile strength by 19 % but 

reduced the ductility by 56 %. Low ductility has already been highlighted as a major contributor to the 

low fatigue life of L-PBF Ti-6Al-4V, as low ductility causes high notch sensitivity [233] and fast crack 

propagation, due to the reduced plastic zone in front of the crack tip [232]. Hence, failure in both the 

elastic and plastic deformation regions are affected by the decreased ductility of the remelt material. 

For the elastically deformed samples, the remelt scan reduced the fatigue life by approximately 78%, 

whilst for the plastically deformed samples, fatigue life was reduced by a similar 76%, showing a similar 

decrease in fatigue life for both failure mechanisms.  

The residual stress levels in the single melt and remelt samples must also be considered, as residual 

stress has been shown to be detrimental to fatigue life by promoting crack initiation [232, 233, 241, 

242]. Studies show that remelt scanning can reduce residual stress if parameter optimisation is targeted 

at this result [187-189]. However, as previously discussed in Section 4.3.2, several studies reported an 

increase in residual stress of up 68 % when the remelt scan applied had identical parameters to the initial 



Cyclic Response of TiTa Implants 

113 

 

scan [178, 187, 190]. Hence, it is possible that residual stresses are higher in the remelt material and are 

contributing to the reduced ductility and reduced fatigue life of the remelt material.  

Secondly, a difference in dislocation density between the single melt and remelt conditions may also 

contribute to their different fatigue performance. XRD analysis in Section 4.1.2 showed no difference 

in peak broadening between the single melt and remelt conditions, suggesting no significant difference 

in dislocation density. However, the cyclic softening behaviour suggests otherwise. The Ti25Ta single 

melt 0.65 % strain amplitude sample showed a stress response of 423 MPa, close to its monotonic-

derived yield strength of 426 ± 15 MPa. Despite the proximity of the testing stress to the yield stress, 

the Ti25Ta single melt 0.65 % strain amplitude sample showed no cyclic softening. The Ti25Ta remelt 

0.65 % strain amplitude sample, on the other hand, showed a stress response of 498 MPa, much lower 

than its monotonic-derived yield strength of 545 ± 9 MPa, however, showed distinct cyclic softening. 

Enhanced dislocation annihilation during cyclic loading leads to distinct cyclic softening and a higher 

initial dislocation density enhances dislocation annihilation during cyclic loading. Further analysis of 

residual stresses and dislocation densities present in the L-PBF material, before and after EDM, is 

required to further elucidate the effects of the remelt scanning strategy on fatigue behaviour. Methods 

of testing residual stress and dislocation density were deemed beyond the scope of this thesis.   

In conclusion, the Ti25Ta and Ti65Ta displayed similar fatigue behaviours, despite possessing different 

contents of remaining Ta particles. Furthermore, despite the intention of the remelt scan being to reduce 

remaining Ta particles and hence improve mechanical performance, the remelt scan was shown to 

decrease fatigue life due to decreased ductility and possible increased residual stresses. To further 

investigate the effect of the remaining Ta particles on fatigue crack initiation, fractography of the failed 

samples was conducted.  

 

5.1.3 Effect of Partially Melted Ta Particles on Fatigue Life  

The fractured fatigue specimens were analysed using a Zeiss ULTRA GEMINI high-resolution SEM 

with back scattered electron and electron dispersive X-ray detectors to assess the Ta particle distribution 

in relation to fracture features. The fracture surfaces of the Ti65Ta samples showed no notable 

differences to the Ti25Ta samples and hence, only the Ti25Ta samples are shown in Figure 5-5. The 

low strain amplitude single melt and remelt samples, Figure 5-5(a) and (b) respectively, were 

characterised by a stable fatigue crack growth zone (upper right of fracture surface). The striations 

within this zone indicate that the fatigue crack initiated at a process-induced defects at the sample 

surface. The killer defects appear as spherical, ribbed, indentations, about 20 µm in diameter, slightly 

larger than the average defect size (15 µm) detected by Micro-CT analysis (Section 5.1.1). At high 
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strain amplitudes, Figure 5-5(c) and (d), a smaller fatigue crack growth zone is observed in addition to 

multiple crack initiation sites (highlighted by rectangles).  

The killer defects in Figure 5-5 insets (a) and (d) show what appears to be a particle within the defect. 

To assess whether these particles were remaining partially melted Ta, or whether their formation was 

related to the presence of partially melted Ta particles, higher magnification SEM and EDX analysis 

was undertaken.  

 

Figure 5-5: Fracture surfaces of low strain (a) (b) and high strain (c) (d) of Ti25Ta single melt (a) (c) and Ti25Ta remelt (b) 

(d). Adapted from [378]. 

 

The SEM and EDX analysis showed no correlation between remaining partially melted Ta particles and 

the process-induced defects, Figure 5-6. A larger surface area than that depicted in Figure 5-6 was 

investigated, included in Appendix Figure 8-4, and showed no correlation between the Ta particles and 

pores over a larger surface area, but due to shadowing caused by the uneven surface, Figure 5-6 was 

deemed more suitable. Overall, it could be seen that none of the internal pores or surface killer defects 

were related spatially to the remaining partially melted Ta particles. The particles observed in Figure 

5-5 insets (a) and (d) also showed no increase in Ta concentration and reflected the matrix composition. 

Hence, it is suggested that the remaining partially melted Ta particles do not contribute to crack 

initiation. 
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Figure 5-6: The fracture surface of the Ti25Ta single melt sample showing (a) SEM image of pores. (b) A higher magnification 

SEM image of a pore adjacent to a Ta particle, accompanied with EDX analysis showing (c) Ta and (d) Ti distributions. 

Reproduced from [378]. 

 

For the Ta particles to act as fatigue crack initiation sites, they need to cause high stress concentrations 

at the particle-matrix interface. If the particles are strongly bonded within the matrix, stress 

concentrations at the particle surfaces will be low. As the particles are seen to be partially melted, it is 

likely that a strong diffusion zone exists. To further investigate the cohesion of the partially melted Ta 

particles, hardness indentations were used on the polished fatigue sample grips in an attempt to cause 

decohesion of the particles from the matrix. As can be seen in Figure 5-7(a), no decohesion could be 

induced. Figure 5-7(a) inset shows deformation bands within the Ta particle, suggesting the Ta particles 

can deform equally to the surrounding matrix, likely due to their high ductility. EDX line scans 1 and 2 

investigated lengths of approximately 3 µm stretching from the matrix to within the Ta particle and 

showed the Ta diffusion zone was approximately 1.2 µm in width, Figure 5-7(b). Line scan 3 

investigated a slightly smaller distance of only 2.2 µm in total and returned a concentration of 60 wt.% 
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of Ti within the Ta particle. As EDX analysis investigates the first few µm of the material surface, this 

may indicate a Ti cavity in the particle below the immediate surface.  

 

 

Figure 5-7: Cohesion analysis of Ta particles (a) Hardness indents did not induce decohesion between Ta particles and matrix. 

(b) EDX line scans analysis of approximately 2 µm sections, covering the diffusion zone around a Ta particle.   

 

In conclusion, it is unlikely that the remaining Ta particles are acting as crack initiation sites. As the Ta 

particles retain a high ductility, no decohesion occurred between the particles and matrix upon 

deformation. In addition, the distribution of process-induced defects did not correlate to the distribution 

of remaining Ta particles, indicating that Ta particles were also not related to the pore formation 

mechanism. Process-induced defects acted as much higher stress concentrators and hence pores at the 

sample surfaces were the sole crack initiation sites. It is possible that the Ta particles could act as crack 

initiation sites in completely defect free material, however this is very unlikely in AM processing. This 

hypothesis could however be assessed through post-HIP treatment of the material, but this was deemed 

beyond the scope of the present work.  
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5.1.4 Fatigue Performance of TiTa Alloys Compared with other Biomedical Alloys 

The fatigue life of the L-PBF TiTa alloys must be compared to currently used biomedical alloys to 

ascertain whether these new materials will be suitable for replacing the currently used alloys in implant 

applications. To compare the different alloys, the fatigue test stress is normalised by the yield strength 

of the material and plotted against the number of cycles to failure, Figure 5-8. This normalisation helps 

to assess the different alloys regardless of their ultimate strength, which has been shown in the case of 

Ti-6Al-4V, to be often extraneous for the suited application. In addition, normalisation by yield strength 

allows comparison of the solid L-PBF TiTa alloys with porous structures, as many L-PBF biomedical 

materials are tested in this form [60, 225, 252]. However, it must be noted that the samples investigated 

in this study were machined from a block, and hence had a fine machined surface. The porous structures 

are tested as-built, with a much higher surface roughness, and hence likely suffer from roughness 

induced minor performance [197, 229, 230, 248]. The equivalent machined surface data for L-PBF 

produced pure Ta, and CP Ti is lacking. Hence Ti-6Al-4V ELI data for both an as-built sample and 

sample with fine surface finish (Ra = 6.8 µm) [242] are included for comparison. However, the samples 

used in [242] were heat treated to relieve residual stress, whilst the material in the present work was 

not. As discussed in Section 5.1.2, residual stress can also contribute to a reduced fatigue performance. 

The values used to create Figure 5-8 are included in Appendix Table 8-3. Power curves were fitted to 

the data to extrapolate each data set for enhanced comparability.  

 

Figure 5-8: Comparison of the fatigue behaviour of L-PBF Ti25Ta and Ti65Ta with other commonly used biomaterials 

produced by L-PBF. Adapted from [378]. 
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The Ti25Ta and Ti65Ta single melt material perform well in fatigue, inferior only to pure Ta, and 

possesses an elastic modulus approximately one third of that of pure Ta. The fatigue performance of 

the single melt TiTa alloys is also superior to CP Ti at high stresses, likely due to the solid solution 

strengthening caused by the Ta, in conjunction with retained ductility. Furthermore, the elastic modulus 

of the Ti25Ta single melt material is just over half of that of CP Ti, whilst the Ti65Ta single melt 

material displays approximately 80% of the elastic moduli of CP Ti. The remelt material also performs 

well but is outperformed by the single melt material due to its reduced ductility, as discussed in Section 

5.1.2.  

The comparison of the two L-PBF Ti-6Al-4V ELI samples with different surface finishes shows the 

heat-treated fine surface finish (dark green circle) to perform slightly better at lower stresses, whilst the 

as-built material performs better at higher stresses (light green triangle). The finer surface finish reduces 

the number and size of crack initiation sites at the surface of the material, and hence performs better in 

the HCF regime, where crack initiation life dominates fatigue performance. At higher stresses, the 

porous as-built material displays a superior fatigue performance, possibly due to the enhanced strength 

of the as-built material. Unfortunately the as-built yield strength of solid material was not included in 

[60] for comparison. 

However, the surface finish comparison suggests that in as-built condition, the Ti25Ta and Ti65Ta 

compositions would perform slightly worse in the HCF regime. The power curves fitted to the data 

from this study display a much steeper gradient than the literature data, resulting in higher stresses at 

low cycle numbers and lower stresses at high cycle numbers. This is possibly an artefact of curve fitting 

as the Ti25Ta and Ti65Ta data points are more closely positioned than the literature data. The limited 

predictive capability of the power curve highlights the need to test the new TiTa L-PBF alloys in the 

HCF regime, particularly as implants, such as mandible implants, experience well above 106 cycles in 

their lifetime. As lattice structures are desired in the final implant, it was concluded that testing lattice 

structures in the HCF was more valuable than further testing machined solid material.   

In conclusion, the L-PBF Ti25Ta and Ti65Ta material showed excellent fatigue performance for 

biomedical applications. Both alloys showed a reduced elastic modulus when compared with pure Ta 

and CP Ti, without a significant reduction in fatigue performance. Furthermore, the remaining partially 

melted Ta particles did not act as crack initiation sites. The remelt scan strategy was confirmed to 

successfully reduce the number of partially melted particles, but at a cost of material ductility, which 

was detrimental to fatigue performance. To further understand the behaviour of L-PBF Ti25Ta and 

Ti65Ta as biomedical materials, it was determined that analysis of lattice structures was required. 

 



Cyclic Response of TiTa Implants 

119 

 

5.2 Fatigue Response of Ti25Ta and Ti65Ta Lattice Structures 

Additive manufacturing facilitates the manufacture of fine, metallic, lattice structures, near impossible 

to create with conventional machining techniques and which provide great benefits for osseointegration 

of bone implants. Lattice structures not only reduce the elastic modulus of a bulk implant, but also 

provide space for bone ingrowth to encourage bone-implant integration. Exciting new geometries, such 

as triply periodic minimal surface (TPMS) structures, possess surface curvature and optimised 

interconnected pore networks which encourage osteogenic differentiation in stem cells and facilitate 

nutrient flow and tissue migration [290]. The literature investigating TiTa lattice structures is limited 

and focuses on biological compatibility as opposed to mechanical response [219, 384]. However, 

preliminary mechanical investigation by Ghouse et al. [385] found that a randomly distributed 

stochastic lattice manufactured from Ti30Ta had the greatest fatigue strength for a given stiffness when 

compared with pure Ta, CP Ti and Ti-6Al-4V identical structures. It was also highlighted that 

optimisation of laser parameters for lattice structures is critical as scanning parameters can affect the 

notch sensitivity, ductility, porosity and microstructure of the structures.  

To investigate the new TiTa alloys in lattice form, parameter optimisation for new lattice geometries 

was conducted to reduce material porosity and to identify the geometric limits of L-PBF processing 

when creating fine lattice structures. Using the optimised parameters, mechanical testing samples were 

produced, and the microstructure investigated by EBSD analysis. The lattices were then tested in static 

and cyclic testing regimes and compared with identical Ti-6Al-4V lattices investigated by collaboration 

partners in [386]. 

 

5.2.1 L-PBF Parameter Modification for Lattice Structures 

The surface finish of as-built parts is known to be critical to the fatigue performance of lattice structures. 

One scanning parameter that has shown strong effects on both the surface roughness and near-surface 

porosity of L-PBF parts is the contour scan [241, 364, 387]. When a contour scan is applied, the rough 

edges which are caused by the layer-wise process of AM are smoothed, increasing fatigue performance 

[387]. However, if the contour scan applies excessive incident energy, vaporisation can occur, causing 

keyhole defects near the part surface, severely impacting fatigue performance [241, 364].  

Therefore, preliminary investigations into contour scan parameters were conducted, initially using the 

optimised process parameters for the Ti25Ta and Ti65Ta bulk material. A basic BCC lattice, Figure 

5-9(a), was chosen for this investigation, as this lattice geometry has been extensively studied in 

literature [258, 261, 388-390]. Lattice samples were printed with a fast contour (600 mm/s), slow 

contour (200 mm/s) and no contour. Both contour scans had a laser power of 60 W, the optimal contour 
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laser power for Ti-6Al-4V provided by Concept Laser. In addition, the effect of the contour scan on the 

achievable dimensional tolerances was examined, by investigating a range of lattice strut sizes of 0.3 

mm, 0.5 mm, and 0.8 mm. The effect of the remelt scan on dimensional tolerances was also examined 

by replicating the 0.8 mm lattice with the remelt scanning strategy.  

 

Figure 5-9: (a) CAD model of BCC lattice unit cell. The effect of contour parameters on dimensional tolerances investigated 

through (b) image analysis of strut diameter and (c) Archimedes measurements of lattice volume. 

 

The strut diameter was assessed by image analysis and the volume of the printed lattice assessed by 

Archimedes volume measurements. Figure 5-9(b) and (c) show that the printed lattices are much larger 

than the computer aided design (CAD) model, in strut diameter and total lattice volume, respectively. 

However, the different contour scans caused no significant differences in lattice size. Due to the high 

surface area of lattices, it is commonly found that printed lattices show much larger dimensions than 

the CAD file [60, 213, 214, 222, 264]. Partially melted powder particles adhering to the strut surfaces, 

in conjunction with wide melt pools, result in larger strut dimensions than designed, Figure 5-10(a). 

The ‘staircase effect’ also contributes to this geometric mismatch, as layered structures cannot precisely 

replicate overhanging surfaces [391], Figure 5-10(b). The Archimedes measurements, Figure 5-9(c) 

confirmed the increase in lattice size compared to the CAD, however also showed no difference between 

the investigated contour parameters or the single melt and remelt scanning conditions. As the remelt 

scan has been shown to form smaller melt pools due to reduced laser adsorption, the part dimensions 

are not increased by the application of a second laser scan.  

As the designed strut diameter increases from 0.3 mm to 0.8 mm, the increase in strut diameter 

compared to the CAD dimension decreases from 198 % to 114 %, corresponding to an absolute increase 
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of 0.59 mm and 0.91 mm in the 0.3 mm and 0.8 mm struts, respectively. Hence, the finer the struts, the 

larger the deviation from the designed CAD. As the powder particle size in this study ranged between 

5 – 45 µm (see Section 3.4), the maximum strut increase due to adhered powder particles is likely only 

0.05 mm, much smaller than the observed absolute increase. Hence, it is more likely that the wide and 

deep melt pool formed in the TiTa material, due to the high laser power and low scan speeds used, is 

contributing more strongly to the dimensional inaccuracy. Indeed, the single laser track analysis (see 

Section 3.3) showed melt pool widths of 147 ± 20 µm and depths of 65 ± 20 µm at scan speeds of 300 

mm/s. For any individual layer, the large melt pool width could be expected to increase the surface area 

diameter by approximately 75 µm on each side, hence 0.15 mm in total. Hence, the major contribution 

to the increased strut diameter is likely due to the melt pool depth, in conjunction with the ‘staircase 

effect’. The BCC structure only possesses angled struts and with a melt pool depth covering almost 

three powder layers, the ‘staircase effect’ increases the thickness of the struts by up to 3 times in the 

case of the 0.3 mm struts. 

 

Figure 5-10: (a) Strut formation mechanism showing dimensional limitations due to melt pool size and powder adhesion. 

Reproduced with permission from [228] (b) The staircase effect resulting in discrepancy between CAD and fabricated strut 

size on diagonal struts. Reproduced with permission from [391]. 

 

To improve the dimensional accuracy of printing in TiTa alloys, it is likely that a higher laser power is 

required, than available on the current research equipment. The Mlab Cusing R has a maximum laser 

power of 100 W, restricting the parameter optimisation possible in this study. With a wider range of 

laser powers available, it is likely that improvements could be made to the dimensional accuracy of the 

optimal Ti25Ta and Ti65Ta process parameters by further adjusting the melt pool width and depth. A 

study by Sing et al. [227] investigating a statistical approach to parameter optimisation for lattice 

structures found the dimension lattice of struts produced in Ti50Ta were most affected by laser power, 
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as opposed to layer thickness and scanning speed. Hence, lattice dimensional accuracy of TiTa lattices 

could be improved by future investigations with a larger range of laser powers. 

In addition to dimensional accuracy, the effect of the contour scan on the lattice porosity and partially 

melted Ta particle volume was assessed by cross-sectioning, polishing and imaging lattice nodes, Figure 

5-11. There was little difference noted in the porosity level between the different contour scans in the 

single melt material. A density of ~ 99.0% was achieved with all contour conditions, however the 

sample with no contour showed a smaller standard deviation in porosity level, as the contour scan can 

cause irregular large pores at the edge of samples, Figure 5-11(c). The remelt scan caused an increase 

in porosity for all conditions, suggesting that the energy density of the bulk processing parameters is 

too high for the small volume of the lattice strut. A lower overall density was also seen in the lattices 

(~99.0%) when compared with the parameter optimisation cubes (~99.9%). As the lattices have a higher 

surface to volume ratio compared with the cubes, they suffer more from contour induced porosity. To 

reduce keyhole vaporisation in the lattice struts, the laser scan speed should be increased. 

 

 

Figure 5-11: Effect of contour parameters on the area % of (a) porosity and (b) partially melted Ta particles. Optical 

micrographs of the lattice cross-sections displaying (c) contour scan induced porosity and (b) the higher area % of partially 

melted Ta particles in absence of a contour scan.   
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The level of remaining partially melted Ta particles was also affected by the type of contour scan, Figure 

5-11(b). The slow contour scan, with the highest energy density, returned the lowest level of remaining 

partially melted Ta of 1.0 ± 0.4 %, whilst the fast contour and no contour conditions showed similar 

levels of Ta at 1.9 ± 0.6 and 2.1 ± 0.5 %, respectively. The remelt scan reduced the unmelted Ta in all 

contour conditions, due to the second opportunity for Ta melting, but could only reduce the level to 0.9 

± 0.3 %. A higher level of remaining Ta in the lattice samples, as opposed to the cubes (single melt = 

0.7 ± 0.2 % and remelt = 0.3 ± 0.2 %), using identical scanning parameters, suggests that the lower 

volume and faster cooling rate of the lattice struts increases the difficulty of fully melting the Ta. 

However, as porosity was deemed more critical than the remaining partially melted Ta level in fatigue 

performance, the optimal parameters for printing lattice structures in TiTa should likely err on the side 

of insufficient Ta melting, as opposed to keyhole vaporisation. The fast contour scan parameters were 

chosen for further lattice analysis. 

 

5.2.2 FCCZ Lattice Type Selection 

Preliminary investigations into contour parameter selection using the BCC lattice structure showed that 

keyhole vaporisation was occurring in the centre of the struts, as well as being enhanced at the overlap 

between the contour scan and inner surface scan. Hence, the single melt parameters needed re-

optimisation for the thin strut geometry of lattice structures.  

The BCC lattice is a widely investigated structure [258, 261, 388-390], however, the lack of supporting 

material in the z-direction results in poor compressive performance [258]. Hence, the lattice geometry 

was changed to an FCCZ unit cell, Figure 5-13(a). The FCCZ structure shows promising stretch-

dominated behaviour, with high specific compressive strength, due to the presence of vertical struts, 

and a superior stiffness-to-weight ratio [258, 392]. This lattice geometry also facilitates the use of data 

produced by collaborators, which investigated the FCCZ structure printed in L-PBF Ti-6Al-4V and 

316L [386]. An identical lattice geometry to those produced by Brenne et al. [386], using a 2 × 2 × 2 

mm unit cell, a nominal strut diameter of 0.35 mm and a 10 mm cube edge length, was used to directly 

compare the mechanical properties of the new TiTa alloys to Ti-6Al-4V, without requiring the 

reproduction and testing of the Ti-6Al-4V structures. The new FCCZ geometry required parameter 

optimisation specific to the structure and hence, the effect of laser speed on porosity and remaining Ta 

content was investigated. 
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Figure 5-12: The FCCZ lattice structure (a) was manufactured at different scan speeds and (b) the strut diameter measured. 

 

Adjusting the laser scan speed showed no significant change in the average strut diameter, Figure 

5-12(b), agreeing with the statistical parameter optimisation study by Sing et al [227]. The single melt 

and remelt struts showed average strut diameters of 542 ± 33 µm and 569 ± 26 µm respectively, 80% 

and 85% larger than the CAD dimensions. Whilst no increase in strut diameter was observed when the 

remelt scan was applied to the 0.8 mm BCC lattices, a small increase in strut diameter was noted for 

the FCCZ structure. The increase is minor, approximately 5 % or 25 µm, and is hence was not likely 

detected on the larger 0.8 mm struts. As the melt pool formed by the remelt scan is smaller than that of 

the initial scan, the increase is likely caused by additional powder adhered to the strut surfaces. As noted 

in Section 4.3.2, as the remelt samples are hotter when the new powder layer is spread by the powder 

spreading blade, more powder particles tend to stick to the remelt part surface, particularly on the side 

the facing the powder spreading blade. The strut size increase or 25 µm falls within the particle diameter 

range of the powder.  

When cross-sectioned and polished, the lattices showed densities ranging from 99.9 to 98.9 %, Figure 

5-13(a). The highest density occurred in the single melt lattice at the highest scan speed of 600 mm/s, 

suggesting that the low scan speeds were applying too much laser energy and hence contributing to the 

porosity seen in the BCC lattices. In addition, the remelt scan increased porosity at all scanning speeds 

and showed a much larger standard deviation. The remelt scan enhances porosity in the lattices, often 

in the form of large pores near the strut surfaces, Figure 5-13(e). 
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Figure 5-13: Effect of scan speed on (a) density and (b) partially melted Ta particles in FCCZ lattice structures. Optical 

micrographs (c) and (d) show the lattice node cross-section produced at low and high scan speeds respectively, for the single 

melt strategy. (e) and (f) show the low and high scan speeds respectively, for the remelt scan strategy.   

 

The level of unmelted Ta decreased with decreasing scan speed and the remelt scan successfully reduced 

the amount of Ta particles, however to a lesser degree than seen in the optimisation cubes, Figure 

5-13(b). As the lattices possess more diagonal surfaces, the deep melt pool does not penetrate as much 

material to enhance Ta melting. The highest scan speed of 600 mm/s was chosen for manufacture of 

the mechanical testing samples as this speed gave the lowest porosity in the single melt material. It is 

likely that an even higher scan speed would have reduced porosity further, however optimisation of 

lattice process parameters is a research field within itself, and other promising advancements, such as 

the use of a pulsed laser [214, 393], would likely be more effective at reducing the defect concentration 

seen in lattice struts. Hence, further optimisation of the lattice process parameters was deemed beyond 

the scope of this study. In addition, as the optimal process parameters determined for the Ti25Ta and 

Ti65Ta material where only different by 50 mm/s for the original cubic samples, it was decided that the 

parameters for the Ti25Ta lattices would also be suitable for the Ti65Ta lattices. 

 

5.2.3 Geometric Characterisation of FCCZ Lattices 

The FCCZ lattices were adapted with the addition of grips for mechanical testing, Figure 5-14(a). 

Samples were printed in Ti25Ta and Ti65Ta, using the 600 mm/s scan speed, fast contour and both the 

single and remelt scanning conditions, Figure 5-14(b). In Section 5.2.2 it was noted that the printed 

struts were larger than the CAD designed struts due to the wide melt pool, staircase effect and adhered 

powders. In addition, work by Brenne et al. [386] on identical Ti-6Al-4V mechanical samples showed 
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that geometric deviations occurred at the top lattice-grip interface, due to insufficient support from the 

lattice to create a horizontal solid layer. Therefore, to assess the geometric deviations, the mechanical 

testing lattices were examined by Archimedes density measurements and SEM observations.  

 

 

Figure 5-14: FCCZ lattice mechanical testing sample (a) CAD model and (b) L-PBF produced. 

 

The volume of the mechanical testing lattices was measured by the Archimedes method. Each sample 

was weighed, then washed in a solution of water and ethanol in a 7:3 volume ratio, before weighing 

submersed in distilled water. The theoretical volume of the grips was then subtracted from the measured 

volume, to determine the volume of the printed lattice. The printed lattices were found to be almost 

three times the volume of the CAD file (Table 5-4). No significant difference in volume was noted 

between the Ti25Ta and Ti65Ta compositions, however the volume of the remelt scan samples (0.45 ± 

0.04 cm3) was slightly greater than the single melt samples (0.43 ± 0.03 cm3). This agrees with earlier 

findings which showed a larger strut size caused by the remelt scan. 

 

Table 5-4: Volume of mechanical testing lattices measured by Archimedes method. 

 Single Melt Remelt 

CAD Volume 0.35 mm strut lattice (cm3) 0.13 

Measured Volume 0.35 mm strut lattice (cm3) 0.43 ± 0.03 0.45 ± 0.04 

Measured Strut Diameter (µm) 581 ± 41 598 ± 42 

Equivalent CAD Volume (cm3) 0.31 0.32 

Residual Volume (cm3) 0.12 ± 0.03 0.13 ± 0.04 
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SEM imaging was used to investigate the position of the extra volume of material within the lattice. 

Strut diameter measurements were similar to those observed in Section 5.2.2, with the single melt and 

remelt samples showing 591 ± 41 µm and 598 ± 42 µm strut diameters, respectively. The diagonal struts 

were on average 8 % larger in diameter than the vertical struts as a result of the staircase effect. The 

downward facing side of the strut has increased irregularity and adhered powder, however, there is little 

difference in the surface quality between the single melt and remelt conditions, Figure 5-15(a) and (b). 

When the measured strut diameter is mimicked in CAD, the total lattice volume only reaches 0.31 - 

0.32 cm3, still under the measured lattice volume. Hence, the remaining volume is likely associated with 

the geometric instabilities at the top lattice-grip interface, Figure 5-15(c) and (d). 

 

Figure 5-15: SEM surface analysis of (a) single melt and (b) remelt scan diagonal struts. (c) Top lattice interface showing 

geometric inconsistencies and (d) adhered powders. 

 

The top lattice-grip interface is has not formed accurately due to the lack of supporting structures. The 

horizontal grip surface has almost entirely filled the adjacent lattice cavity with partially melted material 

and adhered powders, resulting in the residual volume detected by Archimedes testing. A similar 

geometric inconsistency was observed by Brenne et al. [386] which interestingly did not result in this 

region becoming the critical point of failure. In fact, the extra material caused unintentional but effective 

filleting of the sharp corners, and hence the top interface was shown to be less likely to cause failure 
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than the bottom interface. Methods to remove this type of geometric inconsistency involve the use of a 

gradient lattice structures which become smaller and hence more supportive when approaching 

horizontal surfaces. A software which automatically designs gradient lattice structures near potential 

geometric deformities could be valuable for implant manufacture and could be investigated as future 

work.  

A small amount of extra material was also noted on the corner of the bottom lattice-grip interface, which 

faced the powder spreading blade during printing, Figure 5-16. The remelt scan increased the amount 

of adhered extra material, which also resulted in an outer ridge forming on the bottom lattice-grip 

surface, Figure 5-16(b). This outer ridge may act as a crack initiation site and should be kept in mind 

during mechanical testing.   

 

Figure 5-16: Geometric defects observed on the bottom corner facing the powder spreading blade for (a) single melt and (b) 

remelt scanning conditions. 

 

In conclusion, both the Ti25Ta and Ti65Ta lattices show geometric deviations from the CAD file, with 

larger strut sizes and geometric defects at the top lattice-grip interface. The extra volume of material 

should be considered when investigating the mechanical properties of the lattices, instead of using the 

CAD relative density to calculate stress and strain. To further understand the mechanical behaviour of 

the TiTa lattices, the microstructure within the struts should be characterised.  
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5.2.4 Microstructure of FCCZ Lattices 

A representative sample from each build plate of FCCZ mechanical testing lattices was cross-sectioned, 

ground using grades 180 - 4000 SiC paper and polished using OPS solution, in order to image the 

microstructure within the lattice struts. However, due to the complex nature of the structure, only the 

Ti65Ta samples could be sufficiently polished for EBSD analysis. The highly dislocation dense α′ laths 

in the Ti25Ta material returned poor indexing rates. However, the microstructure of the Ti65Ta lattice 

provides insight into the prior β grain size of the Ti25Ta material, and hence the α′ lath length can be 

estimated. EBSD analysis was conducted using a JEOL 7001F FEG SEM, with a 20kV accelerating 

voltage and step size of 0.4 µm for both the single melt and remelt material.  

The heat flow along thin lattice struts from the melt pool to the cold build plate has been shown to 

induce long columnar and textured grains, which is enhanced the thinner the struts become [255]. 

Thinner struts are created by a much shorter laser scan length and result in a much stronger vertical 

thermal gradient than longer scan lengths, where the thermal gradient is tilted slightly in the direction 

of the laser scan. The elongated grains in thin struts cause anisotropic mechanical behaviour of the 

lattices and introduce weak points, where a single grain can span an entire diagonal strut. The 0.35 mm 

struts used in the current study showed no grain elongation in either the single melt (Figure 5-17) or 

remelt (Figure 5-18) Ti65Ta material.  

The microstructure of the Ti65Ta material is similar to the microstructure seen in the parameter 

optimisation cubes (Section 4.2.2), with equiaxed grains and no texture. Even with the enhanced thermal 

gradient, the solidification rate of the Ti65Ta material is high enough to avoid epitaxial grain growth. 

This is attributed to constitutional supercooling and remaining Ta particles aiding grain nucleation. 

However, the grains of the single melt lattice appear less regular than those of the single melt parameter 

optimisation cubes, Figure 4-9. It is hypothesised that the faster cooling rates caused by the thin lattice 

struts results in grain formation being more heavily disrupted by the remnants of Marangoni flow in the 

melt pool, as well as remnants of the microstructure within the original powder particles. The grain 

structure of the remelted lattices shows more regular grain shapes and the melt pool shape is more easily 

discerned, Figure 5-18. Grain formation in the smaller pools, formed during remelt scanning, is less 

susceptible to Marangoni flow and no new powder particles are added to create new independent 

microstructure regions.  
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Figure 5-17: Microstructure of Ti65Ta single melt mechanical testing lattice. 
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Figure 5-18: Microstructure of Ti65Ta remelt mechanical testing lattice. 

 

Niendorf et al. [255] highlighted a difference in microstructure between the nodes with vertical 

members (Figure 5-18 (4)) and the diagonal struts (Figure 5-18 (1)) printed in FCCZ lattices of 316L 

stainless steel. The nodes with vertical members tended to show long elongated grains parallel to the 

building and heat flow directions. The diagonal struts, on the other hand, showed elongated grains tilted 

parallel to the strut direction, as the direction of heat flow is toward the diagonally placed pre-solidified 

layer of material, and not directly in the build direction. Both the strong vertical grain structure at nodes 

with vertical members, and the tilted elongated grain structure in diagonal struts, was not seen in the 
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Ti65Ta material. The lack of directional grain formation highlights that grain formation is driven by 

chemical as opposed to thermal solidification mechanisms in the TiTa alloys, promising isotropic 

mechanical properties. 

For FCCZ lattices, it is known that failure occurs predominantly due to buckling of the vertical struts, 

which are directly parallel to the force direction. Hence, vertical elongation of grains in the vertical 

struts strongly reduces the compressive and tensile strength of FCCZ lattice structures [255]. The 

vertical struts of the Ti65Ta FCCZ lattices showed only minor elongation of grains in the building 

direction, Figure 5-18(2), suggesting the equiaxed microstructure of the Ti65Ta material could show 

superior compression and tension behaviour compared with other materials which undergo epitaxial 

growth, such as pure Ta [224].  

The microstructure of the remelt scan mechanical testing lattice showed areas of refined grains, 

consistent with previous results, as well as some elongated grains in the vertical strut and vertical strut 

node, Figure 5-18(2) and (4). The smaller melt pool induced by the remelt scan strategy likely enhances 

the thermal gradient, as suggested in [178, 187, 190] increasing the likelihood of elongated grain 

formation. However, the area of these elongated grain regions is still very minor and unlikely to lead to 

anisotropic mechanical behaviour. The average grain size is also reduced compared with the single melt 

material, from 6.4 ± 6.0 µm to 5.3 ± 5.1 µm. However, this decrease is small, contributing to 

approximately 10 - 15 MPa in strength when modelled by the Hall-Petch relationship observed by Brice 

et al. [394] in L-DED Ti alloys and Cao et al. [351] in L-PBF Ti-6Al-4V, and hence unlikely to 

contribute significantly to an increase in strength of the remelt lattice samples.  

The average β grain size of the Ti65Ta lattice struts was compared with the previously manufactured 

Ti65Ta bulk samples in Section 4.2.2. The average β grain size in the lattice struts was 6.41 ± 6.01 µm, 

slightly larger than that of the bulk samples (5.65 ± 5.33 µm). The thermodynamic conditions 

experienced by the lattice structures and bulk samples differ due to the difference in material volume, 

geometry and the change in processing parameters for each sample type. The smaller volume of lattice 

struts, coupled with their larger surface area and the higher scan speed parameters suggest higher 

cooling rates, which should lead to a decrease in grain size. As there is little to no difference in grain 

size between the two sample types, it is likely that chemical factors, such as constitutional supercooling, 

are much more dominant in solidification than thermodynamic factors. This is supported by the 

similarity of microstructure morphology noted in the different regions of the lattice.  

In conclusion, the microstructure of the FCCZ TiTa struts was equiaxed, despite the thermal conditions 

of printing thin struts favouring the formation of long, elongated grains. The TiTa lattices will hence 

likely display isotropic behaviour and not suffer from mechanical weak points caused by single grains 

spanning an entire strut, or large concentrations of vertical grains oriented parallel to the building 
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direction. Slight grain refinement was still caused by the remelt scan, however the refinement was likely 

too small to contribute significantly to lattice strength.  

5.2.5 Static Testing of FCCZ Lattices 

Understanding the static strength of the FCCZ lattice structures is important to tailor them to the correct 

biological application. Hence, three FCCZ lattices were tested for each material and scanning condition 

(single melt and remelt) under both tension and compression and the data compared directly to identical 

lattices produced in Ti-6Al-4V from the work of Brenne et al. [386]. A displacement-controlled screw-

driven load frame was used at a speed of 2 mm/min until fracture for tensile testing or until -30 % strain 

for compressing testing. The mechanical data was further supported with digital image correlation 

(DIC) analysis. Testing was stopped at 0.1 mm and 0.5 mm displacement increments for tension and 

compression respectively for images to be taken with a Nikon D60 digital camera, with a 10 megapixel 

resolution. 

As the strain cannot be measured using an extensometer, the lattice strain was calculated as one tenth 

of the displacement, as the gauge length of the lattice was 10 mm. Brenne et al. [386] calculated the 

relative stress of each lattice structure using the designed density of the FCCZ unit cell structure, 10.37 

%. The lattice stress was calculated as in Eq. 6, where F is measured force, A equal to 10 × 10 mm2 

and ρ* is the designed density of the FCCZ unit cell.  

 

However, Section 5.2.2 showed that the printed struts and lattice volume were larger than designed in 

the CAD file. Hence using the designed FCCZ lattice density to calculate the lattice stress will likely 

overestimate the stress experienced during testing. On the other hand, using the measured lattice density 

from Section 5.2.2 will likely underestimate the stress, as a large portion of the increased lattice volume 

is due to areas filled with partially melted or adhered particles (Figure 5-15), unlikely contributing 

structurally to mechanical loading. As it is difficult to assess the exact volume of structural solidified 

material in the lattices without post-processing techniques, which would influence the surface quality 

of the parts, both the underestimated and overestimated stresses will be considered in the following 

analysis, to give a range of expected strength. The measured lattice density will be used initially to 

compare between the Ti25Ta and Ti65Ta material, whilst the designed lattice density will be used to 

compare to the Ti-6Al-4V data provided by Brenne et al. [386]. 

The tensile curves for the Ti25Ta single melt and Ti25Ta remelt lattices, calculated using their measured 

lattice density, showed very similar behaviour, reaching an ultimate tensile strength of approximately 

150 MPa and elongation of 4 %, Figure 5-19(a). Only a slight difference was noted between the single 

 𝜎∗ =
𝐹 / 𝐴

𝜌∗ 
 (6) 
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melt and remelt lattices, with the remelt sample showing a marginally higher tensile strength before 

failure, 148 MPa compared with 141 MPa. This increase is minimal and falls within the standard 

deviation of the repeated testing.  

 

Figure 5-19: (a) Tensile curves of Ti25Ta single melt and remelt FCCZ lattices calculated using the Archimedes measured 

relative density, accompanied by (b) DIC analysis. 

 

The DIC analysis showed the maximum strain occurred in the vertical struts, Figure 5-19(b), agreeing 

with results observed by Mazur et al. [258] and Brenne [386] who explored the tensile behaviour of the 

FCCZ structures through finite element modelling and experimentally with Ti-6Al-4V structures, 

respectively. The diagonal struts of the FCCZ lattice aligned at 45 ° to the force direction experience 

lower strain and hence the node acting as the intersection of four diagonal struts is not critical to failure. 

The six-strut nodes, which contain vertical elements, are much more likely to cause failure and are 

observed to be the points of fracture for both the single melt and remelt Ti25Ta material, highlighted 

with red rectangles in Figure 5-19(b). Only one of the Ti25Ta single melt lattices failed elsewhere; 

through the six-strut node plane, one unit cell below the top lattice-grip interface, Figure 5-21(d).  

However, the increased strain in the vertical struts and nodes was not seen equally throughout the entire 

lattice. Each sample fails where the six-strut node intersects with the bottom grip. Failure at the bottom 

lattice-grip interface appears to be caused by a combination of the geometric defects of the printed 
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lattices, noted in Section 5.2.3. The bottom lattice-grip interface is formed more accurately than the top 

lattice-grip interface, and hence has less material to carry load. In addition, the more accurately formed 

bottom lattice-grip intersection possessed sharper node-grip intersections, with higher stress intensity 

factors. The decrease in geometric accuracy at the top lattice-grip interface has led to the accidental 

formation of an almost functionally graded structure. Functionally graded structures are promising for 

biological applications as they allow tailoring of mechanical properties within regions of implants and 

studies have shown failure consistently initiates at the thinnest struts of the structure [261, 395, 396]. 

In addition, the adhered material acts similar to a fillet, dispersing the stress concentration at the sharp 

node-grip intersection. Finite element simulations of FCCZ structures under tensile and compressive 

stress by Mazur et al. [392] showed high stress concentrations in this area and it was suggested that 

filleting could improve lattice mechanical properties.  

The tensile curves for the Ti65Ta single melt and remelt material, showed similar strength to the Ti25Ta 

material with a UTS of 140 and 150 MPa, respectively, occurring at 4 % strain, Figure 5-20(a). Whilst 

the Ti25Ta material showed a sudden fracture, the Ti65Ta material showed gradual strut failure with 

increased elongation to 8.8 and 8.3 % for the single melt and remelt lattices, respectively. The gradual 

strut failure can be attributed to the higher total elongation of the Ti65Ta material, with crack 

propagation occurring much more slowly through each  individual strut. The remelt scan had been 

previously shown to decrease ductility, both in tensile and fatigue testing of the solid material, and 

hence here slightly decreases the total elongation by 0.5 %. Similar to the Ti25Ta material, the remelt 

scan caused a very slight increase in the lattice UTS, and whilst this increase is again within the standard 

deviation of the testing samples, the remelt scan likely causes a minor but consistent higher lattice 

strength. As only approximately 1 µm difference in β grain size existed between the single melt and 

remelt lattice microstructures noted in 5.2.4, the slight increase in strength is likely due to a small 

increase in oxygen content, residual stresses and dislocation density in the remelt samples. 
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Figure 5-20: (a) Tensile curves of Ti65Ta single melt and remelt FCCZ lattices calculated using the Archimedes measured 

relative density, accompanied by (b) DIC analysis. 

 

The DIC analysis again showed the highest strain occurring in the vertical struts, and failure initiating 

at the bottom lattice-grip interface, with high stress concentrations between the diagonal struts and 

horizontal grip, Figure 5-20(b). In addition, failure occurred consistently at the bottom lattice-grip 

intersection, mimicking the failure of the Ti25Ta lattices. Lattice failure often occurs as a combination 

of surface and geometric defects [397] and microstructure [255], however the starkly different α′ and β 

microstructures appear to have no effect on the lattice failure. It was hypothesised that the sharp 

microstructural interfaces, caused by the fine α′ laths in the Ti25Ta may act as stress concentrators, 

enhancing crack initiation. However, as the Ti25Ta and Ti65Ta material failure modes are identical, it 

is unlikely that the microstructure is contributing significantly to failure. The geometric defects noted 

in Section 5.2.3 are much more dominant causes of failure. 

To compare to the Ti-6Al-4V lattices investigated by Brenne et al. [386], the tensile stress of the Ti25Ta 

and Ti65Ta lattices was recalculated using the designed FCCZ lattice density, altering the Ti25Ta and 

Ti65Ta material strengths to 580 – 630 MPa and 583 – 643 MPa, respectively, Figure 5-21(a) and (b). 

There is a larger deviation between the single melt and remelt material performance when the designed 

lattice density is used, as the increase in volume of the remelt material is no longer considered, giving 

the remelt material a slightly misleading higher strength. In addition, no Archimedes density data was 
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provided by Brenne et al. [386], however using images from the referenced work, the strut size of the 

Ti-6Al-4V lattices was found to be ~ 550 µm in size, suggesting a similar increase in lattice volume to 

the Ti25Ta and Ti65Ta materials, and supporting the designed lattice density comparison.  

 

Figure 5-21: Tensile curves of FCCZ lattice structures for (a) Ti25Ta, (b) Ti65Ta and (c) Ti-6Al-4V data  from [386]. (d – i) 

show the mode of fracture for each alloy, with the fracture strain indicated in the bottom right corner. 

 

The comparative Ti-6Al-4V FCCZ structures were tested in both as-built (solid blue line) and heat-

treated (dotted blue line) conditions. In addition, the behaviour of a BCC bending dominated structure 

is also presented (green lines). The as-built Ti-6Al-4V consisted of 4 µm α′ laths, whilst the heat-treated 

sample consisted of 100 µm sized α grains with a small and unquantified volume of β phase. The heat-

treated samples however had much reduced internal stress [386]. The UTS of the Ti-6Al-4V as-built 

and heat-treated lattices was 100 MPa and 450 MPa respectively, with a total elongation of 2 %, Figure 

5-21(c). The Ti-6Al-4V as-built samples failed at the six-node strut, one unit cell from the top lattice-

grip interface, Figure 5-21(h), whilst the heat-treated samples failed at the bottom lattice-grip interface, 

Figure 5-21(i). 

The higher ductility of the L-PBF TiTa alloys results in superior tensile behaviour compared to the Ti-

6Al-4V lattices. The UTS of the Ti25Ta and Ti65Ta material was approximately 600 MPa, exceeding 

the as-built and heat-treated Ti-6Al-4V conditions, 100 MPa and 450 MPa, respectively. The extremely 
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low ductility of the as-built Ti-6Al-4V resulted in sample failure before reaching the UTS, as solid as-

built Ti-6Al-4V has been shown to reach strengths of 1200 MPa, however with low elongations of 1.7 

% [358]. When in lattice form, surface defects become more critical to failure and the low ductility of 

Ti-6Al-4V results in an extremely low notch resistance and hence premature tensile failure. When the 

Ti-6Al-4V is heat treated, the α′ microstructure is replaced with a more ductile α phase, but with a much 

larger grain size. The tensile strength of the Ti-6Al-4V lattice increases from 100 to 450 MPa with heat 

treatment, caused by a reduction in residual stress and increased in ductility, however not sufficiently 

to achieve as high strength as the TiTa lattices.  

The Ti25Ta tensile curves are most closely matched in shape to the Ti-6Al-4V FCCZ heat-treated curve, 

whilst the Ti65Ta curves are more similar to the Ti-6Al-4V BCC curves. The BCC lattice is a bending 

dominated structure and increased ductility results in the diagonal struts orienting in the force direction 

and hence, increasing the load carrying capacity of the structure [390]. Hence, the heat-treated BCC Ti-

6Al-4V lattice achieves a higher stress than the as-built BCC lattice. The BCC lattice generally shows 

a greater capacity to deal with strain than the FCCZ lattice, due to its lack of vertical struts. Here, the 

FCCZ Ti65Ta lattices, due to their increased total elongation, show a similar capacity to endure strain 

as the BCC lattices, but with a much higher tensile strength, due to the vertical struts. The BCC unit 

cell is favoured due to its lower achievable elastic modulus but is limited by its tensile strength. Here, 

the strain capacity of the Ti-6Al-4V BCC lattice, can be mimicked by the FCCZ unit cell in the Ti65Ta 

composition, however with an increased tensile strength and an intrinsically lower elastic modulus.  

When tested under compression, the Ti25Ta single melt and remelt lattices showed a compressive 

strength ranging from 200 to 225 MPa and a gradual stepwise softening to the -30 % strain end point, 

Figure 5-22(a). Again, the single melt and remelt samples showed very similar behaviour with a slight 

increase in strength in the remelt material which is likely due to increased residual stress. The stepwise 

decrease in strength represents the sequential buckling of vertical struts, which can be seen in the DIC 

to occur along a 45 ° diagonal shear band in the single melt sample and horizontally through the top 

layer of vertical struts in the remelt material, Figure 5-22(b). Compression failure of FCCZ is commonly 

seen through 45 ° diagonal shear [392], but alters to layer-by-layer failure when functionally gradient 

structures are used [398].  
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Figure 5-22: (a) Compression curves of Ti25Ta single melt and remelt FCCZ lattices calculated using the Archimedes 

measured relative density, accompanied by (b) DIC analysis. 

 

Both the single melt and remelt material show higher strains and vertical buckling in struts adjoining 

the top lattice-grip interface. This is contrary to the tensile results, which showed failure occurring at 

the bottom lattice-grip interface. If the excess adhered material and geometric inconsistencies at the top 

lattice-grip interface were contributing to an increased capacity for loading, the top interface would also 

be strengthened under compression. The layer collapse of the remelt sample suggests the opposite. If 

the top lattice-grip interface struts were thickened, layer collapse should occur through any layer of 

thinner struts. Hence, the mechanism of failure in the tensile samples is likely more closely linked to 

the sharp angle caused by the accurately formed diagonal struts and grip at the bottom interface.  

Under compression, failure is less likely to occur due to high stress concentrators, as crack propagation 

is not aided by compressive forces as it is by tensile forces. Hence, compressive failure initiating near 

the top of the mechanical lattices is likely caused by the residual stress state. Liu et al. [399] and Shiomi 

et al. [189] both confirmed an increase in internal stress with an increase in build height, as lower layers 

in an L-PBF part are heat treated and hence somewhat stress relieved as more layers are applied and 

melted. In addition, longer scan tracks were shown to cause higher residual stresses. Hence, the longer 

scan tracks required to create the grip horizontal surface increase the residual stress at the lattice grip 
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interfaces. As the remelt sample is hypothesised to have a higher residual stress, the enhanced residual 

stress at the top-lattice grip interface may have been sufficient to adjust the failure mode from 45 ° 

shear, to planar failure. 

The compression curves of the Ti65Ta single melt and remelt material showed very similar compressive 

strengths of 187 – 189 MPa with slight material softening to the -30 % strain end point, Figure 5-23(a). 

The Ti65Ta lattices showed less softening (~ 15 MPa) compared with the Ti25Ta lattices (~ 50 MPa) 

which is likely linked to the higher dislocation density of the α′ laths in the Ti25Ta material. As 

hypothesised in the solid material fatigue analysis in Section 5.1.2, a higher initial concentration of 

dislocations leads to enhanced softening behaviour, due to enhanced dislocation annihilation. The DIC 

analysis showed 45 ° shear failure, originating at the top layer vertical struts, as seen in the Ti25Ta 

lattices and as expected for FCCZ compressive failure, Figure 5-23(b). The slower crack propagation 

in the Ti65Ta alloy results in ductile strut deformation and hence a lower total reduction in stress at 30 

% strain than seen in the Ti25Ta alloy. 

 

 

Figure 5-23: (a) Compression curves of Ti65Ta single melt and remelt FCCZ lattices calculated using the Archimedes 

measured relative density, accompanied by (b) DIC analysis. 
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When analysed using the designed lattice volume, the compressive strengths became 862 – 959 MPa 

and 777 – 821 MPa for the Ti25Ta and Ti65Ta material respectively, Figure 5-24(a) and (b). The Ti-

6Al-4V lattices showed compressive strengths of 850 MPa and 750 MPa for the as-built and heat-treated 

material, respectively. It can also be observed that the FCCZ structure has a significantly increased 

compressive strength compared with the BCC structure, due to the presence of vertical struts.  

 

Figure 5-24: Compression curves of FCCZ lattice structures for (a) Ti25Ta, (b) Ti65Ta and (c) Ti-6Al-4V data  from [386]. 

(d – i) show the mode of fracture for each alloy, with the fracture strain indicated in the bottom right corner. 

 

The TiTa alloys showed similar ultimate compressive strengths to the Ti-6Al-4V material. The ultimate 

strength of the Ti-6Al-4V material is now able to reach that of the TiTa alloys as the high notch 

sensitivity of the low ductility Ti-6Al-4V lattices is less of an issue during compression testing, as it is 

less affected by crack initiation. However, the increased ductility of the TiTa alloys significantly alters 

the initial failure strain. The TiTa alloys both displayed stepwise failure over the entire -30 % applied 

strain, whilst the Ti-6Al-4V structures showed an abrupt failure, at approximately -5 % strain and -10 

% strain for the as-built and heat-treated samples, respectively. Although yielding of any medical 

implant is to be avoided, a gradual failure such as seen in the TiTa material is much preferable to an 

abrupt failure as this would cause less damage to the surrounding tissues and maintain some level of 

functionality until a replacement could be inserted.  
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In conclusion, the increased ductility of the as-built TiTa lattices resulted in superior tensile and 

compressive behaviour when compared with identical Ti-6Al-4V lattices, in both as-built and heat-

treated conditions. The TiTa lattices displayed an increase in tensile strength of almost 550 MPa when 

compared with the as-built Ti-6Al-4V lattices, as high notch sensitivity caused the Ti-6Al-4V lattices 

to fail before reaching their ultimate strength. In compression, the TiTa alloys showed a similar strength 

of 800 MPa to the Ti-6Al-4V lattices, however the TiTa material undergoes a ductile gradual failure 

over 30 % strain, preferable to the abrupt failure at 5 – 10 % strain of the Ti-6Al-4V lattices. Lattice 

failure in tension was caused by the accurate formation of sharp connecting angles between the lattice 

and bottom grip, whilst failure in compression was more susceptible to the higher residual stress formed 

at the top lattice-grip interface. Geometric improvements and parameter optimisation for stress relief 

could further enhance the tensile and compressive behaviour. Promising new curved surface geometries, 

such as triply minimal surfaces and gyroid structures [275, 395], remove sharp angles between struts 

and nodes and will reduce the geometric inaccuracy caused during printing as the structures are more 

self-supporting.  

 

5.2.6 Cyclic Testing of FCCZ Lattices 

Cyclic testing of the lattices is required to understand how the material will behave in functionally 

loaded implants. Mandible implants would experience fully reversed loading over millions of cycles 

per year. Ti-6Al-4V is conventionally used in fatigue applications, due to its high specific strength 

resulting in a good fatigue endurance. However, the low ductility of L-PBF Ti-6Al-4V significantly 

reduces its fatigue performance, and the static testing of the lattices in the previous section, highlighted 

the premature failure of Ti-6Al-4V lattices, due high notch sensitivity. The new TiTa alloys, with higher 

ductility and increased damage resistance, provide a promising alternative material. 

To assess the fatigue behaviour of the TiTa lattices, force-controlled fatigue tests were conducted under 

fully reversed tension-compression loading (R = -1), with at least three specimens per condition, except 

at the lowest stress level where only two samples were tested due to the large time required for testing. 

A frequency of 5 Hz was used for three stress levels of 50 MPa, 120 MPa and 300 MPa, calculated 

using the designed lattice density. These stresses were chosen to bridge an elastic to plastic deformation 

response of the material, showing both low-cycle and high-cycle fatigue behaviour. As during tension 

testing, the first strut was seen to fail at approximately 200 MPa, this was considered as an estimate 

yield strength level, and the fatigue stress levels chosen around this value. The comparative Ti-6Al-4V 

lattices were only tested at 50 MPa in the work by Brenne et al. [386]. 

The low stress condition of 50 MPa resulted in approximately 106 cycles to failure for both the Ti25Ta 

and Ti65Ta single melt material, Figure 5-25(a) and (b). The 50 MPa and 120 MPa curves displayed a 
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relatively stable stress plateau, suggesting deformation within the elastic region. The 300 MPa curves 

displayed a slight upward trend to higher strain values over the lifetime of the specimens, suggesting 

plastic deformation during cycling, also noted in the solid fatigue material, Section 5.1.2. The Ti65Ta 

material also displayed a slightly higher number of cycles to failure at the 300 MPa testing level, 

reflecting the slower crack propagation in the Ti65Ta alloy.  

The behaviour of the remelt material is similar to the single melt material, for both alloys. The remelt 

material only suffers a slight decrease in fatigue life, accentuated at the lower stress levels. This agrees 

well with the static lattice testing results which showed similar strengths and minor differences in 

elongation from each scanning strategy. At lower stresses, where crack initiation life dominates fatigue 

failure, the remelt material with its slightly lower ductility and enhanced notch sensitivity fails at a 

lower number of cycles.  

 

Figure 5-25: Fatigue lifetime curves of (a) Ti25Ta, (b) Ti65Ta and (c) Ti-6Al-4V FCCZ lattice structures. Ti-6Al-4V*** data 

from [386]. (d – i) show the mode of fracture for each alloy, with the number of cycles to failure indicated in the bottom right 

corner. 

 

*** Note that the Ti-6Al-4V x-axis scale is linear whilst that of the TiTa alloys is log10.  
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The Ti-6Al-4V as-built and heat-treated FCCZ lattices tested at 50 MPa failed at approximately 104 and 

105 cycles, respectively, Figure 5-25(c). The heat treatment which increased the ductility of the Ti-6Al-

4V lattices also reduces notch sensitivity. However, the TiTa alloys still showed superior fatigue life to 

both the as-built and heat-treated Ti-6Al-4V, by a factor of 10. Even with heat treatment, the high notch 

sensitivity of Ti-6Al-4V resulted in a significant decrease in fatigue life (106 cycles), when compared 

with the TiTa alloys (107 cycles).  

In both static and cyclic testing, two failure modes occurred for the TiTa mechanical lattices; either 

fracture through the bottom lattice-grip interface, Figure 5-25(e) and (f), or fracture through the layer 

of six-strut nodes, one unit cell removed from the top lattice-grip interface, Figure 5-25(d) and (g). The 

number of occurrences of each failure mode is summarised in Table 5-5. The results showed that the 

least ductile TiTa material, Ti25Ta RS, failed consistently at the bottom lattice-grip interface, 

suggesting that the higher notch sensitivity of this material resulted in failure due to the sharp angle 

between the diagonal strut and grip. The single melt Ti25Ta material was also more susceptible to 

interface failure, despite having an increased ductility when compared with the remelt material. The 

Ti65Ta material, on the other hand, failed more commonly through the six-strut node layer in both the 

single melt and remelt conditions. The increased ductility of the Ti65Ta material, resulted in failure less 

likely caused by the sharp bottom lattice-grip interface, and more likely caused by the higher residual 

stress near the top of the lattice.  

 

Table 5-5: Number of interface failures compared to number of lattice failures. 

(Interface / Lattice) Tension 
Fatigue  

50 MPa 120 MPa 300 MPa Total 

Ti25Ta SS 2 / 1 1 / 1 2 / 1 2 / 1 7 / 4 

Ti25Ta RS 3 / 0 2 / 0 3 / 0 3 / 0 11 / 0 

Ti65Ta SS 1 / 2 1 / 1 0 / 3 2 / 1 4 / 7 

Ti65Ta RS 2 / 1 0 / 2 0 / 3 1 / 2 3 / 8 

Ti-6Al-4V as-built 0 / 1 0 / 1 - - 0 / 2 

Ti-6Al-4V heat-treated 1 / 0 Defect failure - - 1 / 0 

Total 9 / 5 4 / 5 5 / 7 8 / 4 26 / 21 

 

However, contrary to this understanding, the overall least ductile material, the as-built Ti-6Al-4V failed 

through the six-strut node layer. Only one case of lattice-grip fracture was noted in [386] for the Ti-

6Al-4V heat-treated sample when tested in tension, Figure 5-21(i), suggesting ductility is not the only 

contributing factor to the TiTa interface failure. The initial spikes of high strain in the tensile DIC 

imaging of the TiTa lattices occurred on the corner of the lattice, at the outer most junction between the 
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lattice and grip, Figure 5-26. This hot spot always occurs on the side of the lattice, which was facing 

the powder spreading blade during printing, which has resulted in a build-up of adhered material, as 

observed in Section 5.2.1. The excess material build-up appears to be concentrated at the corner of the 

horizontal grip surface, likely as this is the beginning or ending point of the laser per layer, and hence 

the hottest point on the part as a new layer of powder is applied. This material build-up increases the 

geometric deviation of the final printed lattice from the CAD file is likely contributing to the sample 

failure. This failure also occurs preferentially at the bottom interface as the material build up increases 

with the volume of grip printed. Hence, for the lower interface, the larger amount of adhered material 

forms at the lattice-grip interface, whilst for the top grip, the larger amount of adhered material forms 

away from the lattice-grip interface, at the top end of the grip. 

 

 

Figure 5-26: Initial point of failure in tension for (a) Ti25Ta single melt, (b) Ti25Ta remelt, (c) Ti65Ta single melt and (d) 

Ti65Ta remelt. 

 

The second common mode of fracture, Figure 5-21(a) occurs through the six-strut nodes one unit cell 

removed from the top lattice-grip interface and is likely caused by residual internal stresses, as discussed 

in Section 5.2.5. This hypothesis is supported by the results of Brenne et al. [386] which displayed a 

change in the failure mode between the as-built and stress relieved heat-treated Ti-6Al-4V lattices. The 

as-built samples failed through the top layer of six-strut nodes whilst the heat-treated samples failed 

through the lattice region which showed the greatest printing defect. Hence, relieving residual stress of 
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the TiTa lattices will also likely alter the failure mode to become more dependent upon printing defects 

and random within the lattice structure. 

Overall, the improved ductility of the FCCZ TiTa lattices results in a superior fatigue behaviour 

compared to the FCCZ Ti-6Al-4V as-built and heat-treated lattices, Figure 5-27. The ability of the TiTa 

alloys to absorb deformation reduces the probability for crack initiation, which is highly critical in 

lattice structures due to their large surface area. In addition, the inherent ductility of the TiTa alloys 

allows for gradual failure in lattice structures, much more appropriate to implant applications than the 

abrupt brittle failure of Ti-6Al-4V lattices. The Ti65Ta lattices also show a slight improvement in 

fatigue behaviour at high stresses when compared with the Ti25Ta lattices, likely due to slower crack 

propagation in the β phase. 

 

Figure 5-27: Comparison of fatigue performance of Ti25Ta and Ti65Ta FCCZ lattice structures with identical Ti-6Al-4V 

structures.Ti-6Al-4V data reproduced with permission from [386]. 

 

The TiTa lattices showed increased manufacturing geometric inconsistencies compared with the Ti-

6Al-4V lattices, due to the wide and deep melt pools required to melt the Ta component. Despite the 

larger variation from the CAD design, the TiTa lattices showed superior mechanical behaviour, as their 

increased ductility negated the effect of the geometric inconsistencies, by increasing the material 

damage tolerance. Reducing manufacturing geometric inconsistencies can be achieved by altering the 

lattice type to more recent designs such as TPMS structures where have higher surface curvatures and 

hence improved forming capabilities for L-PBF techniques [277].  

The remelt scan strategy made only a small difference to the mechanical behaviour of the lattices, as 

the microstructure undergoes a much smaller change in the thin struts when compared with larger parts. 

In addition, the reduced number of Ta particles appeared to have negligible effect on mechanical 

performance, as porosity and geometric defects always acted as higher stress concentrators and Ta 

particles never initiated failure. The remelt scan slightly decreases the material ductility, the effect of 



Cyclic Response of TiTa Implants 

147 

 

which is more strongly seen at higher testing stresses, where crack propagation is enhanced leading to 

a lower number of cycles to failure.  

The slower crack propagation in the Ti65Ta alloy compared with the Ti25Ta alloy does result in a minor 

increase in fatigue life, however, this minor increase is unlikely significant enough to benefit specific 

implant applications. Further biomechanical modelling and implant design is required to determine the 

actual minimum fatigue life required for particle implant applications, but both the Ti25Ta and Ti65Ta 

alloys are promising replacement implant materials to brittle L-PBF Ti-6Al-4V.  

 

5.3 Chapter 5 Summary 

In this chapter the fatigue behaviour of the L-PBF TiTa alloys was investigated for both solid and lattice 

structures. The following conclusions were drawn: 

• X-ray Micro-CT confirmed that the remelt scan effectively reduced the number of remaining 

partially melted Ta particles, however fractography confirmed that the Ta particles do not act 

as fatigue crack initiation sites. The remelt scan did not improve fatigue life by reducing the 

remaining number of partially melted Ta particles as hypothesised. The remelt scan resulted in 

a reduction in fatigue performance of 5 × 103 cycles at high stress and 8 × 104 cycles at low 

stresses, attributed to decreased ductility. 

 

• When normalised by yield strength, the solid TiTa alloys performed well in fatigue, only 

inferior to pure Ta. However, pure Ta is much less optimal for implant applications due to its 

high elastic modulus and density.  

 

• Parameter optimisation was required when adjusting the printed geometry from cubes to fine 

lattice struts. A lower energy density, with a scanning speed of 600 mm/s was found to minimise 

the porosity formed within the struts and the remelt scanning strategy was still successful at 

reducing the number of remaining Ta particles. 

 

• The microstructure of the FCCZ lattices was only slightly finer than previously built larger 

volume samples, with no columnar grains. The solidification of the TiTa alloys is hence heavily 

driven by constitutional supercooling and Ta particles acting as nucleation sites, as opposed to 

thermal gradients.  

 

• The static and cyclic behaviour of the FCCZ TiTa lattices was superior to that of Ti-6Al-4V, 

without normalising by yield strength. The high notch sensitivity of the as-built and heat-treated 
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Ti-6Al-4V led to premature failure, whilst the TiTa lattices showed a high cycle fatigue life due 

to the alloys’ higher ductility and increased damage tolerance.  

 

• The Ti25Ta and Ti65Ta FCCZ lattices perform similarly in fatigue, with the slower crack 

propagation in the Ti65Ta material leading to a very slight increase in lattice fatigue life at high 

stresses. This minor increased fatigue performance is not significant enough to outweigh the 

higher elastic modulus, density and material cost of the Ti65Ta alloy and hence the Ti25Ta 

alloy will potentially prove more suitable in practice. 
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Chapter 6 In Vitro Biological Testing of TiTa Compositions 

 

L-PBF TiTa alloys show promising mechanical properties for implant applications with low elastic 

modulus, improved ductility compared with Ti-6Al-4V and promising fatigue performance. However, 

the newly developed alloys should not only be mechanically suitable but also enhance bioactivity. Ta 

has been shown in multiple in vitro and in vivo studies to enhance the osteogenic response when 

compared with Ti, however the biological effect of the TiTa alloy system is yet to be investigated. It is 

yet unknown whether the TiTa alloy system displays any osteogenic benefit and whether such a benefit 

is proportional to the amount of Ta present in the alloy. In addition, whilst both Ti and Ta have been 

used extensively in biological applications, it is still important to confirm the biocompatibility of the 

new L-PBF TiTa alloys. Hence, preliminary investigations using the high-throughput L-DED produced 

TiTa alloys were undertaken to quickly assess the cytotoxicity of the alloy system and provide an initial 

insight into cell attachment and morphology to the polished alloy surface. Despite the different scale 

microstructures in the L-DED and L-PBF samples, the chemistry of the samples produced by each 

manufacturing technique was deemed similar enough for preliminary biocompatibility studies. The cell 

line used in the preliminary studies was MG63 human osteosarcoma cells; bone-like cells commonly 

used in in vitro bone scaffold studies. With promising preliminary results, the L-PBF Ti25Ta and 

Ti65Ta compositions were then assessed for both biocompatibility and osteogenic capability with 

hBMSCs. hBMSCs were used due to their differentiation capability which allowed the quantification 

of osteogenic potential of the different alloys, through measurement of ALP activity and mineral 

formation.  
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6.1 Preliminary Cytotoxicity and Morphology Studies of L-DED TiTa 

It is important to confirm the biocompatibility of newly developed alloys early in the development 

process, to avoid wasting research time on possibly harmful materials. Hence, the preliminary L-DED 

TiTa material was assessed for cytotoxicity along with cell attachment, proliferation and morphology 

as an initial biocompatibility screening method for the AM TiTa system. According to the ISO 10993-

5 standard, direct contact cytotoxicity, or cytotoxic leachables, can be detected using an MTS assay 

after 7 days of culture. MTS assays measure viable cell number through the production of a formazan 

product, the amount of which is affected by the number of cells initially attached to each substrate, the 

metabolic rate of the cells and the cell proliferation. Care should be taken to separate these factors, as 

opposed to simply assuming a high MTS reading confirms good biocompatibility. Cell morphology at 

early stages of proliferation can also provide deeper insight into the health and behaviour of the cells, 

as well as the ability of a material to support cell adhesion. Cell shape reflects the cell’s mechanical and 

chemical environment. For example, cells attached to a stiffer substrate will tend to spread over larger 

areas, which has been linked to enhanced cell proliferation and osteogenesis, leading to improved 

implant integration [400, 401]. Different surface chemistries also attract different proteins from 

biological fluid and these proteins are responsible for cell attachment and behaviour [324]. 

MG63 human osteosarcoma cells were chosen for this preliminary study as they are bone-like cancer 

cells and show behaviour similar to human cells undergoing late stage osteoblastic differentiation. 

MG63 cells are heavily used to assess biocompatibility of new bone implant alloys [87, 117, 219, 289, 

301]. Cells were cultured in basal media consisting of DMEM-high glucose (Gibco) with 10% foetal 

bovine serum (FBS) (Gibco) and 1% penicillin/streptomycin (Thermo Scientific) at 37 °C and 5% CO2. 

The cells were used at passage 6.  

The metallic substrates were prepared from the L-DED manufactured cubes of compositions CP Ti, 

Ti33Ta, Ti48Ta, Ti58Ta and pure Ta and cut into 5 mm × 5 mm × 2 mm square plates. It is well known 

that surface topography is a significant driver of cell morphology and fate [280] and this study aims to 

assess the effect of the chemical nature of the alloys. Therefore, the samples were polished using 0.04 

µm OPS colloidal silica to negate any effects of surface topography, ultrasonically cleaned in an ethanol 

for 1 hr and then again soaked in 80 % ethanol for 30 mins and left to dry inside a biosafety cabinet, 

before being placed in a 48 well tissue culture plate.  

Cells were seeded at 104 cells/cm2 in a 40 µL basal media droplet placed directly onto the prepared 

metallic substrate surface. An empty well was used as a positive tissue culture plastic (TCP) control 

and surrounding wells were filled with PBS to reduce evaporation of the media droplet. After 4 hrs of 

incubation and cell attachment, the metallic substrates were covered with 300 µL of basal media. 

Cytotoxicity was assessed via an MTS assay (Cell Titre 96© Aqueous One Solution Cell Proliferation 
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Assay, Promega) at 4 hrs, 3 days and 7 days, following the ISO 10993-5 standard for biological 

evaluation of medical devices [291]. Culture media was replaced with MTS reagent diluted at a 1:5 

ratio in basal media and incubated for three hours. 100 µL of this solution was then transferred to a 96 

well tissue culture plate and the optical absorbance of the formazan product was measured at 490 nm 

with a plate reader (Thermo Scientific Multiskan Spectrophotometer). Cell viability was then calculated 

using Eq. 5 from the ISO 10993-5 standard (Section 2.4.2), using the tissue culture plastic as the positive 

control. To support viability analysis, the nuclei were counted after 4 hrs of seeding to indicate any 

differences in the ability of cells to attach to each composition. Proliferation curves were then 

normalised to the absorbance at the 4 hr timepoint.  

Cell morphology was analysed by fixing cultures with 4 % paraformaldehyde (PFA) in PBS, incubating 

in 0.1 % Triton-X-100, blocking with 3 % bovine serum albumin (BSA) and staining with ActinRedTM 

555 ReadyProbes© Reagent (Molecular ProbesTM) (red) to highlight the F-actin cytoskeleton and 

Hoechst 33342 (blue) to highlight the nuclei. Cells were then imaged using fluorescent microscopy 

(Nikon Eclipse Ti) and the images analysed using ImageJ. Morphological analysis investigated four 

cell shape parameters; spread area (µm2), circularity (0 – 1, straight line to perfect circle), Feret’s 

diameter (the longest distance between any two points on the cell perimeter) and aspect ratio (major 

axis / minor axis), Figure 6-1. 

 

Figure 6-1: Schematic of the cell shape descriptors used for morphological analysis. 

 

All biological tests were done in triplicate and statistical analysis conducted to determine significance 

between samples. GraphPad Prism 8.2.0 software was used to first analyse for normality, followed by 

a one-way analysis of variation (ANOVA), accompanied with a Tukey’s multiple comparison test, at a 

significance level of p < 0.05. The Brown-Forsythe test was used to assess normality, with p > 0.05 

indicating non-significant difference between data set standard deviations. * are used to signify 
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significant difference between alloys whilst # are used to signify significant difference between 

timepoints.  

The viability of the cultured MG63 cells was greater than 70% for all the tested compositions relative 

to TCP, and hence each alloy was considered non-cytotoxic according to the ISO 10993-5 standard, 

Figure 6-2(a). The relative cell number for each alloy increases approximately four-fold to the 3 day 

time point, and then a further two-fold to the 7 day time point, suggesting normal cell proliferation. 

There was no significant difference in viability between each alloy and the TCP control at any time 

point. However, a slight downward trend is noted at the 3 day time point as the alloys increase in Ta 

content. The viability data on its own is very limited as to giving further explanation to this trend and 

hence cell attachment to and proliferation on each alloy should be considered separately. Figure 6-2(a) 

displays how easily a material can be classed as biocompatible without truly understanding the effects 

of contact with that material on cellular behaviour.  

 

Figure 6-2: (a) Preliminary viability, at 4 hr, 3 day and 8 day timepoints, measured with an MTS assay. (b) Attachment at 4 

hrs of nuclei counted per cm2 across sample triplicates. (c) Proliferation by fold increase in cell number, displaying the mean 

MTS reading of each triplicate set relative to the 4 hr MTS reading.  

 

Cell attachment to each alloy was assessed by nuclear staining and counting at the 4 hr timepoint, Figure 

6-2(b). The highest cell attachment was seen on the Ti48Ta composition, with the Ti58Ta and pure Ta 

also showing slightly higher attachment than the pure Ti and Ti33Ta sample. A number of studies using 

osteoblast-like cells have shown preferential attachment to and proliferation on Ta compared with Ti 

[116, 117, 288, 314-317, 320], with one study attributing this to the higher surface energy of Ta 

compared to Ti (55 mN/m and 42 mN/m respectively) inducing improved wetting of the surface [315]. 



In Vitro Biological Testing of TiTa Compositions 

153 

 

However, the results also suggest that inconsistencies exist in the seeding method. The Ti48Ta sample 

shows a much higher average value of almost 3 × 104 cells/cm2, although the cells were seeded at 104 

cells/cm2, indicating inhomogeneous cell distribution in the seeding media or possibly pipetting errors. 

The large standard deviation also reflects the deviation between seeding within the triplicates for each 

alloy and may indicate that some of the seeding droplets may have evaporated more than others, 

resulting in significant cell death during seeding for some samples. Revisions to the seeding protocol 

were required and are discussed in the following section. 

MTS absorbance, Figure 6-2(c), when normalised to the 4 hr time point measurement to negate effects 

of different attachment between samples, indicated similar proliferation on all compositions. Only the 

Ti48Ta composition showed a statistically lower proliferation at the 7 day time point, which is likely 

linked to the high number of cells seeded. Proliferation will gradually slow due to cell-cell contact 

inhibition as the cells reach confluence on the substrate surface. Ta has also been shown to result in 

higher proliferation in multiple studies [116, 310, 312, 314-317], however only two of these studies 

[312, 320] separate proliferation from the number of cells initially attached. Hence, higher initial 

attachment may be causing a misleading increase in proliferation in many studies. Cell type and 

topographical differences likely also contributed to the variations in literature proliferation results, as 

Li et al. [312] used goat mesenchymal stromal cells (MSCs), as opposed to osteoblast-like cells whilst 

Sagomonyants et al. [320] investigated porous Ta in comparison to a Ti fibre mesh. 

Morphological analysis investigated four cell shape measurements; spread area (µm2) (Figure 6-3(a)), 

circularity (Figure 6-3(b)), Feret’s diameter (Figure 6-3(c)) and aspect ratio (Figure 6-3(d)). All these 

measures showed significant differences between samples, except for aspect ratio. Most notably cells 

attached to the Ta substrates show a lower circularity. This was coupled with a higher cell area and 

Feret’s diameter, suggesting enhanced spreading. Figure 6-3(e) and (f) show this increased spreading 

on the Ti58Ta composition, in comparison to the Ti33Ta composition. A higher spread area suggests 

that the cells can interact more strongly with the substrate, which may reflect an increased ability to 

form focal adhesions [402]. This is likely to affect cell fate, particularly in the case of mesenchymal 

stromal cells (MSCs) and is important to monitor in future studies. Lu et al. [300] observed upregulated 

production of α5β1 integrin on Ta surfaces and hypothesised that this upregulation caused the superior 

osteogenic behaviour of MSCs. However, increased integrin production is also triggered by increased 

integrin binding and osteogenic differentiation itself [403], making pinpointing the cause of increased 

osteogenic behaviour, difficult. It is possible that Ta surfaces are either enhancing the attachment of the 

α5β1 integrin, possibly due to the attachment and conformation of the fibronectin protein on Ta surfaces, 

or structure of the Ta oxide provides a unique electrical configuration, which improves the signalling 

of the α5β1 integrin, as suggested by Lu et al. [300]. As increased attachment and signalling of the α5β1 

integrin, leads to higher production of the α5β1 integrin, future studies investigating the volume and 

confirmation of fibronectin attachment to Ta surfaces, as well as specific oxide energy configurations 
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may help to elucidate the mechanism through which Ta enhances osteogenic differentiation. In addition, 

assessing the morphology over a longer time period, such as at the 3 day time point, may also give a 

clearer indication of differences in morphology between the samples. This should help to lower the 

standard deviation in cell area for future experiments. 

 

Figure 6-3: MG63 morphology at 4 hrs of seeding measured through (a) cell area, (b) cell circularity, (c) Feret’s diameter 

and (d) aspect ratio. Each data point represents one cell, n > 50. Cell morphology analysed by cytoskeleton and nuclear 

staining for (e) Ti58Ta and (f) Ti33Ta compositions.    

 

In conclusion, the preliminary analysis shows the L-DED TiTa alloys to be non-cytotoxic, however the 

measure of viability is limited for exploring the cell-material interactions. By counting nuclei, differing 

attachment between alloys was noted. This could indicate a slight increase in attachment to the higher 

content Ta compositions. However, it should be noted that there was a large variability within 

triplicates, suggesting improvements to the seeding method are required. Successful MG63 attachment 

to and proliferation was seen on all TiTa alloys, as well as the pure Ti and Ta controls, however no 

increase in cell proliferation on high content Ta alloys was noted, contrary to literature [116, 312, 320]. 

Quantitative measures of cell spread area, Feret’s diameter and circularity displayed significant 

differences between samples and provide appropriate and insightful measures for further biological 

studies. Higher cell area and Feret’s diameter, coupled with a lower circularity, was noted on higher Ta 

content alloys, suggesting a stronger cell-material interaction, which may lead to improved osteogenic 

differentiation in future stem cell studies.  

 



In Vitro Biological Testing of TiTa Compositions 

155 

 

6.2 Seeding Protocol Determination for hBMSCs on Metallic Substrates 

A large standard deviation in attached cell number was noted in the preliminary investigations using 

MG63 cells, suggesting the preliminary seeding method required improvement. In addition, the culture 

of human bone marrow mesenchymal stromal cells (hBMSCs) can provide additional osteogenic 

insights over MG63 cell types, as hBMSCs are an osteogenic precursor cell. hBMSCs must commit to 

osteoblast lineage and mature, whilst MG63s are already mature osteoblast-like cells. hBMSCs differ 

from MG63 cells in size and behaviour, and hence the seeding density must be optimised to allow the 

hBMSCs to fully spread and hence undergo osteogenic changes.  

hBMSCs (Lonza) were cultured in basal media consisting of DMEM-low glucose (Gibco), 

supplemented with 10% FBS (Gibco) and 1% penicillin/streptomycin antibiotic (Thermo Scientific), at 

37 °C and 5% CO2. The cells were used at passage 6.  

Two different seeding methods were compared to reduce the standard deviation in cell attachment 

within triplicates seen in the preliminary work. Figure 6-4(a) shows the seeding protocol used in the 

preliminary work. 40 µL of cell suspension was placed on top of the metal plate within the well and 

incubated for 4 hrs before the well was then topped up with 300 µL of basal media. It was hypothesised 

that this seeding method resulted in evaporation of the seeding droplet during the 4 hr incubation period, 

likely changing the concentration of constituents in the media and leading to cell aggregation and death. 

Figure 6-4(b) shows a second method of seeding where 300 µL of the cell suspension is placed in the 

well with the metallic substrate, and incubated for 4 hrs. Whilst this second method has a greater chance 

that cells will fall from the top surface and seed on the surrounding well, the method is less susceptible 

to effects of evaporation and inconsistent seeding densities. To account for the cells which seed on the 

well-plate instead of the metallic substrate, the metallic substrates are moved after 4 hrs of seeding, to 

a fresh well-plate, and once again covered with 300 µL of basal media.  

Figure 6-4(c) and (d) show fluorescent microscopy of the plate surfaces, with the cell nuclei stained 

with Hoechst. Method two achieved a better dispersity of a higher number of living cells on the plate 

surface, Figure 6-4(d). Method two may also result in cells attaching to the side of the plates however 

all plates were cut to the same height to ensure the side surface area would remain constant between 

samples. It was concluded that method two was the superior method for cell seeding, however cell 

seeding density required optimisation, to assess the percent of cells which attached to the plate surface, 

compared to those which attached to the well. In addition, the incubation time for attachment was 

investigated, to ensure the hBMSCs could attach within the 4 hr time point used previously. 
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Figure 6-4: Cell seeding methods. (a) Method one resulted in clumped cell dispersion and fewer attached cells, shown in (c), 

than (b) method two, where the cells were more well dispersed (d). 

 

The seeding time and density were assessed to ensure the best attachment and dispersion of cells. 

hBMSCs cells were seeded using seeding method two onto pure Ti substrates, at densities from 5 - 50 

× 102 cells/cm2 and left to incubate for 2 hrs, 4 hrs and 24 hrs before an MTS assay was performed, 

Table 6-1. In addition, a control plate was prepared by seeding cell densities of 2.5 – 200 × 102 cells/cm2 

directly into the well-plate and performing an MTS assay after 24 hrs, to gauge the relationship between 

absorbance and cell density. 

 

Table 6-1: Seeding densities investigated. 

Control Plate Metallic Substrate 

Density 

(cells/cm2) 

Comment Density 

(cells/cm2) 

Comment 

2.5 × 102 Not detected by MTS assay 5 × 102 Not detected by MTS assay at 2 hr, 4 hr or 24 

hr timepoints 

5 × 102 Not detected by MTS assay 10 × 102 Not detected by MTS assay at 2 hr, 4 hr or 24 

hr timepoints 

10 × 102 Not detected by MTS assay 20 × 102 Detected by MTS at 4 hr and 24 hr timepoints 

20 × 102 Good MTS assay reading range 50 × 102 Detected by MTS at 4 hr and 24 hr timepoints 

50 × 102 Good MTS assay reading range 

100 × 102 Good MTS assay reading range 

150 × 102 Saturated MTS assay 

200 × 102 Saturated MTS assay 
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 The absorbance readings showed no statistical difference between all seeding densities at 2 hrs and no 

significant increase compared to the blank control, suggesting the 2 hr time point was not sufficient for 

cell attachment, Figure 6-5(a). At the 4 hr time point, no significant difference could be seen for the 5 

and 10 × 102 cells/cm2 densities, however an increase in absorbance was noted for the 20 and 50 × 102 

cells/cm2 densities. At the 24 hr time point, there were not any further significant changes in absorbance 

at any of the seeding densities, suggesting 4 hrs of attachment was sufficient for cell attachment and 

that cell densities of 5 and 10 × 102 cells/cm2 are unlikely to be detected by the MTS assay. This was 

confirmed by the control curve, Figure 6-5(b), which showed only a minor increase in absorbance 

between the 2.5 – 10 × 102 cells/cm2 seeding densities. The control curve also showed that, to achieve 

the most defined results from the MTS assay, densities between 2.5 – 100 × 102 cm2 of cells remaining 

attached to the metallic substrates was optimal. The control curve suggests that 1/5 of the applied cell 

density remains attached to the metallic substrates.  

 

Figure 6-5: Optimisation of seeding time and density. (a) MTS absorbance (490 nm) of cells incubated for 2hrs, 4 hrs and 24 

hrs. (b) Control curve of hBMSCs used in the seeding time experiment. (c-f) Cell morphology analysed by cytoskeleton and 

nuclear staining for (c) 50 × 102, (d) 100 × 102, (e) 200 × 102 and (f) 400 × 102 cells/cm2 seeding densities. 

 

hBMSCs were then seeded using 4 hrs of incubation for attachment, at densities of 50 × 102, 100 × 102, 

200 × 102 and 400 × 102 cells/cm2 and imaged to assess the cell spread area and cell interaction at these 

densities. Fluorescent imaging of the actin cytoskeleton and nuclei indicated that a density of 100 × 102 

cells/cm2 (Figure 6-5(d)) was optimal for morphology analysis as cells were not touching, which can 

artificially constrain the cell morphology, and makes cells hard to distinguish from one another for 

image analysis. In addition, a density of 400 × 102 cells/cm2 (Figure 6-5(f)) was chosen for the future 

osteogenic assays as a high cell volume is required to detect changes in concentration of the low 
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abundance osteogenic markers. Despite the higher cell density, the cells still showed spreading 

behaviour and large cellular area, which is critical for osteogenic differentiation. Published osteogenic 

differentiation protocols generally use between 50 - 100 × 102 [404-406] and hence the 1/5 attachment 

of the 400 × 102 cells/cm2 seeding density (80 × 102 cells/cm2) provides a promising attachment number 

for osteogenic studies.  

In conclusion, a new seeding protocol was required to increase the homogeneity of cell seeding on the 

metallic substrates. Attachment time and density experimentation confirmed that a 4 hr attachment time 

was sufficient for hBMSC attachment and densities of 100 × 102 cells/cm2 and 400 × 102 cells/cm2 were 

suitable for morphology analysis and osteogenic assays, respectively.  

 

6.3 hBMSC Determined Osteogenic Potential of L-PBF TiTa Alloys 

TiTa alloys promise the benefit of improved osteogenic behaviour due to their Ta component, however, 

osteogenic testing of these alloys has not yet been conducted. It is yet unknown whether TiTa alloys 

show an improved osteogenic response compared to the commonly used Ti-6Al-4V alloy, or which 

compositions of TiTa alloy induce a beneficial osteogenic response. There is no existing standard for 

testing the effects of alloy composition on bone remodelling and osteogenesis in vitro, however, most 

studies make use of the differentiation capacity of mesenchymal stromal cells (MSCs) [309, 310, 318, 

319, 407, 408]. This is because, in vivo¸ hBMSCs are largely responsible for bone repair and 

remodelling, contributing to implant success through surface colonisation and direct differentiation into 

osteogenic and chondrogenic lineages, as well as enhancing generalised wound healing. A positive 

MSC response in vivo is crucial to implant success. In vitro, MSCs maintain their ability to differentiate 

into bone, cartilage and fat and are highly mechanosensitive, responding to material stiffness, 

topography and chemical composition, by producing quantifiable markers. MSCs are also primary cells 

and in this study were of human origin, which  strongly recapitulate an in vivo implant response, holding 

significant advantages over the use of non-human or immortalised cells (such as L929 and MG63) 

which lack comparable osteogenic differentiation trajectories and are significantly less predictive of an 

in vivo or clinical response. 

Osteogenic differentiation of MSCs can be determined by the activity of osteogenic markers, such as 

alkaline phosphatase (ALP), and by cell morphology [280, 293, 296]. However, MSC behaviour is 

notoriously heterogeneous between donors and dependent upon the tissue type that the cells are isolated 

from [409]. To account for this heterogeneity, when undertaking experimental work it is important to 

use MSCs isolated from a single tissue type, such as human bone marrow (hBMSC), as well as to repeat 

experiments across a variety of MSC donors.  
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Figure 6-6: Experimental schematic. TiTa alloys were produced by L-PBF, cut into plates and polished. The plates were then 

assessed for topography, surface chemistry and wettability before being seeded with hBMSCs and attachment, proliferation 

and osteogenesis measured. 

 

In the following study, the L-PBF compositions of Ti25Ta and Ti65Ta were compared with L-PBF Ti-

6Al-4V plates using material characterisation and biological response testing (Figure 6-6). The Ti25Ta 

and Ti65Ta metallic substrates were produced by L-PBF, using the single scan process parameters 

determined in Section 3.4. The parameters for the Ti-6Al-4V control material were the optimal 

parameters for this material determined by ConceptLaser. Material was printed in the form of 5 mm (x) 

× 5 mm (y) × 15 mm (z) rectangular prisms, which were then cut into 3 mm thick plates (Figure 6-6). 

These plates were then prepared for biological testing by grinding and polishing with 0.4 µm OPS-

silicon solution, in order to minimise confounding effects of surface topographies on cell fate and 

behaviour. The plate surfaces were analysed physically through contact angle testing and surface 

profilometry, as well as chemically with X-ray Photoelectron Spectroscopy (XPS) and electron 

dispersive X-ray (EDX) imaging to physically and chemically characterise the plate surfaces.  

In vitro biological testing was conducted using the seeding protocol and morphology descriptors 

determined in Section 6.2. Each alloy was assessed for cell attachment and proliferation, using an MTS 

assay, supported by nuclear staining and counting. Cell morphology was assessed at 4 hr and 3 day 

timepoints, through cytoskeletal and nuclear staining and imaging. Finally, osteogenic potential of the 

alloys was determined through early and late osteogenic markers of alkaline phosphatase (ALP) and 

mineral formation, after 1 week and 4 weeks of culture, respectively. The experiments were conducted 

in triplicate and repeated with hBMSCs from five different donors to account for donor heterogeneity. 

The analysis from a representative donor is shown in the following figures, whilst the data for the other 

donors is included in the appendices.  
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6.3.1 Physical and Chemical Characterisation of Metallic Substrate Surface 

Characterisation of the surface of the polished metallic substrates was conducted to investigate their 

topographical and chemical features. Increased wettability has been used to explain the enhanced 

spreading of cells on Ta surfaces compared with Ti [315, 319, 324] and hence, the contact angle of 

water droplets on each of the prepared plates was measured. Deionised water was dropped on the surface 

of each plate from 5 cm using an OCA21 optical contact angle measuring apparatus (DataPhysics 

Corporation, Germany). The contact angle was measured on five separate plates of each composition.  

The contact angle on the Ti-6Al-4V plate was 73 ± 0.6 °, significantly higher than the contact angle on 

the Ti25Ta (67.0 ± 2.2 °) and Ti65Ta (63.9 ± 2.0 °) (Figure 6-7). As the Ta content increases, the contact 

angle decreases, indicating increased wettability. This finding agrees with previous studies [315, 319, 

324] which highlight the improved hydrophilicity of Ta surfaces and link this to enhanced cell 

spreading. However, Lu et al. [300] found an equal contact angle between Ti and Ta surfaces, followed 

by equal cell attachment, spreading and proliferation, but still an increased osteogenic behaviour. Lu et 

al. [300] was also the only study to support their findings with surface topography analysis, showing no 

significant difference in surface topography between the prepared Ti and Ta surfaces. Surface 

topography has been shown to significantly alter contact angle by altering surface energy [410-412]. It 

is likely that the surface energy of Ti and Ta surfaces differs with their manufacturing and preparation 

techniques, which alters the thickness and crystal structure of the oxide layer. Hence, simply the 

presence of Ta on its own, or in an alloy, is not sufficient to enhance cell spreading on the surface. It 

does however seem to contribute in the current study.  

 

 

Figure 6-7: Contact angles measured on metallic substrates. The bar graph represents the average and standard deviation, n 

= 5.  
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In order to discount topographical effects of the post-polished surfaces of the L-PBF metallic substrates 

on contact angle or cell fate, surface profilometry was conducted using a Wyko NT1100 optical 

profilometer (Veeco). Vertical Scanning Interferometry (VSI) mode was used over an area of 

approximately 1 mm2 to determine the average surface roughness (Ra) and average peak to trough height 

(Rz) of each alloy surface. Five separate regions were scanned on each sample and each region is 

represented by a single data point in Figure 6-8(a) and (b). A surface map of each surface is provided 

in Figure 6-8(c).  

 

Figure 6-8: Surface topography of metallic substrates. (a) Surface roughness (Ra) and (b) peak to trough height (Rz). Graphs 

display individual measurements taken from different regions of each plate, with bars representing mean ± SD, n = 5. (c) 

Surface profilometry maps and (d) back scattered images of metallic substrate surfaces. 

 

It was hypothesised that rigorous polishing to a mirror-finish would remove all topographical features 

from the metallic substrates and hence only alloy chemistry would affect cell fate. The average surface 

roughness of all the metallic substrates, Figure 6-8(a), was approximately 110 ± 37 nm with no 

significant difference between samples. However, the surface maps, Figure 6-8(c), show small 

protrusions of 3.0 ± 0.5 µm and 1.9 ± 0.2 µm on the Ti25Ta and Ti65Ta substrates, respectively. These 

protrusions are also accounted for in the peak to trough height measurement, which showed a 

significantly higher value in the Ti25Ta and Ti65Ta substrates, compared with the Ti-6Al-4V control, 

Figure 6-8(b). Back scattered imaging, Figure 6-8(d), and EDX analysis confirmed that these 

protrusions were remaining partially melted Ta particles. The particles are likely uncovered through 
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preferential polishing of the softer TiTa matrix, and protrude further on the Ti25Ta alloy, as compared 

with the Ti65Ta alloy, due to the lower Ta content and hence lower hardness of the Ti25Ta matrix.  

Over the area investigated, the particles make no significant difference to the average roughness 

measure, however cells have been shown to detect and response to micron scale topographies [295, 

413]. Roughness on the micron scale, can mimic natural bone features, such as bone resorption pits, 

and enhance cell proliferation and differentiation [414]. Bone resorption pits are generally up to 100 

µm in diameter and 50 µm in depth, much larger than the features noted here. Surface roughness, in the 

form of 1 – 3 µm protrusions has been shown across multiple studies to enhance the production of 

osteogenic markers, such as ALP, osteocalcin (OC) and osteopontin (OP) [415-420]. In addition, it was 

shown that conversely, smoother samples enhanced cell attachment and proliferation. However, for 

these studies, the 1 – 3 µm surface roughness covered the entire sample, creating an entirely textured 

surface, as opposed to a surface with randomly dispersed protrusions. The protrusions are 

approximately 10 µm in diameter and hence cover less than 1% of the sample surface, agreeing with 

the area fraction of remaining Ta particles calculated through image analysis in Section 3.4. One in 

forty hBMSCs, with an average spread area of 2,500 µm2
, will likely encounter one of these particles 

when spread and hence the protrusions are unlikely contributing to cell fate. 

The protrusions are also unlikely contributing significantly to the difference observed in material 

wetting, due to their rarity on the surface.  The 10 µL water drop covered almost the entire surface of 

the plate, resulting in much more contact between the particles and droplet, however, the area of contact 

is still only 1%. The relationship between surface roughness and contact angle is not linear, as both 

surface roughness and chemistry contribute to wetting [421]. In an attempt to increase the wetting of 

Ta surfaces, oxide passivation in HNO3 solution and activation through UV/ozone treatment were 

explored by Mas-Moruno et al. [282]. Results showed a nm scale increase in surface roughness for both 

treatments, but this resulted in no change in wetting for the HNO3 sample, but a large increase in wetting 

on the UV/ozone treated sample, attributed to an increase of oxygen content in the metal oxide.   

Hence, to ascertain the chemical composition of the surface of the metallic substrates, both EDX and 

XPS analysis were used. EDX has a depth of analysis of approximately 1 – 2 µm, much deeper than the 

penetration of the oxide layer, which is 4 – 6 nm for polished and room temperature oxidised TiTa 

surfaces [422]. Hence, EDX was used to investigate the chemistry of the top 1 – 2 µm surface layer, 

whilst XPS analysis was used to analyse the oxide layer.  

EDX area scans of approximately 1 mm2 showed that the concentration of Ta in the surface layer of the 

TiTa alloys is slightly higher than the intended nominal alloy compositions (Table 6-2). The Ti25Ta 

and Ti65Ta alloys showed surface Ta concentrations of 35 ± 0.2 wt.% and 68 ± 0.2 wt.%, respectively. 

To confirm that this difference was not due a powder mixing composition error, spectroscopic chemical 

analysis of each material showed a Ta content within 1% of the nominal compositions. Hence, it is 
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possible that Ta surface enrichment is occurring. Surface Ta enrichment of TiTa alloys is hypothesised 

as a result of lattice strain and preferential polishing [422, 423]. Due to the high cooling rates of L-PBF, 

residual strains are common, possibly enhancing surface enrichment caused by lattice strain. In addition, 

Ta surface enrichment may be a result of the polishing process. As noted in the surface profilometry, 

the remaining partially melted Ta particles showed a higher hardness than the surrounding TiTa matrix 

and hence were less likely to be ground away during polishing. This reduction in surface, at the expense 

of the Ti component, likely also contributes to surface Ta enrichment.  

 

Table 6-2: EDX measurements showing surface composition of metallic substrates. 

 Ti (wt.%) Ta (wt.%) Al (wt.%) V (wt.%) 

Ti-6Al-4V 90 ± 0.2 (87 at.%) - 6 ± 0.2 (10 at.%) 4 ± 0.2 (3 at.%) 

Ti25Ta 65 ± 0.2 (88 at.%) 35 ± 0.2 (12 at.%) - - 

Ti65Ta 32 ± 0.2 (64 at.%) 68 ± 0.2 (36 at.%) - - 

 

During cell colonisation of a material surface, the cells only ever contact the very upper layer of the 

metallic substrate, which is the oxide layer. Whilst the surface 1 - 2 µm surface composition likely 

affects the oxide composition, a finer analysis method is required to assess the oxide layer. Hence, XPS 

analysis was used to investigate the chemistry of the oxide layer of each metallic substrate, over a 400 

× 400 µm area. A ThermoScientific Nexsa X-ray Photoelectron Spectrometer was used, with a 

monochromated Al Kα source (1486.68 eV, 6 mA, 12 kV). Survey and high-resolution scans were 

obtained with window widths of 1350 eV and 18 – 27 eV using pass energies of 150 eV and 50 eV, 

respectively. Depth profiles were also conducted using Ar+ etching at 500 eV to investigate the oxide 

depth and oxide elemental consistency. High resolution scans were conducted after every 10 s of 

etching, for a total of 320 seconds. Data was analysed using CasaXPS Version 2.3.18. Further XPS 

conditions, such as calibration, and software fitting parameters are included in Appendix A4.  
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Figure 6-9: XPS surface analysis of metallic substrates. (a) Survey scan showing major metallic element peaks for each alloy, 

along with oxygen and surface contaminant peaks (e.g. Si and C). (b) Depth profiles showing the atomic % of the major 

elements for each alloy (n=2). (c) Corresponding depth profiles in weight % of only the metallic elements. 

 

The survey scans showed peaks for the major alloy constituents of Ti, Ta in the TiTa alloys, as well as 

Al for the Ti-6Al-4V, Figure 6-9(a). Strong oxide peaks were noted on each sample, as well as peaks 

showing adventitious carbon and very small amounts of nitrogen, calcium and silicon, in the form of 

silica (due to indicative shift to higher binding energy (103.8 eV)). During depth profiling, an initial 

removal of the adventitious C layer was noted, followed by a slow etch through the oxide layer until an 

oxygen content plateau was achieved, Figure 6-9(b). The etch time required for the oxygen level to 



In Vitro Biological Testing of TiTa Compositions 

165 

 

plateau was 133s, 125s and 107s for Ti64, Ti25Ta and Ti65Ta, respectively. This indicated that either 

the oxide layer was thinnest for the Ti65Ta alloy, or that the Ti65Ta was most susceptible to etching. 

The former hypothesis is more likely, as the increasing hardness of the TiTa alloys with increasing Ta 

content was confirmed through preferential polishing of the Ti25Ta matrix, leaving larger Ta particle 

protrusions. Mendis et al. [422] observed a decrease in oxide layer thickness from 6.0 – 5.3 nm with 

increasing Ta content from 10 – 75 wt.%, and hence it is likely the Ti65Ta oxide layer is thinner than 

that of the Ti25Ta alloy. CP Ti showed an oxide thickness of 6.6 nm, likely closest to the thickness of 

the Ti-6Al-4V oxide, which shows the lowest atomic % of additives. Whilst the oxide thickness likely 

has no effect on cell behaviour, it is important in understanding the possible oxide formation and 

structure.  

The depth profiles, including only the metallic elements, Figure 6-9(c), showed a higher level of Ta in 

the oxide than in the surface composition measured by EDX (dotted line). The Ti25Ta and Ti65Ta 

substrates showed oxide concentrations of 39 wt.% and 75 wt.% Ta, respectively, which converted to a 

10 – 11 % Ta increase in the oxide, compared with the surface. Figure 6-9(c) also shows the Ta 

concentration increasing with etching time, supporting the previous hypothesis of preferential Ti 

etching. Single spot analyses were used to confirm the depth profile determined oxide compositions 

(Table 6-3). Each oxide showed a similar atomic percentage of oxygen and the Ti25Ta and Ti65Ta 

compositions showed atomic Ta contents of 8.0 ± 1.2 at.% and 16.5 ± 2.4 at.%, respectively. Hence, an 

increased oxygen content of the oxide is not responsible for the increased wetting, as seen in [282]. The 

increased Ta content is much more likely the cause.  

 

Table 6-3: Elemental composition of the oxide layer determined by spot analyses (n=5). 

 Relative Concentration (at. %) 

 Al 2p O 1s Ta 4d Ti 2p V 2p 

Ti-6Al-4V 10 ± 2.4 56.4 ± 2.6 - 32.8 ± 2.8 0.8 ± 0.4 

Ti25Ta - 57.0 ± 4.2 8.0 ± 1.2 35.0 ± 3.8 - 

Ti65Ta - 54.7 ± 3.3 16.5 ± 2.4 28.7 ± 3.0 - 

 

A 2.1-fold increase in Ta content, from 8.0 - 16.5 at.% is seen in the oxides of Ti25Ta compared with 

Ti65Ta. However, a 3-fold increase in Ta content was observed in the surface layer through EDX 

analysis (12 at.% - 36 at.%). This highlights that the relationship between Ta content in the surface is 

not linear with the Ta content in the oxide. The summary table (Table 6-4) highlights that the fold 

increase in the Ta content in the nominal compositions from to Ti25Ta and Ti65Ta, is reduced at the 

surface of the alloy and further reduced in the oxide layer. Hence, changing the nominal composition 

from Ti25Ta to Ti65Ta unlikely has a linear effect on the biological response to the alloy surface and 
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the extra Ta in the Ti65Ta alloy, may not provide as large an improvement in osteogenic capabilities as 

first thought.  

 

Table 6-4: Summary of at.% Ta content from different measuring techniques, with corresponding different penetration depths. 

 Ti25Ta (Ta at.%) Ti65Ta (Ta at.%) Fold Increase 

Nominal composition  8.1 33.0 4.1 

EDX surface composition (< 2 µm) 12.0 36.0 3 

XPS oxide composition (< 10 nm) 8.0 (18.6†††) 16.5 (36.5††) 2.1 (2††) 

 

In conclusion, the prepared metallic substrates showed a similar average roughness, with the TiTa 

compositions showing small 1 – 3 µm protrusions, indicative of the remaining partially melted Ta 

particles in the matrix. However, as these particles only cover 1 % of the plate surface, their contribution 

to altering cell fate is negligible. The chemical analysis of each composition showed a higher Ta 

concentration in the surface of each of the TiTa alloys, than the nominal composition intended. The 

increase of Ta in the oxide, however, showed a non-linear relationship to the Ta nominal composition, 

suggesting the Ti65Ta may not show as high osteogenic response as expected, when compared with the 

Ti25Ta composition. 

 

6.3.2 hBMSC Attachment and Proliferation 

Cell attachment to and proliferation on implant surfaces is critical for implant integration. To assess 

hBMSC attachment to and proliferation on the metallic substrates, cells were seeded at 10,000 cells/cm2 

using seeding method 2, Section 6.2. Attachment and proliferation of cells was measured at 4 hr, 3 day 

and 7 day timepoints using an MTS assay (Cell Titre 96 Aqueous One Solution Cell Proliferation Assay, 

Promega) and fluorescent imagine. At each timepoint, the metallic substrates supporting hBMSC 

cultures were moved from culture conditions to a clean well plate and incubated in MTS working 

solution (1:5 dilution of MTS reagent in culture media) for 3 hrs at 37 °C. 100 µL of the incubated 

solution was then transferred to a 96 well tissue culture plate and the optical absorbance measured, at 

490 nm (Thermo Scientific Multiskan Spectrophotometer). To verify the MTS readings, each sample 

was fixed by incubating cultures in 4% paraformaldehyde (PFA) (15 mins, room temperature), 

permeabilised using 0.1% Triton-X-100 (10 mins, room temperature), blocking with 3% bovine serum 

albumin (BSA) (1 hr, room temperature) and staining with ActinRedTM 555 ReadyProbes© Reagent 

 

††† Atomic % Ta, excluding oxygen from analysis 
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(Molecular ProbesTM) (red) to highlight the F-actin cytoskeleton and Hoechst 33342 (blue) to highlight 

the nuclei (1 hr, room temperature). Fluorescent images were taken using an inverted microscope 

(Nikon Eclipse Ti) and ImageJ software was used to count nuclei. Five images were taken at low 

magnification, covering the entire surface area of the sample. The counted nuclei data is supplied in 

Appendix Figure 8-7.  

hBMSCs attached equally to each alloy, Figure 6-10(a), with no statistical difference noted between the 

alloys using both the MTS assay and nuclear counting. The proliferation, normalised to the MTS reading 

at 4 hrs, Figure 6-10(b), showed an increase in cell number over 3 and 7 days for all alloys. Across the 

donors, no recurring significant difference in proliferation rate or final cell number was noted for any 

alloy. Nuclear imaging, Figure 6-10(c), confirmed successful cell attachment to and proliferation on all 

alloys. The equal hBMSCs attachment to and proliferation on all alloys suggest that the TiTa 

compositions will act similarly to the currently used Ti-6Al-4V for encouraging surface colonisation of 

cells after implantation.  

 

Figure 6-10: Adhesion to and proliferation of hBMSCs on metallic substrates. MTS assay used to assess; (a) number of cells 

attached after 4 hrs, each data point representing the MTS reading relative to the glass control for each individual sample 

within the triplicate and (b) proliferation of cells at 4 hr, 3 day and 7 day timepoints, each data point representing the average 

of MTS readings of each triplicate set. Bars represent mean ± SD. (c) Fluorescent microscopy of nuclei attached at 4 hr, 3 

day and 7 day timepoints.  
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Literature studies which investigated attachment differences between Ti and Ta surfaces, using MSCs, 

are contradictory, with many claiming an increased attachment to Ta surfaces [310, 311, 319], while 

others claim equal attachment [309, 312, 318]. Similarly, studies investigating proliferation using MSCs 

are split between those that show Ta increases proliferation [310, 312] and those that show Ta shows 

equal proliferation to Ti [300, 309]. However, all the studies which show improved attachment and/or 

proliferation of MSCs to Ta surfaces investigated 3D structures, such as lattices or micropatterned 

surfaces. Hence, enhanced attachment to Ta surfaces may occur when the overall surface area of the 

structure is greater, emphasising the increased interaction between Ta and cells.  

Furthermore, studies have shown that an increase in surface roughness on the micron scale decreases 

cell attachment and proliferation [415]. Despite the 1 – 3µm Ta protrusions noted on the TiTa alloys, 

no increase in cell attachment or proliferation was observed. This supports the hypothesis that the 

protrusions seen in Section 6.3.1 are not covering a large enough surface area to affect cell behaviour 

and hence, topographical cues cause negligible difference in cell behaviour on the TiTa and Ti-6Al-4V 

substrates. 

In conclusion, hBMSCs attach to and proliferate equally well on all alloys, indicating no direct cytotoxic 

effects of the TiTa composition and an equal in vivo potential when compared to the standard material 

Ti-6Al-4V. As there was no increase seen in cell attachment to or proliferation on the Ta containing 

alloys, any observed changes in osteogenic potential between the TiTa and Ti-6Al-4V are likely caused 

by an increased osteogenic differentiation of cells, as opposed to enhanced surface colonisation. 

 

6.3.3 hBMSC Morphology 

Cell morphology of hBMSCs cultured on the metallic substrates was analysed after 4 hrs and 3 days 

using the fluorescently stained cultures prepared in Section 6.3.2.The 4 hr time point was used to capture 

the cells at a very early stage of attachment, whilst the 3 day timepoint captured cell morphology once 

the cells were established on the surface and had reached a steady state conformation.  

At 4 hrs the cells were trapezoidal in shape, with actin filaments concentrated at the boundary of the 

cell, Figure 6-11(e). Lamellipodia were observed, indicating that the cells were actively moving and 

spreading. No significant increase in cell spread area on any one composition was noted consistently 

across all five donors (Appendix Figure 8-9), though the cells in Figure 6-11(a) showed a higher cell 

area on the Ti65Ta alloy. A higher circularity index was observed across the five donors on the TiTa 

alloys across at the 4 hr timepoint, Figure 6-11(b). This is in contrast to earlier experiments using the 

MG63 cells, which exhibited a lower circularity index on the high content Ta alloys (Section 6.1). 

According to literature, larger area but less regular cell shapes are more likely to undergo osteogenesis 

[295, 296, 424]. Hence the high circularity index suggests the TiTa alloys may show reduced osteogenic 
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potential compared with the Ti-6Al-4V alloy. However, higher cell circularity at the early 4 hr time 

point may also indicate slower adhesion and be a reflection that the cell has not reached its final spread 

state.  

At 3 days, the cells on all alloys had reached a steady state conformation, with established actin fibres 

crossing the entire length of the cell. Additionally, cells on the TiTa alloys were spread over a 

significantly larger area than those on the Ti-6Al-4V alloy, Figure 6-11(c). The increased area of cell-

substrate interface presumably leads to an increase in focal adhesions and integrin binding sites, which 

are known to be important drivers for osteogenic differentiation [295, 300, 411]. At day 3, fully spread 

hBMSCs showed no significant differences in circularity, Figure 6-11(d). The larger cell area of 

hBMSCs cultured on TiTa alloys may help to enhance osteogenic differentiation through modulation 

of a range of cellular mechanisms including cellular tension and integrin binding sites. Furthermore, 

the increase in cell area was conserved between the Ti25Ta and Ti65Ta compositions with significant 

differences noted across all fiver donors.  

 

Figure 6-11: hBMSC morphology. (a) (c) Cell area and (b) (d) circularity measured at 4 hrs and 3 day timepoints. Each data 

point represents one cell, n > 100. (e) Cell morphology analysed by cytoskeletal and nuclear staining. 

 

hBMSC morphology suggests that the cells have a stronger initial interaction with the TiTa alloys, 

resulting in a greater number of anchor points and higher spread area. Lu et al. [300] observed an 

increased ability to activate the α5β1/ERK1/2 signalling pathway on polished Ta surfaces compared 

with polished Ti surfaces, by measuring α5β1 integrin expression. This increased integrin expression 
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was coupled with increased osteogenic capability, however, no increase in cellular area was observed 

with the increased α5β1 integrin expression. In the study by Lu et al. [300], cells were cultured for 24 

hrs before morphological analysis was conducted. Whilst this is longer than the 4 hr early stage 

timepoint used in the current study, it is possible that no difference in cell area is noted as the cells had 

not yet reached their fully spread and steady conformation. Early increased α5β1 expression however 

does suggest that osteogenic enhancement is occurring before tension can be developed in the cell due 

to spread morphology. Higher integrin expression causes more integrins to form into focal adhesions 

and more strongly activates osteogenic signalling cascades in the nucleus and cytoskeleton [425]. 

Increased integrin binding could be caused by differences in the amount and conformation of fibrinogen 

protein absorbed on the metal surface or by electronic interactions between the metal oxides and the 

binding functionality of the integrins. Further characterisation of the absorbed protein layer could be 

used to further elucidate the reason behind enhanced integrin binding, however is beyond the scope of 

this study.  

In conclusion, the cellular morphology suggested that the cells observed at the 4 hr timepoint are not 

fully spread. A greater cellular area was observed on the TiTa alloys at day 3, a strong indicator for 

enhanced osteogenic potential. The TiTa surfaces may trigger higher integrin production and binding 

at early stages (~ 1 day) of attachment, however further investigation into signalling pathways is 

required to confirm this hypothesis.  

 

6.3.4 hBMSC Osteogenic Assays 

Osteogenic analysis of the substrates was undertaken using an ALP activity assay as a marker of early 

osteogenesis, and mineral formation as a late bone marker. Both basal and osteogenic media conditions 

were used for each assay. The osteogenic media consisted of basal media supplemented with 1% β-

glycerophosphate, 0.1% ascorbic acid 2-phosphate and 0.01% dexamethasone. The ALP activity was 

measured after 1 week of cell culture with a colorimetric p-nitrophenol (pNP) assay (Sigma-Aldrich) 

and normalised to DNA content in each well, measured with a Picogreen dsDNA assay (Invitrogen). At 

1 week, samples were washed with PBS and lysed with 0.1%-Trion X. The lysate was mechanically 

scraped from substrates and were subjected to three freeze-thaw cycles before the pNP agent was added. 

The ALP activity was measured by spectrophotometry, at 410 nm and calculated from a standard curve. 

Results are displayed as pNP (n mol), normalised to incubation time (min) and DNA (µg). 

Mineralisation was measured after 4 weeks of culture using OsteoImage (Lonza) fluorescent green 

stain. The plates were fixed with 4% PFA and stained before constant exposure images were taken, 

covering the plate surface. ImageJ was used to quantify the intensity of fluorescence in each image.  
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All alloys showed the ability to support hBMSC osteogenesis, however there was strong variation 

between efficiency of osteogenesis of separate donors. Similar trends were noted in the ALP activity 

and mineralisation measurements for three donors, with the magnitude of differences being greater for 

donors with a stronger osteogenic response.  

The ALP activity was increased on the TiTa alloys compared with the Ti-6Al-4V substrate, Figure 

6-12(a). ALP activity has been widely shown to increase on Ta surfaces compared with Ti surfaces 

[288, 300, 309, 310, 314, 316, 317], however never on the TiTa alloy system. High ALP activity is a 

promising sign for early commitment to the osteogenic pathway and hence may lead to improved 

implant integration. There was no statistical difference in ALP activity noted between the Ti25Ta and 

Ti65Ta alloys. Successful mineral formation was also observed on all alloys, Figure 6-12(c). However, 

when quantified through image analysis, a higher mineral fluorescence intensity was noted on the TiTa 

alloys, when compared with Ti-6Al-4V substrate, Figure 6-12(b). Again, there was no statistical 

difference in mineral fluorescence intensity between the Ti25Ta and Ti65Ta alloys.  

 

Figure 6-12: (a) ALP activity measured by pNP assay with each data point representing individual samples within triplicate. 

(b) Mineralisation measured using OsteoImage stain intensity using multiple readings (n > 5) for the viable plates within the 

triplicate. (c) Fluorescent images showing mineral formation.  
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The results suggest that increased ALP activity on the TiTa alloys in the first week has led to enhanced 

mineral formation at 4 weeks. In light of morphological results, this is likely due to enhanced adhesion 

and spreading on the TiTa alloys. The osteogenic behaviour of the Ti25Ta and Ti65Ta alloys are quite 

similar, likely due to the non-linear relationship between Ta oxide content and the nominal Ta 

composition. As the higher Ta content of the Ti65Ta alloy is not respectively expressed in the oxide 

composition, the cells in contact with the Ti65Ta material benefit less than initially expected from the 

increased Ta content, when compared with the Ti25Ta alloy.  

 

6.4 Chapter 6 Summary 

The L-PBF TiTa alloys were investigated in direct comparison with L-PBF Ti-6Al-4V to assess their 

cytotoxicity and osteogenic capability. The following conclusions can be drawn from Chapter 6: 

• The TiTa alloys showed a measurable improvement of in vitro osteogenic response when 

compared with Ti-6Al-4V. Both early ALP production and late mineral formation are 

increased, likely linked to early strong interactions between cells and the TiTa substrates, 

characterised by increased binding. This likely lead to the higher cellular area measured at the 

3 day timepoint.  

 

• Both cell attachment and proliferation on the new TiTa alloys were shown to be equal to the 

standard Ti-6Al-4V material, suggesting cell colonisation of implant scaffolds will perform 

equally well to current Ti-6Al-4V implants.  

 

• When the Ti25Ta and Ti65Ta alloys are directly compared, no significant difference in 

osteogenic behaviour is noted, likely linked to the non-linear relationship between nominal Ta 

content and oxide Ta content. Therefore, as the Ti25Ta alloy shows similar mechanical and 

osteogenic properties to the Ti65Ta alloy, the Ti25Ta alloy, with lower cost and density, is 

deemed most suitable for implant applications.  
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Chapter 7 Conclusions and Future Work 

7.1 Conclusions 

In this thesis, the additive manufacturing processing of the TiTa alloy system was explored, in order to 

improve the range of materials available for next generation bone implants. Additive manufacturing in 

both L-DED and L-PBF systems of mixed elemental titanium and tantalum powders was conducted and 

the material characterised for its microstructure, mechanical properties and biological response is 

reported.  

Overall, this thesis provides a greater understanding of TiTa alloys and their manufacture for biomedical 

applications. It explored how different processing parameters and scanning strategies can be used to 

manufacture solid and homogeneous material from mixed powders containing components with starkly 

different melting characteristics. The designed remelt strategy was shown to be effective at improving 

the homogeneity of L-PBF material and provided a promising strategy for improving the quality of 

refractory materials produced by L-PBF. It is suggested that this strategy can also be adopted for 

processing of other refractory based alloys, such as refractory high-entropy alloys. 

The link between the unique microstructures formed and the thermodynamic conditions produced by 

L-PBF has been explored. Epitaxial grain growth was avoided through compositional supercooling and 

partially melted particles contributing to heterogeneous nucleation. The Ti25Ta and Ti65Ta alloys 

demonstrated a similar strength to CP Ti while reducing the elastic modulus by half, promising a 

reduction to stress-shielding effects caused by elastic modulus mismatch between implant alloys and 

bone. Furthermore, the fatigue performance of the Ti25Ta and Ti65Ta alloys surpassed that of L-PBF 

Ti-6Al-4V, due to their enhanced ductility, which reduced notch sensitivity in the manufactured lattice 

structures. The small volume % of remaining refractory particles did not contribute to crack initiation. 

Process-induced defects consistently initiated failure. The encouraging mechanical properties of the 

alloys was coupled with positive in vitro biological results, which showed improved osteogenic 

behaviour of the TiTa alloys when compared with Ti-6Al-4V. Whilst this finding still must be 

confirmed in vivo, it is a promising sign for improved implant integration. Finally, the β phase of the 

Ti65Ta alloy led to a slightly slower crack propagation but no significant improvement in fatigue 

performance or osteogenic capability. Hence, the lower density and lower cost Ti25Ta alloy was 

concluded to be the most beneficial alloy for low stress bone implant applications. 

Broadly, this thesis has provided a new alloy for additive manufacturing of bone implants and 

contributed to a greater understanding of the mechanisms behind its processing, mechanical 

performance and biological response. The Ti25Ta alloy has the potential to increase implant stability 
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and significantly reduce implant failures caused by stress-shielding and loss of bone mass around the 

implant.  

The detailed contributions of this research are as follows. 

 

7.1.1 Additive Manufacturing of Mixed Powder Ti25Ta and Ti65Ta  

Additive manufacturing was shown to be an effective tool for both preliminary alloy screening and 

implant manufacture. Although the exact composition could not be precisely controlled in L-DED 

processing, a large range of alloys were successfully and rapidly manufactured, providing the 

opportunity to examine microstructure and biological response and quickly highlight or preclude 

particular alloy compositions from further study.  

L-PBF processing of the Ti25Ta and Ti65Ta parameters confirmed that single scan tracks were a useful 

tool for determining the optimal processing window by analysing track stability and melt pool 

morphology. Furthermore, multi-layer single scan tracks provided an indication of material 

homogeneity, by analysing the remaining refractory particles within the layer overlap zones. Dense 

material (> 99.9%) was successfully formed in both the Ti25Ta and Ti65Ta compositions, however 

partially melted Ta particles remained in the matrix. A remelt scanning strategy was shown to be 

successful at reducing the area fraction of remaining Ta particles by allowing a second opportunity for 

melting and mixing. Modelling of the TiTa process parameters was improved by considering the 

normalised melting enthalpy of each composition. Variables of material absorptivity, melting 

temperature and thermal conductivity improved the model predictive capability, however it was still 

limited by the mixed powder nature of the compositions. A similar laser spot size and powder particle 

diameter led to a combination of vaporisation of the Ti and insufficient melting of the Ta, regardless of 

the calculated normalised enthalpy.  

Overall, insight into the optimal laser scan speed for producing TiTa alloys through L-PBF was gained 

and a remelt scan strategy was developed as an effective homogenisation tool. The remelt strategy is 

recommended for increased homogenisation of other alloy systems with refractory components.  

 

7.1.2 Microstructure and Mechanical Properties 

Phase analysis of the alloy systems was conducted to give insight into their mechanical performance 

and highlighted the effect of the rapid cooling in L-PBF processing on microstructure formation. Initial 

XRD phase analysis of the L-PBF produced cubes showed a fully α structure in the Ti25Ta alloy and a 

fully β structure in the Ti65Ta alloy, despite equilibrium calculations suggesting each alloy should be 
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dual phase. The discrepancies in phases were attributed to the fast cooling rates of L-PBF and oxygen 

content. A minor increase of oxygen content was noted in the printed material, which was enhanced by 

the remelt scanning strategy. No oxygen increase was noted in the reused powder. Oxygen is a strong 

interstitial strengthening agent in titanium and hence the minor increases in oxygen were still considered 

relevant to mechanical analysis.   

BSI analysis revealed inhomogeneity within the melt pools of the single melt material, in the form of 

swirling pattern, which disappeared with the application of the remelt scan. This hinted to the remelt 

scanning causing a change in microstructure. EBSD analysis of the Ti25Ta and Ti65Ta alloys revealed 

microstructures consisting of fine martensitic α′ laths and equiaxed β grains, respectively. The remelt 

scan caused slight grain refinement and randomisation of the α′ laths. Grain refinement was attributed 

to a shallower melt pool caused by the remelt scan. TEM analysis confirmed that the L-PBF Ti25Ta 

consisted of predominantly α′ hexagonal laths, as opposed to the α′′ orthorhombic laths seen in 

literature. Remelt scanning facilitated the formation of the α′′ phase in areas with high Ta content (over 

50 wt.%), confirming that enhanced Ta diffusion in L-PBF Ti25Ta is required for the formation of the 

α′′ phase.  

The mechanical properties of the L-PBF material showed a promising low elastic modulus of 65 ± 5 

GPa and 71 ± 5 GPa in the Ti25Ta and Ti65Ta single melt material, respectively. Both the Ti25Ta and 

Ti65Ta alloys displayed a similar tensile strength and ductility to CP Ti. The remelt strategy caused an 

increase in material strength coupled with a significant decrease in ductility, likely due to grain 

refinement and increased oxygen levels. The mechanical properties of the Ti65Ta alloy were more 

strongly affected by L-PBF processing due to enhanced β grain refinement. The Ti25Ta alloy showed 

a similar sized microstructure in conventional and L-PBF processing. Fractography of the tensile 

samples showed no spatial correlation between process-induced defects and remaining Ta particles. 

Hence, it was concluded that the Ta particles were not significantly contributing to specimen failure.  

Overall, both the Ti25Ta and Ti65Ta alloys showed promising mechanical properties for bone implant 

applications, achieving low elastic moduli and similar strength to CP Ti. The L-PBF TiTa alloys are 

well suited for strength specific implant applications, such as mandible implants. Furthermore, the TiTa 

alloys did not suffer from a significant reduction in ductility, as often seen in L-PBF materials, and 

hence are more favourable than other biomedical alloys for additively manufactured bone implants.  

 

7.1.3 Fatigue Performance 

The L-PBF TiTa alloys were characterised under cyclic loading in both solid and lattice forms. The 

low-cycle fatigue results for solid material showed a higher stress response for equal strain in the Ti65Ta 

compared with the Ti25Ta alloy, caused by a higher elastic modulus. The elastic moduli, calculated 
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from the half-life hysteresis curves, were found to be higher than the values observed during ultrasonic 

modulus testing. It was hypothesised that this was due to wave scattering by remaining partially melted 

Ta particles.  

Both the Ti25Ta and Ti65Ta alloys also performed well when compared to CP Ti, Ta and Ti-6Al-4V. 

When normalised by yield strength, the TiTa alloys performed second to only pure Ta, with the Ti25Ta 

composition displaying a third of the elastic modulus of pure Ta. For both alloys, the remelt scan caused 

a decrease in fatigue life, despite decreasing the number of remaining Ta particles and fractography 

analysis confirmed that the remaining Ta particles did not act as crack initiation sites. X-ray Micro-CT 

analysis confirmed a minor increase in porosity was coupled with the decrease in Ta particles for the 

Ti25Ta remelted material. However, as there was no observed increase in the number of large pores (> 

60 µm in diameter), the effect of the increased porosity on fatigue life was likely negligible.  The 

reduced fatigue life of the remelt material was instead attributed to reduced material ductility and 

increased residual stresses.  

Tension and compression testing of FCCZ lattices showed a gradual strut-by-strut failure in tension in 

the Ti65Ta lattices compared with abrupt fracture of the Ti25Ta lattices, due to the different rates of 

crack propagation between the β and α′ microstructures. Both the Ti25Ta and Ti65Ta lattices showed 

superior tensile strength to identical FCCZ Ti-6Al-4V structures, which failed in their elastic region 

due to low ductility and high notch sensitivity. Fatigue testing of the lattices confirmed the superiority 

of the more ductile TiTa alloys, as both the Ti25Ta and Ti65Ta showed superior fatigue life to both as-

built and even heat-treated Ti-6Al-4V.  

DIC analysis indicated that failure initiated consistently at a corner of the lattice which faced the powder 

spreading blade and had acquired excessive adhered partially melted material. Strut size and lattice 

volume increases were observed when compared to the CAD file, particularly around the upper lattice-

grip interface where the horizontal grip was not fully supported by the lattice struts during building. 

The geometric deviations from the CAD were concluded as the main contributors to the TiTa lattice 

failure, highlighted the need for further L-PBF lattice parameter optimisation. Analysis of the 

microstructure of the Ti65Ta lattice struts showed no decrease in grain size in the thin lattice struts or 

columnar grains, emphasizing that grain formation in the TiTa alloys is driven strongly by constitutional 

supercooling and nucleation on Ta particles, as opposed to thermal gradients.  

Overall, the high ductility of the L-PBF TiTa alloys resulted in a superior fatigue performance to other 

common biomedical alloys produced by L-PBF. This effect is enhanced when the material is used in 

lattice form, as the high damage tolerance of the TiTa alloys avoids failure caused by the large rough 

surface area.  
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7.1.4 Biological Response 

The biological response of the AM TiTa alloys was assessed for biocompatibility and osteogenic 

behaviour, in comparison to AM Ti-6Al-4V. Preliminary material from the L-DED processing 

confirmed a basic biocompatibility of the AM TiTa alloys. However, the viability assay recommended 

in ISO 10993 to confirm biocompatibility was found to lack an understanding of how cell attachment 

and proliferation separately effect material biocompatibility. Preliminary morphology experiments 

showed enhanced spreading and reduced circularity of cells on Ta containing surfaces, highlighted as 

indicative markers for enhanced osteogenic behaviour. A seeding protocol was developed for analysis 

of the osteogenic capability of metallic substrate plates which could be standardised for future alloy 

testing. 

Metallic substrates were produced by L-PBF in Ti25Ta, Ti65Ta and Ti-6AL-4V and polished to remove 

topographical features, which could influence hBMSC cell fate. After polishing, the substrate surfaces 

revealed 1 – 3 µm protrusions on the TiTa alloys, corresponding to the remaining partially melted Ta 

particles. These protrusions were deemed too disperse to have a topographical effect on cell behaviour. 

Preferential polishing and lattice strain did, however, cause an enrichment in Ta at the surface and in 

the oxide of the TiTa alloys. The four-fold increase in at. % of Ta in the nominal compositions from 

Ti25Ta to Ti65Ta was only reflected as a two-fold increase in the oxide. Hence, the higher content of 

Ta in the Ti65Ta alloy contributed less than expected to biological performance.  

Both the Ti25Ta and Ti65Ta alloys displayed an improved osteogenic capability compared with Ti-

6Al-4V, however no significant difference in behaviour was noted between the Ti25Ta and Ti65Ta 

alloys. Increased cell spreading on the TiTa compositions and a higher number of attachment points 

indicated a stronger material-cell interaction. The osteogenic assays supported the morphological 

analysis, showing enhanced ALP activity on the TiTa compositions, followed by enhanced 

mineralisation. Furthermore, the TiTa alloys showed equal cell attachment and proliferation to the Ti-

6Al-4V control, confirming that the new alloys would perform equally well for implant surface cell 

colonisation. 

Overall, the TiTa compositions showed equal cell attachment and proliferation to Ti-6Al-4V but with 

enhanced osteogenic potential. The similar biocompatibility but increased osteogenic potential of the 

TiTa alloys strongly favours the new TiTa compositions for clinical use, particularly considering their 

lower elastic moduli and strong fatigue performance, even when L-PBF processed. Despite the higher 

Ta content of the Ti65Ta alloy, it did not display a significantly improved biological response when 

compared with the Ti25Ta alloy. Hence, as the Ti25Ta alloy is lighter and cheaper, whilst displaying 

similar mechanical and biological properties to the Ti65Ta alloy, the Ti25Ta alloy was deemed most 

optimal for implant applications. 



Conclusions and Future Work 

178 

 

7.2 Future Work 

This thesis has highlighted potential areas for new research in the area of additive manufacturing, 

biomedical alloy development and implant structures, which could be valuable to the bone implant 

industry.  

 

7.2.1 Improvements to L-PBF Processing 

The current work has shown the limitations of the current L-PBF processing systems and outline the 

implications on the mechanical and biological performance of TiTa alloys. Implant manufacture 

requires high quality assurances and certification from specific agencies, such as the FDA. Hence 

developments of more robust and versatile hardware and processes for optimisation of process 

parameters could significantly further this field. Particular areas of beneficial study include: 

• Artificial networks to reduce time and material wasted during parameter optimisation analysis. 

In most current studies, parameter optimisation is conducted by printing material with a limited 

range of processing parameters, which then undergoes metallographic analysis, consuming 

sometimes very valuable powders and many hours of cutting, polishing and imaging. The range 

of processing parameters explored in this thesis only touch on the number of processing 

parameters which can be altered during the process, which has been estimated to be close to a 

hundred. Artificial networks can be used to highlight the most significant combinations of 

parameters which contribute to part density to significantly reduce the experimental processing 

window. Furthermore, for refractory component mixed powder alloys, material homogeneity 

could be considered alongside density as an optimisation condition.  

 

• In situ process monitoring. Monitoring variables such as temperature, gas flow, surface 

roughness and laser energy, in real time, could not only identify positioning of possible critical 

defects, but allow for the implementation of process improving alterations. As this study has 

shown, remelting of a layer can reduce surface roughness and defects by allowing a second 

opportunity for molten flow to smooth out previously formed inconsistencies and defects. A 

remelt strategy could be implemented mid-process if a monitoring system were to alert the 

presence of a particularly inconsistent melted layer. This would significantly reduce the time 

and money required for quality assurance of AM parts and be able to provide reassurance over 

the fatigue behaviour. Furthermore, monitoring of temperature would provide much needed in 

situ data to assist in microstructure formation modelling, as well as prevention of detrimental 

internal stress.  
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• New scanning strategies for lattice structures. Due to the high porosity of lattice structures and 

thin members and walls incorporated in the geometry, L-PBF processing of lattice structures is 

thermodynamically different from processing of solid material. There are many exciting new 

lattice geometries being designed specifically for biological applications, however optimising 

the process parameters for these structures is more difficult than that of uniform solid material. 

New scanning approaches, such as pulsed lasers, provide exciting possibilities for the formation 

of much more accurate lattice structures, however significant research into the thermodynamic 

effects of this new laser strategy on microstructure and mechanical properties is required.  

 

7.2.2 Further Advances for L-PBF Ti25Ta 

The L-PBF alloy produced in this study has shown very promising mechanical and biological properties 

for use in bone implant applications. To further understand the processing and resulting of this alloy 

and to make it widely applicable to the implant industry, the following areas of research are suggested: 

• Optimisation of the remelt scan for reducing residual stress. An optimised remelt scan could be 

used to reduce residual stress in the final part and help to minimise the reduced ductility seen 

in the remelted material. Residual stress measurements should be taken over a variety of remelt 

scan parameter combinations, as a tool to understand the minimisation of residual stress through 

new scanning techniques and to further elucidate how much residual stress or dislocation 

density was contributing to the strength of the L-PBF Ti25Ta. This study would improve the 

applicability of the remelt scanning strategy to a range of other materials with refractory 

components and help to show elucidate methods of in situ thermodynamic and microstructure 

control. 

 

• Mixed powder vs pre-alloyed powder. This study has shown that the use of mixed titanium and 

tantalum powders provides extra difficulties to produce homogeneous material. Whilst the 

processing of the mixed powder alloys could be improved by modelling of individual particle 

and laser interactions, pre-alloyed powders would reduce the disparity between single Ta or Ti 

particle laser interactions and create a more homogeneous material. Now that the Ti25Ta alloy 

has been highlighted as a promising candidate from within the TiTa alloy system, there is 

sufficient backing to support the production of pre-alloyed Ti25Ta powder. Furthermore, as 

partially melted Ta particles were often seen as grain nucleation sites in the Ti25Ta mixed 

powder alloy, it is possible that a different microstructure would be achieved with the pre-

alloyed powder. Further experiments using synchrotron beam lines could be used to investigate 

the differences between the real time solidification of the mixed powder and pre-alloyed 

powder systems. 
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• Oxygen solution strengthening. Promising studies have highlighted how oxygen additions can 

improve the static and cyclic strength of the TNTZ β Ti alloy system, with only minor increases 

in elastic modulus. Oxygen additions, in the form of Grade I – IV Ti powders, could be 

investigated to explore the full range of strength obtainable from the Ti25Ta alloy. 

 

• Post printing heat treatments. For mixed powder Ti25Ta, post printing heat treatments such as 

HIP are often required before clinical use of implants and have the potential to increase alloy 

homogeneity. However, this thesis has shown that the L-PBF process does not result in an 

equilibrium phase structure and, hence, a range of heat treatments should be explored for further 

optimisation of mechanical properties. In addition, the effects of any other required heat 

treatments on the alloy, such as heating for implant sterilisation, should be considered, as 

heating for long periods at low temperatures has shown to nucleate the ω phase, significantly 

altering mechanical properties.   

 

• Further in vitro and in vivo Ti25Ta testing. Whilst in vitro studies are still important in 

understanding cellular-material interactions, the lack of agreement in in vitro and in vivo 

osteogenic studies is worrying. The L-PBF Ti25Ta alloy must be tested in vivo in direct 

comparison to Ti-6Al-4V to determine whether the Ti25Ta does enhance the bone formation. 

Lattice structures could be used in a rat femur model and CT analysis used to determine the 

volume of bone formed around each implant, such as the model used by van der Stok et al. 

[426]. In addition, to identify the mechanism of increased osteogenic behaviour on Ta 

containing surfaces seen in vitro in this thesis, studies into characterisation of the protein layer 

formed on Ta surfaces could provide valuable insights into material osteogenic potential.  

 

7.2.3 A Range of Alloys and Geometries for a Range of Implant Applications 

Additive manufacturing has widened the palette of new materials and geometries which can be explored 

for bone implants. Whilst mandible implants were used as the motivation for this thesis, many other 

types of applications exist which could benefit from new materials and implant design. Areas of 

research which could begin to explore this exciting new field are: 

• A review and biomechanical modelling of current bone implants. The ability to explore new 

biomedical alloys through AM creates the possibility of not only designing an implant geometry 

specific to a patient’s bone shape, but designing the alloy specifically for the application. 

Natural bone covers a wide range of mechanical properties as it develops responding to its 
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mechanical environment. Therefore, it is unlikely that one alloy, such as Ti-6Al-4V or even 

Ti25Ta will possess the optimum mechanical properties in every bone implant application. To 

be able to create materials and implant combinations with specific properties for each 

application, the range of bone implants must be assessed and thoroughly mechanically 

understood through biomechanical modelling. By creating FEA simulations of different 

implant applications, a range of material properties could be cycled through the simulations to 

determine the optimum material for the implant. This would be coupled with research exploring 

topographical optimisation of the implant shape.  

 

• High throughput manufacture coupled with high throughput biological testing of new 

biomedical alloys. L-DED was shown to be a successful method of manufacturing a range of 

alloy compositions quickly from mixed powders. This method should be further employed 

across the wider range of β Ti alloys to improve the speed of development for new biomedical 

alloys. This high throughput manufacture must be coupled with high throughput 

biocompatibility testing. Developments into new testing techniques which do not require 

cutting, polishing and individual small substrate seeding are required. 

 

• Optimisation of surface roughness for balance between osseointegration and fatigue 

performance. The optimal surface roughness which allows bone integration but does not 

significantly deteriorate fatigue properties, must be found. Very high cycle fatigue testing must 

be more heavily used to ensure the lifetime of implants, which undergo millions of cycles per 

year. There is also much to learn from the range of new geometries available for lattice 

structured implants. Promising preliminary studies highlight both the mechanical and biological 

benefits of triply periodic surfaces, however the mechanical response, and particularly the 

fatigue behaviour of these structures, is little understood. 

 

• Further developments of biocompatibility standards. The definition of biocompatibility is 

developing as new biologically ‘smart’ materials have entered the market. Simple cytotoxic 

testing converted to a viability reading is insufficient to characterise the cell-material 

interactions and separate the performance of compositions within alloy systems. The 

biocompatibility standards need to be extended to include standard experimental measures for 

different ‘bioactive’ material qualities, such as enhancing osteogenesis or antibacterial activity.  
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Chapter 8 Appendices 

A1. Point EDX analysis of TiTa matrix 

 

Figure 8-1: Matrix elemental analysis of (a) Ti25Ta and (b) Ti65Ta L-PBF material. 

 

Table 8-1: Wt.% statistics of spectra 1 – 9. 

 Ti25Ta Ti65Ta 

 Ta (wt.%) Ti (wt.%) Ta (wt.%) Ti (wt.%) 

Max 28.08 76.84 65.69 39.28 

Min 23.16 71.92 60.72 34.31 

Average 25.52 74.48 63.81 36.19 

Standard Deviation 1.59 1.59 1.46 1.46 
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A2. Literature values used for normalised enthalpy calculations 

 

Table 8-2: Physical properties of Ti and Ta powders used in normalised enthalpy calculations. 

 

Due to lack of experimental data in literature, starred values are calculated as follows:  

* Using atomic percentage of alloy and pure Ti/Ta values  

** Using ThermoCalc database  

*** Estimated from absorptivity data which shows Ta absorbing higher than Ti [430, 431] 

  

 Ti Ta Ti25Ta Ti65Ta 

Thermal Conductivity (W/m °C) 21.9 [77] 57.5 [77] 24.7 * 33.6 * 

Melting Temperature (°C) 1660 [77] 3000 [77] 1733 **  1913 ** 

Thermal Diffusivity (cm2/s) 0.120 [427] 0.200 [428] 0.126 * 0.146 * 

Absorptivity 0.71 [345, 429] 0.75 *** 0.71 * 0.72 * 
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A3. Etched prior β grain structure of L-PBF single melt Ti25Ta 

 

 

Figure 8-2: Etched L-PBF Ti25Ta single melt sample displaying non-columnar prior β grain boundaries. 
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A4. Repeated Parameter Laser Degradation Study 

 

The parameter optimisation samples determined initially in Section 3.4 were printed again using the 

exact same process parameters, 2 years later. Figure 8-3 shows that there was a noted increase in 

porosity after the 2 year period, attributed to degradation of the laser. The lower density samples 

produced after 2 years however still showed an overall density of > 99.63 %, representative of well 

processed L-PBF Ti [194, 381-383]. The degradation of the laser highlights the need for improved 

characterisation of defects in AM parts, particularly in order to produce parts with reliable fatigue lives, 

as investigated by du Plessis et al. [432, 433].  

 

 

Figure 8-3: Porosity of (a) original parameter optimisation sample and (b) post 2-year reproduction of identical sample size, 

shape and parameters. 
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A5. Large area fracture surface EDX analysis 

 

The larger area encompassing the region shown in Figure 5-6 is provided below. The shadowing caused 

by the uneven fracture surface makes EDX analysis at this magnification difficult, however, it can be 

seen over the larger area that Ta particles and pores do not correspond spatially.  

 

Figure 8-4: Lower magnification of EDX analysis displayed in Figure 5-6; (a) SEM image, (b) Ti mapping (c) Ta mapping. 

  



Appendices 

219 

 

A6. Fatigue data used to compare fatigue performance of Ti25Ta and Ti65Ta alloys 

 

Table 8-3: Values used to create Figure 5-8. 

 Test Stress 

(MPa) 

Test 

Strength / 

Yield 

Strength (-) 

Cycles to 

Failure 

Yield 

Strength 

(MPa) 

Elastic 

Modulus 

(GPa) 

Ti25Ta Single Melt 

(machined)  

[This study] 

343 - 46778 

426 65 442 - 8945 

540 - 6373 

Ti25Ta Remelt 

(machined)  

[This study] 

372 - 10390 

545 77 502 - 5896 

694 - 1528 

Ti65Ta Single Melt 

(machined) 

[This study] 

422 - 10356 

381‡‡‡ 81 503 - 5356 

629 - 2142 

Ti65Ta Remelt 

(machined) 

[This study] 

497 - 10953 

604‡‡‡ 96 630 - 2522 

760 - 1051 

Ti-6Al-4V ELI  

(as-built) 

[60] 

- 1 1000 

- 114 - 0.5 10000 

- 0.25 100000 

CP Ti  

(as-built) 

[60] 

- 0.8 20000 

- 103 - 0.65 60000 

- 0.55 200000 

Ta  

(as-built) 

[60] 

- 0.975 60000 

- 186 - 0.8 200000 

- 0.6 1000000 

Ti-6Al-4V ELI  

(fine surface finish) 

[242] 

400 - 66000 

1015 113 590 - 6000 

750 - 3000 

 

 

‡‡‡ Yield strength normalised to the standard-tensile sample value by subtracting the strength increase caused by part size 

variation to mini-tensile samples noted in the Ti25Ta alloy.  
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A7. XPS Peak Fitting Data 

Shirley backgrounds were used for all quantification. For high resolution scans of lower 

abundance/signal elements i.e. C, Al and V a 5 point average width was used to define background 

endpoints. Titanium high resolution peak fitting, Figure 8-5(a) was performed using several constraints. 

The area of the p1/2 peaks was constrained to be half of that of the corresponding p3/2 peak. Asymmetric 

line shapes (LA(1.1,5,7) were used to fit the conductive metallic peaks and GL(65) line shapes were 

utilised for the oxidised species. Literature splitting values were then used as a guide to fit binding 

energy of oxidised species [434]. High Resolution fitting was not attempted on the Ta4f region due to 

the overlapping elemental species limiting the production of any meaningful fit. The overlapping 

orbitals are indicated in Figure 8-5(b).  

 

Figure 8-5: (a) High resolution fit of Ti 2p peaks for Ti-6Al-4V indicating the assigned oxidation states. (b) The high resolution 

scan of the Ta 4f region on Ti65Ta on which peak fitting was not attempted due to indicated overlapping species present in 

the study. 

 

Based on the binding energy of Ta 4p1/2 orbital it was expected that there could be some overlap between 

this peak and the Ti 2p peaks used for titanium quantification. Evidence for this is shown in Figure 8-6, 

where following argon etching Ti65Ta deviates from samples containing lower amounts of Ta at the 

expected Ta 4p1/2 binding energy. This small but meaningful area was assumed to be present in the non-

etched sample also, and as such, was corrected for during element quantification. Using the relative 

sensitivity factors for the Ta 4f and Ta 4p1/2 the Ta contribution was removed from the Ti 2p peak. It 

should be noted that this was a relatively minor correction ~1% surface Ti concentration. The overlap 

of Ta 4p1/2 with Ti 2p as well as O 1s with Ta 4f seems to be a commonly overlooked issue in the 

literature on TiTa alloys when performing high resolution component fitting. 
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Figure 8-6: Ta 4p overlap following etching. This figure shows how the Ta 4p peak overlaps with the 2p peaks and as such 

has likely been included in quantification of Ti from the survey spectrum and as such this value required correction. Other 

smaller variations at lower binding energy are likely the result of the variation in amount of carbide present. 

 

Table 6-3 presents the relative concentrations of metallic elements and oxygen in the oxide layer. This 

table has had the contributions from the adventitious carbon layer, silica and carbonate (including the 

oxygen contained within each) removed for ease of interpretation. A full table is presented below in 

Table 8-4. 

 

Table 8-4: Relative concentrations of all detected elements in the oxide layer. 
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A8. Biological Testing Replicates over 5 hBMSC Donors 

Cell Attachment 

 

 

Figure 8-7: Replicate adhesion data for Figure 6-10, including supporting nuclei counting data. For the nuclei counting data, 

each data point represents the number of nuclei counted from one of five images taken across the surface area of each 

substrate.  
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Cell Proliferation 

 

 

Figure 8-8: Replicate proliferation data for Figure 6-10. 
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Cell Morphology 4 hr Timepoint 

 

 

Figure 8-9: Replicate data for Figure 6-11 at 4 hr time point. 
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Cell Morphology 3 day Timepoint 

 

 

Figure 8-10: Replicate data for Figure 6-11 at 3 day time point.  
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ALP Activity and Mineralisation 

 

 

Figure 8-11: Replicate data for Figure 6-12. 

 

The mineral study for Donor 5 was conducted at 3 weeks due to COVID lab shutdowns. As a result of 

the lower mineral deposition and lower fluorescence, Donor 5 mineral samples were analysed at a 

higher magnification.  NB: Donor 3 showed no differentiation capacity so was excluded from analysis.  

 


