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Abstract

Metal bone implants are used extensively to provide mechanical support, fixation or to

fill defects due to disease, aging or trauma. Examples of implant include joint replacement,

fracture plates, and fusion cages. These are very successful surgeries; however, failures

do occur. The most common causes of bone implant failure are infection and aseptic

loosening which can be caused by stress shielding or poor fixation.

Additive manufacturing enables the creation of implants with complex geometries

such as lattices which cannot be easily made with conventional manufacturing techniques.

Despite lattices being used in medical devices for fixation, and extensively researched for

stress shielding their potential to be exploited as drug delivery vehicles has not been fully

explored. In this work the novel technique of manipulating lattice geometry to control

drug release is proposed.

The mechanical properties of lattices manufactured from Ti-6Al-4V by laser powder

bed fusion was investigated. Four lattice designs provided sufficient compressive strength

to be weight bearing while having sufficient void volume to fill with a drug loaded bio-

material. For example BCCZ lattices with a 350 µm strut thickness had an offset stress

of 365 ± 7 MPa with a volume fraction of 0.583 ± 0.001. Additionally the effects of

strut and wall thickness, lattice rotations during building, loading and a combination of

the two, and unit cell size were investigated; to understand which factors were important

when designing additively manufactured medical devices.

Secondly, BCCZ and gyroid lattices with volume fractions of 0.2, 0.4 and 0.6 were filled

with brushite cement containing 2.5% w/w gentamicin sulphate. The drug release fitted

the Korsmeyer-Peppas model with R2 values of at least 0.98 and could be controlled

by changing the lattice geometry. There were also statistical differences in the size of

inhibition zones of Staphylococcus aureus and Pseudomonas aeruginosa. The presence of

brushite cement in the lattice structure did not reduce the compressive strength.

Finally, a coating was developed to immobilise therapeutics to the surface of implants.

Albumin was used as a model therapeutic, it was covalently attached via amide bond cou-

pling to PCL which was dip coated onto Ti-6Al-4V coupons. This process was optimised

and albumin continued to intrinsically fluoresce on coupon surfaces after immersion for

four months in phosphate buffered saline at 37°C.

This thesis focuses on the exploitation of lattices manufactured by laser powder bed

fusion to control drug delivery while manipulating the mechanical properties, with a view

to using them in hip replacements to treat infection, and spinal interbody fusion cages to

improve bone ingrowth.
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CHAPTER 1

INTRODUCTION

1.1 Bone Implants

Metal bone implants are used extensively in the body predominantly to provide weight

bearing support where it has been lost due to disease, trauma or aging (figure 1.1). This

can include providing mechanical fixation of bones after trauma such as bone plates, wires,

nails and screws [1]. Joint replacements are used to replace damaged joints generally due

to arthritis [2]. Fusion cages are used in complex bones including vertebrae and ankles to

provide stability by fusing bones together [3]. Dental implants replace teeth after decay

or trauma [4]. Osseointegrated percutaneous implants are used to attach prostheses for

missing limbs [5, 6].

Despite the greater number of hospital admissions for fractures than joint replacements

[8, 9], joint replacements are the most common surgical procedure involving bone implants

in both the USA and UK [10, 11]. With around 200 hip replacements per 100,000 popula-

tion and 150 knee replacement per 100,000 inhabitants in Europe [7]. With a population

increasing in number, age and weight, the demand for joint replacements is increasing

[7]. Along with a demand for new design approaches to overcome some of the challenges

posed by current implant designs.

The metals most commonly used for bone implants are stainless steel, cobalt chrome

and titanium alloys [1], all of which provide strength an order of magnitude above that

1



Figure 1.1: Some examples of metal-based implants used in the human body. Adapted
from [7]

of cortical bone (∼ 200 MPa) [4]. These metals are also predominantly bioinert due to

the formation of oxide layers on their surfaces which controls the ion release and provides

corrosion resistance [12]. Despite the extensive use of these metals for bone implant

applications they have some challenges.

Although the high mechanical strength of metals used in implants enables them to

provide sufficient strength for weight bearing applications, this comes with a high stiffness

that can lead to stress shielding. This is where the loading occurs through the implant

rather than the bone leading to bone loss near the implant [13]. This in turn can lead

to implant loosening and failure [14]. Methods proposed to reduce stress shielding have

included the use of alternative materials with lower modulus of elasticity [15], or altering

the geometry of the implants including the use of porous structures to reduce the stiffness

[14, 16]. The wide variety of porous structures available enables a greater tunability of

the stiffness compared to altering the material and so will be investigated in this work.
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The use of porous structures can also enable fixation through osseointegration where the

bone grows into the implant which provides mechanical fixation [17].

Implant movement both intentional in joint replacements and not, for example due

to implant loosening, can create wear particles. Additionally corrosion can lead to metal

particles in the surrounding tissues, due to fretting and also galvanic corrosion between

dissimilar metals, which have different electrode potentials. This is more prevalent in

stainless steel than titanium alloys [12]. The presence of these particles can lead to in-

flammation, osteolysis and pseudotumors, which can result in implant failure [7, 18].

Changing the wear surfaces in joint replacements to ceramics or polymers reduces the

presence of metal wear particles. However, polymer wear particles bring their own chal-

lenges, such as biological reactions including osteolysis, the degradation of bone tissue

[19]. Corrosion can be reduced by changing the metals used in implants, as well as avoid-

ing mixing metals to remove the risk of galvanic corrosion [1]. In this work the titanium

alloy Ti-6Al-4V will be used to reduce the risk of corrosion compared to other metals,

while the use of a porous structure to promote osseointegration will help to reduce implant

movement due to loosening.

Another mechanism of implant failure is infection, which has a generally low rate in

bone implant applications of below 5%, compared to 10% for bowel surgeries [20]. However

these infections can be challenging to treat, resulting in a cost that is in the region of

three times the original surgery cost [21]. The presence of a foreign body increases the

risk of infection due to bacterial colonisation of the implant surface [22]. Often the only

successful treatment is removal of the implant [23]. New technologies to prevent and

treat infection in implants are wide ranging, including the use of antibiotic loaded bone

cement for implant fixation [24], implant coating with antibiotics, antimicrobial metals or

nanosurfaces [25]. More recently implants with drug eluting reservoirs have been explored

[26]. This will be further discussed in section 1.8.
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1.1.1 Case Studies

In this work technologies to improve bone implants will be explored. Specifically, the

use of additively manufactured lattices to control drug delivery of antibiotics and growth

factors. Additionally the use of lattices may improve the mechanical properties including

reducing stress shielding. Two bone implant applications will be discussed in more de-

tail as potential implants to exploit these technologies. These are hip implants to treat

infection and spinal fusion cages.

Hip Implants to Treat Infection

Hip replacements are one of the most common surgeries performed in the UK with 241,000

performed between 2019 and 2021 [9]. They are predominantly performed to treat os-

teoarthritis (91.2%), although other causes include fractures or abnormal anatomy [27].

Failure rates are low with 70% survival at 15 years, and 5 revisions for every 1000 years

of implantation [9]. Aseptic loosening (loosening not cause by infection) makes up 48%

of the revisions while infection leads to 10% [9]. Additional causes include fracture, dislo-

cation and wear. Due to the high prevalence of the surgery the cost is low for a primary

implantation (€ 7490 ± 1030) although revision surgeries are more expensive (€ 9240 ±

1210), especially if they are for a septic revision (€ 23,800 ± 8240) [21].

There is a sliding scale of treatment options for infected hip replacements from the

conservative administration of systemic antibiotics which are the least invasive and the

least successful [28]. At the other extreme, two stage revision involves the removal of the

infected implant and tissues, and implantation of an antibiotic loaded hip spacer. This

spacer is left in for six to eight weeks, followed by a second surgery to remove the hip

spacer and implant a new permanent prosthetic [29]. This process is more successful at

treating the infection but the burden of the two surgeries and prolonged hospital stay can

lead to poorer patient outcomes overall [28].

Hip spacers are temporary devices which provide local antibiotics directly to the site

of the infection. They hold open the cavity from the hip replacements and provide some
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mechanical support which enables some patients to partially bear weight [30]. Spacers

are made of poly(methyl methacrylate) bone cement (PMMA), loaded with one or two

antibiotics [31]. They can be made freehand or in a mould by the surgeon in which

case the drug loading can be controlled, or they can be bought prefabricated [32]. Some

spacers articulate generally with a metallic support, or are fixed in position confining

many patients to bed [33]. The use of handmade and non articulating spacers can lead

to dislocation [29], while the limited mechanical strength of PMMA can lead to fracture

[29]. Further challenges with PMMA as a material are discussed later in section 1.9.1.

Given the challenges with the two stage revision in terms of multiple surgeries and

limited weight bearing properties, there is a clinical need for a new hip implant that

can clear the infection while providing sufficient mechanical support to be used as a

permanent implant to remove the need for a second surgery and the bed rest while the

spacer is present. This implant would control the antibiotic release to provide the optimal

release profile for the antibiotics chosen.

Spinal Fusion Cages to Promote Bone Ingrowth

Spinal fusion cages are used to provide mechanical support between vertebrae in the

spine and prevent non union when two or more vertebrae are being fused together [34,

35]. Fusion is generally performed due to degradation of the cartilage between vertebrae,

often caused by degenerative disc disease [36] leading to pain which is the main presenting

symptom [37]. Other causes include fracture of the spine and scoliosis [35]. In the USA

4-500,000 spinal fusion procedures are performed each year [34, 38]. However success is

not consistent and failures including non union can present in up to 45% of cases [34].

Spinal cages generally consist of a hard structure with an internal void which can be

packed with bone graft material. The structure provides mechanical support and stability

while osseointegration occurs [39], while the bone graft promotes bony fusion [39]. Prior

to the widespread introduction of cages, bone grafts were used without support which

often led to the collapse or fragmentation of the bone grafts resulting in the need for
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reoperation [35]. The material used for bone grafts can be autographs from the patient’s

own body, however this requires a second surgery site and limits the quantity of bone

available [35]. Alternatively allografts from cadavers can be used which provide larger

quantities of material without the need for additional surgery sites. These materials do

require sterilisation, which can damage the tissues and carry a risk of disease transmission

[38].

Alternatives to bone grafts include scaffolds, ceramics or demineralised bone matrices

which can all be loaded into spinal cages. Scaffold can be used to deliver growth factors to

promote bone formation, while being osteoconductive themselves. Examples of materials

include collagen, ceramics and polymers [34, 39]. Demineralised bone matrices are organic

scaffolds of proteins and growth factors. They are derived from bone that is demineralised

using acid. This process reduces the mechanical properties, which can lead to collapse,

and there is a risk of disease transfer due to the allogenic bone source [40].

Bone graft substitutes can be used with osteoinductive supplements to optimise fusion

rates. Growth factors such as transforming growth factor-beta (TGF-β), and vascular en-

dothelial growth factor (VEGF) activate osteoblasts and fibroblasts [34, 39]. While bone

morphogenetic proteins enhance osteogenesis and osteoinduction [34, 40, 41]. Mesenchy-

mal stem cells can differentiate into osteoblasts and chodrocytes in order to promote

fusion [35, 38]. Alternatively, synthetic peptides rather than natural proteins can be used

[38]. Finally, instead of releasing growth factors from the implant, the body’s cells can be

targeted to produce more growth factors using gene therapy however this can be difficult

to measure in vivo [34].

The use of spinal cages is not without challenges, some of which overlap with those of

hip replacements such as stress shielding [39] and infection [41, 42]. Other challenges are

more specific to fusion surgery, such as radiographical artefacts [39] and loss of motion

in the spine [36]. Rates of infection are higher in spinal surgery at around 5% [43] than

in hip replacements (∼ 1%) [9]. This leads to a greater need for imaging of the implant

site which can be challenging as metallic cages give artefacts on X-ray, CT and MRI
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radiographs [39].

Despite continuous improvements in spinal cage design over the last 30 years, failures

occur in more than 10% of cases [39]. New research is working to overcome some of the

challenges discussed above. The use of additively manufactured lattice structures has

enabled the mechanical properties of the cage to be manipulated to reduce the risks of

stress shielding [39]. This effect has also been achieved by switching from titanium to

polyetheretherketone (PEEK) a polymer which is radiolucent and with a lower elastic

modulus than titanium [35, 38]. However no statistical differences in clinical outcomes

between PEEK and titanium cages were found [38], and PEEK cages have been found

to suffer from migration, subsidence and lack of fusion in some cases [38]. Coatings have

been explored to provide local drug delivery including antibiotics to reduce the infection

risk and growth factors to increase osteogenesis [35, 39]. Expandable devices have been

explored to improve primary fixation and have been shown to reduce subsidence [44].

Spinal cage failure due to non union is a common problem, the use of lattices as a large

surface area for the immobilisation of a bone ingrowth promoting coating would enable

prolonged ossification. Meanwhile the lattice could provide mechanical support, tailored

stiffness to reduce stress shielding, and a reduced volume to minimise radiographical

artefacts.

1.2 Infection in Bone Implants

Infection is a leading cause of failure in bone implants for fracture repair, where it is

listed as the cause in 20% of failures [45], however this can rise to as high as 33% in open

fractures [46]. The infection rate for spinal surgery is around 4% [47, 48], however the

use of hardware such as spinal fusion cages leads to a higher incidence of infection [49,

50]. The infection rate for cranial surgery is around 16% [51]. For cancer survivors there

is a 5-13% infection rate after reconstruction which can lead to amputation [52], rising to

43% if a revision is required [53]. As previously noted, for spinal surgery the presence of

7



implants increases the infection rate, however the use of an implant can rarely be avoided

[46].

The most commonly found bacteria in bone implant infections are from the Staphylo-

coccus genus which are gram positive bacteria and are found in around 60% of infection

[20, 54]. Other gram positive bacteria found in these infections include Enterococcus (∼

7%), and bacteria from the Streptococcus genus (∼ 6%) [20, 54]. Enterobacteriaceae is the

most commonly found gram negative bacteria, while Escherichia coli and bacteria from

the Pseudomonas genus are also found [20, 55, 56].

Infections are classified into early infections which occur during the first three months,

and where the microorganisms enter during the surgery or wound, or late infections where

the infection enters the body through an alternative route such as a dental procedure or

new wound [57]. Early infections often lead to complications with wound healing, and

are predominately caused by highly virulent bacteria [58]. Between 3 and 24 months low

virulent bacteria can lead to delayed low grade infections which can be hard to identify due

to the non specific symptoms of implant loosening and joint pain [58]. Late infections after

24 months can have almost any microorganism present as these enter by an alternative

route [57].

The implantation of hardware during surgery leads to an increased risk of infection

[46]. This is in part because the implant interferes with the local tissues leading to local

inflammation and immunosuppression [59]. Once bacteria are present on the implant sur-

face they colonise, forming biofilms surrounded by extra polysaccharide substances (EPS)

which enables colony binding, nutrient and waste movement, protection and signalling

[60]. The presence of the biofilm reduces the potency of antibiotics due to the biofilm

preventing the antibiotics penetrating into the colony, substances within the biofilm in-

hibiting the antibiotic activity and slower rates of growth of bacteria within the biofilm

[61]. Additional challenges with the presence of biofilms include chronic inflammation

caused by repeated attempts to treat the infection, and the presence of a large quantity

of bacteria which can shed bacteria into the body [62].
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In early stage infections the pathogens are already on the surface of the implant during

implantation, or move from the patients skin to the implant through the wound [59, 60].

However for late stage infections opportunistic pathogens migrate to the implant surface

where they transform into virulent forms [59]. How and why the bacteria migrate is not

fully understood. It is known that bacteria prefer to grow on surfaces than in solution and

they may be attracted to the implant surface by chemotaxis or haptotaxis (concentration

gradients of chemoattractants) [63]. Alternatively, they may migrate using blood cells as

vectors, especially immune cells [64].

1.3 Antibiotics

Antibiotics are used to treat bacterial infections. Different antibiotics have different phar-

macokinetic properties which can be categorised as time-dependent where more virulent

strains require a longer time to kill, concentration-dependent where a higher drug con-

centration is required, or those which experience persistent effects where bacteria growth

is suppressed after antibiotic exposure [65]. Antibiotics are then classified into three cate-

gories, type I antibiotics are concentration dependent and experience prolonged persistent

effects [66]. Aminoglycosides such as gentamicin sulphate are type I, the best loading

regime maximises concentration to hasten bacteria death [67]. A peak concentration 8-10

times higher than the minimum inhibitory concentration (MIC) is beneficial to reduce the

risk of antibiotic resistance [67]. Type II antibiotics such as penicillin have time-dependent

pharmacokinetics with little persistent effects [68], so maximising the time that the drug

concentration is above the MIC with a continuous release is ideal [68]. Vancomycin is a

type III antibiotic which means it has time-dependent killing and moderate persistent ef-

fects [69]. Maximising the amount of antibiotic eluted leads to ideal bacterial kill [70]. As

it can be seen it is important to control the release profile to maximise the bacteria killed

and to prevent antibiotic resistance, and different antibiotics suit different approaches to

release.
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Antibiotic resistance occurs when bacteria are resistant to the effects of one or more

antibiotics. Resistance can be divided into natural resistance which occurs inherently

in some bacteria without the presence of an antibiotic, and acquired resistance which is

induced by the selection pressure of the presence of low levels of antibiotics [71]. Bacteria

can also develop resistance from horizontal gene transfer from other bacteria [72].

The over use of antibiotics in healthcare and farming practices has led to high levels

of subtherapeutic doses which create these selection pressures, and have been linked to

new antibiotic resistance cases [73]. In order to reduce the risk of a future where routine

surgery is fatal due to a lack of antibiotics, more antibiotics need to be developed, and over

prescription of antibiotics for viral infection must stop. The practice of using antibiotics

to prevent livestock infections, and promote faster growth must cease. Additionally where

antibiotics are added to implants it is important to control the kinetic profile in order to

achieve the optimum dosing strategy and prevent subtherapeutic levels in the surrounding

tissues.

Not all antibiotics are suitable for use in infection treating implants. The ideal an-

tibiotic is broad ranging, working against gram positive and negative bacteria, as the

microorganisms present in an infection site are generally not known until surgical incision

at the implant site, at which point immediate antibiotic delivery is desired rather than

waiting for bacteria culture to occur [74]. Last resort antibiotics should be avoided to

reduce the risk of resistance occurring.

The most commonly used antibiotic in hip replacements in the United States and the

Netherlands is gentamicin which is sometimes used in combination with another antibi-

otic such as clindamycin or vancomycin [75, 76], elsewhere in Europe cefazoline is most

commonly used [77, 78]. These are chosen due to their broad spectra of activity and

synergistic properties [76, 79]. Gentamicin and vancomycin are thermally stable and so

are regularly used in PMMA spacers which set exothermically [76].

Gentamicin sulphate is an aminoglycoside that works against gram negative, and

aerobic bacteria [80]. It was first approved for use in 1969 which means that it is now out
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of patent and generics can be made at low costs [81, 82]. Gentamicin sulphate works by

inhibiting bacterial protein synthesis [83]. This makes gentamicin sulphate an appropriate

antibiotic to use in this research.

1.4 Bone Growth

Cementless implant fixation and spinal fusion both rely on bone growth for long term

stability. Osteogenesis, the process of bone formation, occurs through a cascade. This

starts with inflammation triggered by blood reaching the implant surface, then signalling

molecules such as growth factors are released [84]. The formation of a hematoma follows

[15] which then turns into a callus [85] which subsequently hardens by ossification [15].

Osteoinduction follows ossification, which is the chemotaxis and mitosis of mesenchy-

mal cells [86], which differentiate into osteoblasts [85].Angiogenesis is the formation of

vasculature [87], which is followed by osteoconduction, ingrowth into host bone [38, 87].

Finally the callus remodels into bone under mechanical load [15].

1.5 Growth Factors

Growth factors are proteins for signalling and regulation of cells [86]. They are heavily

involved in bone growth [88], however they are not specific, therefore affecting multiple

cells and eliciting different responses from each [86]. This has some disadvantages, for

example systemic delivery of growth factors can lead to cells in a different region of the

body being affected, such as proteolytic degradation in the gastrointestinal tract [89]. An

additional challenge with oral delivery of systemic growth factors is bolus release reaching

toxic levels, and tends to come with a burst release [89]. Growth factors signal cells by

binding to the cell’s receptors, which induces a ligand receptor response and then signals

the nucleus [86]. Some cells require multiple growth factors before they will respond, for

example the process of osteoinduction [86].

It is important to get the release of growth factors right because some such as bone
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morphogenic protein (BMP) can induce osteoclasts, which cause bone degradation [90].

Some growth factors are only present early in the bone growth cascade while others have

a prolonged presence [89]. Appropriate release for each growth factor, and the correct

combinations are necessary, however not all growth factors have approval for implant

loading applications [85].

The incorporation of growth factors in polymer coatings, for example by electrospin-

ning, often leads to rapid release within a couple of days [89]. This is acceptable for growth

factors present at early stages of the bone growth cascade but unsuitable for those with a

more prolonged presence. Immobilization of growth factors onto polymer (or alternative)

surfaces enables prolonged bioactivity [91]. Growth factors are not impaired by immo-

bilisation [92] and it prevents their internalisation [93]. Some immobilisation techniques

enable control of the orientation of the growth factor which can improve its effects [94].

However immobilisation is only appropriate if the growth factor effect is needed in the

local vicinity of the implant and not in the surrounding tissues [95].

1.6 Additive Manufacturing of Medical Devices

The majority of metal bone implants are manufactured by casting and machining, however

additive manufacturing (AM) is increasingly being introduced as a manufacturing method

[1]. This process starts with computer aided design (CAD) modelling of the implant

design, this is then exported into a format that can be interpreted by the printer, often in

a sliced format. This is then loaded onto the printer where the print is produced before

part removal and post processing are performed [96, 97].

A number of different AM techniques are available to manufacture metal parts, these

include binder jetting, powder bed fusion, direct energy deposition and sheet lamination

[96, 98]. Most of these processes use metal powder as the feedstock, while sheet lamination

uses metallic sheets. The power sources used are laser beams, electron beams or thermal

energy [98]. For medical device applications powder bed fusion is most commonly used
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[99, 100], which includes laser powder bed fusion (L-PBF) and electron beam melting

(EBM) [98]. These methods use a powder bed built up in layers which is melted in

specific locations using a laser or electron beam in an inert atmosphere in order to build

up the part (figure 1.2) [96, 98].

Figure 1.2: Schematic showing the principles of powder bed fusion additive manufacturing.
Dosed powder is spread across the build substrate and the part is fused by a laser or
electron beam. The build plate then lowers, and another layer of powder is spread,
followed by scanning of the next layer which fuses both within the layer and to the layers
below. Adapted from [101]

Although L-PBF and EBM are similar processes there are some differences between

them. EBM must be carried out in a vacuum as a gaseous atmosphere attenuates the

electron beam, decreasing power, beam control and accuracy, while L-PBF is carried out

in an inert atmosphere to prevent oxidation which is less energy intensive [100]. For both

processes the powder bed is heated to reduce residual stresses, however in EBM it is

heated sufficiently that partial powder adhesion occurs which forms a cake with the part

inside it. This makes part removal more challenging and does not allow immediate powder

recycling, which is possible with some L-PBF systems [102]. This cake does provide some

support, reducing the quantity of support structures needed for EBM parts. However

the longer cooling time necessary for these parts results in larger crystals and therefore
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a coarser microstructure and rougher surface finish [100]. Additionally the larger layer

height, beam width and powder diameters can add to the increased surface roughness of

EBM parts. The choice of metals which can be manufactured using EBM is limited to

those that are conductive [102], while highly reflective metals such as silver are challenging

to manufacture by L-PBF [103].

Despite being a relative new technology, devices manufactured using AM have been

approved by regulators and are available for implantation. These include acetabular cups

and femoral stems of hip replacements, tibial plates of knee replacements, and fusion

cages for ankles, hips and spines [104]. All of these use additive manufacturing to create a

porous surface to improve fixation and enable osseointegration. In addition for the fusion

devices the reduced density enables a reduction in radiographic artefacts [104].

Laser powder bed fusion brings a number of benefits over conventional manufacturing

techniques. These are customisation, including the ability to create patient specific im-

plants [105], shorter lead times [106], and the ability to produce low volumes at no extra

cost [107]. The material wastage is often lower as the excess powder can be recycled,

although robust quality control is needed to reduce risks associated with reuse [106, 108].

The design flexibility is substantially larger than conventional techniques, which enables

the manufacture of complex shapes such as lattices, as well as designs with solid and

porous features [4, 109, 110].

However L-PBF is not without challenges. Some of these are to do with the build

process which can introduce porosity into the parts [96], as well as thermal stresses [111],

and a rough surface due to semi sintered particles [112, 113]. Additionally, work is still

ongoing to check the repeatability [98], cleaning and sterilisation processes necessary for

complex parts [114].

Currently AM parts have reduced wear properties and fatigue life compared to im-

plants manufactured by conventional techniques [115, 116, 117]. Although L-PBF offers a

lot of design freedom, there are still some limitations on what can be built. These include

overhanging angles, which are machine and feature size dependent but in the range of
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15 to 45° [118, 119], as well as resolution and minimum feature sizes, which tend to be

around 150 µm [120, 121, 122].

Stainless steel, cobalt chrome and Ti-6Al-4V are the most commonly used metals for

additively manufactured bone implants [111]. Stainless steel is regularly used for bone

implants including those manufactured using AM. It has a high corrosion resistance, good

mechanical properties and is biocompatible; however, it can release chromium and nickel

[123]. Cobalt chrome has been regularly used for dentistry and wear surfaces in joint

replacements as it is hard and wear resistant. However if it is subject to ion release due

to corrosion or wear, then the ions can lead to adverse reactions in the body [12].

Titanium alloys, specifically Ti-6Al-4V have been extensively investigated in L-PBF,

due to their use in aerospace applications [124]. Ti-6Al-4V is a titanium alloy containing

6% aluminium and 4% vanadium, the material is biocompatible and corrosion resistant

[123]. The presence of aluminium and vanadium in the alloy allow the α and β phases

of the crystal structure to be stabilised and manipulated to change the mechanical prop-

erties [124]. However these metals are not desirable if they leach into the body so some

alternative alloys with different α and β stabilisers have been researched including nio-

bium, zirconium and tin [123]. Due to the abundant research on Ti-6Al-4V it was used

for this work to enable comparison with the existing literature. The development of a

novel material was beyond the scope of this research.

The Regulation of Additively Manufactured Medical Devices

Medical devices require approval from regulators before they can be sold. Different mar-

kets have different regulators for example the regulator for the USA is the Food and

Drug Administration (FDA) [125], while in the European Union the European Medicines

Agency [126] is involved in the regulatory process as well as individual country regula-

tors. The UK regulator is the Medicines and Healthcare Products Regulatory Agency

[127], while in China medical devices are regulated by the National Medical Product

Administration [128].
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Each agency has a different process, and approval is only for a specific market, although

many regulatory bodies have a lower threshold for authorisation in their country if a

medical device has already been authorised elsewhere. Medical devices are generally

classified based on risk, examples of low risk devices include wheelchairs and glasses,

while high risk devices include pacemakers and heart valves. Higher risk devices are

subject to more stringent regulatory controls [129].

The regulations lay out a number of requirement that must be met such as the perfor-

mance of the device, labelling, packaging and information provided with the device, and

post market surveillance. The medical device company must also specify how the device

will be manufactured and sterilised, as well as providing clinical data including reporting

side effects [129].

The International Organization for Standardization (ISO) and ASTM International

provide standards in order to standardise processes across the industry. There are stan-

dards for testing for example ISO 13314:2011 ‘Compression test for porous and cellular

metals’. For loading requirements ISO 7206-6:13 specifies the loading requirements for

partial and total hip joint prostheses, while ISO 12189:2008 specifies these for implantable

spinal devices. There are also standards for materials, such as Ti-6Al-4V for additive man-

ufacturing ASTM F3001-14. Lots of medical devices have their own standards such as

hip replacements: ISO 21535:2023 and spinal fusion cages ASTM F2077-22. Additive

manufacturing has standards including for vocabulary ISO/ASTM 52900:2021, and for

validation of the production process ASTM F3604-23, as well as for validating the clean-

ing of medical devices ASTM F3127-22. It is important to understand which standards

are regulations are relevant to the medical device being developed and follow them, or

document why a deviation from the standard has occurred.
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1.7 The Use of Lattices in Medical Devices

One of the ways metal additive manufacturing can be used to add value is through the

use of porous lattice structures that are hard to manufacture through conventional im-

plant manufacturing techniques. A lattice is a cellular structure made of solid material

interspersed with pores. This can have either an open (figure 1.3a) or closed cell struc-

ture (figure 1.3b) depending on whether the pores are interconnected with the outside

of the structure [130]. Open cell lattices are predominantly used for medical applica-

tions, as there are no internal voids to trap powder when manufactured by powder bed

fusion techniques [131]. They also result in a less rigid structure which is favourable for

osseointegration, vascularisation, and reducing the effects of stress shielding [132].

If the structure has a repeating design then it can be called reticulated (figure 1.3a),

while those with a random design are stochastic (figure 1.3c) [109]. Stochastic structures

are often heterogeneous which makes predicting the mechanical behaviour challenging,

and do not necessarily meet the design limitations of the printing process, so reticulating

lattices are more commonly used for implants [133, 134]. Reticulated lattices can be based

on a surface (figure 1.3d) or strut (figure 1.3a) based repeating unit called a unit cell [135].

Examples of strut based lattices include those based on crystal structures such as body

centre cubic (BCC) and diamond, while surface lattices include gyroid and Neovius sheet

[136]. Strut based lattices can be divided into bend and stretch dominated structures

based on Maxwell’s stability criterion, which provides some insight into the expected

failure mechanisms [137].

By changing the lattice parameters the mechanical properties of the structures can

be manipulated. Lattice parameters include strut thickness, the diameter of the struts;

wall thickness, the thickness of the walls of surface based lattices; volume fraction, the

percentage of the overall shape that is occupied by the lattice; porosity, the percentage

occupied by the voids, the volume fraction and porosity should sum to 100%; relative

density has the same value as volume fraction but is calculated by dividing the density of

the lattice by the density of the reference material the lattice is made of; unit cell length,
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a) An open cell, reticulating, 
strut based lattice b) A close cell foam

c) A stochastic lattice d) A surface based lattice

Figure 1.3: Examples of lattices to show comparison between a) open and b) closed cell
structures, a) reticulated and c) stochastic lattices, and a) strut based and d) surface
based lattices

this is the side length of the unit cell if it is cubic.

Different unit cell designs offer distinct mechanical properties, for example the surface

based lattices have more isotropic compression behaviour than some of the strut based

lattices including the BCCZ lattice which is modelled on the body centred cubic crystal

structure with additional vertical struts [138, 139]. Increasing the strut or wall thickness

of lattices increases the strength and stiffness [140, 141]. While increasing the volume

fraction has the same effect [142, 143]. Decreasing the unit cell size increases the strength

when the strut thickness is kept the same [144, 145], or when the volume fraction is

kept constant [146, 147]. Volume fraction, unit cell size and strut or wall thickness are

not independent. If two are changed then the other is defined from those. Processing
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parameters such as laser power and dwell time can influence the mechanical properties

and change the build quality, for example by reducing the porosity within the struts [148,

149].

a) BCC b) BCCZ c) Cubic

d) Diamond e) Fluorite f) Gyroid

Figure 1.4: CAD of the unit cells used in this work. a) BCC, b) BCCZ, c) cubic, d)
diamond, e) fluorite, f) gyroid

The unit cells used in this work were BCC, BCCZ, cubic, diamond, fluorite and gyroid

these can be seen in figure 1.4. BCC lattices are based off the body centred cubic crystal

structure which is a form of crystal packing where nine atoms are packed in a cube with

eight atoms at the corners and one in the centre, this is the form iron takes at room

temperature. This can be used as a lattice structure with struts joining the central atom

(node in the lattice) to each of the atoms on the cube corners (figure 1.4a). It is shown

here transposed 50% higher with the nodes that form the central atom in the crystal

structure at the top and bottom rather than in the centre.

BCCZ lattices are BCC lattices with an additional vertical strut (figure 1.4b). Cubic

lattices have struts joining the corners of a cube orthogonally (figure 1.4c). Figure 1.4d

shows a diamond unit cell, which is constructed of 16 struts, and based on the diamond

cubic crystal structure which was first discovered in carbon. If this unit cell is formed of

19



two mirrored diamond unit cells, and forms a rhombic dodecahedron (figure 1.4e).

The last unit cell used in this work is the surface based gyroid (figure 1.4f). This

is a triply periodic minimal surfaces which was discovered by NASA in the 1970s [150].

Gyroid structures have two forms, in the sheet gyroid form the structure has two domains

(intertwined regions that do not intersect), while in the skeletal form one of the domains

is solid [151]. The skeletal form is used in this work as it allows the wall thickness to be

manipulated.

Lattice Applications

Some of the main reasons for using lattices for bone implants include osseointegration for

fixation, drug release, decreased radiographic artefacts and alleviating stress shielding.

Lattices have been explored as drug delivery vehicles with the therapeutic loaded into

either a coating or in a delivery vehicle in the lattice voids. For delivery from coatings

the lattice provides a larger surface area than solid implants, providing the possibility

of greater drug loading, and faster delivery [152, 153, 154]. While for bulk delivery the

lattice provides mechanical support with space for the drug loaded biomaterial [155, 156,

157].

Metallic implants can produce signal artefacts in MRI, CT and X-ray images. In CT

and X-ray images this is mainly due to the X-rays becoming attenuated by the metal in

the beam path [158]. While in MRI imaging the artefacts are introduced by interference

with the magnetic field [159]. Replacing solid implants with lattices reduces the overall

volume of metal which reduces the artefacts in both cases. Stress shielding occurs when

a bone is insufficiently loaded, generally due to the loading being bypassed by a stiff

implant. This can lead to bone resorption followed by implant loosening [14]. Lattices

can be used to alleviate stress shielding by reducing the stiffness of the implant [160].

There has been a decline in cemented hip replacements over the last twenty years,

replaced by designs using push fit with osseintegration [9]. Spinal fusion cages are ce-

mentless with mechanical fixation and osseointegration, while cement is only used as a
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spacer when a vertebrae requires removal [161]. Implant loosening is the largest cause of

failure in hip replacements (cemented and uncemented) in the UK [9], while implant mi-

gration in spinal fusion surgery reduces the chances of a successful fusion [162], so designs

which improve implant fixation are needed.

Osseointegration (or osteointegration) is said to have occurred when there is direct

contact between the bone and the implant, that is mechanically stable and forms a struc-

tural and functional connection [84]. A number of factors related to implant geometry

influence osseointegration. These include the size of the pores within the structure al-

though there is little consensus as to what the best size is with anything from 100 to

1000 µm quoted [163, 164, 165, 166]. The interconnectedness of the pores influences the

availability of vascularisation, gas exchange, and movement of nutrients and waste [166,

167, 168]. While pores with a structured arrangement such as in a reticulating lattice de-

sign provide better osseointegration than those which are tortuous, while tight pores tend

to end up occluded [163, 169, 170]. Some degree of roughness is beneficial [84, 171], while

the implant must not be too far from the bone initially with the limit around 2 mm [172,

173, 174]. Implant motion disrupts osseointegration although below 150 µm bone growth

can still occur [175, 176]. The implant material needs to be biocompatible or coated in

a material that is biocompatible [84], additionally it can be coated in pharmacological

agents such as growth factors to increase the likelihood of successful osseointegration [84].

1.7.1 Manufacturing Limitations and Defects

Build Limitations of Lattices

One of the limitations of printing lattices is the minimum strut or wall thickness. This is

influenced by the powder size and processing parameters which both influence the melt

pool size [118]. Generally the limit of Ti-6Al-4V specimens printed using L-PBF is 150 µm

[118, 120, 121]. However Van Bael et al were able to print struts with a 112 µm diameter

using a custom printer [177]. Although design guides for L-PBF suggest not building

struts closer to horizontal than 45° [119] a number of researchers have successfully built
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horizontal struts [178, 179]. Changing the build angle of struts leads to differences in

strut thickness. Struts closer to horizontal overbuild due to a lack of strut below for heat

to dissipate into, so the heat radiates into the surrounding powder causing additional

powder to melt increasing the strut size. While struts closer to vertical have sections of

strut below which the heat can be transferred into [118, 180, 181].

Dimensional Inaccuracies of Printed Lattices

a) Overbuild b) Underbuild c) Waviness

e) Excess material 
around node

d) Non circular

f) Staircasing

Figure 1.5: Illustration of types of dimensional inaccuracy in lattices, where the grey
shading shows the as built part and the dashed line indicates the design. a) overbuilt
strut, b) underbuilt strut, c) strut exhibiting waviness, d) strut with a non circular cross
section, e) strut with an inconsistent thickness along its length, specifically with excess
material around the node, f) the staircasing effect

Although it would be ideal if the specimens printed as designed in CAD that is not

the case. One of the ways that geometric inaccuracies can occur is with strut or wall

thickness, these could be overbuilt or underbuilt. Processing parameters can lead to these

changes as they influence the melt pool size, however this generally occurs in a repeatable

way so can be designed around [118, 177, 182]. The variations in thickness can also be

influenced by the angles of the struts, and this can influence the failure mechanisms [118,
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177, 183].

Not all struts build in a circular cross section as designed, this can be referred to

as cross section eccentricity or strut thickness variation although that can also include

variation in thickness with length [183]. This most often takes the form of elliptical

struts with the elongation in the vertical direction [184]. This effect has been attributed

to staircasing [184], heat transfer [180, 184], and large unsupported overhangs, leading

to a large melt pool size causing additional particle adhesion and gravitational effect

[122]. The effect is more pronounced for struts closer to horizontal with no effect seen in

vertical struts [184]. Non circular struts contributed to lattices with lower strength and

stiffness [183, 185]. This is thought to be due to local heterogeneities leading to stress

concentrations [177, 186].

The strut thickness may not be uniform along the length of struts, this most commonly

appears as excess material at the end of struts around the nodes [180, 187]. This can be

caused by additional scan paths at nodes which can lead to excess energy which radiates

into the surrounding powder, resulting in additional powder melting onto the lattice in

that region [188]. When struts are at angles the additional material will not be evenly

distributed around the nodes due to the layer by layer nature of the build process and

gravitational effects, this can lead to offset junction centres which introduce bending loads

altering the failure mechanisms [185].

Strut waviness is where the centre axis of the built strut differs from the design, it can

also be referred to as a misaligned strut or with a centre offset [183]. This is thought to

be caused by heat transfer and gravitational effects [189] or staircasing in 45° struts [177].

Dallago et al found strut waviness caused a drop in stiffness and strength, probably due

to the introduction of bending loads [185]. Computational modelling by Lozanovski et al

showed different deformation behaviour of face centre cubic lattices when strut waviness

was present [186]. L-PBF printed ASi10Mg lattices showed greater waviness on horizontal

than diagonal struts [183]. It was found that strut waviness had a larger impact on stiffness

than non circular struts but the opposite was true for strength.
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Material accumulations called protrusions can be found at apparently random loca-

tions on parts [190, 191]. These are solidified material that is larger than powder particles,

and is thought to be caused by splashes or balling [189], or by liquid metal failing to ad-

here to the previous layer and peeling away [192]. It is more common on horizontal and

overhanging surfaces due to the lack of a previous layer to attach to [185, 193].

Lattice Surface Quality

The quality of the surfaces of as built lattices can be influenced by powder adhesion, this

is not uniform across the surfaces, nor within the build chamber. Powder particles used

in AM are not a uniform size, with diameters spread over a size range, and the recoater

arm moves more coarse particles to the front of the chamber [194]. There is also an air

flow across the chamber which moves spatter material [194, 195, 196, 197]. Additionally

in some machines the distance to the laser may influence the roughness [193]. All these

effects are machine specific and so must be understood prior to printing. Additionally

care must be taken to position parts in the optimal locations in the build chamber to

reduce the effects of these potential sources of defects.

The geometry of the parts can influence the particle adhesion with upward facing sur-

faces displaying less particle adhesion than downward facing surfaces due to the presence

of previous powder layers on downward facing surfaces, and the lack of previous build

layers to dissipate the laser energy [198]. The angle of downward faces also influences

powder adhesion with shallow angles experiencing increased roughness due to staircasing

[120]. Thicker struts also lead to increased particle adhesion due to a build up of laser

energy required to build them [120].

Surface cracks can also reduce the lattice surface quality, these form during the cycles

of rapid melting and cooling that AM parts undergo. These thermal cycles cause residual

stresses which initiate cracks from the edge of the parts [111, 199]. The staircase effect

is caused by lattice builds progressing in discrete layers, this causes ridges of one layer

thickness to develop in angled faces or struts [149, 200, 201]. This can lead to additional
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powder adhesion when parts are built at a low angle as there is only a small contact area

between each layer for heat to dissipate to the previous layer, so heat radiates to the

surrounding particles causing partial melting and attachment of these particles [120].

Types of Lattice Porosity

Unintentional porosity in the parts comes from three main sources, pores which originate

in the feedstock powder, lack of fusion and keyholing. The powder feedstock may contain

pores due to the gas atomisation process often used to generate the powder, these holes

are generally in the size range of the powder particles [104, 136, 202]. If the processing

parameters are not correct, for example the laser power is too low, the scan speed is

too high or the layer height is too large, then insufficient laser power is provided to the

particles to fully melt them resulting in a lack of fusion [136]. This can lead to unmelted

powder and pores within the structure, this leads to poor fatigue life and can often be

seen on the surfaces of fatigue cracks [104]. If, however, too much laser energy is provided

then vapourisation of the metal powder can occur, which forms an unstable vapour cavity

which collapses, leaving a pore called a keyhole [136]. Keyholing is characterised by an

vertical elongated pore in a V-shape, which contains a different microstructure [104].

1.7.2 Post Processing of Lattices

Given the multitude of potential flaws in lattices produced by L-PBF, methods are needed

to non destructively detect and repair these defects. Additionally L-PBF leads to a rough

surface finish and a mixture of loose and semi sintered particles within the structure. It

is important that all loose particles and those that may become loose are removed during

post processing to prevent loose particles entering the body upon implantation.

The powder removal process can be performed using a number of different techniques

including sand blasting, chemical or ultrasonic baths, and plasma boiling [203]. Grit

blasting is a commonly used technique but the success of this approach is dependent on

the size of the voids in the structure, with larger voids more readily cleared [203].
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As well as powder removal, medical devices must be cleaned to remove residues [204].

Ultrasonic cleaning is most commonly performed, this can be in conjunction with solvents

to remove surface contaminants that are solvent in the particular solvent used, for example

alcohols [205].

All implanted medical devices must be sterile. A number of techniques are used to

sterilise metal implants these generally fall into three categories; heat for example using

an autoclave, chemical such as ozone, and radiation such as gamma irradiation [206]. Care

must be taken to choose a method that is appropriate for the implant used, for example

direct methods such as UV light cannot be used on lattice structures with hidden faces.

Additionally chemical methods may not reach all surfaces in a lattice structure if air

become entrapped in the structure.

Removal of powder, cleaning and sterilisation must be validated to ensure consistent

results and to prevent adverse effects due to contaminants [204, 207]. Visual inspection can

be used if lattice structures allow full thickness light penetration, the occlusion area can be

used to semi quantitatively measure the degree of contamination [204]. X-ray fluorescence

(XRF) and micro-computed tomography (microCT) are spectroscopy tools that enable a

non-destructive visualisation of the internal structures to be viewed, however there is a

trade off between the size of the part, the size of the defects detectable (resolution) and

the speed of the process. With larger parts at higher resolution taking longer to scan

[208].

Additional post processing can be performed to change the surface roughness for exam-

ple by acid etching, or to change the geometry such as through machining [209]. Thermal

stresses within the structures caused by the rapid cooling of the structures during print-

ing can be alleviated by heat treatment however this process can semi sinter further loose

powder to the surface making removal more challenging so the order of post processing

must be considered [203]. Alternatively hot isostatic pressing can be performed which can

alleviate thermal stresses and has also been shown to reduce the size or remove entirely

defects in L-PBF parts [210].
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As it can be seen there are a large number of post processing techniques that can be

used to change the properties of additively manufactured parts. Each of these techniques

requires optimisation and validation prior to use. For this work loose powder was removed

with water jetting, and the samples were cut from the build plate using an electron

discharge machine, but no further post processing was undertaken.

1.7.3 Compression Testing of Lattices

Given hip replacements and spinal fusion cages are weight bearing implants it is important

to determine the compressive strength of lattices used for these functions. As these lattices

will provide void space for therapeutics the strength will be compared against the volume

fraction of the lattices. Additionally it is known that stress shielding can lead to implant

loosening, which is the largest cause of failure in hip replacements [9], and a substantial

cause of lack of fusion in spinal cages [162], so determining the stiffness of the lattices

could be used to reduce the stress shielding of future implants. Compression testing is

routinely performed on lattices to check whether they provide sufficient strength to enable

patients to weight bear, while having a modulus of elasticity in the range of bone [211,

212].

Researchers have successfully manufactured Ti-6Al-4V lattices using L-PBF, which

have greater strength than cortical bone (∼ 200 MPa [213, 214, 215]), and stiffness in the

region of that of cortical bone (∼ 17 GPa [213, 214]). For example, cubic lattices with a

unit cell length of 3 mm and strut thickness of 1.1 mm had a strength of 203 ± 50 MPa

and a stiffness of 7.2 ± 0.5 GPa [145]. BCC lattices with a unit cell length of 2 mm,

strut thickness of 0.22 mm and volume fraction of 35% had a strength of 216 ± 5.1 MPa

and stiffness of 4.7 ± 0.1 GPa [216]. Gyroid lattices at the same volume fraction had

a larger wall thickness of 0.6 mm and higher strength (392 ± 3.9 MPa) and stiffness

(7.6 ± 0.6 GPa) [216].

Comparison can be made between the strength and stiffness of lattices with the same

unit cell size and volume fraction but different unit cell designs (table 1.1). For example

27



Table 1.1: Comparing compressive strength and stiffness from the literature of lattice with
the same unit cell length and volume fraction but different unit cell designs manufactured
in Ti-6Al-4V using L-PBF

Unit
Cell

UC
Length
/mm

Strut
Thick-
ness
/mm

Volume
Fraction

Strength
/MPa

Stiffness
/GPa

Citation

Diamond 1.2 0.28 0.11 6.8 ± 2.3 [217]
Diamond 1.2 0.45 0.20 28.9 ± 6.2 [217]
Diamond 1.2 0.52 0.26 31.7 ± 13.0 [217]
Diamond 1.2 0.60 0.34 70.6 ± 7.0 [217]
Cubic 1.8 0.35 0.11 29.9 ± 0.9 [217]
Cubic 1.8 0.54 0.21 63.3 ± 2.2 [217]
Cubic 1.8 0.61 0.26 65.6 ± 12.3 [217]
Cubic 1.8 0.72 0.34 112.6 ± 7.2 [217]

BCCZ 5.0 1.23 115.6 ± 2.3 3.4 ± 0.3 [218]
Diamond 5.0 1.28 63.9 ± 2.2 1.9 ± 0.1 [218]
Fluorite 5.0 1.21 180.6 ± 4.9 4.4 ± 0.1 [218]

BCC 2.0 0.22 0.35 216.0 ± 5.1 4.7 ± 0.1 [216]
Gyroid 2.0 0.60 0.35 392.1 ± 3.9 7.6 ± 0.6 [216]

Cubic 1.3 0.79 0.58 464.7 ± 11.3 12.8 ± 0.6 [143]
Cubic 1.3 0.71 0.49 348.7 ± 7.5 8.3 ± 0.8 [143]
Cubic 1.3 0.61 0.40 227.0 ± 4.6 4.3 ± 0.6 [143]
Gyroid 1.3 1.00 0.58 762.7 ± 9.7 21.7 ± 0.5 [143]
Gyroid 1.3 0.82 0.49 608.0 ± 9.5 15.3 ± 1.0 [143]
Gyroid 1.3 0.45 0.39 476.3 ± 7.4 8.8 ± 0.6 [143]

it was found that cubic lattices with a 1.25 mm length, 0.6 mm strut thickness and a

volume fraction of 0.395 had a strength of 227 ± 4.6 MPa and a stiffness of 4.3 ± 0.6 GPa.

Whereas gyroid lattices with the same unit cell length and volume fraction, were stronger

and stiffer, reqiring a wall thickness of 0.45 mm to achieve the same volume fraction, the

strength was found to be 476 ± 7.4 MPa and the stiffness was 8.8 ± 0.6 GPa [143].

Lattices generally fail through one or more of three failure modes, which are successive

cell collapse, crack propagation and diagonal shear. Cell collapse can be buckling of

vertical struts, or crushing failure. Crack propagation generally starts at an existing

defect, while diagonal shear tends to follow a plane of struts and results in a 50% drop in

strength followed by densification [149].
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Lattices can be classified as bend or stretch dominated based on their deformation

behaviour. Maxwell’s stability criterion was adapted for lattices as it applies to pin jointed

frames, whereas lattices have rigid joints [219]. This has the equation M = b − 3j + 6,

where the value of M indicates whether it is a mechanism, b is the number of struts and j

is the number of joints. If M is less than 0 then the structure is assumed to exhibit bend

dominated behaviour. If M = 0 then the lattice shows stretch dominated behaviour and

if M > 0 then the structure is over defined and can end up with internal stresses [137].

Stretch dominated lattices tend to be stronger and stiffer than bend dominated lat-

tices with the same volume fraction as they tend to fail due to tensile and compressive

loads rather than undergoing bending failure [220]. Stretch dominated structures exhibit

buckling while bend dominated structures tend to barrel. Buckling is not limited to a

single plane so after the initial yield subsequent planes undergo collapse leading to a stress

strain curve with an oscillating region [136]. Both bend and stretch dominated lattices

have a linear elastic region which ends with the initial yield, this is followed by a plateau

region and then densification (figure 1.6). For the stretch dominated lattices there is a

larger drop to the plateau region than in bend dominated lattices, and the plateau region

oscillates [136, 221, 222].

Gibson and Ashby created equations to predict the strength of metal foams based on

the relative density which is the ratio of the densities of the lattices and the bulk materials

[132, 149].

σ∗

σs

= C

(
ρ∗

ρs

)m

(1.1)

E∗

Es

= C

(
ρ∗

ρs

)n

(1.2)

Equation 1.1 equates the yield strength ratio (lattice denoted by * over the bulk

material s) to the relative density, with C which is the Gibson Ashby constant which

relates to the geometry and is derived from experimental results. Equation 1.2 equates
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a)

b)

Figure 1.6: Typical compressive stress strain curves for bend and stretch dominated
lattices with same relative density. a) typical bend dominated curve showing linear elastic
region (1) which ends with yielding, flat plateau region (2), densification (3), b) typical
stretch dominated structure with linear elastic region (1) ending in yielding, followed by
a drop which is larger than that seen in bend dominated structures, then a stress plateau
with oscillations due to planes collapsing (2), followed by a densification region. Adapted
from [136]
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the ratio of the elastic moduli to the relative density with another constant. For bend

dominated lattices m = 3/2 and n = 2, while for stretch dominated lattices m and n are

one [132].

Influence of Lattice Geometry on Compressive Strength

Lattices with thicker struts have increased strength and stiffness (assuming the same unit

cell size, unit cell design and angles), as seen in table 1.2. This is because a thicker strut

is able to support greater bending and buckling loads.

Volume fraction is dependent on strut thickness, so it unsurprising that increasing

the volume fraction but keeping the unit cell size the same results in increased strength

and stiffness as this is the same as increasing the strut thickness (table 1.2). This also

follows from the Gibson Ashby Model which predicts stronger and stiffer lattices when

the volume fraction increases [132].

Generally struts built closer to vertical are stronger than those built horizontally due

to better build quality as previously discussed [184, 226, 227]. However Buttmann et al

found vertical struts printed from stainless steel by L-PBF failed under tensile testing

more readily than those are lower angles due to poor bonding between layers [228, 229].

Given the build angle of a strut influences the strength and stiffness, and different

unit cell designs have different mechanical properties it follows that changing lattice angle

will also change the mechanical properties. However there are a number of different ways

of rotating a lattice that are not always clearly differentiated. Three parameters can be

rotated to change the lattice angle; the orientation of the sample during building, the

orientation of the sample during compression, and the orientation of the unit cell within

the sample. In this work when a sample is rotated during building and the principle unit

cell direction (e.g. the Z strut in a BCCZ lattice) is in the same direction as the sample

direction and the compression direction then this is referred to as a rotation of the build

angle (figure 1.7b). If the sample is rotated during building but the principle unit cell

direction is aligned with the build direction, then the it is referred to as a rotation of the
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Table 1.2: Comparing compressive strength and stiffness values from the literature, of
lattice with different strut thicknesses and volume fractions manufactured in Ti-6Al-4V
using L-PBF

Unit
Cell

UC
Length
/mm

Strut
Thick-
ness
/mm

Volume
Fraction

Strength /MPa Stiffness
/GPa

Citation

BCC 5.0 0.60 0.14 8.0 0.2 [140]
BCC 5.0 0.80 0.15 16.0 0.4 [140]
BCC 5.0 1.00 0.24 34.0 0.7 [140]
BCC 2.0 0.30 0.11 8.6 1.7 [144]
BCC 2.0 0.50 0.26 49.3 1.0 [144]
Cubic 4.0 2.20 510.7 ± 67.8 18.9 ± 1.2 [145]
Cubic 4.0 1.80 369.7 ± 40.3 10.9 ± 1.0 [145]
Cubic 3.0 1.80 761.1 ± 108.6 21.6 ± 1.9 [145]
Cubic 3.0 1.10 203.1 ± 50.4 7.2 ± 0.5 [145]
Cubic 1.3 0.79 0.58 464.7 ± 11.3 12.8 ± 0.6 [143]
Cubic 1.3 0.71 0.49 348.7 ± 7.5 8.3 ± 0.8 [143]
Cubic 1.3 0.61 0.40 227.0 ± 4.6 4.3 ± 0.6 [143]
Diamond 2.5 1.08 0.10 16.7 ± 1.0 1.2 ± 0.1 [141]
Diamond 2.5 1.59 0.20 69.6 ± 3.9 3.6 ± 0.1 [141]
Diamond 2.5 1.98 0.30 127.1 ± 8.4 5.7 ± 0.2 [141]
Diamond 2.5 2.37 0.40 156.5 ± 11.3 7.9 ± 0.4 [141]
Diamond 1.0 0.39 0.36 99.6 ± 9.0 4.2 ± 0.1 [223]
Diamond 1.0 0.33 0.27 62.9 ± 5.0 2.6 ± 0.0 [223]
Diamond 1.0 0.26 0.18 25.6 ± 2.6 1.2 ± 0.1 [223]
Diamond 1.0 0.13 0.11 8.2 ± 0.4 0.4 ± 0.0 [223]
Fluorite 1.0 0.12 0.12 14.3 ± 1.7 0.4 ± 0.0 [224]
Fluorite 1.0 0.23 0.32 77.7 ± 12.8 1.6 ± 0.2 [224]
Fluorite 1.0 0.14 0.16 19.4 ± 0.3 0.6 ± 0.1 [225]
Fluorite 1.0 0.22 0.29 78.7 ± 2.2 2.6 ± 0.0 [225]
Fluorite 1.0 0.25 0.34 117.2 ± 1.1 3.5 ± 0.0 [225]
Gyroid 1.3 1.00 0.58 762.7 ± 9.7 21.7 ± 0.5 [143]
Gyroid 1.3 0.82 0.49 608.0 ± 9.5 15.3 ± 1.0 [143]
Gyroid 1.3 0.45 0.39 476.3 ± 7.4 8.8 ± 0.6 [143]
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load angle (figure 1.7c). Whereas if the sample is not rotated but the principle unit cell

direction is rotated within the lattice this is referred to as a combined rotation, because

the unit cells are built at an angle and compressed at an angle. In the literature this is

sometimes referred to as a unit cell rotation (figure 1.7d).

Figure 1.7: Diagram to explain different ways of rotating the building and loading of
lattices within medical devices. a) rotation of the build angle, b) conventional build, c)
rotation of the load angle, d& e) two ways of combining rotation of building and loading
directions

A build rotation enables the influence of building struts at different angles to be com-

pared, and mimics if the implant was built at an angle within the build chamber. This
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rotation has been shown to influence the build quality as expected from previous obser-

vations about the effect of different strut angles on build quality [185, 230]. Weißmann

et al found no statistical difference in strength or stiffness when rotating vertical struts

to 45° [231]. While Wauthle et al found diamond lattices had lower strength and stiffness

when rotated 45° [232], but both the lattice designs had struts which built poorly and

were oriented horizontally during the build. However for the rotated lattice, this was

then at 45° during compression where it was subjected to a higher percentage of the load

so had a greater influence on the strength and stiffness resulting in a reduction in those

parameters [232].

By looking at the effects of load orientation the influence of offset implant loading can

be seen. This is influenced by which orientations of the unit cell are stronger and stiffer,

so an isotropic lattice would not show any differences under this rotation. Hossain found

that BCC lattices rotated such that the direction of compression was aligned with the

long axis of a strut had strength and stiffness values which were significantly higher than

if this alignment was not there [233]. When diamond lattices were rotated 45° there was

a 35% reduction in strength and stiffness which corresponds with struts rotating from

vertical during compression (where they are stronger due to buckling) to angled (where

they are weaker due to bending). Whereas when the rotation was 90° which is the same

shape (just mirrored) due to the rotational symmetry of the diamond lattice shape, there

was no statistical difference in strength or stiffness [232].

Combined rotation is the most common rotation found in the literature and the hardest

to work out what is causing the effects, because the struts are built at different angles and

the unit cells are loaded in different directions between rotations. The strongest rotations

are consistently those with vertical struts [226, 234, 235, 236]. This is not surprising given

vertical struts have the highest build quality, and they fail under buckling rather than

bending.

Lattice compressive strength decreases with increasing unit cell size (table 1.3). This is

true whether strut thickness or volume fraction is kept constant [144, 146, 147, 222, 237].
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Table 1.3: Comparing compressive strength and stiffness values from the literature, of
lattice with different unit cell sizes manufactured in Ti-6Al-4V using L-PBF

Unit
Cell

UC
Length
/mm

Strut
Thick-
ness
/mm

Volume
Fraction

Strength /MPa Stiffness
/GPa

Citation

BCC 3.0 0.30 0.04 4.0 0.1 [238]
BCC 2.0 0.30 0.08 18.0 0.4 [238]
BCC 2.5 0.50 0.18 20.9 0.5 [144]
BCC 2.0 0.50 0.26 49.3 1.0 [144]
Cubic 4.0 1.80 369.7 ± 40.3 10.9 ± 1.0 [145]
Cubic 3.0 1.80 761.1 ± 108.6 21.6 ± 1.9 [145]
Fluorite 0.8 0.19 0.22 1.4 ± 0.1 [239]
Fluorite 0.7 0.19 0.30 2.6 ± 0.1 [239]

For samples where the strut thickness is kept the same, the volume fraction decreases with

increasing unit cell size which leads to the reduction in strength and stiffness [238]. While

the differences in strength for samples with the same volume fraction were attributed

to differences in sample pores. Samples with smaller unit cell sizes had a smaller cross

section so the scan vectors are shorter resulting in a more rapid return of the laser. The

energy in the strut had less time to dissipate, resulting in a reduction in pores within the

struts [146].

1.8 Drug Delivery from Bone Implants

Bone implants can be loaded with drugs as a secondary function. There are three main

reasons why drugs are incorporated, to treat or prevent infection, to promote bone growth

for fixation or bone fusion, and to treat cancer [240]. The drugs are either loaded onto

the surface of the implant or bulk loaded into a void [241].

A number of coatings have been developed for additively manufactured metal implants,

these are generally polymeric or ceramic [242]. Some examples of polymers include nat-

ural polymers such as chitosan, gelatin and cellulose [152, 153, 243], and synthetic poly-

mers such as poly(lactic-co-glycolic acid) (PLGA) and polycaprolactone (PCL) [244, 245].
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These are predominantly explored for preventing and treating infection and are generally

loaded with antibiotics such as vancomycin or gentamicin sulphate [152, 153], or with

alternative antimicrobials such as silver nanoparticles or silver ions [152, 246].

Ceramics are more often loaded with therapeutics to promote bone growth as the

biomaterials are inherently bioactive, i.e. having an effect on living tissue. Calcium

phosphate cements such as hydroxyapatite have been loaded with drugs or autograph

bone material to promote bone growth [247, 248].

Alternatively drugs can be attached to surfaces without the use of a secondary phase.

Approaches include adsorption of biologics [240, 249], addition of an oxide layer containing

antimicrobial metal ions [246], or the use of nanotubes with therapeutics adsorbed inside

[240, 250, 251]. Lattices can be used to increase the surface area for coating, which enables

greater drug loading [240, 249].

Instead of coating therapeutics onto the surface of implants they can be bulk loaded,

this could be in a reservoir with channels to the surface [101, 252], or with a porous mem-

brane [253]. Alternatively, lattices can be used to provide both mechanical support and

void space for therapeutics [155, 224, 254], these lattices could be within a reservoir [157].

Polymers, especially as hydrogels, are a common way of loading therapeutics into these

void spaces as they have good rheological properties [155, 255]. Alternatively, cements

such as calcium sulfate hemihydrate, or magnesium oxychloride are explored because they

can be injected into voids prior to setting [101, 256, 257].

1.8.1 Geometric Control of Drug Release

Additive manufacturing enables significant design freedoms, which as well as being utilised

to manipulate the mechanical properties of implants, can also be used to control the drug

release. The void volume filled with drug loaded biomaterial, the length of the release

path, and the surface area of the biomaterial have all been investigated as potential

parameters which can influence release [157]. The drug loading concentration has also

been used to control the drug release [250].
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Changing Void Volume to Control Release

Increasing the reservoir volume increased the rate and mass of gentamicin sulphate re-

leased from calcium sulphate hemihydrate [157]. An increased reservoir volume of tetra-

cycline in solution was also found to lead to an increased drug concentration in the saline

solution after elution through microchannels [258].

Altering the Release Path Length

Increasing the length of channels from a reservoir led to slower release of gentamicin

sulphate for Allen et al, however this may be due to the hydrophobic nature of the the

polymer used for the reservoir [256]. Cox et al designed reservoirs with different channel

positions to look at the influence of the placement on release. Channels with a longer

release path had a faster release rate in contrast to the results found by Allen et al,

however there were some challenges with completely filling the reservoirs which may have

influenced the release [257].

Influence of the Biomaterial Surface Area on Release

Increasing the exposed surface area of the drug loaded biomaterial increased the rate of

release in bulk loaded devices [101, 253, 256]. Bezuidenhout et al used a porous membrane

rather than channels to enable release from the reservoir and found for a porosity below

0.25 that the release was controlled by the porosity, while above this threshold vancomycin

was able to diffuse freely [253].

Release of adsorbed icariin from Ti-6Al-4V lattices varied with surface area but not

in order of surface area. This may have been influenced by uneven drug loading onto

the surfaces of the lattices [240]. Nune et al did not measure the release of adsorbed

BMP-2 directly from fluorite lattices, but instead investigated the cell seeding efficiency,

it was found that specimens with a lower porosity and therefore higher surface area had a

higher cell seeding efficiency. It was noted that only the cells on the external surface were

counted, and cells are more likely to fall through large holes when the porosity is higher
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[249].

Cell seeding efficiency was also compared on lattices coated in bioactive calcium phos-

phate cements but not therapeutics, and Man et al found that higher porosity with a

lower surface area had a higher cell seeding efficiency [259], while Vlad et al found new

bone area was proportional to the implant area, but not volume [260].

Varying the Concentration of the Therapeutic

In addition to geometric control of release, the concentration of drug loaded into the

biomaterial can be varied. Increasing silver ion concentration on the surface of titanium

lattices led to an increased rate of release and concentration of silver ions in the solution

[250]. This also equated to reduction in colony forming units of Staphylococcus aureus at

one and seven days of incubation, but not 14 days [250]. Increasing vancomycin concen-

tration in PCL coated titanium lattices lead to an increased rate of release, and increased

absolute mass released [244].

Increasing the concentration of simvastin bulk loaded into a hydrogel in a Ti-6Al-4V

lattice, increased the absolute rate and amount of release, while the percentage rate of

release decreased. Both concentrations had total release within 11 days [261]. Around

the lattice, increased drug concentration led to increased bone volume and density, and

vascularisation at both four and eight weeks. Inside the lattice the lower concentration

had increased levels at four weeks while the higher concentration performed better at

eight weeks [261].

1.9 Biomaterials for Drug Delivery

As has previously been discussed metal implants can be used as a scaffold to hold bioma-

terials loaded with therapeutics for drug delivery. Biomatrial carriers tend to either be

polymers or ceramics as these provide biocompatible materials with tunable properties

[241]. These materials can either be degradable, for example to enable bone to subse-
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quently fill the space, or permanent which enables them to be used for fixation or as a

surface for immobilisation of drugs [241].

Polymeric biomaterials can be used as a coating or turned into a hydrogel for bulk

or surface loading. Natural polymers come from biological sources such as collagen and

alginate, while synthetic polymers are chemically derived. Natural polymers have the

advantage of being more readily biocompatible and resorbable, while synthetic polymers

have a higher strength and durability, they are also more reproducible [262]. Drug loading

methods for polymers include covalent attachment, adsorption and entanglement within

the polymer chains [263], while for ceramic materials the drug tends to be mixed into the

cement during setting [264].

Some biomaterials are intrinsically antimicrobial or osteoconductive and do not require

drug loading [265]. Biomaterials can also be manipulated to promote cell attachment, for

example by altering the hydrophobicity [266]. Choosing a biomaterial with an appropriate

drug release profile for the drug and function is key.

Different materials offer different release profiles. The main mechanisms of drug release

are bulk degradation, surface erosion and diffusion. Bulk degradation occurs throughout

the material and occurs when water ingress is faster than the degradation rate [267].

Surface erosion occurs when the sample erodes from the surface releasing the drug [268],

the erosion can be driven by enzymes or water [269]. Degradation and erosion tend to

involve the hydrolysis of the polymer chain while drugs attached to the chain either release

more rapidly than they permeate through the structure, at which point the release rate

is diffusion limited, otherwise it is limited by the break down of the linkage [265, 270].

Diffusion is most common from hydrogels, ceramics, matrices or reservoirs, with rapidly

soluble drugs [268].

A number of models have been proposed to describe drug diffusion through a matrix.

Two that are particularly relevant to this work are the Higuchi and Korsmeyer Peppas

models [271, 272].

Higuchi proposed a series of equations for the diffusion of a drug from a thin film
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which culminated in the most famous equation where the amount of drug released in

proportional to the square root of time (equation 1.3). Despite how it is often applied,

this model was developed for thin films and assumes the diffusion is unidirectional with

negligible edge effects [273]. In order for the model to fit the initial drug concentration

needs to be much higher than the solubility of the drug, with constant diffusivity and

perfect sink conditions [272]. The matrix must be significantly larger than the drug

molecules and not swell or dissolve [273].

M = k ∗ t0.5 (1.3)

If a swellable matrix is used then the Korsmeyer Peppas model is more relevant,

although this has also been used for degrading matrices [271]. This is a semi empirical

adaptation of the Higuchi model with equation 1.4. Where M is the drug release, a is

a coefficient related to the geometry, and b is an exponent related to the release kinetics

[271]. The values of the exponent b indicate whether the release is Fickian, anomalous,

case I or case II transport, but the matrix geometry must be taken into account. For

example the cut off for anomalous transport into case I is 0.85 for spherical matrices but

1.00 for thin films [274, 275]. The model only holds for the first 60% of release [276].

M = a ∗ tb (1.4)

1.9.1 Poly(methyl methacrylate) Bone Cement

Poly(methyl methacrylate) (PMMA) bone cement is a non-degradable polymeric cement

which is currently licensed for use in a number of bone implant applications, especially

joint replacements where it is used for implant fixation [277]. Commercial PMMA is

mixed from a powder and liquid component during surgery. PMMA sets in five to ten

minutes by free radical polymerisation to form polymer chains [278]. The powder con-

sists of polymethyl methacrylate polymer particles, benzoyl peroxide which initiates the
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reaction and a radiopaque agent to make the cement visible on x-rays which can either

be barium sulphate or zirconium dioxide. The liquid component mainly consists of the

monomer methyl methacrylate (MMA) stabilised with hydroquinone, plus the activator

N,N-Dimethyl-p-Toluidine [279, 280].

The cement can be loaded with an antibiotic to treat or prevent infection, which

can be added into the liquid or powder component. Most antibiotics are unsuitable

for this due to the exothermic polymerisation reaction which can reach temperatures of

87°C [Kluin2013]. Gentamicin is most commonly used in PMMA due to its thermal

stability and broad range of bactericidal activity [75, 281]. The release mechanisms of

antibiotics from the cement is not fully understood with both surface release and partial

bulk release from cracks and pores being proposed as potential mechanisms [282, 283],

These mechanisms only enable a small (5 - 18%) and unpredictable proportion of the

antibiotic to be released leading to drug wastage and patients receiving an unknown dose

[284, 285].

There are differences between the ratios of the component in PMMA in different

commercial cements. However in each case the PMMA is in excess so that all the MMA

monomer reacts. This is to prevent excess MMA leaching out of the cement which can

lead to chemical necrosis of the surrounding bone [285]. The exothermic setting reaction

can also lead to thermal necrosis, so different reactant ratios can be used to slow the

reaction, causing a reduction in temperature [286]. If the cement is left to set outside the

body then tissue damage does not need to be considered and faster polymerisation can

be used as it enables better mechanical properties [287]. However this has the potential

to introduce bubbles which can act as stress risers [288]. These can be air bubbles from

hand mixing, which can be reduced by vacuum mixing, or from monomeric boiling which

are not alleviated by vacuum mixing [285]. PMMA shrinks during setting up to 20%

which can lead to internal stresses and introduce cracks further reducing the mechanical

strength [285, 289].
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1.9.2 Calcium Phosphate Cements

Given the challenges of using PMMA cement for bone implant applications some alterna-

tives have been considered including calcium phosphate cements (CPCs) which have been

approved for bone fixation, cavity filling and reinforcement [264, 290]. These cements

form by dissolution and precipitation reactions from an aqueous phase made predomi-

nantly of water, and calcium phosphate powders [264]. The powder dissolves in the liquid

phase into calcium and phosphate ions which become supersaturate in solution, leading

to crystal nucleation and growth. The entanglement of the crystals leads to hardening of

the cement [290, 291]. Apatite cements generally form at pH > 4.2 while brushite cements

are most stable at pH < 4.2 [264]. Antibiotics can be added to CPCs in either the powder

or liquid phase and the lower setting temperature than PMMA enables a greater range of

antibiotics to be viable. The presence of the drugs influences the setting reaction causing

changes in the rheology and microstructure which influence the mechanical properties,

degradation process and drug release kinetics [290].

CPCs have a number of advantages over PMMA cement including a much lower setting

temperature of around 37°C [264], excellent biocompatibility [292, 293], and repeatable

and complete drug release [291, 293]. Additionally these cements are resorbable, which

enables them to be used for temporary fixation or defect filling which can then be replaced

by the native bone [294, 295]. Among the CPCs, brushite cements have the advantages of

faster bone conversion than apatite cements [296], with a suitable resorption rate, whereas

calcium sulphate dihydrate is too soluble, dissolving prior to bone infiltration, and apatite

cements are insufficiently soluble at physiological pH to enable bone conversion [297].

1.9.3 Brushite Cement

Brushite cement is dicalcium phosphate dihydrate, CaHPO4 · 2H2O, manufactured from

an alkaline calcium component, generally β-tricalcium phosphate (β-TCP) which is used

here, or α tricalcium phosphate, hydroxyapatite, tetracalcium phosphate, calcium oxide or

calcium hydroxide. β-TCP is more commonly used as its production is less energy inten-
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sive [298]. This is combined with an acidic phosphate component such as phosphoric acid,

monocalcium phosphate anhydrous or monocalcium phosphate monohydrate (MCPM),

the latter is often used (including in this work) because it contains water molecules that

can be donated to the precipitate reaction to form brushite [298]. Additionally, additives

can be added to alter the setting time, injectability and mechanical properties [298].

The setting reaction of brushite cement (figure 1.8) is initiated with the dissolution

of MCPM into calcium ions and phosphoric acid (equation 1.5). This reduces the pH of

the solution to around 2.5 [299], enabling the β-TCP to dissolve (equation 1.6). These

two dissolution reactions cause calcium and phosphate ions to be in solution and when

they reach supersaturation brushite nucleation occurs (equation 1.7) followed by crystal

growth [290, 298, 300].

Dissolution of MCPM

Ca(H2PO4)2 ·H2O → Ca2+ + 2H2PO−
4 + H2O (1.5)

Dissolution of β-TCP

β−Ca3(PO4)2 + 4H+ → 3Ca2+ + 2H2PO−
4 (1.6)

Precipitation of brushite

Ca2+ + H2PO−
4 + 2H2O → CaHPO4 · 2H2O + H+ (1.7)

Brushite Additives

Brushite crystals consist of parallel calcium phosphate chains with water molecules in

between [302]. When sulphate ions are present, for example if the antibiotic gentamicin

sulphate is used, then calcium sulphate dihydrate (CSD) nucleation occurs rather than

brushite nucleation. This has the same structure, just with a sulphur atom in the center

of the negative ion rather than a phosphorus atom [297]. At sulphate ion concentra-
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MCPM β-TCP

Dissolution 

Ca2+ H2PO4
-

pH decreases

Ca2+ H2PO4
-

Increased dissolution

Once supersaturated

Crystal growth

Brushite nucleation

Figure 1.8: Schematic of brushite cement formulation showing dissolution of MCPM
into calcium ions and phosphoric acid which increases the pH enabling decreased β-TCP
dissolution, allowing supersaturation of calcium and phosphate ions leading to brushite
nucleation and crystal growth. Adapted from [301]

tions below 0.1 M CSD does not form, instead the sulphate ions lead to a longer setting

time [303] as the sulphate ions interfere with the precipitation and crystal growth of the

brushite crystals [298]. When sulphate ion concentrations are above 0.1 M CSD nucleation

is preferential to brushite nucleation, due to the lower solubility of CSD so supersatura-

tion occurs first, and the crystals are smaller [297]. At concentrations between 0.1 and

0.9 M CSD crystal nuclei act as nucleation sites for brushite crystals, leading to faster

brushite crystal formation and therefore smaller crystals. Additionally the formation of

CSD reduces the sulphate ions in solution so they cannot interfere with the precipitation
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reaction further increasing the rate of brushite formation [303]. Once the sulphur con-

centration exceeds 0.9 M so much CSD is formed that the phosphoric acid concentration

is insufficient to drop the pH to enable the β-TCP to dissolve, therefore brushite does

not form [303]. Although the gentamicin base does not covalently attach to the brushite

cement during setting, it is positively charged and can interact with the crystals reducing

the release rate [302, 304].

Another additive that can be used to alter the setting kinetics is citric acid, which

slows the setting reaction by limiting the dissolution of β-TCP by chelating calcium ions

[298, 305, 306]. It is not incorporated into the crystal structure but causes a higher

nucleation barrier [307]. This means it does not influence the porosity or strength of the

cement [297], but it can extend the shelf life of the cement [308] and improve injectability

[298].

Brushite Physical Properties

One method of filling voids with cement is via injection, however there are some challenges

with the injectability of brushite cement. The biggest challenge is liquid phase separation

where the liquid phase of the unset cement travels faster than the solid phase resulting in a

higher liquid concentration in the extrudate than desired [298]. This effect can be reduced

by modifying the syringe geometry as well as the cement composition [309]. Increasing the

viscosity of the aqueous phase, such as through the use of gelling agents, reduces the flow

rate which leads to reduced separation [305]. Reducing the powder to liquid ratio gives

better injectability but a weaker cement due to a high porosity [298, 309]. The addition

of citric acid can reduce the viscosity which is counter to the previous point, however the

reduction in viscosity is combined with an increase in the zeta potential (surface charge)

of the particles which reduces agglomeration and has been found to reduce separation

when injecting the cement [305].

Brushite cement is often chosen for applications where the space will be later filled with

bone due to its resorption properties. Brushite is resorbed by a mixture of dissolution
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and cellular activity [310]. Early resorption is regulated by macrophages rather than

demineralisation by osteoclasts [311]. The initial degradation can be faster than the bone

regeneration which can lead to gaps between the cement and native bone if used for

fixation, so care must be taken in load bearing applications [312]. Over time the brushite

converts to apatite which is less soluble than brushite so the resorption rate reduces

[313]. The conversion to apatite can be slowed with the addition of additives including

magnesium ions and pyrophosphate [314, 315].

Brushite cement is a brittle material with higher strength under compression than

tensile loading. The mechanical strength is strongly dependent on the porosity of the

cement with a higher porosity leading to a lower strength [316]. However the presence

of pores enables bone ingrowth and the impregnation of fluid for resorption [317], so a

balance between short term mechanical properties and long term functionality must be

achieved. Porosity can be manipulated by changing the powder to liquid ratio (PLR),

with excess liquid leading to a higher porosity. The precipitation reaction of brushite

consumes water (equation 1.7), so in combination with a high PLR a very low porosity

can be achieved. However mixing can be challenging with a high PLR, so the use of

additives, such as citric acid can improve the mixing and therefore the strength [298].

Compact crystals lead to a stronger cement, which can be achieved by using retardants

to reduce the crystal size, starting with a finer powder, or slowing the setting reaction

[318]. Crystal organisation can also lead to more compact cement. Efforts to improve

the arrangement of crystals have included freezing cement during mixing, where the ice

crystals arranged the cement in a structure that was four times stronger than without

the freezing step [319]. The addition of sulphate ions to the brushite cement leading to

CSD nucleation did seed brushite crystals but did not improve the mechanical properties

[297, 320]. Compaction has previously been used to increase the compressive strength of

brushite cements although this would not be possible if the cement was being injected

into a bone defect [321].
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1.9.4 Polycaprolactone

Polycaprolactone (PCL) is a synthetic polymer with chemical formula (C6H10O2)n. It is

most commonly synthesised by catalysed ring-opening polymerisation of ϵ-caprolactone

(figure 1.9), however it can also be formed by polycondensation of 6-hydroxyhexanoic acid

but this tends to lead to a poor quality product and higher chain lengths are not possible.

However ring-opening polymerisation is not without challenges as the catalysts tend to

be toxic metals which can be difficult to remove [322].

ε-caprolactonePolycaprolactone

a) b)

Figure 1.9: Chemical structures of a) PCL and b) ϵ-caprolactone

PCL is biocompatible, non toxic and degradable [323]. It is soluble in polar, aro-

matic and chlorinated hydrocarbons while it is insoluble in alcohols, glycols and aliphatic

hydrocarbons [323]. The chain length can be altered to alter the mechanical proper-

ties, for example PCL with a molecular weight of 15,000 gmol−1 is brittle, while PCL

at 40,000 gmol−1 is soft and semi crystalline [323]. PCL can also be blended with other

polymers or materials to form composites with different materials properties [324].

PCL degrades under physiological conditions by the hydrolysis of ester linkages [325].

Degradation can be by bulk degradation if the specimen is more than 13 mm thick [326] or

surface erosion if it is thinner [327]. PCL can be broken down by microorganisms including

fungi and bacteria [324]. However in physiological environments the degradation is driven

by enzymatic, oxidative or pH catalysis [322]. Small polymer fractions are metabolised

by cells so there is no toxic effects [327]. Temperature increases lead to faster degradation

rates as do pH values above 11 or below 3, while variations around physiological pHs have

not been shown to have any effect [322].
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The property that has been shown to have a large effect of PCL degradation is what

groups are present on the ends of the PCL chains. Ester groups were stable end groups,

while hydroxy groups are stable at physiological temperatures as long as a catalyst is

not present, however they undergo degradation by oxidation and chain scission at higher

temperatures or in the presence of a catalyst. Acetylation of the hydroxy end groups can

prevent degradation [322].

PCL can be mixed with drugs where its high permeability enables rapid drug release

[323]. The use of PCL to encapsulate drugs enables greater control of the release and

can be used for targeted delivery [325]. Alternatively drugs can be immobilised onto the

surface of PCL using covalent bonding to take advantage of its slow degradation rates

[323].

PCL is often used as a drug delivery vehicle due to its cost [328], the fact that it

has FDA approval [329], and that unlike similar polymers it can withstand high energy

irradiation so can be sterilised [92]. However PCL is hydrophobic which results in poor

cell attachment, this can be overcome by changing the surface properties of the PCL for

example through chemical or plasma treatment, or through the attachment of proteins

by coating, blending or covalent bonding [327].

1.10 Aims and Overview of this Research

Additive manufacturing techniques, such as laser powder bed fusion have opened up the

possibilities for developing new medical devices through the use of complex geometries

such as lattices. Lattices are currently approved for use in joint replacements and fusion

cages for fixation. They are also being researched for the reduction of radiographic arte-

facts, stress shielding and as platforms for drug delivery, and cell scaffolding. This work

aims to expand these applications by exploiting lattices for tailored drug delivery appli-

cations. This would include the use of lattices to control the release of therapeutics to

optimise the release profile to the pharmokinetic properties of the therapeutic, or through
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immobilisation of a therapeutic to the lattice surface. These approaches will support the

creation of novel hip implants in the future which will be able to treat infection with a

permanent implant rather than the use of a hip spacer, and eliminating the need for a

costly two stage procedure, an example of what this might look like can be seen in figure

1.10b. Additionally these technologies may lead to new spinal fusion cage designs which

do not require bone graphs to promote bone growth, such as in figure 1.10a.

Lattice filled with 
brushite cement 

loaded with 
gentamicin sulphate

a) Spinal Fusion Cage

b) Hip Implant

Figure 1.10: Examples of potential future implants using this technology include a) spinal
fusion cages with a therapeutic immobilised on the surface of a lattice, and b) a hip implant
with a lattice structure filled with a secondary phase such as brushite cement loaded with
an antibiotic such as gentamicin sulphate

The aim of this research is to find out if it is possible to make medical devices with

additional functionality by using lattices to control the release or availability of therapeu-

tics to treat infection and improve fixation. In order to achieve this aim lattices must be

found with sufficient mechanical strength and void volume for bulk loading of a thera-

peutic. The release of a therapeutic from different lattice designs must be compared to

investigate whether different designs can influence the release kinetics. Finally a method

for immobilisation of a therapeutic to an implant surface should be developed.
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The mechanical performance of lattices for medical devices will be investigated through

compression testing of cylindrical samples. Six different unit cell designs will be inves-

tigated (BCC, BCCZ, cubic, diamond, fluorite, and gyroid) in order to compare lattices

with different characteristics such as bend and stretch dominated, more or less anisotropic,

and strut and surface based designs. Lattices will be compared on offset strength and

stiffness, which are measured from the stress strain curves as well as the shape of the

curves and the visual deformation of the lattices after compression. Scanning electron

microscopy will be used to image individual lattice struts, which gives an indication of

the strut thickness and density of semi sintered particles. Lattices with different unit cell

designs, strut thickness, and unit cell sizes will be compared, as well as lattices with unit

cells rotated during building, loading and in the combination of the two.

The use of lattices for the geometric control of the elution of gentamicin sulphate from

brushite cement will be investigated. The release mechanisms of gentamicin sulphate

from PMMA and brushite cements will be explored. After that a fundamental study will

be performed to understand how different geometric factors influence release. Following

that will be a comparison of different lattice designs for geometric control. The control of

antimicrobial efficacy will be explored, and then the compressive properties of the cement

and lattice composites will be compared.

The development of a method to immobilise therapeutic agents to PCL will be in-

vestigated. Albumin will be used as a model therapeutic to simulate growth factors or

antibiotic attachment. Dip coating will be used to layer PCL on Ti-6Al-4V coupons,

and then EDC/NHS coupling will be used to attach albumin to the PCL layer. Methods

will be developed to quantify the albumin attachment, then an optimisation of the cou-

pling process will be carried out. Finally the samples will be placed in PBS to check the

immobilisation.
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CHAPTER 2

COMPRESSION TESTING OF LATTICES

2.1 Introduction

The use of additively manufactured lattices to reduce stress shielding while providing suf-

ficient mechanical strength for weight bearing requires an understanding of the mechanical

properties of the lattices. It is important to understand the appropriate mechanical prop-

erties in order to compare the potential designs against them.

Smart technology has enabled adapted implants to measure loading in metal implants

such as hip replacements and interbody fusion cages [330]. Maximum loading in healthy

spines has been found to be in the range of 2000-3000 N [331, 332], while loading in

interbody fusion cages has been found to be an order of magnitude lower at 400-600 N [333,

334, 335]. ISO 12189:2008 specifies the use of 2000 N for fatigue testing of implantable

spinal devices for the lumbar spine [336].

ISO 7206-6 specifies the use of 5340 N for fatigue testing of femoral components of

total hip joint prostheses [337]. However large loads have been measured in hip joints,

for example during stumbling when 11,000 N was measured [338]. This force equates to

stresses of 97 MPa and 35 MPa over the 12 and 20 mm diameter cylinders used in this

work.

Alternatively the strength of bone can be used for comparison, where the compressive

strength of the femur has been measured in the range 167-215 MPa [213, 214, 215].
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While the modulus of elasticity in compression of femurs was measured in the range 14.7-

19.7 GPa [213, 214]. This gives an indication of the appropriate stiffness of the implants

to enable stiffness matching to reduce stress shielding.

As the lattices will also be used for drug delivery, sufficient void volume for loading

the carrier biomaterial is needed. For bulk loading previous work has used lattices up to

30% volume fraction [155, 156, 254, 255]. While for surface loading of lattice the volume

fractions used have been from a much wider range from 9.8% [339] to 86% [246], although

20 to 40% is more common [247, 250, 340, 341]. Successful loading will also be dependent

upon the carrier material properties and pore sizes of the lattices.

Volume fraction is the percentage of the overall shape that is occupied by the lattice,

while porosity is the percentage occupied by the voids, the two should sum to 100%.

Relative density has the same value as volume fraction but is calculated by dividing the

density of the lattice by the density of the reference material the lattice is made of.

Six different unit cell designs were used in this work, BCC, BCCZ, cubic, diamond,

fluorite and gyroid (figure 2.1). BCC lattices are based on the body centred cubic crystal

structure with struts where the bonds are, and nodes in place of atoms in the crystal

structure. Maxwell’s stability criterion [219] predicts BCC lattices would be mechanisms

if they were pin jointed, and Ashby predicts these lattices will fail with bend dominated

behaviour [137]. However when BCC lattice built from Ti-6Al-4V by L-PBF were com-

pression tested they failed due to shear collapse of planes of unit cells, and the stress

strain curves displayed behaviour associated with stretch dominated failure, specifically

oscillation in the plateau region and a drop after the yield point [140, 144, 238, 342].

BCC lattices can be adapted with the addition of a vertical strut in the centre, at which

point they are referred to as BCCZ. These lattices also have a strut to node ratio that

falls under the bend dominated structure by Ashby’s prediction. However these lattices

have been found to fail via shear plane collapse [139, 343]. Additionally the stress strain

curves exhibit typically stretch dominated shapes including oscillating plateau regions

and a large drop in stress after yielding [139, 343].

52



BCC BCCZ Cubic Diamond Fluorite Gyroid

Figure 2.1: CAD designs of single unit cells and cylinders of the six unit cells

Cubic lattices have struts on all the edges of a cube, this makes them a bend dominated

structure under Ashby’s prediction. However they exhibit stretch dominated behaviours

with an oscillating plateau region on the stress strain curve and a drop after the yield

point. The failure mechanism depends on the orientation of the unit cells, when these are

composed of vertical and horizontal strut buckling occurs in the vertical struts leading

to planar collapse, whereas when the unit cells are rotated 45° the planes collapse under

shear [143, 344, 345].

The diamond crystal structure can be used as a basis for lattices. The diamond

crystal structure contains 14 atoms which make up the nodes of the lattice unit cell,

while the lattice struts connect these nodes where the bonds are in the crystal structure.

Despite the large numbers of nodes which suggest a bend dominated structure, the lattices

demonstrate shear failure in 45° bands. This is accompanied by oscillations in the stress

strain curve [141, 142, 218, 223].

The fluorite crystal structure can be used as a unit cell design, this is a rhombic

dodecahedron, and is made of two mirrored diamond unit cells. It has been shown to

fail under compressive loading by shearing in 45° bands. The plateau region of its stress

strain curve has oscillations and is below that of the yield point [218, 344].

Gyroid lattices are triply periodic minimal surfaces which were discovered by NASA in

the 1970s [150], they arise in nature, and are often exploited due to their large surface area.

In contrast to the other lattices explored here they are a surface rather than strut based
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lattice. Gyroid structures have two forms; in the sheet gyroid form the structure has two

domains (intertwined regions that do not intersect), while in the skeletal form one of the

domains is solid [151]. The skeletal form is used in this work as it allows the wall thickness

to be manipulated. As gyroid lattices do not have struts Ashby’s predictions based on

the Maxwell’s stability criterion do not apply. However Khaderi et al tried approximating

gyroid lattices as strut based and concluded that they were bend dominated structures

[221]. Gyroid lattices have been found to fail by either shear fracture or barreling [143,

216, 346]. With stress strain curves that either show oscillations in the plateau regions

or not, however these oscillations have been less substantial than with the strut based

lattices [143, 216, 346].

Changing the lattice parameters influences the strength, stiffness and build quality of

the structure. For example, lattices built closer to vertical are stronger and have a better

build quality than those built horizontally [184, 226, 227]. This means that lattices built

with more of their struts vertically are stronger, so lattice strength is dependent on build

angle. Lattices with a smaller unit cell size are stronger as they have a larger volume

fraction [238], or if the volume fraction is kept the same, the struts are smaller but with

a better build quality [146].

The aim of this chapter is to identify if there are lattice designs with sufficient com-

pressive strength to enable patients to weight bear while providing sufficient void volume

for drug loading. This aim will be achieved by firstly identifying lattice designs which

can be manufactured by L-PBF. Some limitations of this method will also be sought in-

cluding understanding the print quality, minimum strut thickness and variability in strut

thickness from design. Strut based lattices (BCC, BCCZ, cubic, diamond and fluorite)

with strut thicknesses of 150 µm (thinnest consistently achieved in literature), 250 µm

and 350 µm, and gyroid with nominal wall thicknesses of 60, 100, 150, 200, 250 µm will

be printed and compression tested to find a lattice design with strength above 200 MPa

and a void volume of at least 0.4.

Additionally lattices with different rotations and different unit cell lengths (1.0, 1.5
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and 2.0 mm) will be built and tested under compression to understand which parameters

must be considered during design. The lattices used for these additional studies will be

BCCZ 250 because it is strongly anisotropic, Diamond 250 as it is less anisotropic, and

Gyroid 150 which is a surface based lattice. The use of 250 µm thick struts for the

BCCZ and diamond lattices enables these to be compressed on the Universal tester due

to challenges with access to the ESH tester. The experimental results will be compared

with the Gibson Ashby Model. The stiffness of all lattices will also be measured to see if

the use of lattices could provide an additional benefit by reducing stress shielding.

2.2 Methods

2.2.1 General Methods

Material Feedstock

Gas atomised spherical Ti-6Al-4V grade 23 powder was used as the feedstock (LPW

Technology Ltd, UK). Three powder batches were used during this work, and the new

powder was blended with all previous powder in the machine silo. The powder composition

values from the three batches were provided by the manufacturer and conformed with

ASTM F3001. They are listed here as ranges based on the test certificates: Aluminium

6.3-6.4 % w/w, Vanadium 3.9-4.0% w/w, Oxygen 0.07-0.12% w/w, Iron 0.19-0.21% w/w,

and Titanium was not measured but assumed to be the balance of around 89% w/w.

Sieve analysis found 2-3% w/w of the powder was above 45 µm per ASTM B214. Laser

size diffraction per ASTM B822 found 0.4-1.1 volume percentage of the powder was less

than 16 µm.

Lattice Manufacture and Processing

Digital models of samples were produced using Element nTop Platform (nTopology,

Inc, USA), and exported in .stl format. These were then sliced for manufacture using

QuantAM vs. 4 (Renishaw, PLC, UK), which separates contour scans that follow the
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edge of the part with an offset (50 µm) and hatching which infills the structure (figure

2.2). Sample manufacture was performed using an L-PBF system, specifically a RenAM

500M (Renishaw, PLC, UK), from Ti-6Al-4V powder described above, using a continuous

wave 1070 nm Ytterbium fibre laser with a maximum power of 500 W. All samples were

produced under argon atmosphere with O2 below 1000 ppm, using a preheated Ti-6Al-4V

substrate at 170°C, onto which powder is laid down in 30 µm thick layers.

Figure 2.2: Diagram of slice of lattice CAD to show the hatch spacing, offset distance and
exposure point distance

The RenAM 500M uses a modulated series of laser exposures where energy is delivered

at a fixed point for a set time and then moves rapidly while turned off between points.

For contour scans the exposure time was 40 µs and the point distance was 45 µm and

speed is distance over time so this gives an effective scan speed of 1125 mms−1, while for

hatching scans the exposure time was 50 µs and the point distance was 55 µm giving an

effective scan speed of 1100 mms−1.

The contour lines are set 50 µm from the edge of the CAD, while the rows of hatch

lines are set 105 µm apart, these rotate 67° between each slice. The laser uses a 75 µm

spot diameter, and provides 100 W of power onto the contour lines and 200 W for the

hatching points. Key processing parameter are provided in table 2.1. Excess powder was

removed from the parts using water jetting (Quill Vogue powder wash, Quill International

Group Ltd, UK). The samples were removed from the substrate using wire electrodischarge

machining, Cut 20 (Beijing Agie Charmilles Ltd, China).
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Table 2.1: L-PBF parameters used in this work

Parameter Contour Hatching Description

Spot diameter 75 µm Diameter of laser exposure
point

Laser power 100 W 200 W
Slice thickness 30 µm Thickness of powder layers
Layer angle 67° Rotation of hatch lines

with respect to hatch lines
in previous layer

Substrate temperature 170°C Temperature substrate
heated to before printing

Offset distance 50 µm Distance between edge of
CAD and contour line

Hatch distance 105 µm Perpendicular distance be-
tween hatch lines

Exposure point distance 45 µm 55 µm Distance between exposure
points

Exposure point time 40 µs 50 µs Dwell time of laser at each
exposure point

Effective scanning speed 1125 mms−1 1100 mms−1 Equivalent speed if contin-
uous laser path was used

2.2.2 Sample Methods

Samples were designed to investigate the effect of: unit cell type, lattice rotation, and

unit cell size on mechanical properties. The samples were built in a L-PBF system where

the powder is spread from back to front and the gas flow is from right to left (figure 2.3).

Samples to Compare Unit Cell Designs and Strut Thicknesses

The parameters used for samples generated to compare different unit cell designs and strut

thicknesses are shown in table A1 in the Appendix. The samples were cylindrical with a

height of 15 mm and diameter of 12 mm. The unit cells were cubic with a side length fixed

at 1 mm in order to meet the criteria for ISO 13314-2011, specifically the diameter should

be at least 10 times the average pore size and the height should be between one and two

times the diameter. The unit cells used were BCC, BCCZ, cubic, diamond, fluorite and

gyroid. While the strut thicknesses were 150, 250 and 350 µm for the strut based lattices
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Lens to enable laser into the build chamber
Powder delivery from hopper

Argon gas inletGas outlet

Powder recoater/spreader Build plate Excess powder overflow Lattice on slope

Figure 2.3: Diagram of the build chamber showing the powder is spread from back to
front and the gas flow is from right to left. Parts built on slopes were angled towards the
right hand side of the chamber

and the wall thickness were 60, 100, 150, 200 and 250 µm for the gyroid lattices. Cubic

lattices were rotated 15° so that horizontal struts were not present.

Influence of Rotations on Compressive Strength

Lattices were rotated in three different ways in order to understand how these rotations

influence their compressive properties. These were build, load and combined rotations

(figure 2.4). The samples were all cylindrical with a height of 15 mm and a diameter of

12 mm, with 1 mm3 unit cells. The lattices were BCCZ, diamond and gyroid, with strut

thicknesses of 250 µm for BCCZ and diamond lattices, and a wall thickness of 150 µm

for the gyroid lattices.

For the build rotation samples the same lattice designs as those used in the unit cell

comparison study were placed on ramps at 0, 10, 20 and 30°, to investigate the influence

of different build orientations of additively manufactured lattices. This replicates the

influence of rotating parts within the build chamber. The sample parameters are in table

A2 in the Appendix, this rotation causes the struts to be built at different angles to the
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b)a)

c)

Principle Unit Cell Direction Direction of Compression

Different Angles Tested
Build Direction

a) Conventional Build b) Build Rotation

c) Load Rotation d) Combined Rotation

Figure 2.4: Diagram to explain the different ways the lattices were rotated during building.
a) Conventional Build, b) Rotation of the Build Angle, c) Rotation of the Load Angle, d)
Combined Rotation

0° case. Visualisations of the rotated unit cells can be seen in figures 2.5 and 2.6, with

the angles listed in table 2.2.

Alternatively samples can be built on slopes but with the unit cells in the same orien-

tations throughout, in which case this mimics the influence of varying the angle at which

parts are loaded. Samples were rotated at 0, 10, 20 and 30°. The final type of rotation

combines these two modes, in this situation the lattices are built directly onto the build

substrate, and the unit cells are rotated within the sample.
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Figure 2.5: Diagram of the rotations of BCCZ unit cells from 0 to 90°. These were the
orientations of the unit cells during build for build rotation, compression for load rotation,
and build and compression for the combined rotation experiment

Figure 2.6: Diagram of the rotations of diamond unit cells from 0 to 90°. These were the
orientations of the unit cells during build for build rotation, compression for load rotation,
and build and compression for the combined rotation experiment

60



Table 2.2: Angle of struts during rotations. These were the strut angles during build for
build rotation, compression for load rotation, and build and compression for combined
rotation experiment

Miller
Index

0 10 20 30 45 90

BCCZ

Red [001] 0.0 10.0 20.0 30.0 45.0 90.0
Blue <111> 54.7 48.0 42.3 37.9 35.3 54.7
Black <111> 54.7 62.1 69.8 77.8 90.0 54.7
Cyan <111> 54.7 48.0 42.3 37.9 35.3 54.7
Green <111> 54.7 62.1 69.8 77.8 90.0 54.7
Yellow <111> 54.7 62.1 69.8 77.8 90.0 54.7
Magenta <111> 54.7 48.0 42.3 37.9 35.3 54.7
Purple <111> 54.7 62.1 69.8 77.8 90.0 54.7
Brown <111> 54.7 48.0 42.3 37.9 35.3 54.7

Diamond

Red <111> 54.7 62.1 69.8 77.8 90.0 54.7
Green <111> 54.7 48.0 42.3 37.9 35.3 54.7
Blue <111> 54.7 48.0 42.3 37.9 35.3 54.7
Black <111> 54.7 62.1 69.8 77.8 90.0 54.7

Unit Cell Size

In order to test the effect of unit cell size on the mechanical properties of lattices, samples

with unit cell lengths of 1.0, 1.5 and 2.0 mm were produced. The samples were cylindrical

with a height and diameter of 20 mm to allow 10 unit cells in each direction in order

to comply with ISO 13314-2011. The lattices were BCCZ with 250 µm thick struts and

diamond with a 150 µm strut thickness. Gyroid lattices were designed with the same

volume fraction of 49%. The 1.0 mm unit cells had wall thicknesses of 150 µ, the 1.5 mm

unit cells had wall thicknesses of ∼ 200 µm, and the 2.0 mm unit cells had wall thicknesses

of ∼ 250 µm. The sample parameters are in the appendix, table A5.
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2.2.3 Analysis

Scanning Electron Microscopy and Analysis

Back scattered electron SEM micro-graphs were taken at three locations on the top, back

and right side of each sample, with respect to the build chamber (figure 2.3) (TM3000,

Hitachi High-Technologies Corporation, Japan). To analyse the thickness of the struts,

the micro-graphs were imported as an array of grayscale values into Matlab (MathWorks

Inc, USA). Five lines were manually identified perpendicular to each strut including some

of the void (figure 2.7a), the intensity profile of the line was then created (figure 2.7b). The

median value within the image was used as a threshold, with the first and last intersections

used to identify the width of the strut in number of pixels. The angle of the line and the

scale bar are then used to convert this measurement into millimeters.

b) Profile of blue line from SEM Micrographa) SEM Micrograph

P
ix

el
V
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e

Pixel Count

Threshold Line

Median Pixel Value

Figure 2.7: Diagram to explain how strut thickness is measured, a) SEM of lattice showing
perpendicular line in blue, b) intensity profile of the line

Measuring the Lattice Volumes

One method used to measure the volume of the lattice samples was an Archimedes balance

(Adventurer Analytical balance with density determination kit, Ohaus Corp, USA) where

the samples were weighed in air (figure 2.8) and ethanol (Fisher Scientific Ltd, UK) in

order to calculate the density and volume of the part according to equation 2.2.1. Where

62



V is the lattice volume (ml), α is the balance correction factor (0.99985), A is the mass of

the lattice in air (g), and B in ethanol, ρo is the density of ethanol and ρl is the density

of air (g cm−3).

V = α
(A−B)

(ρo − ρl)
(2.2.1)

Alternatively the mass of the lattices can be measured in air and divided by the density

of Ti-6Al-4V to give the volume. The volume fraction was the fraction of the cylinder

taken up by the lattice, while the overbuild was the measured volume of the lattice with

the design volume subtracted. The percentage overbuild was the overbuild divided by the

design build multiplied by 100.

Figure 2.8: Diagram of Archimedes method for calculating volume, a) measuring mass in
air, b) measuring mass in ethanol

Compression Testing

Prior to compression testing the diameter and height of the cylindrical samples was mea-

sured in triplicate using calipers. Compression testing was performed in accordance with

ISO 13314:2011. Samples were placed in the centre of the platens of the Z030 universal

testing machine (Zwick, UK) with a 500 kN load cell unless the max strength is above 200

kN at which point tested on ESH servo-hydraulic fatigue testing machine (ESH limited,
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UK). Testing was performed under displacement control at a rate of 4.5 mm min−1 until

the first of either 50% total strain or a maximum load of 200 kN was reached (max load

for samples tested on the Universal tester due to loading constraints of the frame).

Force displacement data was imported into Matlab (MathWorks Inc, USA) where it

was combined with the diameter and height of the cylindrical samples to generate stress

strain data (equations 2.2.2 & 2.2.3), which was then plotted. The elastic region of the

stress strain curve forms a straight line, the gradient of which is the Young’s Modulus.

The ends of the elastic region were manually identified, and then the data in this region

was fitted to a straight line using the inbuilt function polyfit which uses the least-squares

regression method. The Young’s Modulus was taken as the gradient of this line. A 0.2 %

strain offset from the linear fit region was plotted to provide the 0.2 % proof stress where

it met the stress strain curve. This is typically recognized as an approximation to yield

stress.

Stress =
4 ∗ Force

π ∗ Diameter2
(2.2.2)

Strain =
Displacement

Original Height
(2.2.3)

Gibson Ashby Analysis

The 0.2% offset stress and Young’s Modulus values were plotted against measured volume

fraction for all the samples. The Matlab function fit power1 was fitted to all the data

together, and to all for each unit cell, with the R2 value used to determine goodness of

fit. This function takes the form in equation 2.2.4, where C is the coefficient and n is the

exponent.

Offset stress or Young’s Modulus = C ∗ volume fractionn (2.2.4)
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Statistical Analysis

For all experiments three independent samples were generated for each variable. Statis-

tical analysis was performed using Matlab (MathWorks Corp, USA). Initially a one way

ANOVA test was performed to see whether all the data has an equal mean, if they did

not then Tukey post hoc testing was performed to identify which means were statistically

different.

2.3 Results

2.3.1 Geometric Accuracy of Manufactured Lattices

Volume Fraction

All samples built with no visual evidence of missing struts. To compare the lattice design

with the manufactured geometry, both mass and Archimedes balance measurements were

used to estimate the volume fraction of the unit cell comparison lattices. Both mass and

Archimedes balance measurement were found to be highly repeatable processes with stan-

dard deviations of the volume fraction measurements of less than 2% except for Fluorite

150 and 250. For these the standard deviation was 2.82 and 3.49% of the volume fractions

respectively for the measurements using the Archimedes method. The standard deviation

for the mass in air method was below 2% for all measurements. For most samples there

was no statistical difference between the volume fraction estimates produced by the two

methods, however differences were seen for Fluorite 250 and 350, and Gyroid 200 and 250

which had some of the highest design volume fractions of all the lattices at 0.44, 0.92,

0.66 and 0.84 respectively (figure 2.9a).

The designed volume fractions fell below the measured values for all samples except

Fluorite 350 (figure 2.9b). With the absolute overbuild volume by mass measurement

ranging from 59.6 ± 0.3 mm3 for Cubic 150 to 247.0 ± 1.1 mm3 for Gyroid 60. For

strut based lattices within a unit cell the 150 µm lattice had lower absolute overbuild
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Figure 2.9: Comparing mass in air and Archimedes Balance as methods of estimating
volume fraction of built lattices, a) volume fraction measurements, b) absolute volume
overbuild, c) percentage overbuild above design volume, d) comparing measured lattice
volume by mass with the design volume. Error bars are one standard deviation, n=3

than the 250 and 350 µm samples (figure 2.9b), while percentage overbuild decreased

with increasing strut thickness (figure 2.9c). For the gyroid lattices the absolute and

percentage overbuild decreased with increasing wall thickness (figure 2.9b&c). For the

Fluorite 350 samples the Archimedes method gave a predicted volume fraction range

that included the design volume. In contrast the mass measurements predicted a volume

41.3 ± 3.0 mm3 below the design volume. For fifteen of the twenty lattice designs the

volume predicted by the Archimedes Balance was within 2% of that predicted by the

mass measurements, this includes five designs which were within 1%. For the rest the

Archimedes method provided a higher estimate of volume ranging from 3.03% for Cubic
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150 to 19.1% for Fluorite 250. When all the mass estimates for volume are plotted against

the design volume in figure 2.9d there are no clear trends across all the unit cells.

Given the smaller variability and ease of use of using mass in air to calculate volume

fraction, as well as the fact that for most samples there was no statistical difference

between the methods, mass in air measurement will be used in the rest of this work to

calculate volume fraction.

Strut Diameter

Scanning electron microscope (SEM) micrographs of the top of the unit cell comparison

samples were taken to compare how the built strut thicknesses differed from the design.

For the Fluorite 350 lattices the struts were thicker than the distance between struts such

that they conjoined (figure A.1a), thus measurements could not be taken. Additionally the

gyroid lattices are surface based not strut based so are not part of this analysis. Although

strut based lattices have a nominal wall thickness this is not consistent throughout the

unit cell and so the precise location of a measurement is needed in order to compare with

the design value which was not practical in this analysis (figure A.1b). For the samples

with a designed strut thickness of 150 µm the BCC lattice had the highest measured

thickness of 183 ± 20 µm while the lowest was cubic with 157 ± 25 µm. All the samples’

means were greater than the designed thickness (figure 2.10a).

The ranges of measured values for all the 250 µm lattices include the design thickness

(figure 2.10b). The thinnest was cubic at 230 ± 28 µm, while the highest thickness

was for BCC at 254 ± 29 µm, although there was no statistical difference between the

cubic, diamond and fluorite measurements. Among the 350 µm strut lattices the thickest

and thinnest struts came from the BCC and cubic again, with thicknesses of 362 ± 33

and 324 ± 47 µm respectively. Post hoc testing showed the cubic lattice struts were

statistically different for the other lattice designs (figure 2.10c).

When strut thickness is calculated as a percentage of the design thickness it can be

seen that the 150 µm lattice are proportionally thicker. While for a given unit cell the
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Figure 2.10: Measured values of strut thickness taken from the top view of the lattices
used for the unit cell comparison study. Fluorite 350 was not measured as the struts
combined, and gyroid was not measured as it is a wall based lattice. a,b,c) 150, 250
and 350 µm designed thickness lattice, d) all lattice measured thicknesses, e) percentage
overbuild compared with design. Error bars are one standard deviation, n=3

250 and 350 µm struts tend to be either both thicker or both thinner than the design

(figure 2.10e). For the diamond lattices the 250 µm struts are thinner than the design

value while the 350 µm struts had a mean of 350 µm. Six sets of lattices have means

within 5% of the design thickness - specifically BCC 250 and 350, BCCZ 250 and 350,

Cubic 150 and Diamond 350.

Observations of Strut Morphology

SEM micrographs (figure 2.11) show differences in particle adhesion density between the

sides of the lattice with the right (figure 2.11d) having a lot of particles and the top being

sparse (figure 2.11a). On the front, back and left views greater particle adhesion can be

seen on the lower edge of the strut compared to the upper edge. It can also be seen that

the struts are not a uniform width. For example on the left view the vertical [001] strut

(circle arrow) appears thinner than the angled <111> struts (square arrow) and on the
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front and back views the struts which were built closer to horizontal (star arrows) appear

thicker than those which were built at a more vertical angle (pentagon arrows). The top

view struts appear thinner than some side view struts.

a) Top View b) Left View c) Front View d) Right View e) Back View

Orientation of face during build

Figure 2.11: SEM micrographs of a BCCZ lattice with 250 µm struts built at 30°. a)
the top view of the lattice showing minimal particle adhesion, b) viewed from the left
of the build chamber with the [001] strut labelled with circle arrow thinner than the
<111> struts labelled with the square arrow, c) lattice viewed from the front of the build
chamber with struts which were built closer to horizontal visibly thicker (star arrows)
than those built closer to vertical (pentagon arrows), d) the lattice viewed from the
right showing extensive particle adhesion, e) the lattice viewed from the back showing
mismatched strut thicknesses

The Influence of Angle on Strut Thickness

It was found that struts successfully built at all the designed angles which included hor-

izontal. The struts were designed to be 250 µm thick which fell within the the range of

measurement values from the top view (figure 2.12a), whereas 250 µm fell outside the

measurement ranges for most of the strut angles for both the right and back views (figure

2.12b&c), this indicates that the struts are not entirely cylindrical (as cylindrical struts

would give the same measurement values from all views). Within the BCCZ unit cell

there are struts that form parts of the original BCC unit cell which have the Miller index

<111> and then the addition Z struts with Miller index [001].
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Figure 2.12: Strut thicknesses of individual struts by angle built from vertical, i.e. 0° is
vertical and 90° is horizontal. a) Strut thicknesses from the top view showing no statis-
tical differences between the <111> struts, while the [001] struts at 90° to vertical are
statistically thinner. b) strut thicknesses from the right view showing no clear trend in
strut thickness with angle c) strut thicknesses when measured from the back of the lat-
tices increased with angle for <111> struts except at 90°, while [001] struts decreased
in thickness with angle. d) when the strut thicknesses were compared with the in plane
strut angle from the right view all the [001] struts were vertical, while the <111> struts
had no trend except that the 90° struts were thinner, while from the back view e) the
<111> struts increased in thickness with angle with 0 and 90° struts breaking the trend,
while [001] struts decreased in thickness with angle. No graph is shown of in plane strut
angles from top view because all angles would be the same. Struts are from BCCZ lat-
tices with designed strut thicknesses of 250 µm, horizontal line at 250 µm is the design
thickness. Error bars are one standard deviation
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For the top views of the lattices the [001] struts are not visible except in the combined

rotation experiment when the unit cells are rotated 90° within the lattice. In this instance

the [001] appear at 90° to the vertical and are therefore visible from the top view (figure

2.5). The <111> struts had thicknesses around the design thickness of 250 µm when

measured from the top view. There was no statistical difference between the thicknesses

by ANOVA testing, however there was a statistical difference between the thicknesses of

the [001] and <111> struts which were thinner.

For the right view (figure 2.12b) two trends are seen, the [001] struts decrease in

thickness from 330 ± 77 µm at 0° to 254 ± 52 µm at 90°. The <111> struts show no

clear directional trend. However there were statistical differences in the strut thickness,

for example those at 77.0° and 90.0° were thinner than the rest by post hoc testing.

The <111> struts show an upward trend in thickness with angle from vertical for the

back view (figure 2.12c), with the thickness increasing from the minima of 247 ± 41 µm at

37.9° to 416 ± 58 µm at 77.8°. The [001] struts decreased in thickness from 281 ± 69 µm

at 0° to 176 ± 45 µm at 30°, while at 90° the thickness measure was 393 ± 48 µm.

There was no statistical difference in the horizontal struts from the back view regardless

of their location within the unit cell.

The strut thicknesses were also compared with the in plane strut angles, although not

for the top view as the plane is at 90° to the vertical so there is not point of reference. For

the right view samples all the [001] struts are vertical in this plane (figure 2.12d), while

the <111> struts have similar angles, so the trends are the same.

For the struts viewed from the back the [001] struts are at the same angles, while the

<111> struts are spread over the whole range of angles (figure 2.12e). Thus it can be

seen that the [001] struts are thinner than the <111> struts at similar angles, except at

0 and 90° where there is no statistical differences in the strut thicknesses.
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2.3.2 Comparing the Mechanical Performance of Six Unit Cell

Designs

An example stress-strain compression curve of each lattice unit cell type (250 µm for strut

based and 150 µm for gyroid) is shown in figure 2.13. The general trend is for an elastic

region followed by yielding, a plateau region and then densification. The BCC and BCCZ

lattice exhibit plateau regions with general downward trends in stress with an uneven

profile.

The cubic and diamond lattices have plateau regions with periodic oscillations, a

frequency of 1 peak per 0.06 strain for the cubic lattice and a frequency of 1 peak per 0.03

strain for the diamond lattice. During these oscillations the stress reaches values similar

to the yield stress before dropping to below a quarter of the yield stress for the cubic

lattice and below a third of the yield stress for the diamond lattice.

The stress strain profile of the fluorite lattice has a vertical drop in stress after the

yield point to just above a quarter of the yield stress. This is followed by a plateau region

where the stress climbs back to the yield stress in an uneven manner. For the gyroid

lattice the stress climbs over the whole profile, first in the elastic region and then at a

reduced rate during plastic deformation.

0.2% Offset stress line was used to approximate the yield stress to give an indication

of the strength of the lattices. For all lattice designs increasing the strut or wall thickness

increased the offset stress (figure 2.15a). Increasing thickness also led to stiffer lattices,

with the exception of the gyroid with 60 µm thick walls which was slightly stiffer than

Gyroid 100 (figure 2.15b). The cubic lattices were the weakest, with the strongest cubic

lattice with a strut thickness of 350 µm having an offset strength of 59.4 ± 1.4 MPa

which is weaker than all of the fluorite and gyroid lattices, and weaker than the 250 µm

lattices of BCC, BCCZ and diamond.

Fluorite was the strongest strut based lattice design used here, with the 350 µm strut

design having a strength of 934 ± 20 MPa. The gyroid lattices were the strongest overall

with the Gyroid 250 lattice having a 0.2% offset stress of 995 ± 18 MPa. Young’s Modulus
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Figure 2.13: Example compression curves for BCC, BCCZ, cubic, diamond and fluorite
lattices with 250 µm thick struts and gyroid lattice with 150 µm wall thickness. The
Young’s Modulus is shown in red

results followed much the same pattern with the stiffest lattice at 19.0 ± 0.4 GPa being

the Gyroid 250 and the least stiff design coming from Cubic 150 at 0.09 ± 0.00 GPa.

By plotting the strength and Young’s Modulus against volume fraction the correlation
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Figure 2.14: 0.2% offset stress and Young’s Modulus values for unit cell comparison
samples. Offset strength by designed strut thickness a) 150, b) 250, c) 350 showing
gyroid had the highest strength and cubic the lowest for all strut thicknesses. d) Offset
stress for all data showing the stress increases with strut thickness for all unit cell designs,
e) Young’s Modulus for all designs showing stiffness increases with strut thickness, and the
the gyroid lattices were the stiffest and cubic the least stiff. Error bars are one standard
deviation, n=3

74



between the two can be seen, with larger volume fractions leading to higher strength and

stiffer lattices (figure 2.14a&b). A power law curve was fitted to both the strength and

Young’s Modulus data with equations 2.3.1 and 2.3.2 respectively.

Offset stress = 1170 ∗ volume fraction2.48 (2.3.1)

Young’s Modulus = 21.7 ∗ volume fraction1.90 (2.3.2)

Generally there appears to be good correlation between volume fraction and mechan-

ical strength, however there are notable influences of unit cell design when comparing

similar fraction samples. The BCCZ 350 is 40% stronger than BCC 350 but with only

3% more volume fraction. Additionally the BCCZ 250 and 350 lattice sit above the curve

while the Gyroid 200 sits below the curve.

Figure 2.15: a) 0.2% offset stress and b) Young’s Modulus values for all unit cell com-
parison samples, with power law curves fitted with equations Offset stress = 1170 ∗
volume fraction2.48 and Young’s Modulus = 21.7 ∗ volume fraction1.90

For the stiffness curve BCCZ 350 sits the furthest above the curve while Gyroid 100 is

furthest below the curve. There are a number of samples above the strength of bone (∼

200 MPa [215]) but with a volume fraction below that aimed for in this work (0.6). With

the aim of having sufficient void volume for a secondary phase, namely BCC 350, BCCZ

350, Diamond 350, and Fluorite 250. These also have stiffnesses below that of bone (∼

17 GPa [213, 214]) with the aim that they do not contribute to stress shielding.
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SEM micrographs of the lattice prior to compression (figure 2.16) show differences

between the top and side views of the lattices, for example reduced particles adhesion on

the top view. Additionally, thicker struts can be seen on the side view especially for the

cubic lattices where the nearly horizontal strut is thicker than those that are closer to

vertical. This is consistent with results shown in section 2.3.1.

1 mm

BCCZ

Side view

Top view

BCC Cubic Diamond Fluorite Gyroid

Figure 2.16: SEM micrographs of lattices used to compare unit cells. Strut based lattices
shown with 250 µm struts and gyroid shown with 150 µm thick walls

Photographs were taken of the lattices after compression to compare the failure modes

(figure 2.17). Shear bands were generally seen in the strut based lattices along lattice

planes. The BCC lattices exhibited shear failure along planes at 45° to vertical, some

bending, collapse and barrelling was also seen. Although shear failure at 45° was seen

in the BCCZ lattices the continued loading led to further collapse in a more adhoc way,

including at other angles.

The cubic lattices show shear failure in plane, these lattices are rotated at 15° so that

horizontal struts were not present. Bending and buckling are also seen. The diamond

lattice shows evidence of both crush failure and shear bands at 45°. Fluorite lattice have

planes at 45° and shear band failure through this plane can be seen here in addition to

crush failure for the 150 µm lattices. All the gyroid lattices show barrelling, with the 200

and 250 µm lattice also exhibiting shear failure but not in flat planes, and the Gyroid 60

lattice experiencing crushing in the 45° plane.
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Fluorite

BCCZ
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Diamond

10 mm

Figure 2.17: Photos of lattices after compression so failure modes can be seen
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2.3.3 Lattice Rotations

Across the three unit cell designs it can be seen that the build rotate samples have the

lowest strength and the load rotate lattices have the highest strength for any given angle.

The build rotate lattices are weaker at angles greater than 0° for all the different unit

cells.

For the BCCZ lattices all the angled lattices had a lower strength than those at 0°. For

the load and combined rotate lattices there is a downward trend in strength with angle,

which is more pronounced for the combined angle. For the build angle rotation there is a

drop in strength between 0 and 10° and then no statistical difference in strength between

the other angles.

The build rotation diamond lattices show a statistically significant decrease in strength

with increasing angle. The load rotate lattices decrease in strength from a maxima at

10° of 126 ± 2 MPa, while the lowest strength of 111 ± 2 MPa was at 0°. The combined

rotate lattices increase in strength with angle from a minima at 10° of 102 ± 7 MPa to

128 ± 4 MPa at 90°.

The gyroid lattices have a drop in strength under build rotation from 0° to 10° and

then no statistical difference in strength with angle. While the strength increases with

load angle up to a maxima of 393 ± 12 MPa at 30°. For the combined rotate the angle

does not statistically influence the strength.

The trends of rotation with stiffness are less clear. The gyroid lattices are stiffer than

the BCCZ and diamond lattice. The stiffness of the BCCZ lattices was lower at 45 and

90° than the lower angles. The combined rotate lattices were less stiff than the build and

load rotate lattices when they had diamond or gyroid unit cells. For all the unit cells the

load rotate lattices had lower stiffness at 0 and 20° than 10 and 30°.

Deformation photographs offer clues as to the causes of these changes in strength

and stiffness (figure 2.19). For the BCCZ lattices where the build angle was rotated, all

angles exhibited shear fracture along the 45° plane through the thinner plane of struts

(which were closer to vertical during build). The load rotated BCCZ lattices showed some
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Figure 2.18: 0.2% offset stress and Young’s Modulus values for BCCZ, diamond and
gyroid lattices at different rotations. Error bars are one standard deviation, n=3

cracking. For the 20 and 30° samples these may be shear planes at 65 and 75° to vertical

respectively. For the combined rotate lattices, banded crush failure can be seen for the

10, 20, 30 and 45° lattices. The 90° lattice displays a shear plane at 45°. The diamond
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c) Combine Rotatea) Build Rotate
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20°
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Figure 2.19: Photographs of lattices after compression to show the deformation behaviour.
The same 0° samples were used for all rotations so only shown once in the combined rotate
column

lattices crushed when built rotated. The load rotated diamond lattice cracked, but not in

single planes. While the combine rotated diamond lattices showed shear failure in the 30

and 45° cases, angled cracking at 10 and 20°, with horizontal crush failure at 0 and 90°.

Gyroid lattices experienced barrelling in all cases, with load rotate 20 and 30° samples

also shearing.
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2.3.4 Unit Cell Size

By increasing the unit cell size the effects of longer struts can be seen on the strength,

stiffness and failure mechanisms of the lattices. Increasing the unit cell size decreased

the strength of BCCZ and diamond lattices (figure 2.20a), while there was not statistical

difference in the strength of the gyroid lattices. BCCZ had a 13 fold reduction in strength

from a unit cell size of 1.0 mm to 2.0 mm from 149 ± 3 MPa to 11.0 ± 0.2 MPa. While

the reduction in strength for diamond was 11 fold.

Figure 2.20: 0.2% offset stress and Young’s Modulus values for lattice built at different
unit cell sizes. Error bars are one standard deviation, n=3

The Young’s Modulus was also not statistically different with different unit cell sizes

for the gyroid lattices. The BCCZ and diamond on the other hand saw a reduction in

stiffness with increasing unit cell size. For BCCZ this was an eight fold reduction from

4.83 ± 0.50 GPa to 0.56 ± 0.04 GPa and for diamond this was a 17 fold decrease from

0.52 ± 0.00 GPa to 0.03 ± 0.00 GPa from 1.0 to 2.0 mm. Photos of the deformation (figure

2.21) show BCCZ lattices with shear planes at 45°, the diamond lattices with horizontal

crushing and the gyroid lattices barrelling. The gyroid lattice with 2.0 mm unit cells also

has a crack at approximately 45°. The 2.0 mm BCCZ shows angled struts in the failure

plane rotating at the nodes, while the vertical struts are buckling.
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BCCZ Diamond Gyroid

1.0 mm

2.0 mm

1.5 mm

10 mm

Figure 2.21: Photographs of lattices at different unit cell sizes showing deformation be-
haviour

2.3.5 Comparing All Compression Data with the Gibson Ashby

Model

By plotting all the data against the volume fractions it can be seen whether the data fits

one trend with volume fraction or whether different experiments lead to different trends.

When all the data was considered together (figure 2.22), the data showed an increase

in strength and stiffness with increased volume fraction. Both data sets fitted power

law curves with R2 values of 0.97 for strength and 0.98 for stiffness. The exponent was

2.40 for strength which does not correlate with either bend or stretch dominated lattices

according to the Gibson Ashby model [347], while the exponent for the stiffness was 1.99
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Figure 2.22: Compiled graphs of a) 0.2% offset stress and b) Young’s Modulus against
volume fraction for all data. Power law curves were fitted with equations: Offset stress
= 1102 ∗ volume fraction2.40 and Young’s Modulus = 22.0 ∗ volume fraction1.99

Table 2.3: Regression analysis of all compression data, compared with Gibson Ashby
model values for bend and stretch dominated lattices

Strength /MPa Stiffness /GPa
Unit Cell
Topology

Coefficient
(C)

Exponent
(n)

Correlation
(R2)

Coefficient
(C)

Exponent
(n)

Correlation
(R2)

All data 1102 2.40 0.97 22.0 1.99 0.98
BCC 848 2.09 0.99 36.1 2.63 1.00
BCCZ 1253 2.30 0.95 37.3 2.54 0.93
Cubic 1237 2.33 1.00 30.6 2.15 1.00
Diamond 942 2.16 0.95 28.8 2.37 0.96
Fluorite 1233 2.59 1.00 20.9 1.74 0.99
Gyroid 1167 2.68 0.95 21.8 1.97 0.93

Theoretical Values from Gibson Ashby Model
Bend Dominated 1.5 2
Stretch Dominated 1 1

which correlates with the value expected for bend dominated lattices.

Power law curves were also fitted to the data for each unit cell design separately ac-

cording to equation 2.2.4. This included data from three lattice configurations for each of

BCC, cubic and fluorite, 17 configurations for BCCZ and diamond, and 19 configurations

for gyroid. For the strength curves the data had a correlation of at least 0.95 for all unit

cells, while for stiffness it was a minimum of 0.93. The exponent values ranged from 2.09

for BCC to 2.68 for gyroid, with all the values outside the range proposed by Gibson

Ashby. The power law curves fitted to the stiffness data had exponents between 1.74
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for fluorite and 2.63 for BCC, with gyroid (1.97) being the closest to the Gibson Ashby

model prediction of 2 for a bend dominated structure. No values were close to 1 which is

proposed for a stretch dominated structure.

2.4 Discussion

The key finding from this chapter was that it is possible to build lattices with compressive

strengths in the range of cortical bone (∼ 200 MPa) [213, 214, 215], and elastic moduli

in the range of cortical bone (∼ 17 GPa) [213, 214] while providing void volume for a

secondary phase. However care must be taken to optimise build angle as this influences

strength and stiffness. While the loading angles must be considered as different designs

behave differently when the angle at which they are loaded changes.

Volume Fraction

Comparing mass in air with an Archimedes Balance as methods to determine volume

fraction showed no statistical difference in readings for the majority of samples. Both

Archimedes Balance [14, 348, 349] and mass measurements [350, 351] have previously

been used to calculate the volume fraction of lattices. The Archimedes Balance has

the advantage that the strut porosity can be estimated for the lattices by comparing

the measured density with the standard density. However the Archimedes method is

more cumbersome with an increased error due to two mass readings per measurement.

Additionally there is potential for errors to be introduced due to trapped air during

the ethanol weighing or trapped ethanol from a previous repeat during the air weighing.

Larger variations in the standard deviation in the Archimedes results were seen for Fluorite

250 and 350 and Gyroid 200 and 250 which all have volume fractions above 0.5 leading

to more potential for residual air or ethanol.

Where the Archimedes method and mass measurements have previously been com-

pared as methods for measuring the volume of lattices, mass has been found to give a
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lower estimate of volume [225, 344, 348, 352], this was in agreement with the results found

here. This suggests that similar sources of over estimation in the Archimedes method are

present in both.

When the porosity measurements were converted to volume fraction (by subtracting

porosity from 1) to directly compare with this work, it was found that the Archimedes

measurements of volume fraction were between 0.55 and 9.09% higher than the mass

measurements of volume fraction [225, 344, 348, 352]. The largest difference was found in

cubic lattices with small volume fractions (0.1), where the absolute difference in magnified

by the small starting volume fraction, which was also seen in this work. None of the lattices

in these papers had volume fractions above 0.5 so comparison could not be made with

those lattice in this work and the effects of these high volume fractions on the reliability

of the methods.

The repeatability limit and reproducibility limit of the Archimedes method for Sintered

Powder Metallurgy are listed by ASTM B962-23 as 0.05 and 0.6 gcm−3 respectively. So

for Ti-6Al-4V this equates to approximately 1% i.e. the difference between mass and

Archimedes methods for measuring volume approaches this limit for five lattice designs

in this work. Where there were greater percentage differences between the mass and

Archimedes methods for measuring volume fraction it was lattices with either a smaller

design volume fraction, or where the volume fraction was above 0.5 i.e. the larger gyroid

and fluorite lattices.

The Fluorite 350 lattices did not overbuild in contrast to the other lattice designs.

With the mass measurement indicating an underbuild. The samples were nearly fully

dense with closed porosity - i.e. the internal voids were not accessible to the outside.

This meant the ethanol could not penetrate these voids, so the lattice is treated as a part

with a lower density by the Archimedes Balance leading to a higher estimate of volume.

Whereas the mass measurement works the same for open or closed porosity, thus giving

a lower volume estimate. Given that the design volume for the Fluorite 350 is 1530 mm3

while the volume for a dense cylinder of the same size is 1700 mm3, it is not surprising it
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was unable to achieve the 12-25% overbuild seen in other 350 µm lattices as this would

have been impossible within the fixed cylinder size.

Larger absolute overbuild was seen in the 250 µm and 350 µm than 150 µm lattices,

while percentage overbuild was larger for 150 µm lattices. This could be caused by an

increase in strut diameter. If diameters are increased by a fixed distance, a thicker initial

strut will gain more absolute volume but less percentage volume than a thick volume as

it is thicker to start with.

The future use of gas pycnometry to measure the volume fraction of lattices would

eliminate the challenges caused by trapped air or ethanol caused by the Archimedes

Balance, as the second fluid is gas rather than ethanol, and so does not encounter the

effects of surface tension. However, the gas would still not be able to penetrate regions of

closed porosity such as in the Fluorite 350 lattices, nor any internal defects in the lattice

struts or walls.

Strut Thickness

Given that one cause of overbuild is an increased strut thickness SEM micrographs of the

struts were taken, initially from the top. Strut thickness measurements were generally

in agreement with the designed thickness indicating the processing parameters were ap-

propriate. The fluorite with 350 µm struts was unable to be measured due to the struts

merging as they overbuilt. The BCC lattices exhibited the largest struts for all design

thicknesses, however these were not significantly different from the BCCZ lattices in each

thickness. This is not surprising as these are based on the same design but with the

addition of vertical [001] struts that cannot be seen from the top view.

Strut thickness can be influenced by processing parameters [118, 182], strut angle

[233] as well as the designed strut thickness [183] and strut length [144]. The processing

parameters were the same for all designs. The designed strut thickness were the same so

length and angle of struts should be considered. BCC, BCCZ, diamond and fluorite have

struts at 54.74° to the vertical with cubic at 15 and 75°.

86



Cubic had the thinnest struts which were the closest to horizontal, this in contrast to

literature which shows that horizontal struts and those at low angles are thicker than those

close to the vertical, due to a lack of layers of strut below to dissipate the laser energy

it radiates into the surrounding powder causing additional powder to attach to the strut

[180, 181]. The strut thicknesses were measured from micrographs taken from the top

view of the lattices, where it has been previously shown in this work that changing the

angle a strut is built at has no statistical difference on the measured strut thickness (figure

2.12a). However struts built closer to horizontal had thicker profiles when measured from

the back view (figure 2.12c), so the theory about overbuilding does hold it is just not

uniform in direction.

The length of struts has also been found to influence the strut thickness, Crupi et al

designed BCC lattices with unit cell length of 2.50 and 3.75 mm with a designed strut

diameter of 400 µm and found the struts of the 3.75 mm unit cells built to design, but the

other struts underbuilt by 6% [144]. In contrast the longest struts in this study belonged

to the cubic lattices which also had the thinnest struts. The measured variation in strut

thickness between unit cell designs (from the top view) was 10%, while the variation seen

between struts at different angles from the back view was 66%, so the effect of strut angle

led to larger changes in volume than any effect of strut length on the top view.

When comparing the error between design and build we can see that the thicker lattices

have less absolute and percentage error, this agrees with Melancon et al who found the

error increased with decreasing feature size [179].

The thinnest lattice built in this study Cubic 150 had a measured strut thickness of

157 ± 25 µm. 150 µm was chosen as it is believed to be the thinnest strut thickness pos-

sible on this machine [119]. This thickness has been achieved previously on this machine

with a measured thickness of 155 µm for a diamond unit cell [121]. Ghouse et al were able

to print struts at 0.142 ± 0.014mm on an earlier design (Ren AM250, Renishaw PLC,

UK) [118]. While Van Bael et al printed 112 µm struts using a 100 µm design using a

custom printer [177].
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Strut thickness measurements taken from the top are within 5% of the design for

most of the lattice designs while the volume fraction measurements indicate an overbuild

greater than 5% for all the strut based lattices except Fluorite 350 which is a special case.

Variations in strut profile i.e. non circular struts would account for these differences.

Observations of Strut Morphology

Two main observations were made from the SEM micrographs of a BCCZ lattice with

250 µm struts built on a 30° slope shown in figure 2.11: uneven powder adhesion and

unequal strut thickness. The top view SEM showed noticeably thinner struts than the

side views suggesting a non-circular strut profile. Likewise struts appeared thicker as

they approached a horizontal build angle. This suggests an elliptical, or ’teardrop’ profile

where the major axis is proportional to build angle. This behaviour has been previously

observed in L-PBF with a variety of metals including Ti-6Al-4V and is more pronounced

the closer the struts are to horizontal [180, 184]. The effect is thought to be caused by

thermal effects where heat from the laser cannot dissipate into previous layers due to a

small overlap so additional powder melts into the strut causing the increase in size [122,

184]. This can negatively influence the mechanical properties as discussed later.

Additionally, differences in powder adhesion are seen between the different faces. The

top view shows the least particle adhesion due to the top face not being in contact with

the loose powder during the laser scanning. However the struts were not horizontal during

printing, as the lattice was built on a 30° slope, so more particles are present on the top

view than for a lattice printed flat, as seen in figure 2.16, due to the build angle [350].

On the front and back views more particles can be seen on the lower edge than the upper

edge of the struts. The struts are intended to be cylindrical so during the bottom half

of the printing the strut is slightly larger each layer so the melt pool is in contact with

the powder from the previous layer at the edges increasing the probability of particle

adhesion. Whereas for the upper portion of the strut the melt pool is narrower than the

previous layer bringing it into less contact with the unmelted powder and with a greater
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mass of strut below it to dissipate heat into, reducing the chances of melting additional

unwanted particles. The right hand side of the lattice is overhanging the build plate and

shows greater particle adhesion than the others. It has previously been shown that down

facing struts exhibit greater particle adhesion [350]. Murchio et al found that the strut

angle influenced the surface roughness with struts close to the horizontal more rough (Ra

= 73.7 ± 32.8 µm) due to an inability to dissipate the heat into the strut due to a small

area of overlap, while vertical struts were less rough (Ra = 17.3 ± 8.5 µm) (figure 2.23)

[184].

Strut Thickness of Struts at Different Angles

During the experimental work all lattices built successfully, including those showing hor-

izontal struts with unsupported lengths up to 1 mm. This is contrary to some literature

which suggests that such elements may not print correctly [238]. However the Renishaw

design guide includes overhangs up to 1 mm [119], and Melancon et al and Simonelli et al

have successfully built Ti-6Al-4V horizontal struts on the Ren AM 250 (Renishaw PLC,

UK) the precursor to the Ren AM 500M (Renishaw PLC, UK) used in this work [178,

179].

As was previously seen in the strut thickness analysis of the defects in unit cells, the

top view did not show an overbuild for the angled struts. However overbuilds were seen

in the right and back views indicating that the struts had non circular cross sections.

This effect was more pronounced as the strut angle increases from vertical struts at 0° to

horizontal struts at 90° particularly from the back view. This is inline with observations

made by Hossain et al and Murchio et al [184, 233]. This is thought to be because struts

closer to horizontal have less overlap between layers to dissipate the laser energy so more

energy is radiated into the surrounding powder resulting in an overbuild (figure 2.23) [122,

184].

The [001] struts exhibit lower thicknesses than the <111> trends would suggest. This

could be because the [001] struts are rotating in plane, while the <111> struts are rotating
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b) Steep Angle Strut

c) Shallow Angle Strut

a) Vertical Strut

d) Bottom of Strut e) Top of Strut

Build Direction

Figure 2.23: An idealised visual illustration of heat flow causing additional powder adhe-
sion in struts built at different angles, and between the top and bottom surfaces of struts.
heat energy is shown with the red arrows shown flowing into lower layers where available,
otherwise flowing into the surrounding powder leading to attached particles (orange cir-
cles). a) vertical strut where the additional heat is able to transfer into the previous layers
leading to minimal additional particle adhesion, b) steep angled strut where most of the
additional energy can transfer but there is some particle adhesion, c) shallow angled strut
where a lot of heat energy is radiated into the surrounding powder leading to high levels
of particle adhesion, d) at the bottom of the strut there are few layers below to act as a
heat sink so many particles adhere, e) at the top of the strut where almost all the excess
energy is absorbed by the previous layers so minimal particle adhesion

out of plane. Or it could be that the [001] struts are longer than the <111> struts.

However neither Crupi et al nor Campanelli et al found a trend in strut thickness with

length [144, 353], while Alghami et al found longer struts were more eccentric [354].

A smaller standard deviation in strut thickness was found from the back view than

the right view. It has previously been seen (figure 2.11) that the right view struts exhibit
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greater particle adhesion than the back view. This is because the gas flow enters the

chamber from the right which leads to greater particle adhesion than other sides of the

samples. Some of the lattices used for this analysis were from the combined rotation

samples, while the rest were from the build rotate lattices. The combined rotation lattices

were all built vertically so the faces were all vertical during building. The build rotate

lattices are rotated towards the right. Therefore the right view face is tilted towards

the build plate and has additional particle adhesion due to this orientation. So there

will be a difference in particle adhesion between the right view of the combined and build

rotated lattices due to this rotation. While both the build rotation and combined rotation

lattices are vertical in the back view so there will be no difference in particle adhesion

due to tilting.

The particle adhesions is likely to lead to over estimates and greater variability of strut

thickness. As just discussed there is greater adhesion and greater variability in particle

adhesion in the right view leading to the greater standard deviations in strut thickness

seen in the strut thickness measurements from the right view. This could explain why

there is a trend in strut thickness with angle from the back view but not the right view

as it could be being obscured by the large variation in strut thickness measurement. The

trend is in line with the literature [180, 181].

Comparing Different Unit Cells - Example Compression Curves

All the example compression curves (figure 2.13) for strut based lattices have a 250 µm

designed strut thickness and the gyroid lattice shown has a 150 µm wall thickness. They

all demonstrate a toe in the region where the plattens and sample settle to parallel,

followed by an linear elastic region followed by plastic deformation. The cubic, diamond

and fluorite demonstrated collapse characterised by a vertical drop in the graph after the

initial yield point to below half of the yield stress. This behaviour was also seen in the

literature [141, 142, 143, 223, 344]. However some literature saw a smoother transition

into collapse for diamond and fluorite lattices, with fluorite not dropping as far as the
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cubic and diamond lattices, which is also seen here [344].

The cubic and diamond lattices then exhibit a plateau region characterised by sharp

oscillations which reached similar stresses to the yield stress, and dropping below 50% of

the yield strength. Wang et al and Ahmadi et al saw a similar shape in their plateau

regions although for Wang et al there was an overall downward trend in stress [143, 344].

The cubic lattice curve oscillated at 1 peak per 0.06 strain, which corresponds to 1 peak

per 1 mm distance, which suggests that each drop in stress corresponds to a single unit cell

layer collapsing. The diamond lattice curve oscillates at 1 peak per 0.03 strain, suggesting

that a layer of unit cells is collapsing to 50% of its original height at each drop in stress.

This is probably due to the shape of the unit cell which includes four nodes at half the

height, with eight struts above and eight below. These structures that make up half the

unit cell are reflections rotated 90° (figure 2.1). So the collapsed section is probably one

of these half unit cell structures.

For the diamond lattices in the literature similar shapes were seen, sometimes not as

high as yield stress and some had an upward trend while others were flatter as seen here

[141, 142, 218, 223, 344]. Denisification is seen after the plateau region. The gyroid lattice

has a plastic yield after the elastic region but no collapse with associated drop in stress.

This shape matches Gümrük et al’s idealised bend curve [222]. However in the literature

some drops in stress are seen and the plateau region includes some oscillations in some

papers [143, 216, 346, 355]. All of these papers used unit cell sizes larger than in this

work with the thicker wall, which may contribute to the differences seen. When larger

unit cell sizes were used in this work compression curves had some reductions in stress

and oscillations in agreement with the literature.

Gyroid lattices can be approximated as strut based with bend dominated deformation

under Maxwell’s criterion [221]. FEA analysis also indicated bend dominated deformation

[356]. However experimental analysis has not been as clear cut with sheet gyroid lattices

as used in this work attributed to stretch dominated failure by Wang et al and Al-Ketan

et al [143, 350]. This behaviour indicates that these lattices are demonstrating stretch
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dominated behaviour with key features, including an initial collapse below 50% of the yield

stress and oscillations in the plateau region followed by a densification region. This is in

contrast to the Maxwell stability criterion that predicts these lattice designs to be bend

dominated. However these lattices have consistently shown stretch dominated behaviour

[143, 218]. Reasons that the Maxwell criterion fails to predict compressive behaviour

include the fact that it was developed for pin jointed frames but lattices have fixed joints.

The model also assumes that either bending or stretching are the only failure mechanisms,

which is too simplistic with shearing, torsion and nodal interactions also seen [357].

For the fluorite lattices after the initial collapse the plateau region climbs with some

bumps but not repetitive oscillations, this behaviour mirrors that seen in the literature

[218, 344]. There is no clear transition into a densification region. The behaviour is

classified as bending dominated deformation behaviour by Li et al [218]. This does not

agree with the Maxwell criterion, which classifies fluorite as stretch dominated. The shape

of the curve aligns with Benedetti et al’s example curves for bend dominated lattices [136]

but not with Gümrük et al, whose example curve does not include initial collapse [222]. It

is known that defects can introduce bending moments into otherwise stretch dominated

structures idealised to be under pure compression and tension [185]. These bending

moments can cause the failure mode to shift to bend dominated leading to a reduction in

mechanical properties [221].

The BCC and BCCZ lattices have similar compression curves with the BCCZ lattices

exhibiting higher stresses. After the initial elastic region there is an elongated region

at high stress prior to the first collapse. This behaviour was seen by some papers [144,

218, 238] while other papers had early collapse [140]. In this work the collapse was

approximately a third of the yield stress, while for most papers it was more than half the

yield stress [139, 140, 216, 218, 238, 342]. Crupi et al found reducing the ratio of strut

thickness to strut length led to a reduction in collapse stress [144], including into the

range seen in this work. After the initial collapse the stress gradually reduces in a bumpy

manner without clear pattern. This non structured shape is seen in the literature but with
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an upwards trend [139, 140, 216, 218, 238, 342]. This is followed by a densification region.

Maxwell’s stability criterion labels both BCC and BCCZ as bend dominated lattices.

However the compression curves do not entirely match either of the model shapes which

leads to some conflict in the literature with similar curves being attributed to opposite

modes. Crupi et al and Li et al described BCC and BCCZ as stretch [144, 218] while

Mazur et al described BCC as bend and their data fit with the Gibson Ashby bend

criterion too [238]. Alomar et al did not classify BCC lattices despite classifying other

lattices in the same paper [140].

Comparing Different Unit Cells - Strength and Stiffness

Young’s Modulus and 0.2% offset stress are calculated from the stress strain curves.

Within a unit cell type both strength and stiffness increase with strut thickness. This

result has previously been seen in Ti-6Al-4V L-PBF lattices with BCC [140, 144], BCCZ

[120], cubic [143, 236, 344], diamond [141, 142, 223, 344], fluorite [224, 225, 239] and

gyroid [143]. These effects are mainly attributed to the increase in volume fraction. In

addition, defects which reduce the mechanical performance are more common as the ge-

ometry reaches the limits of printability i.e. the smallest strut thicknesses at 150 µm

[183] and roughness makes up more of the overall thickness. When comparing lattices

at the same strut thicknesses the strongest is the gyroid followed by the fluorite, BCCZ,

diamond, BCC then cubic as the weakest. Stiffness follows a similar pattern. Li et al

compared BCCZ, diamond and fluorite lattices with the same unit cell size and similar

strut thicknesses (within 3%) [218]. Fluorite was 3 times as strong as diamond, while

BCCZ was nearly twice as strong as diamond. Fluorite was twice as stiff as diamond

while BCCZ was 1.8 times as stiff as diamond.

In comparison in this study, fluorite is three times stronger than diamond for 350 and

250 µm, but less than three times for 150 µm. However BCCZ is weaker than diamond for

150 and about 1.4 times for 250 and 350. Fluorite is 2.5 to 3 times stiffer than diamond

and BCCZ is in the range of the stiffness of diamond in this study. He et al compared
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BCCZ and diamond and found BCCZ 3.4 times stronger and 7 times stiffer than diamond

whereas they are far more similar in this study [139]. Wang et al compared cubic and

gyroid lattices with the same volume fraction and the strut thicknesses are different [143].

Comparisons can still be made, for example when the cubic strut thickness was twice the

wall thickness of the gyroid, the gyroid strength was higher and within the same range as

the cubic even though the cubic lattices were 1.45 times as stiff and with a higher volume

fraction. The cubic lattices in this work were rotated at 15° to avoid horizontal struts

in contrast to most in the literature. When Choy et al compared cubic lattices in two

orientations either with horizontal and vertical struts or with 45° struts they found those

at 45° to be half as strong due to the lack of vertical struts [345].

Photos of the samples after compression testing show the failure mechanisms. The

BCC lattices show shear failure at 45° through single planes for 150 and 250, while for

350 some rows are skipped. The 150 lattice also has some evidence of bending, and the

350 exhibits barrelling. In the literature the majority of BCC lattices undergo cell collapse

by buckling or crushing [226, 227, 237, 358, 359, 360] while a few experience shear failure

as seen here [140, 361].

The BCCZ lattices demonstrate shear failure at 45° through places as well as other

angles for the 350 lattices, some crush is also evident. This behaviour mirrors that seen

in the literature [237, 358, 361, 362]. The failure modes seen for BCC and BCCZ match

with the stress strain curves where the initial collapse is likely due to be the 45° shear,

but then crushing and other shear collapse would explain the bumpy but not oscillating

plateau region.

The cubic lattices in this study are rotated at 15° to remove horizontal struts, the

photos show shear failure in the lattice planes, followed by bending and buckling. In

the literature most cubic lattices are not rotated with failure occurring in flat planes by

crushing or buckling [145, 363], however Choy et al tested both parallel and 45° rotated

cubic lattices and found that the 45° lattices experience in plane shear as seen in this work

[345]. Subsequent shear failure in additional planes leads to the oscillating stress strain
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curve in figure 2.17. As these are likely to be parallel to the original shear plane due to

the cubic lattice being rotated in an unequal way, this means each shear band is likely to

be the same length and therefore require similar force to shear leading to similar height

peaks on the compression curve.

Diamond lattices exhibited shear failure in 45° planes in agreement with previous

studies [142, 218, 223]. This resulted in a stress strain curve with an oscillating plateau

region where the oscillations returned to a similar height to the yield stress. This is in

contrast to previous research which has found plateau regions at lower stresses than the

yield stress, and with an upward trend [142, 218, 223, 344]. Given the stress is able to

reach the yield stress value after initial shear failure it suggests that only the single plane

was effected in the initial loading and collapse, and that after collapse the collapsed plane

was able to support the load.

Fluorite lattices underwent shear failure in a 45° plane, this resulted in a drop in

the stress strain curve to a quarter of the yield stress. This was followed by the stress

climbing with the strain with irregular fluctuations, indicating densification of the lattices

providing an increase in strength, but the failure plane was unable to support as much

load as prior to the collapse. This failure mechanism has been previously seen especially

with lattices with thicker struts [218, 344].

All the gyroid lattices exhibited some barreling, while the Gyroid 60, Gyroid 200 and

Gyroid 250 displayed shear failure, for Gyroid 60 this included collapse in multiple parallel

planes. The stress strain curves for gyroid lattices show a linear elastic region followed

by a yield point which is the onset of barrelling, then the stress continues to climb as the

lattice densifies. If shear failure occurred then a vertical drop in stress is seen as the failure

planes cannot support much load. In previous research where the only failure observed is

barreling then the stress strain curves match those seen in this study [364], this is more

often seen with heat treated lattices [216, 365]. However when shear failure occurs this

has previously been found to not lead to total lattice failure and the structures have been

able to continue to support load leading to stress strain curves more similar to the one
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seen for fluorite lattices in this research (figure 2.13e) [143, 216, 346, 355].

2.4.1 Rotation of Lattices

By rotating the lattices in different ways the effects of building devices at different ori-

entations, or if the loading is not entirely vertical or a combination of the two, can be

explored. When the lattices are built at different angles the unit cell is kept parallel with

the sample, so it is rotated during building and then vertical again during compression

(figure 2.4a), this means that individual struts will be at different angles during building

but the unit cell will be loaded in the same direction as the 0° case so the mechanical

properties will be influenced by the angles the struts are during build.

Build Angle Rotations

The effects of building struts at different angles include: strut waviness, inconsistent thick-

ness, non circular struts, variations in powder adhesion, and changes in strut thickness.

Generally building struts closer to horizontal leads to an increase in deviation from design

in all of these factors [183]. Non cylindrical struts and changes in strut thickness were the

only defects measured in this work, however they were in agreement with the literature

with strut thickness and non cylindricity increasing with angle from vertical.

For both BCCZ and diamond lattice the struts are at 54.7° from vertical in the 0° case,

plus the vertical struts in the BCCZ lattice, so it would be expected that the different

unit cells would be influenced by the build rotation in the same way. However the failure

mechanisms are different so the influence of the changes in strut thickness might be

different. For the BCCZ lattices the samples fail by shear failure at 45°, this is through

a plane of the unit cells. During building one plane of struts rotate closer to vertical so

they build thinner, while another plane becomes thicker. During shear failure only struts

in one plane plus the [001] struts fail, so the thinner struts fail preferentially, so as strut

get thinner at increased build angle the lattice gets weaker.

By using the known strut thicknesses at angles from figure 2.12, combined with the
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known angles of the struts during compression from table 2.2 a new figure can be created to

compare the strut thicknesses at the angles of the lattices (figure 2.24). The compression

data shows a step down in strength between 0 and 10°, 20 and 30°, which matched the

trend seen in the strut thickness of the thin struts, especially from the right view (figure

2.24a).

Figure 2.24: Thickness of struts from a) right and b) back views, at the orientations of
the lattice rotations, for build and combined rotate (load rotate is the same as 0° case).
The standard deviations are not included to make the trends clearer

For the diamond unit cell the mechanism of failure is crush bands, so it is less clear

whether the strength will be influenced by only the thick or thin struts, or whether both

are involved in the lattice failure. The continuous downward trend in strength with build

angle seen in the diamond lattices is not clearly seen in the strut thickness data, however

this strength reduction could be caused by another of the defects influenced by the angle

of the struts. Wauthle et al built diamond lattices out of Ti-6Al-4V using L-PBF in a

number of configurations of angles that enable a comparison with the build angle used

here. Lattices were built at 0 and 45° and the lattice built at an angle was 35% lower in

strength and stiffness. This was attributed to the fact that both angles had struts built

horizontally which resulted in poor quality struts, but in the rotated case these were then

in an angled position where they were subjected to more force than in the 0° case where

these struts remained horizontal [348]. Both of these lattice designs were rotated at 45° to

those used in this work so the struts were loaded at 90 and 35.3° to the vertical (see table
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2.2 to compare the strut angles).

Weißmann et al used L-PBF to make Ti-6Al-4V samples with just vertical struts,

built at either 0 or 45° and found no statistical difference between the angles in strength

or stiffness [231]. Additional papers have looked at build quality when rotating L-PBF

metallic lattices of BCC and cubic designs. Kabbur et al attempted to build BCC lattice

at 45° and found that a number of struts did not build when horizontal [230]. While

Dallago et al found variation in thickness along the struts with extra material around

overhanging nodes [185].

Although the gyroid unit cell is a surface based design it does have some strut like

features and so the build angle can influence the quality of build in certain areas too,

however the curved shape enables more support between layers so the reduction in quality

is less severe than in strut based lattices [234]. This may explain why the drop in strength

from 0 to 10° for the BCCZ lattices is 30% while for gyroid it was only 6%.

Load Angle Rotations

When rotation the BCCZ lattices to enable the influence of rotating the loading direction

to be studied it is seen that the mechanism of failure changes from the shear failure at

45° seen in the 0° case, to cracking and potential shear failure at 65 and 75° for the 20

and 30° rotated lattices. It is known that vertical struts increase the strength of lattices

(which is why the vertical strut was added to BCC lattices in the first place [226]). Hossain

rotated L-PBF printed Ti-6Al-4V BCC lattices at a number of different build angles and

found that the one with struts aligned vertically was approximately six times stronger

than the other angles, while there was not much difference in strength between other

rotations [233]. So it follows that a BCCZ lattice at 0° would be stronger than at other

angles. As the lattice angle changes the planes of unit cells shift from being at 45° to 35

and 55°, 25 and 65°, and 15 and 75°. It requires less force to shear a material at an angle

closer to horizontal [366], which would explain why the stress is lower for the sample with

increasing angles.
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Diamond lattices do not have a vertical strut, and the failure mechanism appears

similar between all the angles during load rotation. So without modelling the stress in

individual struts it is hard to understand why the 10° lattices are stronger than the other

angles. Wauthle et al did compare lattices by changing the load rotation, and found those

at 45° to be about 35% weaker and less stiff than those at 0° however, the cause of this

was attributed to struts built horizontally being at different angles during compression

[348], but in this work all the struts are built at 54.7° so there should be no difference

between the quality of the struts.

The gyroid lattices increase in strength with load rotation, while the failure mechanism

changes from barrelling at 0 and 10° to shear fracture at 20 and 30°. Although the gyroid

lattice is often thought of as isotropic [221, 356], it has been shown to have different

mechanical properties when rotated. For example Yan et al rotated L-PBF stainless steel

gyroid lattices at 0 and 45° and found that those at 45° were 20% stiffer and 8% stronger

than those at 0° due to wall regions approximating struts which were vertical [234]. One

thing to note is that the gyroid lattices in this paper were all built on the flat so in

addition to the influence of the unit cells being at an angle during compression, they were

also rotated during printing.

Combined Angle Rotations

Combining build and load rotation led to BCCZ lattices which decreased in strength with

increasing angle, but at a rate slower than load rotate and faster than build rotate. The

deformation behaviour was different from both the build and load rotate, with angled

crushing seen, apart from 0 and 90° where 45° shear failure was seen. This difference may

be due to the different unit cell size of 2.5 mm compared to 1 mm used in this study, for

similar strut thicknesses.

The diamond lattices had similar strengths at 0 and 45° which was also seen by Wauthle

et al, but a higher strength at 90°, which Wauthle et al found to be a similar strength to

0 and 45° [348]. The failure mode at 45° was 45° shear and at 90° was horizontal crushing,
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while 0, 10, 20 and 30° exhibited angled cracking. There was no statistical difference

between the strength of the gyroid lattices at any of the combined rotate angles, and all

the lattices exhibited barrelling.

Combined rotation of lattices was also investigated by Choy et al [345]. Choy et al

investigated Ti-6Al-4V cubic lattice manufactured by L-PBF with either horizontal and

vertical struts, or struts at 45° and found that those with vertical struts were stronger due

to the vertical struts and rigidity. Weißmann et al investigated L-PBF Ti-6Al-4V lattices

with a unit cell design called twisted and found the strongest was at 0° and the weakest

rotated both 45 and 90° in different axes [236]. This was attributed to the presence of

columnar grains which grow vertically, with longer grains giving greater strength as the

cracks do not cross the grains but run along them, so designs with more vertical struts

have longer grains and therefore increased strength. This could help to explain the BCCZ

results but is in contrast to the results seen in the diamond lattices.

Unit Cell Size

Increasing the unit cell size led to decreased strength and stiffness for BCCZ and diamond

lattices, but no changes in the gyroid lattices. Large differences in strength and stiffness

as seen here, were also found by McKown et al who used L-PBF to create stainless steel

BCCZ lattices with unit cell sizes of 1.5 and 2.5 mm at 250 µm strut thickness [237]. With

the smaller unit cell resulting in a 4.6 times increase in strength and six times increase in

stiffness. Crupi et al investigated Ti-6Al-4V BCC lattices manufactured by L-PBF with

unit cell sizes of 2 and 2.5 mm both at 500 µm and found a 2.4 times increase in strength

and 2.2 time increase in stiffness for the small size [144].

These effects were attributed to the smaller unit cells having a higher density which

has previously been shown to lead to increased strength and stiffness [238, 367], and also

to changes in build quality with smaller unit cells having shorter scan vectors so each

strut is returned to more quickly so more energy in each strut leading to better wetting

conditions [146]. However this will depend on the specific scan strategy of the L-PBF
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machine and slicing software used.

Bending moment is proportional to the stress times the span length squared, so for

the same loading the stress will be less for longer struts. So the offset stress for the lattice

with 1 mm unit cell length should be four times stronger than for the lattices with 2 mm

unit cell length, in fact it was 13.5 times stronger for BCCZ, and 11.6 times stronger for

diamond, while it was only 1.08 times stronger for the gyroid lattice.

The gyroid lattices were designed with the same volume fraction, and did not exhibit

statistically different strength or stiffness. Some previous research has found no statistical

difference in strength when the unit cell size has been increased but the volume fraction

maintained [147, 368]. In both cases this was only true for small increases in unit cell size.

While others have found strength decreased with increasing unit cell size, these findings

were for larger changes in unit cell size beyond those explored here [146, 147]. So larger

unit cell sizes should be explored to further understand the influence of unit cell size on

the mechanical properties.

2.5 Conclusions

This work demonstrated that it is possible to manufacture lattices using laser powder bed

fusion of Ti-6Al-4V which are stronger than the loads experienced in hip replacements

and spinal fusion cages, and with sufficient void volume for a secondary drug delivery

phase. Four lattice designs were found that met this criteria, specifically BCC 350, BCCZ

350, Diamond 350 and Fluorite 250. These all had a volume fraction between 0.5 and 0.6

and a strength between 200 and 400 MPa.

All struts including horizontal struts built successfully, however there was some vari-

ability in build quality. The lattices overbuilt in the vertical direction leading to non

circular struts, with struts built closer to horizontal having larger disparities in thickness.

The sides of struts facing towards the gas inlet on the right hand side of the build chamber

experienced the most powder adhesion. The thinnest struts measured from the top view
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were designed at 150 µm and measured at 157.4 ± 25.3 µm.

Six different unit cell designs were compared, specifically BCC, BCCZ, cubic, diamond,

fluorite and gyroid. It was found that lattices with thicker struts were stronger. When

lattices with the same strut thickness were compared it was found that gyroid was stronger

than the strut based lattices, and fluorite was the strongest of those. Lattices exhibited

shear failure (strut based, and some gyroid) and barrelling (gyroid) under compression.

Rotating the lattices during building to mimic the effects of building implants in

different orientations led to decreased strength in all three lattice designs (BCCZ, diamond

and gyroid), due to differences in strut thicknesses of struts built at different angles.

Rotating the lattices to mimic the effects of loading implants from varying angles led

to decreasing strength for BCCZ lattices, increasing strength for gyroid lattices, and a

maxima at 10° for diamond lattices. Suggesting that the diamond and gyroid unit cells

have optimum loading directions that are not the 0° direction. Computer modelling would

enable the effects of rotating unit cells under loading to be better understood.

Combining the building and loading rotations by rotating the unit cells within the

cylindrical samples on the build plate led to lattices which were not as strong as the load

rotate lattices, but stronger than the build rotate lattices.

In each lattice the strength at each angle was higher for the load rotate than the

combined rotate suggesting that although for diamond and gyroid having an offset loading

direction might give higher strengths, the 0° building direction is better. So if an implant

was to be loaded predominantly vertically but wanted to take advantage of the 30° load

angle maxima then the unit cell could not just be rotated within the implant, the implant

would need to also be rotated within the build chamber in order to take advantage of the

optimum build angle too. So care must be taken to optimise both the loading direction

and the build direction to maximise the loading capacity of the implants. While studies

combining the two rotations do not give the full information as to the effects of rotations

on mechanical properties.

Increasing the unit cell size led to a reduction in strength and stiffness for the strut
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based lattices (BCCZ and diamond), which had decreasing volume fractions. While there

was no statistical difference in strength or stiffness of the gyroid lattices. These had the

same volume fractions. BCCZ lattice failed with shear planes at 45° with <111> struts

bending at the nodes, and [001] struts buckling. The diamond lattices exhibited horizontal

crushing and the gyroid lattices barrelling.

All the data was plotted as offset strength against volume fraction or Young’s Modulus

against volume fraction. Power law curves were fitted to the data and it was found that all

data fit these curves with R2 values of at least 0.93. The strength exponent varied between

2.09 for BCC, and 2.68 for gyroid lattices, neither of which fitted the Gibson Ashby

predictions of 1.5 for bend dominated structures or 1 for stretch dominated structures.

The stiffness exponent ranged between 1.74 for fluorite lattices and 2.63 for BCC lattices.

With the gyroid and all data combined values being within 10% of the Gibson Ashby

bend dominated prediction of 2.

Additionally two lattice designs were found to be stronger than bone and with a

stiffness in the range of cortical bone. This could be investigated further to understand

whether this would enable a reduction in stress shielding. The lattice designs were Fluorite

350 with a strength of 934 ± 20 MPa and a stiffness of 17.2± 0.1 GPa, and Gyroid 250

with a strength of 995 ± 18 MPa and a stiffness of 19.0 ± 0.4 GPa.

It was found that all the lattice parameters considered (unit cell design, strut thickness,

volume fraction, rotations and unit cell size) had an influence on the mechanical properties

of the lattices, so all must be considered when designing implants involving lattices. Given

a number of lattice designs were found that had sufficient compressive strength to support

weight bearing while providing sufficient void volume for a secondary drug delivery phase,

the use of lattices to control drug release can now be investigated.
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CHAPTER 3

BULK LOADING OF LATTICES

3.1 Introduction

The previous chapter has shown that it is possible to generate lattices which have a greater

strength than bone and the loading in hip replacements and spinal cages. These lattices

also have volume fractions in the range of previous lattices used to deliver therapeutics,

and below the desired volume fraction of 0.6. Given there was a strong correlation between

volume fraction and offset strength for each of the unit cell designs, the unit cell size can

be increased to enable easier entry of a drug loaded biomaterial.

The focus of this chapter is to investigate whether it is possible to control the release of

a drug from a carrier material bulk loaded into a lattice by changing the lattice geometry.

For example, the release of an antibiotic from a hip implant to treat infection. It is

therefore necessary to understand the ideal release quantity and profile of the antibiotic.

Antibiotics generally fall into three categories of pharmacodyamic properties based on

time-dependent or concentration-dependent release and whether they experience persis-

tent effects [65]. These lead to three regimes that give ideal release characteristics, the

first maximises concentration which is used for the aminoglycosides such as gentamicin

sulphate. The second maximises the time that the drug concentration is above the MIC,

and a continuous release is ideal, penicillin performs best under these conditions. While

vancomycin works best when the amount of drug is maximised as it has time-dependent
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killing with persistent effects [66]. Given that each type of antibiotic has a different desired

release profile if lattices can be used to control the release then the ideal lattice design for

the specific antibiotic can be chosen in order to maximise the amount of bacteria killed

and minimise antibiotic resistance.

The desired quantity of antibiotic released will depend on the infection conditions,

however for treating infection in hip replacements the current release from PMMA hip

spacers gives an indication. When PMMA containing gentamicin sulphate was implanted

into humans and the release measured, between 5 and 8% of the drug was released [284,

369, 370, 371]. Hip spacers generally contain between 1 and 3 g of gentamicin sulphate

so it would be expected that between 60 and 240 mg of gentamicin sulphate would be

released into the body.

As it can be seen not all the gentamicin sulphate releases from PMMA cement. Ad-

ditionally, the release mechanism is not fully understood, with both surface release and

partial bulk release from cracks and pores being proposed as potential mechanisms [282,

283]. So understanding the release mechanisms of the PMMA and the brushite used in

this work will enable a better understanding of how device geometry could be used to

control release.

Implant geometry has been explored to control the release of drugs in carrier bioma-

terials. Biomaterial volume, release path length, surface area and positioning of channels

from reservoirs have all been explored, as has the drug loading concentration as potential

mechanisms to control the drug release [157, 253, 257].

Reservoirs have been explored for drug storage with channels or membranes for drug

release [256, 258]. However more relevant to this work, lattices have been bulk loaded

with therapeutics including antibiotics such as gentamicin sulphate and vancomycin, and

growth factors such as BMP-2 and VEGF [156, 157, 372, 373]. There is therefore scope to

manipulate the lattice geometry to add functionality to implants by controlling the drug

release.

Gentamicin sulphate can be quantified using the fluorogen ortho-phthalaldehyde (OPA),
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this is performed in the presence of propan-2-ol to avoid precipitation [374], and 2-

mercaptoethanol as a reducing agent [375]. OPA reacts with primary amines on the

gentamicin, and the thiol group of 2-mercaptoethanol to form a fluorescent isoindole

derivative (figure 3.1).

OPA Gentamicin Fluorescent Isoindole Derivative 2-mercaptoethanol+ + →

Figure 3.1: Schematic of OPA and gentamicin sulphate chemistry showing one possi-
ble reaction of OPA with a primary amine on gentamicin. the thiol group of the 2-
mercaptoethanol also reacts with the OPA. The propan-2-ol, sulphate ion and reaction
byproducts of water are not shown

The aim of this chapter is to investigate whether varying lattice geometry can be

used to control drug release. Gentamicin sulphate was chosen as the drug as it is the

most commonly used antibiotic in hip replacements in the USA, and is thermally stable

enabling its use in PMMA. This will be bulk loaded into brushite cement as it has a low

enough viscosity to flow into the lattices, it is also degradable and approved for use in

spinal surgery. This will be compared against controls made of PMMA cement as this is

currently used in hip replacements.

Initially the use of OPA as a fluorogen to detect gentamicin sulphate in solution will

be validated. Then two new methods are proposed to improve the understanding of

the mechanism of release of gentamicin sulphate from PMMA cement, these will also be

performed for brushite cement for comparison.

Four factors will be assessed to understand which influence the release of gentamicin
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sulphate from brushite cement, in order to control the release of drugs from implants to

best suit the ideal release profiles of the therapeutic used. These factors are volume, path

length, surface area and drug loading concentration.

Comparisons of the release of gentamicin sulphate from different lattices, specifically

BCCZ and gyroid lattices with 0.2, 0.4 and 0.6 volume fraction will be observed. These

will also be compared to controls of brushite and PMMA without lattices. Kinetic models

will be fitted to these curves.

The chapter will undertake an assessment of antimicrobial efficacy with Staphylococcus

aureus and Pseudomonas aeruginosa to investigate whether changing the lattice geometry

influences the bacterial inhibition. These bacteria were chosen as they are gram positive

and negative respectively, and are both commonly found in the hip cavity of infected

hip replacements. Finally compression testing of the cement lattice composites will be

performed to confirm the presence of the cement does not lead to a reduction in strength.

3.2 Methods

3.2.1 Materials, Equipment and Reagents

The reagents used to make brushite cement were citric acid powder (Fisher Scientific,

UK), gentamicin sulphate powder (G - Biosciences, USA), β - tricalcium phosphate

(β − Ca3(PO4)2) (β-TCP) (Sigma – Aldrich, USA), and monocalcium phosphate mono-

hydrate (Ca(H2PO4)2 ·H2O) (MCPM) (Sigma - Aldrich, USA). For PMMA the reagents

were Methyl Methacrylate stabilised with Hydroquinone (Scientific Laboratory Supplies,

Ltd, UK) (MMA), N-N Dimethyl-p-Toluidine (Merck, KGaG, Germany), Polymethyl

Methacrylate (Alfa Aesar, Thermo Fisher, Inc, USA) (PMMA), Gentamicin Sulphate

powder (G - Biosciences, USA), Barium Sulphate (Scientific Laboratory Supplies, Ltd,

UK), and Benzoyl Peroxide (Scientific Laboratory Supplies, Ltd, UK).

Fluorescence readings used Phthaldialdehyde Reagent Complete Solution, containing

phthaldialdehyde (1 mgml−1), Brij 35, methanol, 2-mercaptoethanol, potassium hydrox-
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ide, and boric acid (Sigma, Merck, KGaG, Germany) (OPA), and Propan-2-ol (Fisher,

Thermo Fischer Scientific, Inc, USA). The antibacterial assay used LB broth (Lennox,

Sigma, Merck, KGaG, Germany), LB agar (Lennox, Sigma, Merck, KGaG, Germany), the

bacteria used were Staphylococcus aureus and Pseudomonas aeruginosa. The feed-stock

for the polymer printing was poly lactic acid (PLA), while the laser powder bed fusion

machine uses gas atomised spherical Ti-6Al-4V grade 23 powder in the size range 15-

53 µm (LPW Technology Ltd, UK). Spectroscopy was performed on a plate reader which

was a Spark Multimode Microplate Reader (Tecan Trading AG, Switzerland), using UV

transparent 96 well plates.

3.2.2 General Methods

Brushite Formulation

Dicalcium phosphate dihydrate cement (CaHPO4 · 2H2O), known as brushite was man-

ufactured from a powder and liquid phase in a powder to liquid ratio of 2. The liquid

phase was formed by dissolving citric acid at 5.5% w/w and gentamicin sulphate powder

at 2.5% w/w in deionised water. β-TCP at 35% w/w (7% excess) and MCPM at 28%

w/w were hand ground and mixed together. The mixed powders were then combined

with the liquid phase in a 2:1 ratio by mass and hand mixed for 30 seconds to form a

paste. The paste was cast into moulds by pouring from the top and shaking on a vortexer

at 100rpm for one minute to remove air bubbles. Cement was allowed to set in the mould

for 24 hours at room temperature.

β−Ca3(PO4)2 + Ca(H2PO4)2 ·H2O + 7H2O → 4CaHPO4 · 2H2O (3.2.1)

PMMA Formulation

Poly(methyl methacrylate) (PMMA) was manufactured from a powder and liquid phase at

a ratio of 2.36 following the protocol previously developed to mimic commercially available
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cements [376]. Briefly the powder components of PMMA at 60.5% w/w, barium sulphate

at 6.8% w/w, benzoyl peroxide at 1.2% w/w and gentamicin sulphate at 2.5% w/w if

present were mixed, and separately the liquid components were combined specifically

MMA at 28.6% w/w and N-N Dimethyl-p-Toluidine at 0.4% w/w. The liquid and powder

components were then combined and hand mixed for a minute prior to mould filling.

Cement was allowed to set in the mould for 24 hours.

Manufacture of Metal Parts by L-PBF

Laser Powder Bed Fusion (L-PBF) was used to manufacture the metal samples used in

this chapter as previously described in chapter 2, section 2.2.1. Briefly a RenAM 500M

(Renishaw, PLC, UK) L-PBF system was used to print the samples from gas atomised

spherical Ti-6Al-4V grade 23 powder in the size range 15-53 µm (LPW Technology Ltd,

UK), using optimised parameters (table 2.1). Water jetting, Quill Vogue powder wash

(Quill International Group Ltd, UK) was used to remove excess powder before part re-

moval from the substrate using wire electrodischarge machining, Cut 20 (Beijing Agie

Charmilles Ltd, China).

Manufacture of Polymer Parts by Extrusion Printing

Parts for polymer printing were generated on nTopology Platform (nTopology, Inc, USA),

and sliced on PrusaSlicer-2.2.0 (Prusa Research a.s., Czech Republic) to generate gcode.

which was then loaded into the Original Prusa i3 MK3+ (Prusa Research a.s., Czech

Republic) extrusion printer, which prints the parts from PLA.

3.2.3 General Procedure for Measuring Gentamicin Sulphate

Elution from Brushite Cement

The samples were placed in PBS and at each time point all the solution was removed

and replaced. 33 µl of the solution was mixed with 33 µl of propan-2-ol and 33 µl of

OPA reagent. This solution was placed in the well of a UV transparent 96 well plate, and
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scanned with the fluorescence intensity scan top reading function of the plate reader with

an excitation wavelength of 340 mm and emission wavelength of 430 mm. The fluorescence

readings were converted to the mass of gentamicin sulphate in solution using a calibration

curve (discussed later in section 3.2.4).

Cumulative release curves were generated for the elution data in Matlab (MathWorks

Inc, USA) with the cumulative standard deviation calculated by the variance sum law

equation 3.2.2. The curve was deemed to have reached its plateau region when the fluo-

rescence value was lower than 20,000, which equates to 0.5 mgml−1.

V ar(x + y) = V ar(x) + V ar(y) + 2Cov(x, y) (3.2.2)

Korsmeyer Peppas curves with equation 3.2.3 [271] were fitted to the data using Matlab

function fit, power1. Where M is the drug release, a is a coefficient related to the geometry,

and b is an exponent related to the release kinetics.

M = a ∗ tb (3.2.3)

3.2.4 Experiments

Gentamicin Sulphate Calibration and Validation

Brushite samples were generated to validate the gentamicin sulphate measurement tech-

niques following the protocol ‘Brushite Formulation’ in section 3.2.2. PLA moulds with

cylindrical voids 6 mm in diameter and 14 mm in height were 3D printed following the

protocol ‘Manufacture of Polymer Parts by Extrusion Printing’ in section 3.2.2, and filled

with brushite cement. Additionally solutions were made up containing the individual

components of brushite with or without gentamicin sulphate in 5 ml of PBS at the same

ratios as in the brushite cement. Gentamicin sulphate was mixed at 3.5 mgml−1, MCPM

at 45 mgml−1, β-TCP at 52 mgml−1, and citric acid at 8.2 mgml−1.

Two methods were used to detect gentamicin sulphate, the first was UV-Vis absorption
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spectroscopy. In order to find the optimum absorbance wavelength gentamicin sulphate

was dissolved in PBS at 30 mgml−1. 100 µl of solution were placed in a well of a UV

transparent 96 well plate, and an absorbance scan was performed between 220 and 340 nm

using the absorbance function of the plate reader (Spark Multimode Microplate Reader,

Tecan Trading AG, Switzerland), the maxiumum adbsorbance was found at 248 nm.

Three dilution series were created starting at 30 mgml−1, then using 50:50 mixtures with

PBS to create a series, The absorbance of the solutions in these series at 248 nm were

then measured and used to create a calibration curve. This wavelength was also used to

measure the absorbance of 100 µl of each of the validation solutions.

Fluorescence was also used as a method to detect gentamicin sulphate. The samples

were mixed with OPA and propan-2-ol in order to create a fluorescence signal. Initially

20 mgml−1 gentamicin sulphate in PBS was used to determine the optimum excitation

and emission wavelengths, these were found to be 340 nm and 430 nm respectively. 33 µl

of solution, 33 µl of propan-2-ol, and 33 µl of OPA were aliquoted into a well of the

96 well plate, and scanned with the fluorescence intensity scan top reading function of

the plate reader (Spark Multimode Microplate Reader, Tecan Trading AG, Switzerland).

Three dilution series were generated starting at 125 mgml−1 gentamicin sulphate in PBS

and using 50% dilution per step. These were measured with an excitation wavelength

of 340 nm and an emission wavelength of 430 nm. These wavelengths were also used to

measure the fluorescence of each of the validation solutions.

Determining the Permeability of the Materials

To understand whether the polymers used in the elution studies were impermeable to

gentamicin sulphate the following samples were made. Polypropylene tubes 200 mm in

length and 4.8 mm in diameter were filled with brushite containing gentamicin sulphate

in the middle 50 mm, and then placed in PBS with the end outside of the solution for

four months. Additionally 10x10x10 mm cubes with one face missing were 3D printed in

PLA and filled with brushite cement containing gentamicin sulphate. The exposed face
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of the cement was then coated with ethylene-vinyl acetate (EVA) to test the permeability

of the PLA print and the EVA coating. These specimens were then placed in PBS for

four months.

Understanding the Rate of Release of Gentamicin Sulphate from PMMA and

Brushite Cement

Polymer tubes 4.8 mm in diameter made of polypropylene were filled with brushite or

PMMA cement containing gentamicin sulphate and cut to 100 mm of cement length.

These tubes were placed in 40 ml PBS with the cut end exposed to the cement for one,

three or five weeks. The media was refreshed at one, three and five weeks. The media

was measured for gentamicin sulphate concentration following the protocol ‘Fluorescence

Quantification of Gentamicin Sulphate’ in section 3.2.2. After the samples were removed

from the initial elution they were dried for 24 hours prior to cutting into ten 10 mm long

pieces (figure 3.2). These pieces were then placed in 2 ml of PBS for two months with

regular removal and replacement of the media.

60 mm long, 4.8 mm diameter polymer tubes made of polypropylene were filled with

brushite or PMMA cement in one of three configurations. In the first all the cement

contained gentamicin sulphate, in the second the central third (20 mm) length-ways con-

tained gentamicin sulphate while the outer thirds did not, named NGN. While in the third

configuration none of the cement contained gentamicin sulphate figure 3.3). The samples

were placed in 20 ml of PBS for two months with regular removal and replacement of the

PBS.

Factors Influencing Elution

Samples with different cement volumes were manufactured by filling polypropylene tubes

of 4.8 mm diameter with brushite cement following the protocol ‘Brushite Formulation’

in section 3.2.2 and cutting to 20 mm (V360), 40 mm (V720) or 60 mm (V1060) lengths

(figure 3.4a). These samples were placed in 20 ml PBS for 8 weeks with regular removal
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PBS

Impermeable polymer tube

Cement containing 
gentamicin 
sulphate

a)

b)

c)

PBS

Figure 3.2: Schematic of experiment to investigate whether gentamicin sulphate elution
is concentration driven, a) cement containing gentamicin sulphate in an impermeable
polymer tube submerged with one end in PBS for 1, 3 or 5 weeks in triplicate, b) the
polymer tube removed from initial elution, cut up into 10mm lengths, c) each section
placed in fresh PBS

and replacement of the PBS. The solutions were analysed following the protocol ‘General

Procedure for Measuring Gentamicin Sulphate Elution from Brushite Cement’ in section

3.2.3.

In order to investigate the influence of changing the gentamicin sulphate diffusion path

length samples were manufactured following the protocol ‘Manufacture of Polymer Parts

by Extrusion Printing’ in section 3.2.2. The parts had a void 10,000 mm3 (50x20x10 mm),

and interior baffles with total volume of 1350 mm3 were placed inside the internal void as

in figure 3.1b. The baffles for L50 were along the whole length of the void 50x2.7x10 mm,

for L90 one baffle 45x3x10 in the centre of the void, for L130 two baffles 45x1.5x10 mm,

and for L170 three baffles 45x1x10 mm. So the total cement volume was 8650 mm3 for

all samples. The top surface was coated in EVA leaving an opening on the vertical face
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Cement without gentamicin sulphate

Impermeable polymer tube

Cement containing gentamicin sulphate
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Figure 3.3: Schematic of experiment to investigate whether gentamicin sulphate can per-
meate the cement, a) impermeable polymer tube containing cement with gentamicin sul-
phate b) impermeable polymer tube containing cement with gentamicin sulphate in the
centre section, capped with cement without gentamicin sulphate, referred to as NGN c)
polymer tube containing cement without gentamicin sulphate

4.5x10 mm resulting in an exposed cement surface area of 45 mm2. The samples were

placed in 20 ml PBS for 8 weeks with regular removal and replacement of the PBS.

The samples generated to compare different surface areas were cubes with a side length

of 10 mm. Five sided PLA cubes with an internal void 10x10x10 mm were generated fol-

lowing protocol ‘Manufacture of Polymer Parts by Extrusion Printing’ in section 3.2.2,

these were filled with brushite cement containing 2.5% w/w gentamicin sulphate in ac-

cordance with protocol ‘Brushite Formulation’ in section 3.2.2. After setting, the sides

were removed to leave cubes with 1, 3 or 5 sides exposed (figure 3.4c). The samples were

placed in 5 ml PBS for 8 weeks with regular removal and replacement of the PBS.

In order to generate samples with different gentamicin sulphate concentrations polypropy-

lene tubes of 4.8 mm diameter were filled with brushite cement containing 2.5, 5.0 or

7.5% w/w gentamicin sulphate, these were left to set for 24 hours and then cut to 31 mm

in length. The samples were placed in 10 ml PBS for 8 weeks with regular removal and

replacement of the PBS.

The parameters of all the samples are listed in table 3.1.
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Figure 3.4: Photographs of samples to understand factors influencing release. A) Polymer
tubes 20, 40, 60 mm in length with mean diameter of 4.8 mm. The samples with different
gentamicin sulphate concentration were of the same design 31 mm in length. B) Samples
to study path length (distance from the furthest point of the cement to the media) with
internal void volume dimensions, 50 x 20 x 10 mm, opening 4.5 by 10 mm. C) Samples to
compare different exposed cement surface area. 10 x 10 x 10 mm cubes with one, three
and five faces exposed.

Lattice Elution

Lattice samples were generated following protocol ‘Manufacture of Metal Parts by L-

PBF’ in section 3.2.2. Specifically BCCZ and gyroid lattices with 0.2, 0.4 and 0.6 volume

fractions, 3 mm unit cell length in cylinders with 20 mm diameter and 20 mm height

(figure 3.5). PLA split moulds were manufactured following protocol ‘Manufacture of
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Factor changing Variable
Names

Volume
/ mm3

GS Con-
centration
/% w/w

Path
Length
/ mm

Surface
Area

/ mm2

Cement Volume

V360 362 2.5 10.0 36.2
V720 724 2.5 20.0 36.2
V1080 1080 2.5 30.0 36.2

Path length

L50 8650 2.5 52.9 45.0
L90 8650 2.5 91.6 45.0
L130 8650 2.5 131.0 45.0
L170 8650 2.5 171.0 45.0

Exposed Cement
Surface Area

A100 1000 2.5 5.0 100.0
A300 1000 2.5 5.0 300.0
A500 1000 2.5 5.0 500.0

Gentamicin
Sulphate

Concentration

C2.5 561 2.5 15.5 36.2
C5.0 561 5.0 15.5 36.2
C7.5 561 7.5 15.5 36.2

Table 3.1: Parameters of samples for fundamental studies, showing cement volume, gen-
tamicin sulphate concentration, diffusion path length from the furthest distance in the
cement to the exposed surface, and surface area of the exposed cement, GS is gentamicin
sulphate

Polymer Parts by Extrusion Printing’ in section 3.2.2. Lattice samples were placed in

the moulds and filled with brushite cement containing 2.5% w/w gentamicin sulphate

following protocol ‘Brushite Formulation’ in section 3.2.2. Additionally moulds were filled

with brushite cement with and without gentamicin sulphate as controls. Finally moulds

were lined with aluminium foil and filled with PMMA cement with and without gentamicin

sulphate following protocol ‘PMMA Formulation’ in section 3.2.2. Sample parameters can

be found in table 3.2). The samples were placed in 10 ml PBS for eight weeks with regular

removal and replacement of the PBS.

In Vitro Assessment of Antimicrobial Efficacy

Two sets of samples that matched those used in the lattice elution were generated in

the same way. 140 mm diameter plates were filled with 68 ml of LB agar and left to

set overnight. Spread plates of Staphylococcus aureus (Newman’s) and Pseudomonas

aeruginosa (PA01) were generated and left overnight, then one colony of each bacteria
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Figure 3.5: Photographs of empty and brushite cement filled lattices showing the shape
and giving an indication of the exposed surface areas. Single unit cells of the BCCZ and
Gyroid lattices are shown on the right

was added to LB broth and cultured overnight. These overnight broth cultures were

then diluted until the optical density was 0.06 at 600 nm, measured on CE 7500 UV–Vis

spectrophotometer (Cecil Instruments, UK). 540 µl of broth culture was then spread onto

each agar plate. A hole of 20 mm diameter was bored into the centre of each plate and

a sample inserted. These were then incubated overnight at 37°C, to enable a confluent

lawn to grow. After incubation the diameters of each zone of inhibition was measured

five times.

Compression Testing of Brushite Filled Lattices

Three sets of samples were used for compression testing of lattices. The first set were

samples which had been used for the lattice elution experiments, these were referred to

as aged. A second set of samples were made in the same way and referred to as new, and

finally a set of lattices with the same characteristics were used but not filled with cement.

Compression testing was performed on ESH servo-hydraulic fatigue testing machine

(ESH limited, UK) following the protocol ‘Compression Testing’ from chapter 2 section

2.2.3. Briefly, compression testing was performed under displacement control at a rate

of 4.5 mm min−1. Force displacement data was imported into Matlab (MathWorks Inc,
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Variable Names Volume
Lattice

/ %

Volume
Cement

/ %

Lattice
Volume
/ mm3

Cement
Volume
/ mm3

GS
Concen-
tration /
% w/w

Surface
Area

/ mm2

Strut
Thick-
ness

/ mm

Brushite with GS 0 100 0 6280 2.5 1890 N/A
Brushite no GS 0 100 0 6280 2.5 1890 N/A
PMMA with GS 0 100 0 6280 2.5 1890 N/A
PMMA no GS 0 100 0 6280 2.5 1890 N/A
BCCZ20 20 80 1250 5030 2.5 1500 0.597
BCCZ40 40 60 2510 3770 2.5 1100 0.904
BCCZ60 60 40 3770 2510 2.5 739 1.192
Gyroid20 20 80 1260 5030 2.5 1530 0.309
Gyroid40 40 60 2510 3770 2.5 1130 0.615
Gyroid60 60 40 3770 2510 2.5 734 0.913

Table 3.2: CAD dimensions of lattice samples, showing the percentage and absolute
volumes of the Ti-6Al-4V lattices and cement, the gentamicin sulphate concentration in
the cement, the surface area of the cement exposed to the solution, and the strut or wall
thickness of the lattice design. GS - gentamicin sulphate

USA) where it was converted to stress strain data. The Young’s Modulus and 0.2% offset

stress were then calculated from the curve.

Statistics

For all experiments three independent samples were generated for each variable. Statis-

tical analysis was performed using Matlab (MathWorks Corp, USA), initially one way

ANOVA testing was performed to see whether all the data had an equal mean. If there

was not a common mean then Tukey post hoc testing was performed to identify which

means were statistically different.

3.3 Results

3.3.1 Validation of Gentamicin Sulphate Detection Methods

Two spectrophotometric methods for quantifying gentamicin sulphate released from brushite

cement were compared, specifically absorbance, and fluorescence with ortho-phthalaldehyde
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(OPA) as a fluorogenic agent. An absorption spectra scan (not shown) was used to find

the optimum wavelength for gentamicin sulphate, it was found to be 248 nm. The lin-

earity, precision, range and detection limits were investigated using a calibration curve of

gentamicin sulphate in PBS buffer (figure 3.6a). The data fitted a linear regression model

well (R2 = 1.00) with equation: Absorbance = 0.0337 ∗ Concentration + 0.0722. The

precision was at least 0.1 mgml−1, with a range of 0.2 to 30 mgml−1.

The selectivity of the method was investigated by comparing the absorbance of so-

lutions containing different cement components with and without gentamicin sulphate

with reference solutions containing gentamicin sulphate (figure 3.6b). The reference ab-

sorbance for 3.5 mgml−1 gentamicin sulphate in PBS was 0.195 ± 0.031, this was not

statistically different from the absorbance of the solutions containing gentamicin sulphate

and brushite components (MCPM, β-TCP, and citric acid). PBS without gentamicin sul-

phate has an absorbance reading of 0.0795 ± 0.0008 which was not statistically different

from solutions containing β-TCP and citric acid without gentamicin sulphate. However

solutions containing MCPM and brushite without gentamicin sulphate had absorbances

of 0.142 ± 0.001 and 0.199 ± 0.018 respectively, which were both statistically higher

than PBS alone. Additionally, a solution containing brushite and gentamicin sulphate

had an absorbance reading of 0.346 ± 0.015 which is 75% higher than the standard of

gentamicin sulphate in PBS (0.195 ± 0.031). The absorbance assay is unsuitable to

quantify the gentamicin sulphate concentration in solution because the presence of other

cement components in solution increased the absorbance measurements, and brushite had

an absorbance reading in the range of the gentamicin sulphate.

As an alternative OPA was used as a fluorogen for gentamicin sulphate, and the

fluorescence was measured. Fluorescence excitation and emission scans were used to find

the optimal wavelengths (not shown), and an excitation wavelength of 340 nm and an

emission wavelength of 430 nm were found to give the maximum fluorescence values.

A calibration curve of fluorescence and gentamicin sulphate concentration did not fit a

linear regression model (figure 3.6c), but a power law fitted with an R2 value of 1.00, and
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Figure 3.6: Validation of spectrophotometric methods for quantifying gentamicin sulphate
released from brushite cement. a) Calibration curve for absorbance vs concentration of
gentamicin sulphate with a linear regression line with equation Absorbance = 0.0337 ∗
Concentration + 0.0722 fitted to the data, b) validation of absorbance selectivity to
gentamicin sulphate compared with components of brushite cement, c) calibration curve
for fluorescence vs gentamicin sulphate concentration with a power law regression line
with equation Fluorescence = −69100 ∗Concentration−0.245 + 140000 fitted to the data,
d) validation of fluorescence selectivity to gentamicin sulphate compared with components
of brushite cement. Error bars are one standard deviation, GS - gentamicin sulphate

equation Fluorescence = −69100 ∗ Concentration−0.245 + 140000. The precision was at

least 0.01 mgml−1, over the range 0.01 to 30 mgml−1.

Comparing the fluorescence of solutions containing the components of brushite enabled

the selectivity of the method to be investigated. The fluorescence values for solutions with-

out gentamicin sulphate were below 1000 for all variations (figure 3.6d), which was at least

80 times lower than the solutions containing gentamicin sulphate. The reference solutions
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of 3.5 mgml−1 gentamicin sulphate in PBS had a fluorescence of 94400 ± 2290, the only

other solution containing gentamicin sulphate which was statistically different from this

was the solution containing MCPM and gentamicin sulphate which had a fluorescence

measurement of 79300 ± 4220.

3.3.2 Determining the Permeability of the Materials

Prior to their use during elution experiments the permeability of the polymer tubes, 3D

printed polymer parts and the EVA polymer coating were checked. No gentamicin was

found in solution from the sealed parts after four months. Indicating that these materials

were impermeable to gentamicin sulphate over this time frame.

3.3.3 Gentamicin Sulphate Release Mechanism

In order to understand how gentamicin sulphate was released from brushite and PMMA

cement two experiments were devised. The first involved a two step elution to understand

how the gentamicin sulphate moved through the cement during the initial elution, by

looking at how much was left in each section during the second elution.

During the first elution there was a positive trend in mass of gentamicin sulphate

released with time for both cement types (figure 3.7a&b). The mass of gentamicin sulphate

released was higher for the PMMA cement than brushite at each time point, however it

was only statistically significant at five weeks. The mass of gentamicin sulphate released

from PMMA was 14.00 ± 5.35 mg (31%) at five weeks, while from the brushite it was

9.72 ± 1.37 mg (11.6%). There was no statistical difference between the gentamicin

sulphate released from each cement at each time point although there was a greater

variability within the PMMA samples than the brushite samples.

After the initial elution the samples were cut up into ten pieces and placed in PBS

in order to ascertain how much gentamicin sulphate was left in each section along the

length of the tubes (figure 3.2). Unfortunately the OPA reagent had degraded when the

brushite samples with 5 weeks of initial elution were measured so no gentamicin sulphate
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Figure 3.7: Mass of gentamicin sulphate released from two part elution experiment, which
was used to investigate whether elution of gentamicin sulphate from brushite and PMMA
cement was a surface effect or driven by a concentration gradient. The initial elution
was for one, three of five weeks shown in a) for brushite and b) for PMMA. Followed by
splitting the samples into ten pieces and a second elution of each piece shown in c) for
brushite and d) for PMMA. Error bars show one standard deviation (n=3)

was detected. More gentamicin sulphate was released from the brushite cement than

the PMMA cement during the second elution (figure 3.7c&d). For the brushite cement

samples a positive correlation was found between the length of the tube (from the face

exposed to PBS in the first elution) and the mass of gentamicin sulphate released in the

second elution. This was clearer after a three week initial elution than a one week initial

elution. After one week initial elution the mass eluted from the piece closest to the open

end was 5.15 ± 0.54 mg while at the far end it was 6.62 ± 1.25 mg only 30% higher,
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while for the three week initial elution the near end mass was 2.16 ± 0.78 mg compared

the far end of 7.74 ± 0.68 mg, an increase of 360%.

The second elution of the PMMA did not have a correlation between the mass of

gentamicin sulphate eluted and the length (figure 3.7d), instead the mass was independent

of length with the exception of the first piece which had a lower mass. After one week of

initial elution the first piece gentamicin sulphate mass was 0.93 ± 0.72 mg while the mean

mass of the other lengths together was 2.92 ± 0.34 mg, for three weeks initial elution

these values were 1.39 ± 1.01 mg and 3.21 ± 0.82 mg, and after five weeks of initial

elution they were 0.26 ± 0.71 mg and 2.10 ± 0.51 mg. In each case the eluted gentamicin

sulphate from the pieces nearest the exposed face were less than half the average from

the rest of the pieces.

The second experiment investigated the permeability of brushite and PMMA cement

with respect to gentamicin sulphate dissolved in PBS. This experiment explored whether

the drug could travel through the cement or was only released from the surface by using

cement without gentamicin sulphate as buffers to the drug loaded cement in the centre

of the sample, these samples were referred to as NGN. Samples loaded with gentamicin

sulphate throughout, and those with no drug were used for comparison (figure 3.3). For the

brushite cement the samples containing gentamicin sulphate throughout had the fastest

rate of gentamicin sulphate release reaching a plateau within ten days (figure 3.8a). They

also had the highest mass of gentamicin sulphate released amongst the brushite samples

at 2.21 ± 0.18 mg which equates to 4.93 ± 0.36% of the gentamicin sulphate in the

samples. The NGN samples reached a plateau later at 24 days at a mass of 0.97 ± 0.04 mg

which was 4.04 ± 0.17% of the gentamicin sulphate in the cement.

For the PMMA cement samples, those with gentamicin sulphate throughout exhibited

release from day zero and although the rate of increase slowed the mass of gentamicin

sulphate released did not plateau even after 150 days (figure 3.8c). At 49 days the mass

of gentamicin sulphate released was 9.58 ± 6.73 mg which equated to 35.0 ± 25.6% of

the gentamicin sulphate loaded into these samples. These values have a high standard
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Figure 3.8: Elution of gentamicin sulphate from polymer tubes containing brushite and
PMMA cement incorporating gentamicin sulphate to investigate gentamicin sulphate per-
meability, a) mass of gentamicin sulphate released from brushite cements b) percentage
released, c) mass of gentamicin sulphate released form PMMA, d) percentage released, e)
individual readings of mass of gentamicin sulphate released for PMMA cement, f) scaled
view of e showing one of the NGN samples had a non zero release with a delayed starting
point compared to the samples with GS throughout. GS - gentamicin sulphate, NGN -
samples with cement containing gentamicin sulphate in the middle capped with cement
without gentamicin sulphate. Error bars show one standard deviation (n=3)

125



deviation so each sample was plotted separately (figure 3.8e). It can be seen that one

of the samples has a release four times higher than the other ‘PMMA with GS’ samples.

The mass of gentamicin sulphate released from these two samples were in the range of

the ‘Brushite with GS’ samples.

Two of the PMMA NGN samples had releases of gentamicin sulphate which could not

be distinguished from those without gentamicin sulphate (figure 3.8f), while one sample

had a delayed release compared to the ‘PMMA with GS’ samples, with no release until

two days and then not reaching 1 mg of released gentamicin sulphate until 42 days, where

it was measured at 1.38 mg. This equated to 13.4% of the loaded gentamicin sulphate.

3.3.4 Factors Influencing Elution

To understand the influence of volume on gentamicin sulphate release, samples with con-

stant surface area and gentamicin sulphate concentration, but different volumes were

produced. The mass of gentamicin sulphate released into solution over time showed the

mass release for three volumes plateaued at different time points (figure 3.9a). V360

with the smallest volume (362 mm3) plateaued at eight days while V1080 (1080 mm3)

did not reach a plateau until 47 days. The mass of gentamicin sulphate released once

the release had plateaued was statistically different between the three designs (table 3.3).

The largest mass released was for V1080 at 24.2 ± 2.9 mg, while the smallest was for

V360 at 6.2 ± 1.1 mg, Tukey post hoc testing showed that all three release masses were

statistically different from each other (table 3.4).

The Korsmeyer Peppas model was fitted to the three curves in order to compare the

rate and shape of release. A good fit was found between the model and all three curves

with R2 values of at least 0.98. The Peppas a value was around 1.5 for all three curves

with Peppas b values of approximately 0.7 (table 3.3). The Peppas a and b values were

not statistically different between the three designs, p = 0.17 for Peppas a, and p = 0.05

for Peppas b by ANOVA (table 3.4). This indicates that the curves had the same shape

and rate of release.
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Figure 3.9: Absolute cumulative release of gentamicin sulphate over time, to understand
factors influencing release. a) Samples with increasing volume showing increased mass of
gentamicin sulphate released, b) samples with varying path length from furthest cement
to the media showing no statistical difference in release over this range, c) release pro-
files showing increasing rate of release with increasing surface area but the same mass
of gentamicin sulphate released, d) increasing gentamicin sulphate concentration led to
increased rate of release and increased mass of gentamicin sulphate released. Error bars
are one standard deviation, n=3

In the study varying volume the path length was also varied so a separate study was

developed with samples varying path length but with consistent volume, surface area and

gentamicin sulphate concentration. For all the samples the mass of gentamicin sulphate

plateaued at 32 days with values of around 68 mg (specific values in table 3.3), there was

no statistical difference between the mass of gentamicin sulphate released from each of

the designs (p = 0.33). The Korsmeyer Peppas model was fitted to the curves and was
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Table 3.3: Fit of the release curves to the Korsmeyer Peppas Model – M = a x tb as well
as the mass of gentamicin sulphate released when the graphs plateau, GS - gentamicin
sulphate

Factor Changing Variable
Names

Peppas a value Peppas b value Peppas
R2

value

Mass of GS
at plateau

/ mg

Cement Volume

V360 1.53 ± 0.17 0.59 ± 0.06 0.99 6.19 ± 1.11
V720 1.56 ± 0.41 0.66 ± 0.10 0.98 13.85 ± 0.93
V1080 1.03 ± 0.37 0.85 ± 0.14 0.98 24.20 ± 2.94

Path Length

L50 17.96 ± 1.52 0.34 ± 0.02 0.98 64.17 ± 7.26
L90 18.01 ± 0.69 0.36 ± 0.01 0.99 69.38 ± 3.34
L130 20.07 ± 4.69 0.37 ± 0.05 0.98 77.35 ± 8.46
L170 19.08 ± 1.60 0.34 ± 0.04 0.98 63.41 ± 15.20

Surface Area

A100 26.69 ± 9.38 0.28 ± 0.05 0.97 54.31 ± 9.17
A300 45.86 ± 16.35 0.35 ± 0.03 0.97 58.40 ± 18.18
A500 88.75 ± 27.21 0.44 ± 0.07 1.00 74.55 ± 19.82

GS
Concentration

C2.5 2.06 ± 0.16 0.75 ± 0.11 1.00 14.78 ± 1.56
C5.0 4.70 ± 0.67 0.75 ± 0.06 1.00 38.61 ± 1.65
C7.5 7.17 ± 0.98 0.70 ± 0.06 1.00 54.19 ± 2.18

found to have a good fit with R2 values of at least 0.98 for all the curves. There was no

statistical difference (p = 0.73) between the Peppas a values of around 19 for all curves,

nor between the Peppas b value of approximately 0.35 (p = 0.68).

Samples were generated to compare the cement surface area exposed to the release

solution, with the same volume and gentamicin sulphate concentration. Samples with the

largest surface area A500 reached a plateau in mass of gentamicin sulphate in solution first

within five days, while those with the smallest surface area A100 took 16 days to reach

a plateau. Despite the different times taken to reach a plateau there was no statistical

difference (p = 0.47) in the mass of gentamicin sulphate at the plateau despite the graph

showing a higher value of 74.6 ± 19.8 mg for A500 (figure 3.9c). The Korsmeyer Peppas

model was a good fit for all the curves with R2 values of at least 0.97 for all samples. The

shape of the curves were different with higher exposed cement surface area equating to

larger Peppas a and b values (table 3.3). There was a statistical difference between the

A100 and A500 values for both Peppas a and b (p = 0.02 for both), however there was
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Table 3.4: Significance values for ANOVA and Tukey post hoc testing to understand
which pairs of samples within a factor were significantly different. Where Anova testing
showed the data was not significantly different Tukey post hoc testing was not performed.
Significantly different values are shown in bold, GS - gentamicin sulphate, error bars are
one standard deviation, n=3

Variables p value by ANOVA p value by Tukey post hoc
Compared Peppas

a
Peppas

b
GS

plateau
mass

Peppas
a

Peppas
b

GS
plateau
mass

Cement Volume

V360 V720

0.17 0.05 0.00

0.01
V360 V1080 N/A N/A 0.00
V720 V1080 0.00

Path length All 0.73 0.68 0.33 N/A N/A N/A

Surface Area

A100 A300

0.02 0.02 0.47

0.48 0.22
N/AA100 A500 0.02 0.02

A300 A500 0.07 0.15

GS
Concentration

C2.5 C5.0

0.00 0.70 0.00

0.01
N/A

0.00
C2.5 C7.5 0.00 0.00
C5.0 C7.5 0.01 0.00

no statistical difference between A100 or A500 with the A300 samples.

Instead of changing the geometry the gentamicin sulphate concentration can be changed.

The mass of gentamicin sulphate released plateaued at 35 days but with statistically dif-

ferent masses for each concentration (p = 0.00). The highest concentration samples C7.5

released the greatest mass at 54.2 ± 2.2 mg while the lowest concentration released the

lowest concentration of 14.7 ± 1.6 mg. The curves had a good fit to the Korsmeyer

Peppas model with R2 values of one for all curves. The Peppas a values were statistically

different between the concentrations varying between 2.06 ± 0.16 for C2.5 to 7.17 ± 0.98

for C7.5 (p=0.00). The Peppas b values were not statistically different, p = 0.70, with

values of around 0.73. This suggests that the different concentrations do not affect the

mechanisms of release.

In summary, these studies have shown how rate of release can be controlled by the

cement exposed surface area and gentamicin sulphate concentration. The shape of the

release curves can be controlled by the exposed cement surface area. While total mass of
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gentamicin sulphate released can be controlled by the cement volume and the gentamicin

sulphate concentration in the cement. While path length was not found to influence total

release or the release curve in the range 52.9 and 170.8 mm.

3.3.5 Lattice Elution

In order to investigate whether the results shown in section 3.3.4 also apply to more

complex structures with real world applications lattice designs with two different unit

cell designs (BCCZ and gyroid) and three different volume fractions (0.2, 0.4, and 0.6)

were produced. BCCZ lattices with different volume fractions reached a plateau in mass

of gentamicin sulphate released within 17 days (figure 3.10a). BCCZ20 had the highest

mass released at 284 ± 17 mg, while BCCZ60 had the lowest at 84.8 ± 5.9 mg all of

the masses were statistically different p = 0.00. A good fit was found between the data

points and the Korsmeyer Peppas model with R2 values of at least 0.99. Peppas a values

ranged from 46.3 ± 3.7 for BCCZ60 to 163 ± 11 for BCCZ20, these were all statistically

different (p = 0.00). While there was no statistical difference between the Peppas b values

(p = 0.10 : 1.00), with values of around 0.46. Tables of significance values for post hoc

testing can be found in the appendix, for Peppas a (table B1), for Peppas b (table B2,

and for the total mass of gentamicin sulphate released (table B3).

When comparing gyroid lattices, similar trends are seen to BCCZ with a plateau

region also being reached in 17 days (figure 3.10b). The lowest volume fraction also

had the highest gentamicin sulphate mass released of 248 ± 17 mg (table 3.5). This

is lower than that reached by BCCZ although not statistically different by Tukey post

hoc testing, p = 1.00 (table B3). In fact all the pairs of lattice designs with the same

volume fraction had masses of gentamicin sulphate released which were not statistically

different, while the samples within a unit cell design but with different volume fractions

were statistically different. The Korsmeyer Peppas model was fitted to the data with an

R2 value of at least 0.99. Peppas a values varied between 44.3 ± 5.5 for Gyroid60 and

147 ± 7 for Gyroid20 and all combinations were statistically different. However there

130



Figure 3.10: Absolute cumulative release of gentamicin sulphate over 25 days, showing
how changing lattice geometry can be used to change the release profiles. a) BCCZ lattices
with increasing cement volume and surface area leading to increased rate and volume of
gentamicin released, b) gyroid lattices showing the same trends as the BCCZ lattices but
with a lower mass released, c) comparing BCCZ and gyroid latticed samples with the same
volume but different exposed surface area showing a difference in release rate and mass
released, d) release of cement controls without metal lattices, showing brushite cement
with gentamicin sulphate released a higher mass than the samples containing lattices.
While the samples without gentamicin sulphate and those made of PMMA released a
lower mass. GS - gentamicin sulphate, error bars are one standard deviation, n=3

were no statistical differences between the Peppas b values which were around 0.44 (p =

1.00).

Instead of comparing the influence of volume fraction within a unit cell design, the

influence of unit cell design can be compared using the same volume fraction. An example

with 0.4 volume fraction is shown in figure 3.10c, where it can be seen that both data sets

follow very similar trends, there are in fact no statistical differences between the plateau
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Table 3.5: Fit of the release curves to the Korsmeyer Peppas Model – M = a x tb as well
as the mass of gentamicin sulphate released when the graphs plateau, GS - gentamicin
sulphate

Variable Names Peppas a value Peppas b value Peppas
R2

value

Mass of GS at
plateau / mg

Brushite with GS 203 ± 23 0.47 ± 0.04 0.98 341 ± 45
Brushite no GS N/A N/A N/A 0.13 ± 0.03
PMMA with GS 6.41 ± 1.09 0.22 ± 0.02 0.94 7.34 ± 1.77
PMMA no GS N/A N/A N/A 0.14 ± 0.02
BCCZ20 163 ± 11 0.45 ± 0.04 0.99 284 ± 17
BCCZ40 110 ± 3 0.50 ± 0.03 1.00 186 ± 3
BCCZ60 46.3 ± 3.7 0.44 ± 0.03 0.99 84.8 ± 5.9
Gyroid20 147 ± 7 0.42 ± 0.00 0.99 248 ± 17
Gyroid40 81.4 ± 8.1 0.44 ± 0.01 1.00 154 ± 16
Gyroid60 44.3 ± 5.5 0.44 ± 0.01 0.99 79.7 ± 10.4

mass of gentamicin sulphate released, nor the Peppas a or b values. This was also seen

for the 0.2 and 0.6 volume fraction lattices.

Cement controls without metal lattices were used to compare the release (figure 3.10d).

The ‘Brushite with GS’ samples released over 40 times the mass of gentamicin sulphate

than the ‘PMMA with GS’ samples, and 20% more than the BCCZ20 samples (table

3.5). ‘PMMA with GS’ eluted 10 times less gentamicin sulphate than Gyroid60. The

Korsmeyer Peppas model was fitted to the ‘Brushite with GS’ and ‘PMMA with GS’

samples, but not the controls without gentamicin sulphate, as the non zero gentamicin

sulphate plateau mass for these is an artefact of the analysis. The R2 value for ‘Brushite

with GS’ was 0.98 whereas for ‘PMMA with GS’ it was 0.94. For ‘Brushite with GS’

the Peppas b value of 0.47 ± 0.04 was not statistically different from that of the other

brushite samples with lattices. Whereas the Peppas b value for the ‘PMMA with GS’

samples was 0.22 ± 0.02 which was statistically different from the brushite samples (p =

0.00). The Peppas a value for ‘Brushite with GS’ was 203 ± 23 which was around 30%

higher than for BCCZ20 and Gyroid20. While the Peppas a value for ‘PMMA with GS’

was 6.41 ± 1.09 which was 7 to 25 times less than the brushite with lattice samples.

132



3.3.6 In Vitro Assessment of Antimicrobial Efficacy

Two bacterial species were selected for in-vitro testing, both of which are widely re-

ported to be associated with orthopaedic device infections (Staphylococcus aureus and

Pseudomonas aeruginosa). This was performed to see whether the geometric control of

gentamicin sulphate release translated into variation in bacterial kill. For Staphylococcus

aureus the brushite control with gentamicin sulphate had the largest inhibition zone with

a diameter of 50.7 ± 2.2 mm which was statistically larger than all the other brushite

samples (figure 3.11b). Brushite without gentamicin sulphate had a zone of inhibition

with a diameter of 36.1 ± 2.2 mm, which extends eight millimeters in each direction be-

yond the sample. ‘PMMA with GS’ also had zones larger than the brushite samples with

lattices at 45.7 ± 2.7 mm. For the gyroid samples larger volume fractions had smaller

zones of inhibition decreasing from 42.7 ± 0.8 mm for Gyroid20 to 33.1 ± 3.4 mm for

Gyroid60. While no clear pattern in zone diameter with volume fraction was seen for the

BCCZ samples.

There were very few differences in the diameters of the zone of inhibition with Pseu-

domonas aeruginosa. The largest diameter of inhibition was measured for ‘Brushite with

GS’ samples at 49.7 ± 2.4 mm but this was not statistically different from ‘PMMA with

GS’, BCCZ20, BCCZ40, Gyroid20, Gyroid40 and Gyroid60. ‘Brushite no GS’ samples

again exhibited zones of inhibition which protruded beyond the sample despite the lack

of gentamicin sulphate measured at 38.1 ± 4.9 mm. ‘PMMA no GS’ displayed no inhi-

bition. Despite the visual decrease in diameter with increasing volume fraction for BCCZ

there was no statistical difference in inhibition zone size (figure 3.11d). Gyroid lattices

showed no correlation between volume fraction and the size of the zone of inhibition of

Pseudomonas aeruginosa. Full Tukey post hoc test analysis is shown in the appendix

tables B4 & B5.
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2 cm

2 cm

Figure 3.11: Zones of Inhibition. a) Example petri dish with cement filled lattice sample
coated in Staphylococcus aureus, b) total diameters of zones of inhibition including the
20mm diameter samples showing variation in zone diameter with different lattice designs,
c) example zone of inhibition for a lattice sample with Pseudomonas aeruginosa, d) graph
of samples with Pseudomonas aeruginosa showing inhibition for samples with gentamicin
sulphate above that of those without. GS - gentamicin sulphate, error bars are one
standard deviation, n=3

3.3.7 Compression Testing of Brushite Filled Lattices

Compression testing was performed on lattices with and without brushite cement to un-

derstand whether the presence of the cement reduced the mechanical properties. This was

not the case with all cement lattice composites providing more strength than the same

sized empty lattice (figure 3.12a&b). The composite samples were also stronger than the

cement samples with the strongest cement having an offset stress of 57.6 ± 1.6 MPa

(‘PMMA no GS’ aged) while the weakest composite (BCCZ20 with aged brushite) had
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an offset stress of 61.6 ± 1.8 MPa. Although the weakest empty lattice (BBCZ20) was

slightly weaker than the strongest cement at 54.3 ± 1.9 MPa. Overall there was a posi-

tive correlation between offset stress and the lattice volume fraction for both BCCZ and

gyroid lattices, this was true for empty lattices and composite samples.

Figure 3.12: Compression of lattices either empty - without cement, new - with fresh
brushite cement containing gentamicin sulphate, or aged - with brushite cement containing
gentamicin sulphate which has been in PBS for eight weeks. a) shows the total strength of
each sample, b) the absolute increase in strength of the cement over the empty lattices, c)
the percentage increase in strength of the lattices containing brushite over empty lattices,
d) the different in strength between the lattices and the composites but calculated using
the cement cross sectional area. Error bars are one standard deviation, n=3

There was no statistical difference in strength between the brushite cement controls

with and without gentamicin sulphate with offset stress of around 6 MPa for all samples.

The PMMA cement samples were stronger than the brushite controls, with PMMA with-
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out gentamicin sulphate giving the highest offset stress of 57.6 ± 1.6 MPa for the aged

samples, while those with gentamicin sulphate had a mean of 32.9 ± 3.9 MPa for aged

samples. There was no statistical difference between offset stress of the new and aged

samples for both of the cement types in the controls.

By subtracting the offset strength of the empty lattices from the composites the

strength of the cement can be seen (figure 3.12b). This shows that the general trend was

cement strength increasing with lattice volume fraction (i.e. decreasing cement volume).

The one exception to this was new cement in BCCZ lattices, where the BCCZ60 cement

strength was lower than expected given the trends at 11.0 ± 2.9 MPa (432 ± 3 MPa for

the composite). Most of the composite samples had cement strengths which are higher

than those of brushite cement, the only exception to this was new cement in Gyroid20

where the cement offset strength was 2.3 ± 1.7 MPa (with a composite strength of

90.7 ± 1.7 MPa). No statistical differences were seen between the strength of the new

and aged cement for each lattice volume fraction for the gyroid lattices. While there was

no pattern with the BCCZ lattices as to whether the new or aged cement was stronger.

Figure 3.12c shows the percentage increase in strength of the composites compared

to empty lattices. It can be seen that there was a decrease in percentage strength with

increasing lattice volume fraction for the BCCZ lattices, i.e. there was a positive correla-

tion between the percentage strength increase and the cement volume fraction. However

for the gyroid lattices there was no correlation between the percentage change and the

volume fraction, indicating that cement strength was proportional to the lattice strength.

In the previous calculations the stress of the cement was calculated over the whole

cross sectional area of the sample, however the stress can be recalculated over the cross

sectional area of the cement instead (figure 3.12d). This amplifies the increase of strength

for samples with larger lattice volume fractions. The 0.6 volume fraction lattice have a

strength nine times higher than the 0.2 lattices under this analysis compared to 4.5 times

when absolute change in offset strength was used in figure 3.12b.
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3.4 Discussion

Validation of Gentamicin Sulphate Detection Methods

In order to study the elution of gentamicin sulphate from cement a detection method is

needed that has a number of characteristics. It needs to have a high enough resolution to

allow different quantities of gentamicin sulphate released to be identified, specifically vari-

ations of 10 µgml−1. The test must be specific, i.e. not giving readings for non gentamicin

sulphate chemicals, and reproducible so that readings can be taken over the course of an

elution study. Linearity is desirable but not essential. The range of concentrations that

it should be able to detect is 100 µgml−1 to 30 mgml−1 [377].

UV-Vis absorption spectroscopy has previously been used to detect gentamicin sul-

phate release from brushite cement [257, 378]. This method has the advantages that it

is quick, non destructive and does not require any additional reagents. There is a linear

relationship between absorbance and gentamicin sulphate concentration over this range.

However gentamicin sulphate only weakly absorbs UV light [374, 379], for example the

gentamicin sulphate standard used here with 3.5 mgml−1 gentamicin sulphate in PBS had

an absorbance of 0.195 ± 0.031 which was less than 2.5 times the reading of PBS without

gentamicin sulphate (0.0795 ± 0.0008). This means that the addition of substances in

solution with larger absorbances interfere with the signal from gentamicin sulphate, which

was seen in the brushite signal. In order to avoid this challenge Cox et al used a control

with brushite without gentamicin and subtracted that absorbance signal from the sample

signals [257]. This relies on the assumption that brushite cement with gentamicin sulphate

degrades at the same rate as cement without. If this was true it would be expected that

the ‘PBS with GS’ signal minus the ‘PBS no GS’ signal would equal the ‘Brushite with GS’

signal minus the ‘Brushite no GS’ signal. However the first equals 0.115 while the second

equals 0.147 suggesting that brushite with gentamicin sulphate dissolves faster than with-

out. The presence of sulphate ions in the gentamicin sulphate during the brushite setting

reaction results in smaller brushite crystals with different degradation profiles [303].
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By using a fluorogen which only fluoresces when covalently bonded to the gentamicin

sulphate no separation step was required. This makes the fluorescence spectroscopy a

relatively quick method of detecting gentamicin sulphate. The calibration curve was

non linear, however linearity is only a desirable but not essential characteristic. This

short coming was offset by the high resolution and low detection limit of the method

(0.01 mgml−1). The non linearity was likely due to fluorescence quenching caused by

aggregation of the gentamicin sulphate in solution or resorption of the emitted photons

[380].

Fluorescence was found to have a high level of selectivity for gentamicin sulphate, due

to the OPA preferentially reacting with amine groups which are not present on MPCM, β-

TCP, citric acid nor brushite, but are present on gentamicin sulphate [381]. Fluorescence

measurements are sensitive to pH and MCPM is acidic, so the reduction fluorescence

measurement for ‘MCPM with GS’ was consistent with previous research [382]. This effect

was not seen for the brushite samples, suggesting that the effects of MCPM are reduced

when in the cement, with sufficiently little released to overcome the pH maintenance

properties of the PBS buffer.

Understanding the Rate of Release of Gentamicin Sulphate from PMMA and

Brushite Cement

The release of gentamicin sulphate from brushite cement is a predominantly diffusion

controlled process [290, 383, 384]. Whereas the release mechanism of gentamicin sulphate

from PMMA cement is a less well understood process [282, 283]. There is evidence to

suggest that only the gentamicin sulphate present at the surface is released [283, 284],

while other studies have shown that cracks and porogens enable release from inside the

bone cement [286, 385].

By performing a two stage release of polymer tubes filled with cement containing

gentamicin sulphate, the movement of the drug along the length can be compared and

indicate the potential release mechanisms (figure 3.7). During the initial elution which
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lasted up to five weeks the mass of gentamicin sulphate released increased over time,

indicating that only partial release had occurred after one and three weeks of elution.

There was greater variation in the mass of gentamicin sulphate released from PMMA

than from brushite. This is consistent with previous research that saw a large spread

in release data [386]. Torrado et al attributed the release of gentamicin sulphate from

PMMA to an interconnecting series of voids and cracks in the cement, which form in a

non repeatable way and leads to variation in the release profile [386, 387].

In order to establish the location of gentamicin sulphate along the length of the sam-

ples, they were cut into ten pieces and each placed in PBS for further elution. The total

mass of gentamicin sulphate released from each piece was plotted in figures 3.7c&d. Un-

fortunately the OPA reagent had degraded when the brushite samples with 5 weeks of

initial elution were measured so no gentamicin sulphate was detected. The 3 weeks of

initial elution samples showed a positive correlation between mass of gentamicin sulphate

released and approximate length from the exposed face, this was a concentration gradient

which reflects the current hypothesis that the release was diffusion controlled [290, 383,

388].

The trend in the second elution data for the samples after 1 week of initial elution was

less clear, this could be due to uneven gentamicin sulphate distribution along the length

of the samples which had insufficient time to disperse during the first elution of one week.

In order to test this hypothesis samples could be created and then cut up for the second

elution process without any time in PBS for the first elution in order to investigate the

distribution of gentamicin sulphate along the length. Due to the length of the polymer

tubes in this work (100 mm) some of the challenges of brushite injectability may have

caused an uneven distribution of gentamicin sulphate, specifically liquid phase separation

[298], this is where the liquid phase travels faster than the solid phase during injection

leading to gradients in cement properties [389].

The second elution of the PMMA samples produced a graph with a different shape

to the brushite graph (figures 3.7c&d), indicating different distribution of gentamicin

139



sulphate along the length and therefore a different release mechanism. There was not a

concentration gradient along the length, instead the mass of gentamicin sulphate did not

change with length except for the first pieces, and there was no difference in the mass of

drug released in these sections over the different inital elution time frames. This would

suggest that only the end portion of each sample was involved in the first elution. This

result supports the hypothesis that only the surface or surface cracks are involved in the

release of gentamicin sulphate from PMMA [282, 283, 284].

If the release was from the surface without any cracks to enable gentamicin sulphate

to be released from within the cement then the mass of gentamicin sulphate released from

the first section would be greater than or equal to half of the subsequent sections. For

example if the initial elution had removed all the drug from the surface of the sample,

then during the second elution only the newly cut face would be able to elute, while

for the subsequent section two faces would be able to elute releasing exactly twice the

gentamicin sulphate of the first piece. When not all of the drug had released during

the initial elution some additional gentamicin sulphate is available for subsequent release

during the second elution, so the first section would have a higher release, while the other

sections would have exactly the same release as in the previous hypothetical scenario.

Instead, the first section released drug quantities which were less than half of those in the

subsequent sections. This would indicated that the initial release includes more than just

the gentamicin sulphate present on the cut face, therefore implying that cracks are part

of the release mechanism. This result adds evidence to the surface cracks hypothesis [283,

284].

A second experiment was used to investigate the permeability of gentamicin sulphate

release through PMMA and brushite cement. This used polymer tubes containing PMMA

or brushite cement in one of three configurations, with or without gentamicin sulphate,

or NGN where cement containing gentamicin sulphate was capped with cement without

it. For the brushite cement, the samples with gentamicin sulphate had the fastest release

and the greatest mass of drug released (figure 3.8a&b).
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Brushite converts to apatite in aqueous solution as it is a thermodynamically more

stable phase at physiological temperature, pressure and pH [390]. This can occur over 10

to 28 days, and occurs more slowly in PBS than serum or in vivo [313, 391, 392]. Apatite

has smaller pores than brushite [391], which is likely to lead to a reduction in the release

rate of the gentamicin sulphate. When gentamicin sulphate is incorporated into brushite

cement it leads to smaller crystals due to the sulphate ions preferentially forming calcium

sulphate dihydrate. The calcium sulphate dihydrate crystals then act as a nucleation point

for the brushite crystals, reducing setting time which leads to smaller crystals [297, 320].

These smaller crystals are likely to have a closer packing density leading to a reduced pore

size for the cement containing gentamicin sulphate than that without [300, 384]. This

was unlikely to be the cause of the prolonged release from NGN compared to ‘Brushite

with GS’. However it would explain how the Brushite NGN samples did not have a delay

in release, despite the lack of gentamicin sulphate in the cement at the surface initially.

A non zero mass of gentamicin sulphate was measured for the ‘Brushite no GS’ samples,

despite the lack of gentamicin sulphate in the cement, this was likely to be a zero error

when converting the fluorescence to mass.

For the gentamicin sulphate released from PMMA there was a large variation between

samples as previously seen in the two phase elution. During the two phase elution it

appeared that cracks were only enabling the release of gentamicin sulphate from 10 mm of

PMMA cement. In this study the NGN samples had 20 mm of PMMA without gentamicin

sulphate at the ends so no drug was expected to be found in the solution. This was the

case for two out of the three repeats (figure 3.8f), however for one of the samples release

did occur, this would suggest that either the cracks are propagating at least 20 mm into

the cement, or there was an alternative route for the gentamicin sulphate. One potential

cause of this was shrinkage of the PMMA during setting causing gaps which the drug

could travel down. PMMA can shrink as much as 20% during setting due to the presence

of radiopacifiers [285]. The large variation in drug release from ‘PMMA with GS’ samples

could also be due to shrinkage, given this variation was twice as large as with the two
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phase study.

Factors Influencing Elution

In order to use geometry to manipulate drug release it was necessary to understand how

geometry influences the release. When the volume of cement increased the time for the

gentamicin sulphate mass released to plateau also increased. This finding reflects the

results previously seen for release of gentamicin sulphate from calcium sulphate hemihy-

drate [157]. The total mass of gentamicin sulphate released increased with cement volume.

This was in line with previous research which found the release of drugs from reservoirs

with different internal volumes but fixed size of microchannels for drug elution resulted

in increased drug release from larger volumes [157, 258]. The Peppas a and b values were

not statistically different, indicating that the shapes of the curves are the same, but the

curves for large volumes of cement extend further. This finding broadly supports the work

of Allen who found no statistical difference in the shape of release curves although using

a computational model rather than the Korsmeyer Peppas model was fitted to the data

[157].

There was no statistical difference between the samples with different diffusion path

lengths, nor time to plateau, mass of gentamicin sulphate released at the plateau, nor

within the Peppas model values. This is in contrast to previous findings where increased

path length led to slower release [256, 257]. However these differences in results may be

influenced by contrasting experimental set up, Allen et al used photocured chemically

cross linked RPU60, a polymer, for their reservoirs with 1.5 mm diameter pores which

were hydrophobic, these two properties were attributed to the changes in release rate.

In this study each sample only had one opening for both solution entry and air escape,

potentially reducing the ingress of solution into the samples, in contrast both Allen et

al and Cox et al used reservoirs with multiple channels for fluid exchange [256, 257].

Another possible explanation for this is the complex, nanostructure of the cement material

[317], which would mean that the drug dissolving from the matrix would have to take a
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significantly more tortuous route than the macrostructures tested in these experiments.

Surface area was shown here to influence the rate of release, and the shape of the

release curves (Peppas a and b values respectively), as well as the time taken for the mass

of gentamicin sulphate to plateau (which is an indicator of rate of release). Rate of release

has previously been shown to increase for samples with a larger surface area [101, 253, 256].

Lowther found that when mass was normalised by surface area there was no statistical

difference in the release curves [101]. This was not seen here, where the release per

surface area was higher for samples with smaller surface areas. Release characteristics are

less sensitive to surface area than cement volume, or gentamicin sulphate concentration,

requiring a five fold increase in surface area to create a statistically significant change in

Peppas a or b value, where only a two fold change is sufficient for cement volume and

gentamicin sulphate concentration.

Increasing the concentration of gentamicin sulphate in the brushite cement led to faster

release (higher Peppas a value), and a larger mass of gentamicin sulphate released once

the curve had plateaued. These values both increased more than the rate of concentration

increased. While the shape of the curve was the same for all the samples with a Peppas

b value of around 0.73 (table 3.3). These effects were also seen by Vorndran et al who

found gentamicin sulphate concentration of 1.24 and 2.48 wt.% [393]had the same Peppas b

values of 0.2, while the higher concentration released more cement by mass and percentage

in line with the results found here. Meißner et al also found higher gentamicin sulphate

concentration lead to fast release and more release, this was thought to be because the

gentamicin sulphate reduced the production of apatite at the surface of the samples which

slows down release due to lower porosity compared to other calcium phosphate cements

[394].

Lattice Elution

To investigate whether the influence of geometry on gentamicin sulphate release also

applies to more complex structures, BCCZ and gyroid lattices were used. When the
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volume fraction was increased the mass of gentamicin sulphate released at the plateau

increased, this agreed with both the earlier study here on varying cement volume (figure

3.9a), and the literature [157]. Additionally the Peppas a value increased with decreasing

lattice volume fraction. This was unexpected because Peppas a values were only influenced

by surface area and concentration in the earlier studies (table 3.3). Here the concentration

was not changing, and while the surface area was changing it only doubles from BCCZ60

to BCCZ20, while a five fold increase was needed to see a statistical difference in the

Peppas a value in the surface area study.

Also the same change in surface area led to a difference in Peppas b value, while no

statistical difference was seen in Peppas b value between the lattice samples with varying

volume fraction (table B2). This would suggest that either the difference was caused by

a combination of changing volume and surface area together, or caused by the size of

the pores for drug elution, rather than the total surface area which was not investigated

here. Allen et al did investigate the size of channels for eluting gentamicin sulphate from

calcium sulphate hemihydrate from RPU60 polymer reservoirs and found that channels

below 1.5 mm in diameter had extended release. This was attributed to the hydrophobicity

of the RPU60 polymer limiting solution transfer [256]. However, for larger channels they

found no statistical difference in the release profiles from different channel diameters.

Another consideration was the different materials used for the reservoirs in these dif-

ferent experiments, with polypropylene (PP) used for the volume study, polylactic acid

(PLA) used for the surface area study and Ti-6Al-4V used for the lattice study. PP and

PLA are strongly hydrophobic while Ti-6Al-4V is hydrophilic. When the same geometry

was made out of RPU60, which is hydrophobic, and cobalt chrome, which is hydrophilic,

the release was quicker from the hydrophobic reservoirs. This was partly caused by the

initial filling process where the hydrophilic structure enabled a more complete cement fill

with fewer air bubbles, leading to a more densely packed cement which slowed the drug

release [157].

Samples with the same volume fraction but different unit cell designs had no statistical
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difference in release (figure 3.10c), despite differences in the surface area of the exposed

cement (table 3.2). This is to be expected because the differences in surface area are less

than 5% and a 500% increase was needed to create a statistical difference in the surface

area study.

In Vitro Assessment of Antimicrobial Efficacy

It has been shown that geometry can be used to control release of gentamicin sulphate in

solution, but this may not translate to variations in antimicrobial efficacy. Repeats of the

samples used for elution were also placed in agar plates containing Staphylococcus aureus

and Pseudomonas aeruginosa and the diameters of the inhibition zones measured. Chang-

ing the geometry did lead to differences in the bacteria killed, this was in agreement with

the elution data for Staphylococcus aureus (figure 3.11b), while for Pseudomonas aerug-

inosa the differences were generally not statistically significant. For all lattice samples

there was some bacterial kill, which demonstrates that these structures can be used to

provide local delivery of therapeutics expanding their functionality beyond mechanical

tailoring of implant properties.

The lattices were able to provide variation in the diameters of inhibition of Staphy-

lococcus aureus, suggesting that changing geometry can provide control. For the gyroid

lattices this was in agreement with the elution results, with the ‘Brushite with GS’ control

also following the trend. Contrary to expectations, the zone of inhibition for the ‘PMMA

with GS’ samples was not statistically different from that of ‘Brushite with GS’, despite

an elution mass of nearly 50 times higher than from brushite. There are a few potential

causes of this difference, firstly what was being measured in the elution study was the

fluorescence of OPA conjugates with amine groups, it would be possible for the gentam-

icin sulphate to degrade such that it was no longer antimicrobial while still having amine

groups providing a fluorescence value. It has been noted that the antimicrobial activity

of gentamicin sulphate decreases with a reduction in pH, which the brushite would cause

unlike the PMMA [300, 395]. In the future the solution from elution study could be used
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for the agar diffusion tests in order to see whether the difference between the two studies

was caused by the quantity released or the viability of the gentamicin sulphate [256, 396,

397].

Alternatively, this could have been caused by the conditions of the agar plate which

differ to those in the PBS solution, and this could have resulted in different release profiles

for gentamicin sulphate. In PBS the brushite cement will become saturated, since gen-

tamicin sulphate dissolves readily [384], and so the gentamicin sulphate release rate was

limited by diffusion whereas on the agar plate there was less moisture, so dissolution of

gentamicin sulphate was likely to limit the gentamicin sulphate release rate. In contrast,

PMMA has a release which was dominated by surface and surface crack effects, and so

unaffected by the lower level of moisture in the antimicrobial assay.

Although the samples with gentamicin sulphate in Pseudomonas aeruginosa did not

have statistically different diameters of inhibition zones, they did provide bacterial kill.

This lack of difference could be due to the lack of sensitivity of the method, and a broth

culture method could be used instead, which also has the advantage of being 3D which is

a better model for in vivo conditions. In both Staphylococcus aureus and Pseudomonas

aeruginosa the ‘Brushite no GS’ samples had non zero diameters of inhibition zone indi-

cating bacterial kill. This was likely to be because brushite cement is acidic [398, 399],

and the growth of both Staphylococcus aureus and Pseudomonas aeruginosa is mediated

by acidic conditions [400, 401, 402].

Compression Testing of Brushite Filled Lattices

All samples with cement had a higher strength than the empty lattices of the same

design. Thus lattices can be chosen for their mechanical strength without concern that

the addition of cement will negatively impact the strength. Although PMMA was found

to be stronger than brushite cement at 32.9 ± 3.9 MPa compared to around 6 MPa for

brushite cement, this was below the compressive strength of cortical bone (∼ 200 MPa)

[213, 214, 215], however the cement-lattice composites were able to provide strength in
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this range.

There was no statistical difference in the strength of the brushite controls, including

aged and new, and with and without gentamicin sulphate. This is in contrast to previous

research which has found the presence of gentamicin sulphate to increase the strength of

the cement [257, 300]. This increase in strength was caused by the sulphate ions from the

gentamicin sulphate forming calcium sulphate dihydrate (CSD) instead of brushite due to

their smaller crystal size. The CSD crystals then act as nucleation points for the brushite

crystals, causing those to form faster and therefore smaller crystals [297, 300]. However

in this work citric acid was used to increase the setting time, which may have negated

the effects of the sulphate ions, leading to the same strength between the brushite cement

controls with and without gentamicin sulphate. In future, X-ray diffraction could be used

to see whether CSD was present in the cement containing gentamicin sulphate.

Brushite aging was not found to change the strength of the controls, nor the cement

in the gyroid lattices. For the BCCZ lattice at 20 and 40% volume fraction the aged

samples were weaker, while at 60% volume fraction they were stronger than new cement.

This may be due to the strength of the new cement being anomalous as it does not fit

any of the trends. Aging of brushite cement containing gentamicin sulphate can lead to

a reduction in strength due to CDS loss over time [320], however some experiments have

found no difference in strength over time [403]. Additionally, the conversion of brushite

cement to apatite cement can lead to an increase in strength over time [391]. Aging was

performed in PBS, however brushite dissolves much more readily in serum than PBS.

Grover et al found a six times increase of mass loss of brushite cement in foetal bovine

serum than PBS due to serum proteins [391]. So in future, serum or in vivo studies should

be performed to provide a more representative model of the in vivo environment.

PMMA cement without gentamicin sulphate was stronger than with it (figure 3.12b).

This is in accordance with earlier observations, which showed that increasing gentamicin

sulphate concentration decreased strength [404, 405, 406]. This was due to the drug

forming discrete particles in the cement which act as additional defects [405]. Aging did
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not lead to changes in mechanical strength either in this work or earlier work [404, 405,

406].

The strength of the cement in the composite structures can be compared by subtracting

the strength of the empty lattices (figure 3.12b). This shows that the cement strength

increased with lattice volume fraction, i.e. as the cement volume decreased the strength

increased. This behaviour has been previously seen in civil engineering research where

polymer lattices have been used to alter the mechanical properties of cements [407, 408,

409]. The addition of polymer lattices to cement specimens led to an increase in strength

which was attributed to three things, crack propagation in the cements was disrupted

by lattices which led to small cracks rather than the large cracks seen in cement only

controls. The lattices held in the cement such that it did not separate from the sample

so it could continue to provide some mechanical support even after the initial failure, and

the lattices provided lateral constraint to cement movement which is the main mechanism

of cement failure [408]. In this research it was found that lattices which provided greater

residence to lateral movement resulted in stronger composites [408]. However this was

not found when BCCZ and gyroid lattices were compared.

When cement strength was plotted as a percentage of the lattice strength the per-

centage strength of the BCCZ samples decreased with volume fraction, while the gyroid

lattices showed no trend (figure 3.12c). This would suggest that the cement strength

was proportional to the lattice strength for gyroid lattices. This could indicate that the

additional strength of the composite was caused by the cement increasing the strength of

the lattice rather than the lattice increasing the strength of the cement. Cement has been

used to increase the impact resistance of steel pipes [410, 411, 412, 413], where the cement

provides resistance to indentation due to its high compressive strength. BCCZ failure is

dominated by buckling of the vertical strut (section 2.3.2), which requires lateral move-

ment of the strut into the space where the cement is present. The lattice is constrained

by the cement, so in order for the lattice to move into this space the compressive strength

of the cement would have to be overcome. In contrast, gyroid lattices undergo barrelling
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during compressive loading which causes lateral spread of the centre of the structure, this

is a similar failure mechanism to cement structures which suggests that the cement would

provide less resistance to lattice collapse.

Lattices are often thought of as a meta material rather than a truss with their bulk

properties investigated, so in this study the lattice filled with brushite cement was consid-

ered a composite meta material too. This means that for compression analysis the cross

sectional area used was that of the entire sample filled with a lattice rather than just

the metallic cross sectional area. Equally the offset stress of the cement was calculated

over the entire sample face. However the cement offset stress was also calculated over the

cross sectional area of just the cement for figure 3.12d in order to understand whether

this was influencing the differences in cement strength between different lattice designs.

This change in calculation method amplifies the differences, suggesting that this was not

the cause of the increase in cement strength with increased lattice volume.

3.5 Conclusions

This chapter investigated whether it was possible to control the release of a drug from

a carrier material that was bulk loaded into a lattice by changing the lattice geometry.

Gentamicin sulphate was used as the model drug and brushite cement as the carrier

material. This was achieved with BCCZ20 releasing over three times the gentamicin

sulphate as BCCZ60 over the same time frame of 17 days, and Gyroid20 also releasing

over three times as much gentamicin sulphate as Gyroid60 over this time frame.

The use of ortho-phthalaldehyde (OPA) as a fluorogen to detect gentamicin sulphate in

solution was validated. The method was highly selective with samples without gentamicin

sulphate giving fluorescence values at least 80 times lower than those with the drug. The

presence of brushite components in the gentamicin sulphate solutions did not lead to

fluorescence readings that were statistically different from the reference solutions without

these components. The exception of those contained unreacted MCPM which led to a
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lower fluorescence, so excess β-TCP was used in the formation of brushite to prevent any

unreacted MCPM being present.

Given the release mechanism of gentamicin sulphate from PMMA is not fully under-

stood two new experiments were devised to gain a better understanding of the mechanism,

and to compare it with the brushite mechanism. A two step elution was performed to un-

derstand how the gentamicin sulphate moved through the cements during elution. After

initial elutions of one, three or five weeks, the cement samples were cut into ten pieces.

Only the first section of PMMA cement showed a statistically significant different mass

of gentamicin sulphate released which was lower than the other sections, suggesting that

the majority of the initial elution had occured at the surface. In contrast the gentam-

icin sulphate released from the brushite cement in the second elution followed a positive

trend of mass released and distance from the open end in the initial elution indicating a

concentration gradient along the length of the cement that suggests that the release of

gentamicin sulphate from brushite cement is diffusion controlled and in line with current

literature.

The second release mechanism study assessed the permeability of the cements to the

movement of gentamicin sulphate. It was found that the drug could travel through

brushite cement in line with previous research. While for the PMMA, one of the three

samples with drug-less cement caps did release gentamicin sulphate into solution, sug-

gesting that the drug can penetrate the cement, or that there were cracks present that

enabled the drug to bypass the cement.

The Korsmeyer Peppas model was fitted to the release curves from the studies inves-

tigating which factors influence release and also from the lattice release studies. It was

found that all the release curves fit the model with an R2 value of at least 0.95, except the

PMMA controls. The Peppas a value corresponds to the rate of release, and the Peppas

b value indicates the shape of release.

The factors which influenced the rate of release were surface area of the exposed

cement or the drug concentration. The shape of the release curves could be controlled
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by changing the exposed cement surface area, corresponding to different Peppas b values.

While total mass of gentamicin sulphate released was controlled by the cement volume

and the gentamicin sulphate concentration in the cement. Path length was not found to

influence the release over the range 52.9 to 170.8 mm.

The release of gentamicin sulphate could be controlled by changing the lattice geom-

etry. BCCZ and gyroid lattices with a smaller volume fraction released more gentamicin

sulphate and at a faster rate. Changing the unit cell from BCCZ to gyroid did not lead to

a statistically significant difference in the rate or quantity of drug released. All the lattice

samples also had release curves which were the same shape, i.e. there was no statistical

differences between the Peppas b values.

Differences in gentamicin sulphate release between lattice designs did not translate

into statistical differences in the size of the zones of inhibition of Staphylococcus aureus

and Pseudomonas aeruginosa. However bacteria diffusion assays are less sensitive than

elution studies, so this is unsurprising.

Compression testing showed that these cement lattice composites were able to provide

sufficient mechanical support to be used in bone implants, and that the presence of the

cement did not reduce the mechanical properties.

It was found that lattice geometry can be used to control the release of gentamicin

sulphate from brushite cement. Sufficient drug was released to inhibit the growth of

Staphylococcus aureus and Pseudomonas aeruginosa. Additionally the presence of the

brushite cement in the lattices did not lead to a reduction in compressive strength. This

work will enable lattice geometry in future medical devices to be manipulated to tailor

drug release in order to optimise the release profile to the pharmokinetic properties of

different therapeutics.
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CHAPTER 4

SURFACE LOADING OF IMPLANTS

4.1 Introduction

Previous chapters have shown lattices can be built with sufficient strength to be used

as hip replacements or spinal cages. It has also been shown that lattices can be filled

with brushite cement even at a volume fraction of 0.6. Lattices can be used to control

the release of gentamicin sulphate and enable sufficient drug to be released to inhibit the

growth of Staphylococcus aureus and Pseudomonas aeruginosa.

The focus of this chapter is the development of a coating that could be used to attach

therapeutics to the surface of lattices. These could be antibiotics or other antimicrobials

to prevent infection, or growth factors to enable bone attachment or fusion. Albumin

will be used as a model therapeutic and will be immobilised on a polycaprolactone (PCL)

layer by amide bond coupling using N-(3-Dimethylaminopropyl)-N’-ethylcarbodiimide hy-

drochloride (EDC) and N-Hydroxy-succinimide (NHS).

Albumin is a protein, which can be found in animal serum, including human serum

and is used for transport. It can also be found in eggs where it is used for storage,

this is a much cheaper source [414]. Albumin can be attached to PCL by adsorption,

entanglement or covalent attachment [263]. Covalent attachment can be enduring, for

example by amide bonding which immobilises the protein on the surface, or temporary

such as cleavable linkages like hydrazone linkages which are pH responsive [415].
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Albumin is an appropriate model therapeutic because it is cheap and has amine groups

which enable amide bond coupling to PCL. All proteins, such as growth factors, have

amine groups as they are made of amino acids. Many antibiotics also have amine groups

which can be used to attach to PCL [416].

Immobilisation of growth factors, antibiotics and other therapeutics enables long term

activity as they cannot be internalised by immune cells [93]. It can increase the efficiency of

the therapeutics, for example by enabling fixation in a desirable orientation [94]. Although

the effects are only local, some therapeutics electrostatically attract bacteria enabling a

greater range [417]. Immobilisation prevents toxic therapeutics, for example biocides from

interacting negatively with cells elsewhere in the body [265].

Amide bond coupling using EDC/NHS (figure 4.1) involves alkali hydrolysis of the

PCL film to form carboxyl groups. It is then washed to remove the alkali so it does not

neutralise the acid in the next step, which is acid protonation of the hydroxyl group.

This makes it a good leaving group, a wash step then prevents acid hydrolysis occurring.

EDC crosslinker bonds to the carboxyl groups to form O-acylisourea intermediate which

is unstable. This is stabilised by NHS to form amine-reactive NHS ester, which is dry

stable. The addition of the albumin results in the formation of an amide bond between

an amine group on the albumin and the carboxyl group of the intermediate [329].

PCL is soluble in many solvents including chloroform which enables it to be dip coated

onto metal surfaces such as Ti-6Al-4V lattices or coupons [323]. Surfaces generated using

laser powder bed fusion have an inherent roughness due to semi sintered particles which

enable bacterial colonisation [113]. So a PCL layer thickness which extends beyond these

particles will reduce bacterial adhesion. As the PCL degrades these protrusions will

become exposed and enable bone attachment. However in the short term this rough

surface provides mechanical stability for the PCL.

The choice of PCL as the polymer for therapeutic immobilisation is due to its slow

degradation rate and low cost [328]. It is also FDA approved [329] and can be sterilised by

irradiation [92], so it is a practical choice for use in implants. The hydrophobic nature of
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Figure 4.1: Schematic of chemical functionalisation of PCL films by amide bond coupling.
Showing alkaline hydrolysis of ester bond on the PCL film, acid protonation of the hy-
droxyl group, activation with the EDC crosslinker to form O-acylisourea intermediate,
followed by stabilisation with NHS to form amine-reactive NHS ester, which is replaced
by the albumin

PCL is overcome by the therapeutic immobilisation, so challenges with poor cell adhesion

do not prevent its use [327].

The aim of this chapter is to develop a coating to immobilise therapeutic agents

on implant surfaces. The objectives include choosing a suitable polymer, model drug

and immobilisation method. The coupons will be characterised by SEM to assess the

surfaces prior to PCL coating. Dip coating will be optimised for PCL attachments and
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the coating assessed by microscopy and weighing. A method for quantifying the albumin

on the coupons will be developed and used to compare two albumin attachment methods,

specifically adsorption and covalent attachment. Then this method will be calibrated by

forcing the albumin into solution and comparing the fluorescence of the solution with

standard solutions of known albumin concentration. Once the method for quantifying

albumin on the coupons has been calibrated it can be used to inform the optimisation

process for the immobilisation method.

The albumin will be attached to the PCL by amide bond coupling, the optimisation

of this process will include the choice of buffers for the EDC/NHS step and the albumin

step. The time spent in sodium hydroxide to hydrolyse the PCL as well as the time spent

in EDC/NHS will be optimised, as will the time in albumin. The EDC/NHS and albumin

steps can be performed as a one or two step process so these will be compared. The time

the coupon spends soaking in water to remove the adsorbed albumin from the coupons

will also be optimised. For all these studies the optimal process will be the one that has

to most albumin attached. Finally, the immobilisation of the albumin will be tested over

four months.

4.2 Methods

4.2.1 Materials, Equipment and Reagents

Gas atomised spherical Ti-6Al-4V grade 23 powder in the size range 15-53 µm (LPW Tech-

nology Ltd, UK) was used to manufacture the coupons. The polymer used to coat the

coupons was polycaprolactone (PCL) with average Mn of 45,000 (Sigma-Aldrich, Merck

KGaA, Germany), which was dissolved in chloroform (Sigma-Aldrich, Merck KGaA, Ger-

many).

Sodium hydroxide solution was made from solid sodium hydroxide pellets (Fisher,

Thermo Fisher Scientific, Inc, USA), and deionised water (Milli-Q, UK). Hydrochloric acid

was diluted with deionised water from concentrated hydrochloric acid (Fisher, Thermo
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Fisher Scientific, Inc, USA). N-(3-Dimethylaminopropyl)-N’-ethylcarbodiimide hydrochlo-

ride (EDC) (Merck KGaA, Germany) was mixed with buffers, as was N-Hydroxy-succinimide

(NHS) (Sigma-Aldrich, Merck KGaA, Germany) and albumin (Purified albumin powder

from egg, J.T.Baker, Avantor Inc, USA). The stirrer used was a RT2 Advanced Hotplate

Stirrer (Thermo Fisher Scientific, Inc, USA).

Phosphate buffered saline solution (PBS) was created by dissolving a PBS tablet

(Gibco, Thermo Fisher Scientific, Inc, USA) in 500 ml of deionised water. The process

to generate 50 mM 2-(N-morpholino)ethanesulfonic acid buffer (MES) involves dissolving

4.88 g MES hydrate (Sigma-Aldrich, Merck KGaA, Germany) in 400 ml deionised water,

adjusting the pH to 5.5 with sodium hydroxide, and then adding water until the volume

was 500 ml.

Sodium phosphate buffer (Na-PB) was generated from 1.64 g sodium phosphate monoba-

sic monohydrate (Sigma-Aldrich, Merck KGaA, Germany) and 0.16 g sodium phosphate

dibasic (Sigma-Aldrich, Merck KGaA, Germany) in 400 ml deionised water, with hy-

drochloric acid used to adjust the pH to four, then the volume topped up to 500 ml with

deionised water.

100 mM citrate buffer was made from 5.7 g citric acid powder (Fisher Scientific,

Thermo Fisher Scientific, Inc, USA) and 20.7 g sodium citrate powder (Alfa Aesar,

Thermo Fisher Scientific Corp, USA) in one litre of deionised water giving a pH of 5.18.

Phthaldialdehyde Complete Solution (OPA) (Sigma-Aldrich, Merck KGaA, Germany)

was used with propan-2-ol (Fisher Scientific, Thermo Fisher Scientific, Inc, USA) as a

fluorogen to label albumin.

4.2.2 General Procedures

Coupon Manufacture

Ti-6Al-4V coupons, 5x20x20mm were manufactured in the same way as previously de-

scribed (chapter 2, section 2.2.1). Briefly, a RenAM 500M (Renishaw, PLC, UK) L-PBF

system was used to print the coupons from Ti-6Al-4V grade 23 powder using optimised
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parameters (chapter 2, section 2.2.1 table 2.1). Water jetting, Quill Vogue powder wash

(Quill International Group Ltd, UK) was used to remove excess powder before part re-

moval from the substrate using wire electrodischarge machining (EDM), Cut 20 (Beijing

Agie Charmilles Ltd, China). Coupons were built vertically with the large face perpen-

dicular to the build substrate (section 4.3 figure 4.3a).

General Procedure for PCL Attachment

Polycaprolactone (PCL) was attached to the coupon surfaces by dip coating. PCL was

dissolved in 20 ml chloroform at 0.04 gml−1. Coupons were dipped in the solution ver-

tically and removed slowly, before air drying. Between dips the coupons were rotated to

mitigate potential imbalance of PCL thickness. This process was performed ten times per

coupon.

General Procedures for Albumin Attachment

Two methods were investigated to attach albumin to the PCL, adsorption and covalent

attachment. A flow chart of the methods can be found in figure 4.2.

Protocol for Attachment of Albumin by Adsorption

Albumin was adsorbed onto PCL by dissolving albumin powder in deionised water at a

concentration of 0.2 gml−1. Coupons were placed in the solution overnight.

Protocol for Covalent Attachment of Albumin

Albumin was covalently attached to the PCL using EDC/NHS coupling chemistry, a

schematic of which can be seen in figure 4.1. Alkali hydrolysis was performed by placing

the PCL coated coupons in 0.5 M sodium hydroxide for one hour, then rinsing in deionised

water. The samples were then protonated in hydrochloric acid at 0.01 M for one minute

before rinsing in deoinised water. The coupons were activated in a PBS buffer containing

0.12 M EDC and 0.1 M NHS for 30 minutes, before being left in a PBS buffer containing

157



Coupon Manufacture

PCL Coating

10 Dips in 0.04 gml-1 PCL in Chloroform

Adsorbed 
Albumin

Albumin Attachment 

0.2 gml-1 Albumin in PBS Overnight

Amide Bonded 
Albumin

Alkali Hydrolysis 

0.5 M Sodium Hydroxide for One Hour

Wash 

Rinsed in Deionised Water

Acid Protonation

0.01 M Hydrochloric Acid for One 
Minute

Wash 

Rinsed in Deionised Water

Two Step 
Albumin 

Attachment

EDC/NHS Activation 

0.12 M EDC and 0.1 M NHS in PBS for 30 
Minutes

Albumin Attachment 

0.2 gml-1 Albumin in PBS Overnight

Wash 

Rinsed in Deionised Water

One Step 
Albumin 

Attachment

EDC/NHS/Albumin

0.12 M EDC, 0.1 M NHS, 0.2 gml-1

Albumin in PBS  for 30 Minutes

Wash 

Rinsed in Deionised Water

Figure 4.2: Flow chart of albumin attachment to PCL coated coupons. Showing the
adsorption protocol, the standard two step covalent attachment, and the modified one
step covalent attachment

0.2 gml−1 albumin overnight, then rinsing in deionised water. For some samples the

coupons were then soaked in solution to remove adsorbed albumin.
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4.2.3 Characterisation of PCL Attachment

Three coupons were dip coated in 0.04 gml−1 PCL in chloroform for ten dips. The mass of

the coupons was measured prior to dip coating and after each dip on a Scout Pro balance

(Ohaus Corp, USA).

In order to investigate the influence of the concentration of the PCL in the chloroform

during dip coating on the quality of the polymer layer on the coupons, three concentrations

were investigated, 0.02, 0.04, and 0.06 gml−1. In each case the protocol ‘General Procedure

for PCL Attachment’ from section 4.2.2 was followed. Coupons without PCL were also

compared. Photographs were taken of the coupons. The coupons were cut in half parallel

to the build direction (through the faces that the SEM micrographs were taken) on the

ISOMet 5000 Linear Precision Saw (Buehler, USA). The cut face was then imaged on an

optical microscope with incident lighting, (Brunel Microscopes Ltd, UK), to visualise the

polymer layer thickness and attachment.

4.2.4 Characterisation of Albumin Attachment

Two methods for attaching albumin to the PCL coated coupons were investigated - ad-

sorption and covalent attachment. The samples with covalently attached albumin followed

the standard protocol ‘Protocol for Covalent Attachment of Albumin’ and no soak step

was added after the final washing. For the samples with adsorbed albumin three samples

had no soak step, and three had a ten minute soak in deionised water. Coupons with a

PCL coating but no albumin were also compared.

4.2.5 Albumin Attachment Process Optimisation

Influence of Reaction Buffers

There is potential for the pH of the activation step or the albumin attachment step to

influence the quantity of albumin attached, so two different buffers were investigated for

each step. For the activation step involving EDC and NHS; PBS with a pH of 7.4 and
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MES with a pH of 5.5 were compared. PBS (pH of 7.4) and sodium phosphate buffer with

a pH of 4 were investigated for the albumin attachment step. The standard ‘Protocol for

Covalent Attachment of Albumin’ was followed with the exception of the different buffers

described above. A ten minute soak in deionised water was used after the final was step.

Influence of Sodium Hydroxide Hydrolysis Time on Albumin Attachment

Samples were generated using different hydrolysis time to see how this influences the

quantity of albumin attached. The times used were 10, 20, 30, 60 and 120 minutes plus

overnight. The standard protocol for covalent attachment of PCL was then followed, with

a 60 minute citrate buffer soak.

Influence of Time in Buffer Containing EDC and NHS on Albumin Attachment

The length of the activation step may influence the amount of albumin covalently attached

to the coupons so the time the coupons were in PBS buffer containing EDC and NHS was

varied between 30, 60 and 120 minutes. The standard protocol for covalent attachment

of PCL was otherwise used. The soak time was 60 minutes in citrate buffer.

Understanding the Influence of Time Spent in Albumin on Attachment

The standard protocol for covalent attachment of albumin to PCL was performed until

the albumin attachment step. After activation the coupons are placed in albumin so that

it can covalently attach to the PCL. The time for this step was altered to see whether

shortening the albumin time decreased the quantity of albumin attached. Following the

albumin attachment the samples were washed in deionised water and then soaked in

citrate buffer for 60 minutes.

160



Investigating Whether a One Step Method for Activation and Attachment

Improves Albumin Attachment

After hydrolysis and protonation a one step method was investigated where the samples

were placed in a mixture of EDC, NHS and albumin, as an alternative to the two step

method previously described. This provides albumin immediately after the amine-reactive

NHS ester intermediate is created. The coupons were in the combined solution for 30,

60 or 120 minutes. The standard protocol for hydrolysis, protonation and washes was

followed. After the samples had been removed for the EDC, NHS and albumin mixture

they were washed in deionised water and soaked in citrate buffer for 60 minutes.

Understanding the Temporal Effects of Soaking in Deionised Water to Remove

Adsorbed Albumin

The coupons which have covalently attached albumin also have adsorbed albumin due to

the nature of the attachment process. So albumin was adsorbed onto PCL coated coupons

to see how long it took to be removed. The samples were made with 0.04 gml−1 PCL

concentration following the standard protocol for PCL attachment described in section

4.2.2. Then the samples were placed in 15 ml of 0.2 gml−1 albumin in PBS overnight,

prior to a one minute wash in deionised water to remove the albumin solution.

Two time series were used to investigate how long coupons need to be in deionised

water to remove adsorbed albumin. The first was every 60 minutes for six hours, and the

second was every ten minutes for one hour. Coupons were scanned on the plate reader

(Spark Multimode Microplate Reader, Tecan Trading AG, Switzerland), as described later

(section 4.2.7), and then placed in deionised water for the first time interval. The coupons

were then air dried prior to rescanning on the plate reader. They were then placed in

fresh deionised water for the next time interval. The water used for each soak was also

measured to find the albumin content, the method for which is described later.
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4.2.6 Release Studies

Quantifying Albumin Detection on Coupons

Six samples were generated with covalently attached albumin, and six with adsorbed

albumin following the standard protocols in section 4.2.2. The covalent samples were

soaked in deionised water for 60 minutes after the final wash.

Albumin attachment was quantified by forced hydrolysis. The coupons were placed

in 15 ml of 0.5 M sodium hydroxide (pH 13.7), or 100mM citrate buffer (pH 5.2). 1 ml

samples were removed and replaced with fresh solution at each time point. The fluores-

cence of the albumin on the coupons before and after the forced hydrolysis was measured

following the protocol ‘Albumin Detection on Coupons’ described in section 4.2.7. Addi-

tionally the solutions were measured for absorbance and natural fluorescence as is, then

neutralised prior to OPA fluorescence measurement being taken.

Physiological Release

Samples with adsorbed or covalently attached albumin were made following the standard

protocols. Three covalent samples and three adsorbed samples were then soaked in citrate

buffer for 60 minutes, an additional three adsorbed samples were not soaked. The samples

were placed in 15 ml of PBS and left in a OLS Aqua pro shaking water bath (Grant

Instruments Ltd, UK), at 37°C, with shaking at 50 rpm for four months. Fluorescence

scans of the coupons were taken before and after elution. While the absorbance, natural

fluorescence and fluorogenic fluorescence of the solution was measured.

4.2.7 Analysis

Coupon Characterisation

Back scattered electron SEM micrographs (TM3000, Hitachi High-Technologies Corpo-

ration, Japan) were taken of coupons after printing to give an indication of the surface

roughness and particle adhesion. These were taken of faces which were in the top, bottom
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and vertical orientations during building (section 4.3 figure 4.3a).

Albumin Detection on Coupons

Dry samples were placed in black 6 well plates with the large 20x20 face upright, and

the plates were placed in the plate reader (Spark Multimode Microplate Reader, Tecan

Trading AG, Switzerland). Fluorescence Top Reading was used as albumin is naturally

fluorescent, with excitation wavelength of 290 nm and emission wavelength of 335 nm,

while the gain was 80. An area scan with a 15x15 grid of locations per well was used to

ensure the coupon could be identified within the well and to provide sufficient data points

on the coupon. Empty plates were scanned to identify the background fluorescence value

of the plate, while coupons with just PCL were scanned to find the fluorescence value of

the PCL. The coupons were scanned on both large faces. Fluorescence data was imported

into Matlab (MathWorks Corp, USA). Fluorescence values below 1000 were considered

to be background and removed while values above 1000 were assumed to be readings

taken of the coupon. The mean and standard deviation of values for each coupon were

recorded. However this gives a fluorescence value for each coupon not a quantity of

albumin attached, so a calibration is needed.

Albumin Detection in Solution

Following the release of albumin from the coupons, the albumin concentration in solution

was measured by absorbance, natural fluorescence or fluorescence with a fluorogen - here

phthaldialdehyde (OPA) used in Chapter 3. Absorbance scans were performed between

250 and 300 nm on 5 mgml−1 albumin in PBS. For fluorescence the sample was excited

at 280, 285, 290 and 295 nm, with an emission range of 325 to 355 nm. For fluorogenic

fluorescence with OPA the same excitation and emission wavelengths were used as per

gentamicin sulphate in Chapter 3, i.e. 340 and 430 nm respectively.

In order to create a dilution series for the calibration, albumin was dissolved in PBS

at a concentration of 20 mgml−1 in triplicate. This was then mixed in 50:50 ratios with
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PBS, repeatedly to create a series. For absorbance and natural fluorescence readings

100 µl was aliquoted into wells of the 96 well plate, these were measured at 280 nm for

absorbance, and the natural fluorescence was measured with emission at 290 nm and

an excitation wavelength of 335 nm. For the fluorogenic fluorescence 33 µl of solution,

33 µl of propan-2-ol, and 33 µl of OPA were aliquoted into a well of the 96 well plate,

and fluorescence scanned. Three dilution series were generated in order to have triplicate

readings. Calibration was also performed in deionised water so that the solution after

the soak, for the soak time study, could be calibrated. This followed the same method

as above but with deionised water as the solvent rather than PBS. The wavelength scans

were not repeated.

In order to calibrate the albumin in the forced released solutions dilution series were

also created for 0.5 M sodium hydroxide, and 100 mM citrate buffer. For absorbance and

natural fluorescence the method is the same as above. However for the OPA fluorescence,

the solutions were neutralised first. The sodium hydroxide solution was neutralised with

1 M HCL, while the citrate buffer solution was neutralised with 0.5 M sodium hydroxide.

33 µl of these neutralised solutions were then mixed with 33 µl of propan-2-ol, and 33 µl

of OPA in wells and the fluorescence measured.

Solution samples were measured in the same way as calibration readings. In short,

100 µl of solution was placed in a 96 well plate and absorbance and fluorescence measure-

ments taken. Then the solution was neutralised and 33 µl of neutralised solution, 33 µl of

propan-2-ol, and 33 µl of OPA were aliquoted into a well and the fluorescence measured.

Statistical Analysis

For all experiments three independent samples were generated for each variable. Statis-

tical analysis was performed using Matlab (MathWorks Corp, USA), initially one way

ANOVA testing was performed to see whether all the data had an equal mean, if they did

not then Tukey post hoc testing was performed to identify which means were statistically

different.
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4.3 Results

4.3.1 Characterisation of Uncoated Coupons

The coupons were built vertically with the large faces perpendicular to the build substrate

(figure 4.3a). SEM micrographs of the faces show a rougher surface on the vertical faces

(side view, figure 4.3c) than the top or bottom faces (figure 4.3b&d), as well as increased

particle adhesion. The bottom face has greater roughness than the top surface, with

evidence of pitting and cracks.

4.3.2 Characterisation of PCL Coating

To check whether 10 dips was an appropriate quantity, the mass of the coupon and PCL

was measured after the drying stage of each dip. The mass of PCL on the coupons

increased with each dip up to 0.0298 ± 0.0092 g after 10 dips (figure 4.4). When there

were more dips there was greater variability between the mass measurements. Although

this variability did not vary linearly with number of dips.

Different concentrations of PCL dissolved in chloroform were investigated for dip coat-

ing, with 0.02, 0.04 and 0.06 gml−1 used. The mass of the coupons before and after coating

were compared, with the mass of PCL on the coupons dipped in 0.02 gml−1 was the lowest

at 0.00108 ± 0.0013 g, while 0.06 gml−1 had the highest mass of PCL at 0.0658 ± 0.0035 g.

The coupons dipped in 0.04 gml−1 PCL had a PCL mass of 0.0276 ± 0.0006 g, which was

the lowest variation in mass.

Coupons were cut to visualise the PCL thickness by optical microscopy (figure 4.5).

The striped light coloured section at the top on the left hand samples (a,c,e,g) and at the

bottom on the right hand images (b,d,f,h) is the coupon, while the black region is air, the

translucent substance in between is the PCL. No PCL is seen on the coupon only samples

but the rough surface of the coupons can be seen. The coupons with PCL at 0.02 gml−1

have a PCL layer which is not as thick as the largest protrusions from the coupon (figure

4.5c), the layer cannot be seen on the blade exit side (figure 4.5d).
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Figure 4.3: SEM micrographs of an as built coupon at 100x magnification, a) diagram
of coupon orientation during build showing which faces SEM micrographs were taken of,
b) top view showing minimal particle adhesion, c) side view showing extensive particle
adhesion, d) bottom view (cut face) including view at 1000x magnification showing pitting
and cracking

For the 0.04 gml−1 coupons the PCL layer can be seen on both the blade entry and

exit edges (figure 4.5e&f), with some gap visible between the PCL and the coupon on

the blade exit side (figure 4.5f). The PCL layer extends beyond the coupon protrusions,

and has a similar thickness on the two images. The coupons which were dipped in PCL

at 0.06 gml−1 have visible PCL layers in both images (figure 4.5g&h), with air visible

between the coupon and the PCL on the blade exit side (figure 4.5h). The PCL layer is

not the same thickness in the two images.
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Figure 4.4: Mass of PCL after each dip of the coupons in 0.04 gml−1 PCL and chloroform
after drying. Error bars show one standard deviation, n=3

By photographing the coupons with the PCL coating (figure 4.6 it can be seen that

the 0.06 gml−1 coupons have an uneven coating of PCL. This is in agreement with the

optical microscope images.

4.3.3 Characterisation of Albumin Attachment

Comparison of Adsorbed and Covalent Attachment of Albumin to PCL

The fluorescence scans of the coupons enable a heat map of each side of each coupon to be

generated which shows the fluorescence signal at different points on the coupon surface.

Two example heat maps can be seen in figure 4.7, one for a coupon without albumin

(figure 4.7a), and one with albumin (figure 4.7b). It can be seen that the PCL gives a

non zero value of fluorescence with some variation across the coupon. While the albumin

coated coupon has areas with a larger fluorescence signal, but also some variation.

Relative frequency plots of the fluorescence signal can be used to compare the variation

in signal within a coupon (figure 4.8). It can be seen that the fluorescence values for the

coupon without albumin are over a narrow range, specifically 0 to 15,000 (figure 4.8a),

whereas the ranges for the adsorbed without the wash and covalently attached albumin

are larger from 0 to 60,000 (figures 4.8b&d). However the adsorbed albumin without

the wash has a peak in relative frequency in the range 5,000 to 10,000, whereas the
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Figure 4.5: Optical microscopy images of the cut face of the coupons coated in PCL. The
left hand column shows the edge of the face where the saw blade entered the coupon so
the PCL is close to the coupon, while the left hand column shows where the saw blade
exited the coupon so the PCL has come away from the coupon. The PCL concentration
in chloroform for dip coating were as follows: a&b) 0 gml−1, c&d) 0.02 gml−1, e&f)
0.04 gml−1, g&h) 0.06 gml−1

fluorescence values for the coupons with covalently attached albumin are spread across

the fluorescence range. The adsorbed albumin with wash step coupons (figure 4.8c) have

a larger fluorescence range than that of only PCL but lower than the other two coupon

sets.

When the mean fluorescence values of the coupons are compared (figure 4.9), the

covalently attached albumin coupons have the highest fluorescence at 19200 ± 2670, while

the PCL only coupons have the lowest at 3680 ± 1150. However there is no statistical
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a) b)

c) d)

5 mm

Figure 4.6: Image of the coupons with PCL attached. The PCL concentration in chlo-
roform for dip coating were as follows: a) 0 gml−1, b) 0.02 gml−1, c) 0.04 gml−1, d)
0.06 gml−1

Figure 4.7: Heat map of coupons showing natural fluorescence measurements with colour-
bar underneath, a) PCL only, b) PCL and albumin

difference (ANOVA and post hoc testing) between the coupons with only PCL and those

with adsorbed albumin and a 10 minute wash which have a fluorescence of 5760 ± 848.
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Figure 4.8: Relative frequency of the natural fluorescence measurement of coupon scans,
a) PCL only, b) PCL and adsorbed albumin, c) PCL and adsorbed albumin followed by
a 10 minute wash step in deionised water, d) PCL and covalently attached albumin

While the adsorbed (no wash) coupons are not statistically different from the covalent

samples with a fluorescence of 14000 ± 4990.

Quantification of Albumin in Solution

In order to calibrate to fluorescence of the albumin on the coupons with the mass of

albumin, forcing the albumin into solution was proposed. This enables the albumin to be

measured in solution and compared with known concentrations of albumin in solution.

Sodium hydroxide and a citrate buffer were explored as potential reagents for this process.

While natural fluorescence, absorbance, and fluorescence with a fluorogenic agent were

all investigated as methods of quantifying the albumin in solution.

Excitation and emission wavelength spectra of albumin dissolved in PBS enabled

the appropriate wavelengths to be chosen. The initial absorbance scan performed at
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Figure 4.9: Mean fluorescence values of coupons coated in PCL, a) without albumin, b)
with adsorbed albumin, c) with adsorbed albumin followed by a 10 minute water wash,
d) with covalently attached albumin. Error bars are one standard deviation, n=3

20 mgml−1 had an absorbance around three, so the solution was diluted to 5 mgml−1

in order to have absorbance values below two in accordance with Beer-Lambert’s Law

[418, 419]. The maximum absorbance value of 5 mgml−1 albumin was 0.820 at 280 nm.

The highest fluorescence value of 20 mgml−1 albumin was 349000, with an excitation

wavelength of 290 nm and an emission wavelength of 335 nm.

Calibration curves of albumin in sodium hydroxide and citrate buffer were generated

for absorbance and natural fluorescence without the solution being neutralised (figure

4.11a,b,d&e), and with OPA as a fluorogen where sodium hydroxide was neutralised

with hydrochloric acid, and citrate buffer was neutralised with sodium hydroxide (figure

4.11c&f). Both the calibration curves for absorbance readings had points which fit a linear

model well with R2 values of 1.00, while exponential curves were fit to the fluorescence

measurements with R2 values of 1.00 for each data set.

Prior to release there was no statistical difference between the fluorescence readings

of the coupons with adsorbed albumin at 17200 ± 2720 and 19000 ± 20500. There
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Figure 4.10: Wavelength scans to find the excitation and emission wavelengths that give
the highest values of absorbance and fluorescence. a) Absorbance spectra for PBS, and
5 mgml−1 albumin dissolved in PBS, b) fluorescence spectra for 20 mgml−1 albumin
dissolved in PBS, with different excitation wavelengths shown on different curves and
emission wavelengths along the x axis

Figure 4.11: Calibration curves for albumin in sodium hydroxide and citrate buffer. a)
absorbance of albumin in sodium hydroxide (not neutralised), b) natural fluorescence
of albumin in sodium hydroxide (not neutralised), c) fluorescence of albumin in sodium
hydroxide neutralised with hydrochloric acid, using OPA as a fluorogen. d) absorbance
readings of albumin in citrate buffer (not neutralised), b) natural fluorescence of albumin
in citrate buffer (not neutralised), c) fluorescence of albumin in citrate buffer neutralised
with sodium hydroxide, using OPA as a fluorogen. Error bars are one standard deviation,
n=3
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was also no statistical difference between the covalent coupons despite the differences in

mean fluorescence values of 128000 ± 1370 and 9940 ± 1840. However the adsorbed

samples had statistically higher fluorescence values than the covalent ones. After the

forced release of the albumin the coupons which were placed in sodium hydroxide had

coupon fluorescence values of 4660 ± 838 and 4590 ± 476. This is in the range of values

of coupons with just PCL on (figure 4.9), with no statistical differences between the three

sets of coupons (adsorbed and covalent in sodium hydroxide, and PCL only coupons).

While the coupons which had been placed in citrate buffer had values above that, with

coupons with adsorbed albumin giving a higher fluorescence reading of 7590 ± 615 while

the coupons with covalently attached albumin had a fluorescence of 6130 ± 821. All

of the fluorescence values after release were statistically lower than those before release,

however they were not statistically different from each other.

Figure 4.12: Fluorescence scans of the coupons before and after forced release with sodium
hydroxide and citrate buffer for 54 hours. Albumin was attached by adsorption or covalent
bonding. Error bars are one standard deviation, n=3

The absorbance, natural fluorescence, and fluorogenic fluorescence of the solutions

were measured and the calibration curves (figure 4.11) were used to convert these values

into concentrations of albumin in solution (figure 4.13). The highest concentration esti-

mates were from the absorbance readings, with the adsorbed albumin released by sodium
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hydroxide giving an estimate of 0.351 ± 0.026 mgml−1 at 54 hours, while adsorbed al-

bumin release by citrate buffer had an estimated concentration of 0.106 ± 0.035 mgml−1

at 54 hours, both higher than their respective covalently attached samples.

Figure 4.13: Concentration of albumin in solution in mgml−1 during forced release with
sodium hydroxide and citrate buffer. Albumin was attached by adsorption or covalent
bonding. Error bars are one standard deviation, n=3

When the absorbance measurements were used to estimate the albumin concentration

in solution the concentration increased with time for all coupon sets. For natural flu-

orescence and fluorogenic fluorescence the concentration estimate peaked at 26.5 hours

for the citrate buffer released adsorbed albumin at 0.030 ± 0.003 mgml−1 for natural

fluorescence, and 0.037 ± 0.007 mgml−1 for OPA fluorescence. These are less than

half of the value estimated with absorbance of 0.087 ± 0.031 mgml−1. The covalently

attached albumin also peaked at 26.5 hours for citrate buffer release by fluorescence mea-

surements, but at lower concentrations of 0.003 ± 0.000 mgml−1 for natural fluorescence

and 0.012 ± 0.002 mgml−1 for OPA fluorescence. Absorbance gave the highest estimate of

albumin concentration in solution while natural fluorescence gave the lowest. For citrate

buffer, the difference between concentration estimates of adsorbed and covalently attached

albumin was different between the methods. For absorbance methods the concentration of

adsorbed albumin was 1.3 to 2.3 times more than covalently attached albumin, while for
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natural fluorescence estimates this range was 6.4 to 38.5 times, fluorogenic fluorescence

multipliers were closer to absorbance at 1.8 to 3.0 times.

The values for the natural fluorescence of the solutions containing sodium hydroxide

were so low that they could not be distinguished from solution without albumin so no

concentration values are shown on the graph. This was similarly true for fluorogenic

fluorescence, with only two time points (26.5 and 54 hours) having measurable values for

adsorbed albumin in sodium hydroxide.

4.3.4 Albumin Attachment Process Optimisation

Influence of Reaction Buffers

Buffers were used to maintain the pH during the coupling process. PBS (pH of 7.4) and

MES (pH of 5.5) were used for the EDC/NHS step while PBS and sodium phosphate

buffer (pH of 4) were used for the albumin step. There was no statistical difference

between the fluorescence readings taken of the coupons using any of the combinations of

buffers with values of around 15000 for all coupons (figure 4.14).

Influence of Sodium Hydroxide Hydrolysis Time on Albumin Attachment

Comparison was made between the fluorescence of albumin on coupons with covalently

attached albumin, which had different lengths of time in sodium hydroxide for the initial

hydrolysis of the PCL. The highest fluorescence value was seen for a hydrolysis time of

60 minutes, this was 12000 ± 1680. Coupons which had been in sodium hydroxide

overnight during the albumin attachment process gave the lowest fluorescence values of

6540 ± 1270. The overall trend was an increase from 10 minutes to 60 minutes before

falling with more time (figure 4.15a).

Influence of Time in Buffer Containing EDC and NHS on Albumin Attachmen

When the time in EDC and NHS is varied the highest fluorescence measured is at 30

minutes with a value of 12000 ± 1680, which is statistically higher than fluorescence
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Figure 4.14: Fluorescence scans of coupons with covalently attached albumin using dif-
ferent buffers during the coupling process. With PBS or MES used for the EDC/NHS
step, and PBS or sodium phosphate buffer used during the albumin step. Error bars are
one standard deviation, n=3

values at 60 and 120 minutes, which are not statistically different from each other (figure

4.15b).

Understanding the Influence of Time Spent in Albumin on Attachment

Coupons placed in albumin for longer periods of time gave higher fluorescence values than

those at shorter times (figure 4.15c). With the highest fluorescence value of 12000 ± 1680

for coupons left in albumin overnight, these are statistically different from all the other

time points. While the lowest fluorescence value was seen at 10 minutes with a reading

of 5660 ± 993.

Investigating Whether a One Step Method for Activation and Attachment

Improves Albumin Attachment

As an alternative to EDC/NHS and albumin being two separate steps, they were com-

bined into one step with all three reagents in the same solution. Three reaction times

were explored for this combination (figure 4.15d) with 60 minutes giving the highest flu-
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Figure 4.15: Comparison of the fluorescence values of albumin on coupons when varying
the time of various steps in the covalent attachment of albumin to PCL. a) varying
hydrolysis time, b) varying time in EDC and NHS, c) varying time in albumin, d) varying
time in EDC, NHS and albumin all in one solution. Error bars are one standard deviation,
n=3

orescence value of 13900 ± 3910, although this was not statistically different from the

fluorescence of 12600 ± 1650 at 120 minutes. Both of these were statistically higher than

the fluorescence at 30 minutes of 7800 ± 1690.

Understanding the Temporal Effects of Soaking in Deionised Water to Remove

Adsorbed Albumin

It is clear from the albumin attachment study that washing in water removes some of the

adsorbed albumin (figure 4.9), however the time required to remove all the additionally

adsorbed albumin from the covalent samples in unknown so a wash time study was used.

Samples with adsorbed albumin were used as the base, since the quantity of covalently

attached albumin would not be known. Therefore when the fluorescence of the coupons

reaches approximately 5000 it is known there is no more albumin adsorbed onto the
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Figure 4.16: Graphs of albumin after different amounts of time soaking in water. a)
fluorescence of albumin on the coupons after each step at 60 minute intervals, b) after 10
minute intervals, c) concentration of albumin in solution after 60 minute intervals with
fresh water each step at 60 minute intervals, and d) 10 minute intervals calculated from
absorbance measurements of the solution. Error bars are one standard deviation, n=3

coupon. When the wash time steps were 60 minutes the fluorescence of the albumin on

the coupons falls from 17600 ± 3430 prior to washing to 11000 ± 894 after 60 minutes, the

values after this point were not statistically different. This was mirrored by the albumin

concentration in solution where the initial concentration of albumin in the solution used

for the first 60 minute wash step was 0.0453 ± 0.0009 mgml−1. The solutions for the

remaining time points had concentrations below 0.01 mgml−1, the highest of which was

at 180-240 minutes with a concentration of 0.0082 ± 0.0038 mgml−1.

For the 10 minute wash time intervals there was less of a step change in the fluorescence
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Figure 4.17: Calibration curves for albumin in deionised water, a) absorbance, b) natural
fluorescence, c) fluorescence with OPA. Error bars are one standard deviation, n=3

of the albumin on the coupons, although the only time point statistically different from

others was the one prior to washing as in the 60 minute interval series. This series started

with coupons with a higher fluorescence of 20200 ± 4240, after 10 minutes this was

16300 ± 3320. The lowest fluorescence after 50 minutes was 12900 ± 2360, this was a larger

but similar fluorescence change to than that seen in the 60 minute interval series. The

albumin concentration in solution during the first interval was less than half of that in the

60 minute series at 0.0207 ± 0.0082 mgml−1, while the further intervals had concentrations

below 0.01 mgml−1, mirroring the 60 minute interval series. The largest concentration of

these was at 10-20 minutes, with a concentration of 0.0065 ± 0.0048 mgml−1.

The fluorescence of the albumin on the coupons in neither series reaches the range of

coupons without albumin (∼ 5000).

4.3.5 Investigating the Release of Albumin under Physiological

Conditions

Coupon scans were taken of the samples before and after the release period (figure 4.18).

Prior to release the coupons with adsorbed albumin which were not washed had the

highest fluorescence of 19400 ± 2310, whereas the coupons with covalently attached

albumin had the lowest at 12000 ± 1670. After 128 days the fluorescence on the coupons

with adsorbed albumin without a wash had dropped by 30% to 13300 ± 1150. While

the values for the coupons with covalently attached albumin and adsorbed albumin with
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Figure 4.18: Fluorescence of coupons with albumin attached covalently and adsorbed,
before and after release in PBS for 128 days. Error bars are one standard deviation, n=3

Figure 4.19: Calibration curves for albumin in PBS, a) absorbance, b) natural fluores-
cence, c) fluorescence with OPA. Error bars are one standard deviation, n=3

a wash step were not statistically different from their respective values prior to release.

The absorbance, natural fluorescence, and fluorescence of the solution with the fluo-

rogen OPA were also measured at 16 and 128 days (table 4.1), and converted to concen-

trations using calibration curves of albumin in PBS (figure 4.19). The highest recorded

concentration was for the solution from the coupons with covalently attached albumin

at 128 days, with a concentration of 0.710 ± 0.741. For all three albumin attachment

methods, absorbance readings gave higher concentration estimates at 128 days than 16

days. However for fluorescence readings, the concentration estimates were lower at 128

days than 16 days for all except covalent measured by natural fluorescence. These values
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Table 4.1: Calculated concentrations of albumin in solution (in mgml−1) from simu-
lated physiological release by absorbance, natural fluorescence and fluorogenic release
approaches

Calculated Concentration of Albumin / mgml−1

Measurement Method Time
/ days

Covalent with
Wash

Adsorbed with
Wash

Adsorbed with-
out Wash

Absorbance
16 0.414 ± 0.313 0.111 ± 0.055 0.137 ± 0.028
128 0.710 ± 0.741 0.168 ± 0.004 0.199 ± 0.037

Natural Fluorescence
16 0.039 ± 0.040 0.020 ± 0.006 0.037 ± 0.004
128 0.064 ± 0.046 0.015 ± 0.005 0.030 ± 0.002

OPA Fluorescence
16 0.047 ± 0.046 0.024 ± 0.003 0.038 ± 0.004
128 0.023 ± 0.006 0.021 ± 0.000 0.021 ± 0.000

were also only 10% of those estimated by absorbance for covalent coupons, and between

10 and 30% for adsorbed coupons.

4.4 Discussion

Characterisation of Coupons

SEM micrographs of the coupon surfaces show the large faces, which were vertical during

building, have a higher roughness with increased particle adhesion compared to the top

and bottom faces which were horizontal during building. This increased roughness and

particle adhesion is likely to be caused by powder next to the part adhering to the part

while it is still hot after lasing [182]. In contrast there is minimal powder adhered to

the top surface as the coupons were the tallest samples built on the build plate, so no

additional powder layer was placed on top of the parts. Additionally the thermal energy

from the last lasing will be able to dissipate into the previous layers reducing the likelihood

of energy radiating into the surrounding powder melting it (figure 2.23e).

The bottom view is not an as manufactured surface, but instead where the coupon was

removed from the build plate by EDM. This allows the effects of EDM on the surface to

be seen. Evidence of pitting and cracking can be seen, but these features are at a smaller
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size scale than the adhered particles seen on the vertical faces. EDM is a non contact

machining process that uses an electrical field to locally heat the part sufficiently to cause

evaporation and therefore cut the part. This is done in a pulsed way creating a crater at

each pulse [420, 421]. Although most of the molten and evaporated material is removed

by dielectric fluid some is recast onto the surface where it is prone to cracks [422]. This

results in the pitting and cracked surface displayed.

The rough surface seen on the vertical faces has some advantages in that it provides

mechanical stability for the PCL layer on top. This is not the case for the smoother top

and bottom surfaces where evidence of PCL peeling off was seen. Additionally surface

roughness enables cell attachment, which can be beneficial in the form of human cells

such as proteoblasts, or detrimental due to the attachment of bacteria [113].

Characterisation of PCL Attachment

Various parameters can be used to control polymer thickness during the dip coating

process, including the number of dips, the concentration of polymer in the solvent, and

the withdrawal speed [423]. In this study the desire was for a coat with an even thickness,

beyond the protrusions from the surface roughness of the Ti-6Al-4V coupon, with the

purpose of reducing the risk of bacterial attachment. Although it is common to dip coat

with just a single layer of polymer [424, 425], multiple coating layers have been used to

create a thicker polymer layer [423, 426, 427, 428].

Yusoff et al found that the thickness of a PCL/hydroxyapatite coating increased with

the number of dips in a parabolic way [423], which was not seen here. This could be to

do with the different coating material, or the trend could have been obscured in this work

by the large measurement variability. Additionally the two studies had substrates with

very different surface roughness. The surface of the Ti-6Al-4V substrate that Yusoff et

coated the PCL/hydroxyapatite composite coating onto in their study was not additively

manufactured. Although the roughness was not reported there are no visible signs of

particle adhesion and the roughness was less than 10 µm in the figure. In contrast in this
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work the particles are in the 100 µm size range. Thus in the study performed by Yusoff et

al the coatings layers were predominantly only attaching to previous layers which could

lead to a reduction in coating attachment with subsequent layers, while in this study there

was a combination of PCL and Ti-6Al-4V to attach to for a large number of the layers,

which could explain the more linear trend in mass with number of dips. In both cases the

coating mass increased with the number of dips.

Increasing the PCL concentration led to increased mass of PCL on the coupons but

also greater variability in mass. Increase in mass deposited with PCL concentration has

previously been reported and attributed to increased viscosity of the suspension [423, 429].

This variability in mass was previously seen by Peñas et al when the concentration was

too high [430]. The increased viscosity led to high concentrations of polymer in certain

regions of the coupon, which can also be seen in the photographs of the coupons used in

this study (figure 4.6).

By cutting the coupons the polymer thickness can be compared against the desired

outcome of polymer extending beyond the Ti-6Al-4V protrusions, which was achieved for

the 0.04 and 0.06 gml−1 samples. An additional observation is that an indication of the

mechanical adhesion of the PCL to the coupon can also be inferred from the blade exit

images. As the blade exits the coupon, the PCL is partially melted due to the heat of

the blade, resulting in partial adhesion of the PCL onto the blade, combined with friction

between the PCL and the blade. So as the blade exits it exerts some force on the PCL,

pulling it away from the coupon. For the 0.02 gml−1 coupon the mechanical adhesion of

the PCL to the coupon is less than the force pulling it away so the PCL is not visible in

figure 4.5d. While for 0.04 and 0.06 gml−1 the PCL is visible but with some gaps between

the PCL and the coupon, which appears larger for the 0.06 gml−1 coupon. The PCL is

thicker in this region of the 0.06 gml−1 coupon than the region of the 0.04 gml−1 coupon

so the contact area with the blade would be larger, enabling the blade to exert a greater

force on the PCL which could explain the larger gap seen here. These images also show

the variability in the 0.06 gml−1 coupons discussed above between figure 4.5g and 4.5h.
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Albumin Attachment

PCL is hydrophobic and albumin is hydrophilic and thus they display different solubility

profiles. Their respective solvents are either not miscible or negligibly miscible, such that

they cannot be simultaneously dip coated onto the coupons and an alternative method for

attaching the albumin was required. Amide bond coupling using EDC/NHS has previously

been used to attach proteins to polymers and is a favourable conjugation method due to its

diversity [263, 266, 329]. Thus it was used as the coupling method here, while immersion

in albumin without surface functionalisation was used as a control. In this work basic

hydrolysis using sodium hydroxide was used to create carboxylic acid groups on the PCL,

while in other works ion irradiation has been used instead [266, 431]. Both methods are

comparable in outcome but hydrolysis requires less equipment.

Fluorescence scans of the coupons showed higher fluorescence values on coupons with

albumin than without as expected. Variations in fluorescence values were also seen across

the coupons indicating an uneven albumin coating, this was previously seen by Choi et al

for SYBR Green I labelled T4 bacteriophage EDC/NHS coupled to PCL [329]. Albumin

is a protein with 385 amino acid residues [432], only two of which are tryptophan [433]

which provides the fluorescence signal [434] for albumin. This may cause variation in

signal even if an even coating was present, although this is unlikely due to the nanometer

scale size of albumin compared to the millimeter scale distance between measurement

points on the coupons.

Covalent attachment of albumin gave the highest fluorescence values of this experi-

ment while adsorbed albumin had a lower fluorescence reading, but higher than without

albumin. This was again in agreement with results seen by Choi et al [329]. Addition-

ally the adsorbed samples which underwent a ten minute wash step had a significantly

lower fluorescence reading, suggesting only weak interactions between the albumin and

the PCL were present, such as hydrogen bonding or van der waals forces. Choi et al

found a 45 minute sonication step reduced antibacterial activity of T4 bacteriophages.

They attributed this to detachment of the T4 phages due to the initial binding only being
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weak van der Waals interactions [329].

Quantifying Albumin on Coupons

Acid and base hydrolysis were investigated as methods to cleave albumin from the coupons,

in order to quantify the albumin previously on the coupons by measuring it in solution.

The natural fluorescence of the albumin on the coupons was measured prior to immersion,

the fluorescence values were higher for the adsorbed albumin than the covalent albumin

(figure 4.13), in contrast to the coupons used to check the albumin attachment (figure

4.9). This difference may be explained by differences in the experimental protocol between

the experiments, specifically the covalent samples were not soaked in the earlier experi-

ment while they were soaked in deionised water for 60 minutes in the latter experiment.

The samples that were soaked had lower fluorescence values than those that were not,

indicating that there is albumin present on the covalent samples which is not covalently

attached, given it was removed by soaking in water. The adsorbed samples were washed

in both experiments and had similar fluorescence values.

After 54 hours of immersion the fluorescence of the albumin on the coupons was

measured again. The fluorescence of the coupons which had been in sodium hydroxide

was not statistically different from coupons without albumin, this could be because all

the albumin had been removed from the coupons. However it could also be because

the albumin had denatured, resulting in quenching of the fluorescence signal [435, 436].

Albumin is known to conform (undergo structural changes) at pH values above 8.0, while

above pH 10.0 it exists in its “A” aged conformational state [437, 438]. These denatured

states have reduced emission intensity due to quenching of the tryptophan amino acid

residues (which are responsible for the majority of the fluorescence signal [434, 435, 439])

by electron transfer from the ring or proton transfer to the ring. This results in the ring

energy ending up at a ground state, so there is no return to ground state to release the

energy that is the fluorescence [434].

The coupons which were in citrate buffer also exhibit a reduction in fluorescence values
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after immersion, however the adsorbed coupons’ fluorescence is above that of coupons

without albumin, indicating some albumin remains on the coupons. This result could be

due to some chemisorption of the albumin to the PCL which the citrate buffer is not able

to overcome during this time frame and conditions. Alternatively this could be a stronger

physisorption mechanism than those which were washed off in ten minutes in water during

the soak step of the albumin attachment experiment (figure 4.9). One mechanism which

has previously been shown to be stable over this time frame is hydrogen bonding between

the carbonyl group of PCL and amine groups of albumin [440], this is one of the strongest

forms of physisorption [441].

In addition to measuring the fluorescence changes on the coupons, the albumin in so-

lution was also measured and calibration curves used to convert the measured values into

albumin concentrations. Absorbance, intrinsic fluorescence and fluorogenic fluorescence

with OPA were all used as measurement methods, and all gave different values for albu-

min concentration. Although this does not allow corroboration of the results it enables

additional information about the samples to be explored.

The absorbance measurements gave the highest estimates of albumin concentration.

The estimated value was highest for adsorbed sodium hydroxide samples at 0.351 ± 0.026

mgml−1 for 54 hours. This correlated with the coupon scans, where these samples had

the greatest drop in fluorescence of around 12500. While covalent citrate buffer had the

lowest concentration at 54 hours of 0.067 ± 0.019 mgml−1, it also corresponds to the

lowest drop in coupon fluorescence of approximately 3800. This gives weight to the theory

that the coupon scan values after release are statistically similar to those of only PCL for

sodium hydroxide due to full release of the albumin.

Despite sodium hydroxide giving the highest estimates for concentration using ab-

sorbance, the intrinsic fluorescence readings were so low that they could not be distin-

guished from solution without albumin. It can therefore be assumed that the sodium

hydroxide is causing a denaturing of the albumin sufficient to cause complete quench-

ing of the fluorescence emission as describe above. So despite the correlation between
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absorbance estimates of concentration and the drops in fluorescence of albumin on the

coupons, the lack of intrinsic fluorescence signal of albumin in sodium hydroxide solution

gives weight to the theory that the low values of fluorescence on the coupons in sodium

hydroxide is due to denaturing of the albumin rather than complete removal of albumin

from the coupons.

Additionally the concentration estimates for citrate buffer coupons by natural fluores-

cence are lower than those from absorbance, this would indicate some quenching of the

fluorescence signal. This result is in contrast to previous work which has found albumin

at pH 5.18 to be in its “N” native form [437, 438]. An alternative explanation for these

finding is the presence of PCL attached to the albumin molecules causing the quenching.

PCL is known to undergo random hydrolytic ester scission (chain breakdown), which is

accelerated by acidic pH [442]. This enables the release of the albumin molecule from

the coupon but with a section of PCL chain attached. This PCL chain may cause the

quenching effect seen here. The covalent coupons were washed so the assumption is that

all the albumin molecules are covalently attached to the PCL, while the adsorbed coupons

were not washed so a mixture of physisorbed and chemisorbed albumin molecules may

be present. Some albumin molecules may be in solution without PCL attached and some

with, leading to some quenching but less than in the covalent coupons. This could explain

the larger differences between concentration estimates of adsorbed and covalent by nat-

ural fluorescence measurements compared to absorbance measurements where they are

quite similar.

For the absorbance estimates of albumin concentration there was a positive correlation

between time and concentration, however this was not the case for the intrinsic and

fluorogenic fluorescence measurements where the concentrations of adsorbed citrate buffer

rose to a maximum at 26.5 hours and then fell. Whereas for covalent citrate buffer

there was no clear trend in concentration with time. These relationships may be partly

explained by aggregation of albumin molecules over time [443, 444]. This aggregation

is unlikely to change the primary structure of the albumin molecules so the absorbance
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readings would be unaffected, but the close proximity of albumin molecules will increase

the probability of proton or electron transfer to and from the ring in tryptophan (which

causes the fluorescence emission), resulting in this signal being quenched for the natural

fluorescence measurement [380, 445]. This dense cluster of albumin molecules will also

restrict the ability of OPA molecules to reach the amine groups of the albumin in order

to covalently bond enabling fluorescence. So over time as the albumin aggregates the

intrinsic fluorescence and fluorogenic fluorescence decrease while the absorbance is not

affected by aggregation.

Estimated albumin concentrations from fluorescence with OPA for citrate buffer show

similar trends to with intrinsic fluorescence. While for sodium hydroxide non zero concen-

trations for adsorbed albumin are found at 26.5 and 54 hours where as none are present

under natural fluorescence. This suggests that although the albumin is sufficiently de-

natured to result in complete quenching, some amine groups are still available for OPA

attachment.

Unfortunately although estimates of albumin in solution can be made from this ex-

periment they cannot be used to calibrate the albumin on the coupons as it is unknown

whether all the albumin was successfully removed from the coupons during the experi-

ment. Although it appears all the albumin has been removed based on the fluorescence

scans of the coupons after sodium hydroxide immersion, the fluorescence of the albu-

min in sodium hydroxide solution indicates that quenching of the albumin fluorescence is

occurring at this pH.

Buffers

Phosphate buffered saline (PBS), 2-(N-morpholino)ethanesulfonic acid buffer (MES) and

sodium phosphate buffer (Na-PB) were investigated as buffers for the EDC/NHS coupling

reaction and albumin attachment process. Activation with EDC is most efficient between

pH 4.5 and 7.2, because below this pH hydrolysis occurs, and if the pH become too high it

is no longer electrophilic so it does not react [446]. Thus MES with a pH of between 5 and
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6.5 have previously been used for the EDC/NHS step [329, 447], it was used here at pH

5.5 and compared with PBS buffer at pH 7.4. However the reaction of the amine reactive

NHS ester with proteins is most efficient in the pH range of 7 to 9 [448]. Sometimes a

subisoelectric pH is used instead [449], causing the protein to become positively charged.

The isoelectric point for egg albumin is pH 4.5 [414], so sodium phosphate buffer with a

pH of 4 was compared with PBS (pH 7.4) for the albumin attachment step.

Despite using combinations of pH values which included values outside of the optimal

pH ranges no statistical difference was seen between the fluorescence values of the coupons

manufactured by the different methods. This suggests that the activation and attachment

steps can be performed at different pHs due to the contrasting benefits of these pHs.

Hydrolysis Time

Sodium hydroxide was used for alkali hydrolysis of the PCL to create carboxylic acid

groups for cross linking. Different time frames for hydrolysis were compared to find

an optimum, with 60 minutes giving the highest fluorescence value. Sun and Onneby

undertook similar experiments and found a curve fitted to their data gave an optimum

value at 40 minutes although they did not take a reading at that time point [263]. Shorter

time points result in fewer carboxyl groups and consequently less albumin attachment and

fluorescence signal [329]. While longer hydrolysis time leads to a loss of PCL due to break

down of the polymer chain by random chain scission of the ester groups [450].

Varying Time in EDC and NHS

The highest fluorescence reading came from coupons which had been in EDC and NHS

for 30 minutes suggesting that this was sufficient time for all the caboxyl groups to form

NHS-esters prior to albumin attachment. For the longer time frames the fluorescence was

lower than at 30 minutes, suggesting less albumin was attached. This reduction in protein

fluorescence with increased EDC/NHS time has previously been seen and attributed to

the half life of the NHS ester, which is in the order of an hour at this pH [451].
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A by product of EDC coupling with carboxyl groups is isourea which contains amine

groups. Given NHS-ester reacts with amine groups on proteins it is likely to react with

amine groups on isourea, so the longer the functionalised PCL is in solution with isourea

the greater chance of the NHS-esters being unavailable for albumin attachment in the

next step [446]. Additionally, the NHS ester can hydrolyse resulting in regeneration of

the carboxyl groups so EDC/NHS coupling to albumin can no longer occur [451, 452].

Varying Time in Albumin

There was a positive correlation between time in albumin and fluorescence of the albu-

min on the coupons. This result was in agreement with previous literature which found

protein surface reaction occurred rapidly in the first hour before slowing but continuing

to increase up to the 48 hours investigated [328]. This initial phase was attributed to

covalent attachment while subsequent attachment was ascribed to physisorption. This

explanation may not be sufficient to describe the work here as the citrate buffer wash

step was likely to have removed physisorbed albumin. Another study found protein at-

tachment plateaued with time when physisorbed protein was removed [261], suggesting

that the peak reached in albumin fluorescence overnight is just from covalently attached

albumin.

Varying Time in EDC, NHS and Albumin Together

Rather than the two step coupling process previously explored here, a one step process

can also be used where the protein is in the same solution as the EDC and NHS. This

method is often avoided for proteins with carboxylic acid groups and amine groups as

protein cross linking can occur between these groups due to EDC/NHS activation of the

carboxyl groups on the proteins [453]. However this crosslinking can be advantageous as it

enables more protein to attach as it is not limited by the carboxylic acid groups originally

created on the PCL. The two step process has the advantage that different buffers can

be used for the EDC/NHS step and the protein attachment step in order for each to be
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at their optimum pH [454]. Additionally, in the one step process proteins can directly

bond to the carboxylic acid groups of the hydrolysed PCL by forming hydrogen bonds,

however these are not as strong as covalent bonds and so may not enable the long term

attachment desired in this work [455].

By comparing the fluorescence value of the coupons in the one step process with those

from the albumin time study and the EDC/NHS time study a comparison can be made

between the one step and two step process. At 30 minutes the one step fluorescence was

7790 ± 1690, which is higher but not statistically different from the 30 minute albumin

fluorescence at 6680 ± 1670. The one step fluorescence at 60 minutes of 13900 ± 3910

was higher than both the 60 minute albumin fluorescence of 7650 ± 1490 and the 60

minute EDC/NHS fluorescence of 9760 ± 1160. At 120 minutes the trend continued

with fluorescence for the one step process at 12600 ± 1650, higher than 8290 ± 1260

for albumin and 9590 ± 788 for EDC/NHS time. The highest fluorescence value for

the one step process of 13900 ± 3910 is higher than the highest fluorescence using the

two step process (and the same citrate buffer wash conditions) of 12000 ± 1680, which

was in albumin overnight. This suggests that crosslinking between albumin molecules is

occurring, enabling a higher quantity of albumin to attach to the PCL.

Wash Time

In order to establish whether washing in water is sufficient to remove all the adsorbed

albumin and the time frame required, coupons with adsorbed albumin were placed in

deionised water. Adsorbed rather than covalently attached albumin was chosen for this

experiment because the fluorescence of the coupon without albumin is known, whereas the

fluorescence of only covalent albumin is unknown so it would not be possible to tell when

the baseline had been reached. Absorbance measurements of albumin in solution were

used to calculate the concentration in solution due to the challenges with fluorescence

measurements of albumin discussed above.

Ten and 60 minute time intervals were investigated with similar drops in fluorescence
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on the coupon scans seen after 60 minutes in both cases despite the repetitive drying of

the coupons in the 10 minute interval case. However neither study resulted in coupon

scan values similar to coupons without albumin, indicating some albumin remained on

the coupons even after the curves plateaued. Physisorption has previously been shown

to enable attachment of albumin onto PCL with minimal loss of protein after two days

in PBS, suggesting that even if only physisorption is holding the albumin onto the PCL

washing in water may be insufficient to remove all the adsorbed albumin [456]. So although

this method cannot fully remove the adsorbed albumin it is likely to have removed the

loosely attached albumin that would give a burst release if placed in the body.

The absorbance of the albumin in solution was used to determine the concentration

of albumin in solution, for both the 10 and 60 minute intervals the concentration value

peaked for the first time interval and then fell below 0.01 mgml−1 for all other time

intervals. This was in contrast to the coupon fluorescence where the 60 minute interval

experiment saw a step change between the initial fluorescence drop at 60 minutes and then

no further changes, while the 10 minute intervals had a incremental drop in fluorescence

with time. The albumin concentration in solution was 0.0453 ± 0.0009 mgml−1 for the

first 60 minute interval, while it was only 0.0207 ± 0.0082 mgml−1 for the first 10 minute

interval. After these initial time points the absorbance values are close to the values for

water so further information about the trend of albumin in solution cannot be established.

Although all the albumin was not removed from the coupons, a comparison between

the fluorescence scans before and after washing combined with the solution measurements

could be used to calibrate the coupon scan fluorescence values. However the solution

concentration for all time intervals except the first was not statistically higher than that

of water, such that only the first time interval could be used for the calibration. This

means that new coupons would have to be generated for each data point on the calibration

curve, producing coupons with different albumin amounts on each for this method would

be a challenge.
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Release Study

Coupons with covalent and adsorbed albumin were placed in PBS buffer for 128 days to

investigate whether the albumin was released. Prior to release, the fluorescence of the

albumin on the coupons were measured, with non washed adsorbed coupons having the

highest fluorescence in line with results seen before (figure 4.12). While washed covalent

and washed adsorbed were not statistically different, suggesting similar albumin loading

from the two methods. After release the coupons were scanned again and there was a

statistically significant drop in fluorescence value for the non washed adsorbed samples.

This follows from the wash time study where it was seen that non washed albumin released

some albumin over a short time frame (60 minutes). The washed samples did not change

significantly. These mean value increases after release are probably due to variation of

albumin coating on the coupons as seen previously (figure 4.7b). When combined with

the inconsistent placement of coupons within the well plate, which causes different points

on the coupons to be scanned, would lead to the changes in values seen.

The albumin levels were also measured in solution, where the covalent samples had the

highest mean concentration. However the standard deviation was in the same range due to

outliers so these values must be discounted. When the adsorbed samples are compared, the

washed and unwashed values have the same order of magnitude despite the differences seen

in the coupon scans. There are also differences between the absorbance and fluorescence

estimates for concentration as previously seen in the experiments to quantify the albumin

on the coupons. The concentration estimates by absorbance increase with time, while

the fluorescence measurements decrease suggesting some changes to the albumin with

time. Previous works have shown that heat and shear forces in solution generally lead to

denaturation [457]. Denaturation could lead to quenching, which would explain the drop

with time for natural fluorescence but not fluorogenic fluorescence. However it has also

been shown that heat can lead to aggregation [443, 444], which can cause quenching [380,

445], and could also reduce the ability of OPA molecules to covalently bond to amine

groups on the albumin.
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Despite the appearance of albumin in solution the levels on the coupons remain high

even after 128 days, which raises the possibility of using EDC/NHS coupling as a method

to attach proteins and therapeutics to the surface of lattices to promote bone adhesion

or prevent infection in the future.

4.5 Conclusions

The aim of this research was to develop a method to attach therapeutics to the surface of

lattices to promote bone adhesion or prevent infection. It was shown that albumin (used

as a model molecule) could be covalently attached to PCL coated on a Ti-6Al-4V coupon,

and continued to intrinsically fluoresce after four months in phosphate buffered saline at

37°C.

When the coupons were characterised by SEM it was found that the faces which were

vertical during building had a higher roughness than the top and bottom faces due to the

printing process in agreement with the literature. The bottom surface where the coupons

were removed from the build plate by EDM exhibited pitting and cracking due to the

EDM process.

The coupons were dip coated in PCL ten times with the mass measured after each

dip. It was found that the mass increased with the number of dips without reaching a

plateau. Three different concentrations of PCL in chloroform were compared with 0.06

gml−1 having a high viscocity which led to an uneven coating seen on both the photographs

of the coupons and microscope images of the cut coupons. In contrast the dip coating

with 0.02 gml−1 PCL resulted in a PCL layer that did not extend beyond the protruding

particles and rough surface of the coupon which could lead to bacterial colonisation. So

the 0.04 gml−1 concentration was chosen for the dip coating as it was sufficient to encase

the coupons while providing a more even coating than the 0.06 gml−1 solution.

Fluorescence scans were used to quantify the albumin on the coupons. It was found

than PCL gave a weak fluorescence reading while albumin gave a larger reading. However
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in neither case was the reading uniform across the coupon, although the coupons with

albumin on had a larger spread of fluorescence values than those with just PCL.

When covalent and adsorption methods of attaching albumin to PCL were compared

it was found that there was no statistical difference between the fluorescence readings

of the two methods. However, when the coupon with adsorbed albumin was soaked in

water for ten minutes the fluorescence reading decreased such that it was not statistically

different from a coupon which had not had albumin attached. This means the albumin

was not immobilised and therefore does not meet the aim of this work.

In order to quantify the amount of albumin on the coupons and calibrate the fluoresce

reading the albumin was placed into sodium hydroxide or citrate buffer in an attempt to

force the albumin off the coupons by hydrolysis. The citrate buffer was unable to remove

all the albumin from the coupons, while the sodium hydroxide quenched the fluorescence

signal so neither could be used to calibrate the fluorescence values of the coupons. How-

ever, the coupon fluorescence scans can still be used to compare the different coupons

produced during the optimisation process as there is a positive correlation between the

fluorescence values and the mass of albumin on the coupons.

The first part of the amide bond coupling process which was investigated was the

use of reaction buffers. It was found that there was no statistical difference between the

natural fluorescence of samples when EDC and NHS were in PBS at pH 7.4 or MES at

pH 5.5, nor when albumin was in PBS (pH 7.4) or sodium phosphate buffer at pH 4.

Optimisation of the amide bond coupling process found a hydrolysis time of 60 minutes,

30 minutes in EDC and NHS, and leaving the samples overnight in albumin led to the

highest natural fluorescence of albumin on the coupons from the two step attachment

process. While the one step attachment process with the coupons in EDC, NHS and

albumin for 60 minutes gave the highest fluorescence overall. Soaking the coupons in

water for 60 minutes removed some of the adsorbed albumin, increasing the time beyond

this did not result in additional release.

The immobilisation of the albumin was tested by leaving coupons in PBS for 128 days
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at 37°C. It was found that there was no statistical difference in the fluorescence values of

the coupons with covalently attached albumin before and after the release study suggesting

that amide bond coupling would be an appropriate method to attach therapeutics to the

implant surfaces to prevent infection or promote bone growth.
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CHAPTER 5

OVERALL CONCLUSIONS AND FUTURE WORK

5.1 Compression Testing of Lattices

The aim of this research was to identify lattice designs that were stronger than bone and

with sufficient void volume for a secondary drug eluting phase to be incorporated. This

was to enable their use in hip implants to treat infection where the lattice would provide

weight bearing support while the secondary phase would clear the infection. It was found

that four lattice designs had strength of at least 200 MPa and volume fractions below

0.6, so met this aim. These were BCC 350, BCCZ 350, Diamond 350 and Fluorite 250.

Additionally two lattice designs were found that were strong enough to support weight

bearing and with a stiffness in the range of cortical bone that could be used to reduce

stress shielding but the volume fractions were too high to be used for bulk drug delivery,

these were Fluorite 350 and Gyroid 250.

Continued exploration of the fundamentals of lattice failure will enable optimal lattice

designs to be created in the future. For example by comparing the effects of unit cell

size with a fixed porosity rather than fixed strut thickness. As well as using alternative

methods to determine the strut thickness or profile, for example using CT scans or setting

the lattices in resin and then bisecting struts. SEM micrographs could also be taken at

different angles to further understand the strut profiles.

The lattice rotations explored here showed the need for build and loading orientations
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to be considered separately. More configurations could be explored, for example rotating

lattices through different planes including those which incorporate struts. Build and load

orientations could be combined but in an additive way rather than in opposing ways as

performed here. It was shown that lattices could be built with struts at any angles, so

additional build and load angles could be explored. Finite element analysis to further

understand the failure modes of lattices loaded in different orientations would further the

understanding of the lattice mechanical properties.

Further types of mechanical testing such as tension, bending and fatigue testing are

necessary to validate lattices for implant applications. These tests need to include whole

implants, not just cylindrical samples. Strain energy density analysis would enable further

understanding of the failure mechanisms. Post processing, including the use of heat

treatment for stress relief, surface treatment to reduce the roughness and semi sintered

particles, and cleaning and sterilisation prior to implantation should all remain areas of

research in order to create the implants of the future.

5.2 Bulk Loading of Lattices

It was shown in chapter 3 that lattice geometry could be used to control the release of gen-

tamicin sulphate from brushite cement. Gentamicin sulphate was released in accordance

with the Korsmeyer-Peppas model. Although geometry could be used to influence the re-

lease this did not lead to predictable inhibition of Staphylococcus aureus and Pseudomonas

aeruginosa. This work shows the importance of implant geometry on release kinetics, but

more worked is needed to understand how this influences the in vivo environment.

The samples used in this chapter were cylinders 20 mm in height and 20 mm in di-

ameter and were filled with cement by casting. However if this technology is going to be

scaled up to entire implants then injection may offer a better method of filling. Phase

separation is a challenge with the current formulation and alternative formulations doped

with magnesium or silicon would need to be explored. The release profile followed the
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Korsmeyer-Peppas model rather than fickian diffusion. This is possibly due to apatite for-

mation. X-ray diffraction techniques could be used to establish whether this was the case.

Doping with pyrophosphate could be explored to reduce apatite formation. The presence

of gentamicin sulphate during the setting reaction is thought to influence the crystal struc-

ture, so loading with the therapeutic after the cement has set could be explored. Given

that brushite cement setting is not as exothermic as PMMA cement setting alternative

antibiotics or antimicrobial materials such as silver could be explored as alternatives to

gentamicin sulphate.

An alternative biomaterial with preferential loading, release and degradation proper-

ties could be explored. For example, a polymer which releases the drug by erosion, or a

hydrogel with the antibiotic encapsulated to enable a triggered release. The use of graded

lattice structures would enable the exposed surface area and volume of the cement to be

altered independently. It would also provide a greater understanding of the interaction

between the cement and the lattice under mechanical loading. In this work only an agar

diffusion assay was used to determine the antibacterial properties of the samples. In future

three dimensional techniques such as broth culture could provide greater understanding of

the antibacterial properties of the lattices. It is also important to undertake cytotoxicity

testing, and check the antibacterial and cytotoxicity results in in vivo models.

5.3 Surface Loading of Implants

Chapter 4 demonstrated a way to immobilise therapeutics onto the surface of implants.

This process was optimised to give the highest fluorescence reading of the albumin on the

coupons. However this was not calibrated, so could not be correlated with the quantity of

albumin on the coupons. Alternative methods of detecting albumin on the coupons could

be considered, as well other methods for calibrating the current method. The optimisation

could only find the optimal values within the ranges investigated so alternative ranges

should be considered, especially where the maximum was found at the end of the range.
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In this work the EDC/NHS activation time of 30 minutes was the shortest evaluated,

and the albumin attachment was highest at the longest time. Where a peak was found a

narrower range could be used to get a more precise value.

The surface roughness of the coupons influenced the PCL attachment, so the roughness

should be measured and potentially manipulated by considering the effects of implant

location and angle in the build chamber. The polymer thickness should also be measured

to establish whether it will be consistently thicker than the depth of the protrusions from

the implant surface to reduce the risk of bacterial adhesion following implantation.

Cells have poor attachment to hydrophobic surfaces such as polymers but surface

functionalisation changes the hydrophobicity so this could be analysed using contact an-

gle measurements. Hydrolysis of the PCL film creates carboxyl groups which can be

quantified with a radio-assay. Doing this before and after the albumin attachment step

would provide an estimate of potential albumin sites and then how many of them have

been used.

Steps to move towards translation include switching the coupons for lattices, switching

the albumin for appropriate proteins or therapeutics, before using growth or bacteria

studies to understand how the attachment of these actives would influence cell signalling.

Finally these devices would need to be tested in animal models. If the orientations of the

proteins is not ideal for cell signalling then alternative coupling techniques would need to

be considered. Alternatively, attachment with cleavable linkages could be used so that

the actives would be released into the surrounding tissues.

5.4 Overall Conclusions

The exploitation of additively manufactured lattices to control drug release shows promise

as a way to improve metal bone implants.

First, the mechanical properties of some additively manufactured lattices were com-

pared. It was found that four lattice designs provided sufficient compressive strength
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to support weight bearing while having a sufficient void volume for drug loading. Lat-

tice designs were found to have different failure mechanisms, and respond differently to

changes in building and loading angle, as well as changes in lattice geometry such as strut

thickness and unit cell size.

Second, brushite cement was loaded into lattices to understand whether varying geom-

etry could be used to control the release of gentamicin sulphate. The release of gentamicin

sulphate fitted the Korsmeyer-Peppas model with R2 values of at least 0.98. Varying the

lattice volume fractions altered both the release of the antibiotic and the size of the in-

hibition zones of Staphylococcus aureus. The compressive strength of the cement lattice

composites was sufficient to enable their use in bone implants.

Finally, amide bond coupling was used to attach albumin to PCL as a model for

the attachment of therapeutics on implant surfaces. The process was optimised, to find

the reaction conditions which led to the maximum immobilisation of albumin. Albumin

continued to intrinsically fluoresce on the surface after immersion for four months in

phosphate buffered saline at 37°C.

This work contributes to the understanding of the use of additive manufacturing to

improve bone implants through the use of lattices for improved mechanical performance

and drug delivery.
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polymers undergo surface erosion or bulk erosion”. In: Biomaterials 23 (21 2002),

pp. 4221–4231. issn: 01429612. doi: 10.1016/S0142-9612(02)00170-9.

[327] Amaia Cipitria et al. “Design, fabrication and characterization of PCL electrospun

scaffolds—a review”. In: Journal of Materials Chemistry 21.26 (2011), pp. 9419–

9453. issn: 09599428. doi: 10.1039/c0jm04502k.

[328] Nicole E. Zander et al. “Quantification of protein incorporated into electrospun

polycaprolactone tissue engineering scaffolds”. In: ACS Applied Materials and In-

terfaces 4 (4 2012), pp. 2074–2081. issn: 19448244. doi: 10.1021/am300045y.

[329] Inyoung Choi et al. “Polycaprolactone film functionalized with bacteriophage T4

promotes antibacterial activity of food packaging toward Escherichia coli”. In: Food

Chemistry 346 (September 2020 2021), p. 128883. issn: 18737072. doi: 10.1016/

j.foodchem.2020.128883.

[330] Vivek A.S. Ramakrishna et al. “Smart orthopaedic implants: A targeted approach

for continuous postoperative evaluation in the spine”. In: Journal of Biomechanics

104 (2020), p. 109690. issn: 18732380. doi: 10.1016/j.jbiomech.2020.109690.

[331] A. Schultz et al. “Loads on the lumbar spine. Validation of a biomechanical analysis

by measurements of intradiscal pressures and myoelectric signals”. In: Journal of

Bone and Joint Surgery - Series A 64.5 (1982), pp. 713–720. issn: 00219355. doi:

10.2106/00004623-198264050-00008.

[332] Ichiro Takahashi et al. “Mechanical load of the lumbar spine during forward bend-

ing motion of the trunk-A biomechanical study”. In: Spine 31.1 (2006), pp. 18–23.

issn: 03622436. doi: 10.1097/01.brs.0000192636.69129.fb.

[333] Antonius Rohlmann, Georg Bergmann, and Friedmar Graichen. “Loads on an in-

ternal spinal fixation device during walking”. In: Journal of Biomechanics 30.1

(1997), pp. 41–47. issn: 00219290. doi: 10.1016/S0021-9290(96)00103-0.

[334] F. Graichen, G. Bergmann, and A. Rohlmann. “Patient monitoring system for load

measurement with spinal fixation devices”. In: Medical Engineering and Physics

18.2 (1996), pp. 167–174. issn: 13504533. doi: 10.1016/1350-4533(95)00030-5.

[335] A. Rohlmann et al. “Monitoring the load on a telemeterised vertebral body re-

placement for a period of up to 65 months”. In: European Spine Journal 22.11

(2013), pp. 2575–2581. issn: 14320932. doi: 10.1007/s00586-013-3057-1.

234



[336] ISO. ISO 12189:2008. 2008.

[337] ISO 7206-6:2013. 2013.

[338] G Bergmann et al. “Realistic loads for testing hip implants”. In: Bio-medical ma-

terials and engineering 20.2 (2010), pp. 65–75. issn: 0959-2989.

[339] Z. Gorgin Karaji et al. “Additively Manufactured and Surface Biofunctionalized

Porous Nitinol”. In: ACS Applied Materials Interfaces 9 (2 2016), pp. 1293–1304.

issn: 1944-8244. doi: 10.1021/acsami.6b14026.

[340] E. Vanderleyden et al. “Gelatin functionalised porous titanium alloy implants for

orthopaedic applications”. In: Materials Science and Engineering: C 42 (2014),

pp. 396–404. issn: 09284931. doi: 10.1016/j.msec.2014.05.048.

[341] Michiel Croes et al. “A multifaceted biomimetic interface to improve the longevity

of orthopedic implants”. In: Acta Biomaterialia 110 (2020), pp. 266–279. issn:

18787568. doi: 10.1016/J.ACTBIO.2020.04.020.

[342] B Gorny et al. “In situ characterization of the deformation and failure behavior of

non-stochastic porous structures processed by selective laser melting”. In: Materials

Science Engineering A 528 (2011), pp. 7962–7967. doi: 10.1016/j.msea.2011.

07.026.

[343] Pei Yao Li et al. “Fracture and failure behavior of additive manufactured Ti6Al4V

lattice structures under compressive load”. In: Engineering Fracture Mechanics 244

(August 2020 2021). issn: 00137944. doi: 10.1016/j.engfracmech.2021.107537.

[344] Seyed Ahmadi et al. “Additively Manufactured Open-Cell Porous Biomaterials

Made from Six Different Space-Filling Unit Cells: The Mechanical and Morpho-

logical Properties”. In: Materials 8 (4 2015), pp. 1871–1896. issn: 1996-1944. doi:

10.3390/ma8041871.

[345] Sing Ying Choy et al. “Compressive properties of Ti-6Al-4V lattice structures

fabricated by selective laser melting: Design, orientation and density”. In: Additive

Manufacturing 16 (2017), pp. 213–224. issn: 2214-8604. doi: 10.1016/J.ADDMA.

2017.06.012.

[346] Jinguo Ge et al. “Microstructural features and compressive properties of SLM

Ti6Al4V lattice structures”. In: Surface and Coatings Technology 403 (August

2020), p. 126419. issn: 02578972. doi: 10.1016/j.surfcoat.2020.126419.

[347] L.J. Gibson. “The mechanical behaviour of cancellous bone”. In: Journal of Biome-

chanics 18 (5 1985), pp. 317–328. issn: 00219290. doi: 10.1016/0021-9290(85)

90287-8.

235



[348] Ruben Wauthle et al. “Revival of pure titanium for dynamically loaded porous

implants using additive manufacturing”. In: Materials Science and Engineering: C

54 (2015), pp. 94–100. issn: 0928-4931. doi: 10.1016/J.MSEC.2015.05.001.

[349] Hanna E. Burton, Sean Peel, and Dominic Eggbeer. “Reporting fidelity in the

literature for computer aided design and additive manufacture of implants and

guides”. In: Additive Manufacturing 23 (2018), pp. 362–373. issn: 2214-8604. doi:

10.1016/J.ADDMA.2018.08.027.

[350] Oraib Al-Ketan, Reza Rowshan, and Rashid K. Abu Al-Rub. “Topology-mechanical

property relationship of 3D printed strut, skeletal, and sheet based periodic metal-

lic cellular materials”. In: Additive Manufacturing 19 (2018), pp. 167–183. issn:

22148604. doi: 10.1016/j.addma.2017.12.006.

[351] Jan Wieding, Anika Jonitz, and Rainer Bader. “The effect of structural design

on mechanical properties and cellular response of additive manufactured titanium

scaffolds”. In: Materials 5 (8 2012), pp. 1336–1347. issn: 19961944. doi: 10.3390/

ma5081336.

[352] Joep de Krijger et al. “Effects of applied stress ratio on the fatigue behavior of

additively manufactured porous biomaterials under compressive loading”. In: Jour-

nal of the Mechanical Behavior of Biomedical Materials 70 (2017), pp. 7–16. issn:

18780180. doi: 10.1016/j.jmbbm.2016.11.022.

[353] Sabina Campanelli et al. “Manufacturing and Characterization of Ti6Al4V Lattice

Components Manufactured by Selective Laser Melting”. In: Materials 7 (6 2014),

pp. 4803–4822. issn: 1996-1944. doi: 10.3390/ma7064803.

[354] Ahmad Alghamdi et al. “Buckling phenomena in AM lattice strut elements: A

design tool applied to Ti-6Al-4V LB-PBF”. In: Materials Design 208 (2021),

p. 109892. issn: 0264-1275. doi: 10.1016/J.MATDES.2021.109892.

[355] Xin Shi et al. “Comparison of Compression Performance and Energy Absorption

of Lattice Structures Fabricated by Selective Laser Melting”. In: Advanced Engi-

neering Materials 22 (11 2020), pp. 1–9. issn: 15272648. doi: 10.1002/adem.

202000453.

[356] Kenichi Nakanishi et al. “Mechanical properties of the hollow-wall graphene gyroid

lattice”. In: Acta Materialia 201 (2020), pp. 254–265. issn: 13596454. doi: 10.

1016/j.actamat.2020.09.077.

[357] Lucas R. Meza et al. “Reexamining the mechanical property space of three-dimensional

lattice architectures”. In: Acta Materialia 140 (2017), pp. 424–432. issn: 13596454.

doi: 10.1016/j.actamat.2017.08.052.

236



[358] M. Smith, Z. Guan, and W.J. Cantwell. “Finite element modelling of the compres-

sive response of lattice structures manufactured using the selective laser melting

technique”. In: International Journal of Mechanical Sciences 67 (2013), pp. 28–41.

issn: 0020-7403. doi: 10.1016/j.ijmecsci.2012.12.004.

[359] Tianyu Yu et al. “Structure-property relationship in high strength and lightweight

AlSi10Mg microlattices fabricated by selective laser melting”. In: Materials Design

182 (2019), p. 108062. issn: 0264-1275. doi: 10.1016/J.MATDES.2019.108062.

[360] Holden Hyer et al. “High strength WE43 microlattice structures additively man-

ufactured by laser powder bed fusion”. In: Materialia 16 (2021), p. 101067. issn:

2589-1529. doi: 10.1016/j.mtla.2021.101067.

[361] Akshay Namdeo et al. “Tetrahedral and strut-reinforced tetrahedral microlattices:

Selectively laser melted high-strength and high-stiffness cellular metamaterials”.

In: Materials Science and Engineering: A (2022), p. 143878. issn: 09215093. doi:

10.1016/J.MSEA.2022.143878.

[362] Jin Li, Guoqiang Jiang, and Fuxin Ding. “Effects of Polymer Degradation on Drug

Release from PLGA-mPEG Microparticles: A Dynamic Study of Microparticle

Morphological and Physicochemical Properties”. In: Journal of Applied Polymer

Science 108 (2008), pp. 2458–2466. issn: 00218995. doi: 10.1002/app.27823.

[363] S.J. J. Li et al. “Influence of cell shape on mechanical properties of Ti6Al4V meshes

fabricated by electron beam melting method”. In: Acta Biomaterialia 10 (10 2014),

pp. 4537–4547. issn: 1742-7061. doi: 10.1016/J.ACTBIO.2014.06.010.

[364] Shuai Ma et al. “Mechanical behaviours and mass transport properties of bone-

mimicking scaffolds consisted of gyroid structures manufactured using selective

laser melting”. In: Journal of the Mechanical Behavior of Biomedical Materials 93

(August 2018 2019), pp. 158–169. issn: 18780180. doi: 10.1016/j.jmbbm.2019.

01.023.

[365] I Maskery et al. “Compressive failure modes and energy absorption in additively

manufactured double gyroid lattices”. In: Additive Manufacturing 16 (2017), pp. 24–

29. issn: 22148604. doi: 10.1016/j.addma.2017.04.003.

[366] A. B. Sturm, P. Visintin, and D. J. Oehlers. “Design-Oriented Solutions for the

Shear Capacity of Reinforced Concrete Beams with and without Fibers”. In: Jour-

nal of Structural Engineering 147 (6 2021), p. 04021066. issn: 0733-9445. doi:

10.1061/(asce)st.1943-541x.0003023.

[367] Lima Corporate. Delta TT Cup.

237



[368] M. Dallago et al. “The role of node fillet, unit-cell size and strut orientation on the

fatigue strength of Ti-6Al-4V lattice materials additively manufactured via laser

powder bed fusion”. In: International Journal of Fatigue 142 (June 2020 2021),

p. 105946. issn: 01421123. doi: 10.1016/j.ijfatigue.2020.105946.

[369] L Lindberg et al. “The release of gentamicin after total hip replacement using low

or high viscosity bone cement A prospective, randomized study”. In: International

Orthopaedics (SICOT) 15 (1991), pp. 305–309. issn: 14325195. doi: 10.1007/

BF00186866.

[370] H. Wahlig et al. “Pharmacokinetic study of gentamicin-loaded cement in total

hip replacements. Comparative effects of varying dosage”. In: Journal of Bone

and Joint Surgery - Series B 66 (2 1984), pp. 175–179. issn: 0301620X. doi:

10.1302/0301-620x.66b2.6707051.

[371] C. Torholm et al. “Total hip joint arthroplasty with gentamicin-impregnated ce-

ment. A clinical study of gentamicin excretion kinetics”. In: Clinical Orthopaedics

and Related Research NO. 181 (181 1983), pp. 99–106. issn: 0009921X. doi: 10.

1097/00003086-198312000-00014.

[372] Jia Lv et al. “Enhanced angiogenesis and osteogenesis in critical bone defects

by the controlled release of BMP-2 and VEGF: Implantation of electron beam

melting-fabricated porous Ti 6 Al 4 V scaffolds incorporating growth factor-doped

fibrin glue”. In: Biomedical Materials (Bristol) 10 (3 2015). issn: 1748605X. doi:

10.1088/1748-6041/10/3/035013.

[373] J. Van Der Stok et al. “Full regeneration of segmental bone defects using porous ti-

tanium implants loaded with BMP-2 containing fibrin gels”. In: European Cells and

Materials 29 (2015), pp. 141–154. issn: 14732262. doi: 10.22203/eCM.v029a11.

[374] Maria Rosa Virto et al. “Improvement of gentamicin poly(d,l-lactic-co-glycolic

acid) microspheres for treatment of osteomyelitis induced by orthopedic proce-

dures”. In: Biomaterials 28 (5 2007), pp. 877–885. issn: 01429612. doi: 10.1016/

j.biomaterials.2006.09.045.

[375] Marc Roth. “Fluorescence Reaction for Amino Acids”. In: Analytical Chemistry

43 (7 1971), pp. 880–882. issn: 15206882. doi: 10.1021/ac60302a020.

[376] Wayne Nishio Ayre. “Novel approaches to the development of PMMA bone ce-

ment”. PhD thesis. Cardiff, 2013.

[377] European Medicines Agency EMA. ICH Topic Q 2 (R1) Validation of Analytical

Procedures: Text and Methodology. 1995.

238



[378] Shih Ming Liu et al. “In vitro evaluation of calcium phosphate bone cement com-

posite hydrogel beads of cross-linked gelatin-alginate with gentamicin-impregnated

porous scaffold”. In: Pharmaceuticals 14 (10 2021), p. 1000. issn: 14248247. doi:

10.3390/ph14101000.

[379] Suchitra S. Sampath and Dennis H. Robinson. “Comparison of new and existing

spectrophotometric methods for the analysis of tobramycin and other aminogly-

cosides”. In: Journal of Pharmaceutical Sciences 79 (5 1990), pp. 428–431. issn:

15206017. doi: 10.1002/jps.2600790514.

[380] Lei Long et al. “Effects of Human Serum Albumin on the Fluorescence Intensity

and Tumor Imaging Properties of IR-780 Dye”. In: Photochemistry and Photobi-

ology 98 (4 2022), pp. 935–944. issn: 17511097. doi: 10.1111/php.13547.

[381] Knauer. Determination of Amino acids by UHPLC with automated OPA- Deriva-

tization by the Autosampler. 2012.

[382] Jonathan Ernest Lacy. “Analytical and chromatographic studies on aminoglycoside

antibiotics”. PhD thesis. University of Bath, 1984.

[383] Ali Taha Saleh, Lee Siew Ling, and Rafaqat Hussain. “Injectable magnesium-doped

brushite cement for controlled drug release application”. In: Journal of Materials

Science 51 (16 2016), pp. 7427–7439. issn: 15734803. doi: 10.1007/s10853-016-

0017-2.

[384] Marc Bohner et al. “Control of gentamicin release from a calcium phosphate cement

by admixed poly(acrylic acid)”. In: Journal of Pharmaceutical Sciences 89 (10

2000), pp. 1262–1270. issn: 00223549. doi: 10.1002/1520- 6017(200010)89:

10<1262::AID-JPS4>3.0.CO;2-7.

[385] M. R. Virto et al. “Gentamicin release from modified acrylic bone cements with

lactose and hydroxypropylmethylcellulose”. In: Biomaterials 24 (1 2003), pp. 79–

87. issn: 01429612. doi: 10.1016/S0142-9612(02)00254-5.

[386] Susana Torrado, Paloma Frutos, and Gloria Frutos. “Gentamicin bone cements:

characterisation and release (in vitro and in vivo assays)”. In: International Journal

of Pharmaceutics 217 (1-2 2001), pp. 57–69. issn: 0378-5173. doi: 10.1016/S0378-

5173(01)00587-7.

[387] AS Baker and LW Greenham. “Release of gentamicin from acrylic bone cement.

Elution and diffusion studies”. In: Journal of Bone and Joint Surgery 70.10 (1988),

pp. 1551–1557.

239



[388] M. Bohner et al. “Effect of several additives and their admixtures on the physico-

chemical properties of a calcium phosphate cement”. In: Journal of Materials

Science: Materials in Medicine 11 (2 2000), pp. 111–116. issn: 09574530. doi:

10.1023/A:1008997118576.

[389] R O’Neill et al. “Critical review: Injectability of calcium phosphate pastes and

cements”. In: Acta biomaterialia 50 (2017), pp. 1–19. issn: 0793-0283. doi: 10.

1515/hc.2006.12.5.300.

[390] Elisa Boanini et al. “Synthesis and Hydrolysis of Brushite (DCPD): The Role of

Ionic Substitution”. In: Crystal Growth & Design 21 (2021), pp. 1689–1697. doi:

10.1021/acs.cgd.0c01569.

[391] LM Grover et al. “In vitro ageing of brushite calcium phosphate cement”. In:

Biomaterials 24 (23 2003), pp. 4133–4141. issn: 01429612. doi: 10.1016/S0142-

9612(03)00293-X.

[392] Y. N. Tan et al. “Controlling degradation in calcium phosphate cements”. In:

Advances in Applied Ceramics 110 (8 2011), pp. 457–463. issn: 17436753. doi:

10.1179/1743676111Y.0000000034.

[393] E. Vorndran et al. “Ready-to-use injectable calcium phosphate bone cement paste

as drug carrier”. In: Acta Biomaterialia 9 (12 2013), pp. 9558–9567. doi: 10.1016/

j.actbio.2013.08.009.

[394] Ruth Meißner et al. “Bioprinted 3D calcium phosphate scaffolds with gentamicin

releasing capability”. In: Ceramics International 45 (6 2019), pp. 7090–7094. issn:

02728842. doi: 10.1016/j.ceramint.2018.12.212.

[395] JACKSON GG RUBENIS M KOZIJ VM. “LABORATORY STUDIES ON GEN-

TAMICIN.” In: Antimicrobial Agents and Chemotherapy 161 (1963), pp. 153–156.

[396] U. Joosten et al. “Evaluation of an in situ setting injectable calcium phosphate

as a new carrier material for gentamicin in the treatment of chronic osteomyelitis:

Studies in vitro and in vivo”. In: Biomaterials 25 (18 2004), pp. 4287–4295. issn:

01429612. doi: 10.1016/j.biomaterials.2003.10.083.

[397] Carl W. Norden and Elizabeth Kennedy. “Experimental osteomyelitis. I. A de-

scription of the model”. In: Journal of Infectious Diseases 122 (5 1970), pp. 410–

418. issn: 15376613. doi: 10.1093/infdis/122.5.410.

[398] Wenge Jiang et al. “Biomimetically triggered inorganic crystal transformation by

biomolecules: A new understanding of biomineralization”. In: Journal of Physical

Chemistry B 113 (31 2009), pp. 10838–10844. issn: 15206106. doi: 10.1021/

jp904633f.

240



[399] G. Cama et al. “Tailoring brushite for in situ setting bone cements”. In: Materials

Chemistry and Physics 130 (3 2011), pp. 1139–1145. issn: 02540584. doi: 10.

1016/j.matchemphys.2011.08.047.

[400] A. Valero et al. “Modelling the growth boundaries of Staphylococcus aureus: Effect

of temperature, pH and water activity”. In: International Journal of Food Microbi-

ology 133 (1-2 2009), pp. 186–194. issn: 01681605. doi: 10.1016/j.ijfoodmicro.

2009.05.023.

[401] Haluk Beyenal, Suet Nee Chen, and Zbigniew Lewandowski. “The double substrate

growth kinetics of Pseudomonas aeruginosa”. In: Enzyme and Microbial Technology

32 (2003), pp. 92–98. issn: 0141-0229. doi: 10.1016/S0141-0229(02)00246-6.

[402] M. Seto and K. Misawa. “Growth rate, biomass production and carbon balance of

Pseudomonas aeruginosa in a glucose-limited medium at temperature and osmotic

pressure extremes.” In: Japanese Journal of Ecology 32 (3 1982), pp. 365–371. issn:

00215007. doi: 10.18960/seitai.32.3_365.

[403] Masoumeh Haghbin-Nazarpak et al. “Preparation, characterization and gentamicin

sulfate release investigation of biphasic injectable calcium phosphate bone cement”.

In: Ceramics - Silikaty 54 (4 2010), pp. 334–340. issn: 08625468.

[404] E. P. Lautenschlager et al. “Mechanical strength of acrylic bone cements impreg-

nated with antibiotics”. In: Journal of Biomedical Materials Research 10 (6 1976),

pp. 837–845. issn: 10974636. doi: 10.1002/jbm.820100603.

[405] E. P. Lautenschlager et al. “Mechanical properties of bone cements containing large

doses of antibiotic powders”. In: Journal of Biomedical Materials Research 10 (6

1976), pp. 929–938. issn: 10974636. doi: 10.1002/jbm.820100610.

[406] Russell C. Nelson, Richard O. Hoffman, and Thomas A. Burton. “The Effect of

Antibiotic Additions on the Mechanical Properties of Acrylic Cement”. In: Journal

of Biomedical Materials Research 12 (4 1978), pp. 473–490. issn: 16609336. doi:

10.1002/jbm.820120403.

[407] Brian Salazar et al. “Polymer lattice-reinforcement for enhancing ductility of con-

crete”. In: Materials and Design 196 (2020), p. 109184. issn: 18734197. doi: 10.

1016/j.matdes.2020.109184.

[408] Wenfeng Hao, Junwei Liu, and Humaira Kanwal. “Compressive properties of ce-

mentitious composites reinforced by 3D printed PA 6 lattice”. In: Polymer Testing

117 (October 2022 2023), p. 107811. issn: 01429418. doi: 10.1016/j.polymertesting.

2022.107811.

241



[409] Jessica A. Rosewitz, Habibeh Ashouri Choshali, and Nima Rahbar. “Bioinspired

design of architected cement-polymer composites”. In: Cement and Concrete Com-

posites 96 (February 2019 2019), pp. 252–265. issn: 09589465. doi: 10.1016/j.

cemconcomp.2018.12.010.

[410] M. R. Bambach et al. “Hollow and concrete filled steel hollow sections under trans-

verse impact loads”. In: Engineering Structures 30 (10 2008), pp. 2859–2870. issn:

01410296. doi: 10.1016/j.engstruct.2008.04.003.

[411] Mohammad Yousuf et al. “Transverse impact resistance of hollow and concrete

filled stainless steel columns”. In: Journal of Constructional Steel Research 82

(2013), pp. 177–189. issn: 0143974X. doi: 10.1016/j.jcsr.2013.01.005.

[412] Yong Ye et al. “Experimental behaviour of concrete-filled steel tubular members

under lateral shear loads”. In: Journal of Constructional Steel Research 122 (2016),

pp. 226–237. issn: 0143974X. doi: 10.1016/j.jcsr.2016.03.012.

[413] Yu Wang et al. “Experimental behavior of cement filled pipe-in-pipe composite

structures under transverse impact”. In: International Journal of Impact Engineer-

ing 72 (2014), pp. 1–16. issn: 0734743X. doi: 10.1016/j.ijimpeng.2014.05.004.

[414] Ramin Raoufinia et al. “Overview of albumin and its purification methods”. In:

Advanced Pharmaceutical Bulletin 6 (4 2016), pp. 495–507. issn: 22517308. doi:

10.15171/apb.2016.063.

[415] Sandeep J Sonawane, Rahul S Kalhapure, and Thirumala Govender. “Hydrazone

linkages in pH responsive drug delivery systems”. In: European Journal of Phar-

maceutical Sciences 99 (2017), pp. 45–65. issn: 18790720. doi: 10.1016/j.ejps.

2016.12.011.

[416] Micha l G. Nowak, Andrzej S. Skwarecki, and Maria J. Milewska. “Amino Acid

Based Antimicrobial Agents – Synthesis and Properties”. In: ChemMedChem 16.23

(2021), pp. 3513–3544. issn: 18607187. doi: 10.1002/cmdc.202100503.

[417] Nicole K. Brogden and Kim A. Brogden. “Will new generations of modified an-

timicrobial peptides improve their potential as pharmaceuticals?” In: International

Journal of Antimicrobial Agents 38 (3 2011), pp. 217–225. issn: 18727913. doi:

10.1016/j.ijantimicag.2011.05.004.

[418] Beer. “Bestimmung der Absorption des rothen Lichts in farbigen Flüssigkeiten”.

In: Annalen der Physik 162 (5 1852), pp. 78–88. issn: 0003-3804. doi: 10.1002/

andp.18521620505.

[419] Johann Heinrich Lambert. Photometria sive de mensura et gradibus luminis, colo-

rum et umbrae. sumptibus vidvae E. Klett, typis CP Detleffsen, 1760.

242



[420] Amin Razeghiyadaki et al. “Modeling of material removal rate and surface rough-

ness generated during electro-discharge machining”. In: Machines 7 (2 2019), pp. 1–

17. issn: 20751702. doi: 10.3390/machines7020047.

[421] Neeraj Ahuja, Uma Batra, and Kamal Kumar. “Experimental Investigation and

Optimization of Wire Electrical Discharge Machining for Surface Characteristics

and Corrosion Rate of Biodegradable Mg Alloy”. In: Journal of Materials Engi-

neering and Performance 29 (6 2020), pp. 4117–4129. issn: 15441024. doi: 10.

1007/s11665-020-04905-8.

[422] J. W. Murray and A. T. Clare. “Repair of EDM induced surface cracks by pulsed

electron beam irradiation”. In: Journal of Materials Processing Technology 212 (12

2012), pp. 2642–2651. issn: 09240136. doi: 10.1016/j.jmatprotec.2012.07.018.

[423] Mohd Faiz Mohd Yusoff et al. “Dipcoating of poly (-caprolactone)/hydroxyapatite

composite coating on Ti6Al4V for enhanced corrosion protection”. In: Surface and

Coatings Technology 245 (2014), pp. 102–107. issn: 02578972. doi: 10.1016/j.

surfcoat.2014.02.048.

[424] Carolina Cruz Ferreira et al. “Improvement of titanium corrosion resistance by

coating with poly-caprolactone and poly-caprolactone/titanium dioxide: Potential

application in heart valves”. In: Materials Research 20 (2017), pp. 126–133. issn:

15161439. doi: 10.1590/1980-5373-MR-2017-0425.

[425] Anita Ioana Visan et al. “Long-term evaluation of dip-coated PCL-blend-PEG

coatings in simulated conditions”. In: Polymers 12 (3 2020), p. 717. issn: 20734360.

doi: 10.3390/polym12030717.

[426] Zhihui Zhang et al. “Adhesion and corrosion resistance of polycaprolactone coating

on NiTi alloy surface after alkali heat pretreatment”. In: Biosurface and Biotribol-

ogy 8 (4 2022), pp. 307–314. issn: 24054518. doi: 10.1049/bsb2.12051.

[427] Julia Matena et al. “Comparison of selective laser melted titanium and magnesium

implants coated with PCL”. In: International Journal of Molecular Sciences 16 (6

2015), pp. 13287–13301. issn: 14220067. doi: 10.3390/ijms160613287.

[428] Michael Grau et al. “In vitro evaluation of PCL and P(3HB) as coating materials

for selective laser melted porous titanium implants”. In: Materials 10 (12 2017),

p. 1344. issn: 19961944. doi: 10.3390/ma10121344.

[429] Ding Fwu Lii et al. “Formation of BN films on carbon fibers by dip-coating”. In:

Surface and Coatings Technology 150 (2-3 2002), pp. 269–276. issn: 02578972. doi:

10.1016/S0257-8972(01)01539-0.

243
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APPENDIX A

LATTICE SAMPLES

a) Fluorite 350 b) Gyroid 100

Figure A.1: SEM micrographs of a) Fluorite 350 to show that the struts are sufficiently
thick to have created a closed cell structure and b) Gyroid 100 showing the uneven wall
thickness making measurement challenging



Table A1: Table of sample parameters for unit cell comparison study

Sample Name Unit Cell Unit Cell
Length /
mm

Designed
Strut Thick-
ness /µm

Sample
Height /mm

Sample Di-
ameter /mm

Compression Tester Design Vol-
ume Fraction
/%

BCC 150 BCC 1 150 15 12 Universal 9.3
BCC 250 BCC 1 250 15 12 Universal 23.7
BCC 350 BCC 1 350 15 12 ESH 44.7
BCCZ 150 BCCZ 1 150 15 12 Universal 10.8
BCCZ 250 BCCZ 1 250 15 12 Universal 27.7
BCCZ 350 BCCZ 1 350 15 12 ESH 51.1
Cubic 150 Cubic 1 150 15 12 Universal 4.3
Cubic 250 Cubic 1 250 15 12 Universal 11.5
Cubic 350 Cubic 1 350 15 12 Universal 21.6
Diamond 150 Diamond 1 150 15 12 Universal 9.7
Diamond 250 Diamond 1 250 15 12 Universal 25.6
Diamond 350 Diamond 1 350 15 12 ESH 46.1
Fluorite 150 Fluorite 1 150 15 12 Universal 17.9
Fluorite 250 Fluorite 1 250 15 12 ESH 44.0
Fluorite 350 Fluorite 1 350 15 12 ESH 92.3
Gyroid 60 Gyroid 1 60 15 12 ESH 19.3
Gyroid 100 Gyroid 1 100 15 12 ESH 32.3
Gyroid 150 Gyroid 1 150 15 12 ESH 48.8
Gyroid 200 Gyroid 1 200 15 12 ESH 65.9
Gyroid 250 Gyroid 1 250 15 12 ESH 83.9
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Table A2: Sample parameters for study of the influence of build rotation on compressive strength

BCCZ Z Strut Orientation
Sample Name Unit Cell

Length /
mm

Designed
Strut Thick-
ness /µm

Sample Size /
mm

Compression Tester Design Vol-
ume Fraction
/%

During Build
/°

During Com-
pression /°

BCCZ 0 1 250 H 15, D 12 Universal 27.7 0 0
BCCZ 10 1 250 H 15, D 12 Universal 27.7 10 0
BCCZ 20 1 250 H 15, D 12 Universal 27.7 20 0
BCCZ 30 1 250 H 15, D 12 Universal 27.7 30 0
Diamond 0 1 250 H 15, D 12 Universal 25.6 0 0
Diamond 10 1 250 H 15, D 12 Universal 25.6 10 0
Diamond 20 1 250 H 15, D 12 Universal 25.6 20 0
Diamond 30 1 250 H 15, D 12 Universal 25.6 30 0
Gyroid 0 1 150 H 15, D 12 ESH 48.8 0 0
Gyroid 10 1 150 H 15, D 12 ESH 48.8 10 0
Gyroid 20 1 150 H 15, D 12 ESH 48.8 20 0
Gyroid 30 1 150 H 15, D 12 ESH 48.8 30 0
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Table A3: Sample parameters for study of the influence of load rotation on compressive strength

BCCZ Z Strut Orientation
Sample Name Unit Cell

Length /
mm

Designed
Strut Thick-
ness /µm

Sample Size /
mm

Compression Tester Design Vol-
ume Fraction
/%

During Build
/°

During Com-
pression /°

BCCZ 0 1 250 H 15, D 12 Universal 27.7 0 0
BCCZ 10 1 250 H 15, D 12 Universal 27.8 0 10
BCCZ 20 1 250 H 15, D 12 Universal 27.8 0 20
BCCZ 30 1 250 H 15, D 12 Universal 27.9 0 30
Diamond 0 1 250 H 15, D 12 Universal 25.6 0 0
Diamond 10 1 250 H 15, D 12 Universal 28.5 0 10
Diamond 20 1 250 H 15, D 12 Universal 27.5 0 20
Diamond 30 1 250 H 15, D 12 Universal 27.3 0 30
Gyroid 0 1 150 H 15, D 12 ESH 48.5 0 0
Gyroid 10 1 150 H 15, D 12 ESH 48.6 0 10
Gyroid 20 1 150 H 15, D 12 ESH 48.6 0 20
Gyroid 30 1 150 H 15, D 12 ESH 48.6 0 30

250



Table A4: Sample parameters for study of the influence of both build and load rotation combined on compressive strength

BCCZ Z Strut Orientation
Sample Name Unit Cell

Length /
mm

Designed
Strut Thick-
ness /µm

Sample Size /
mm

Compression Tester Design Vol-
ume Fraction
/%

During Build
/°

During Com-
pression /°

BCCZ 0 1 250 H 15, D 12 Universal 27.7 0 0
BCCZ 10 1 250 H 15, D 12 Universal 27.8 10 10
BCCZ 20 1 250 H 15, D 12 Universal 27.8 20 20
BCCZ 30 1 250 H 15, D 12 Universal 27.9 30 30
BCCZ 45 1 250 H 15, D 12 Universal 28.0 45 45
BCCZ 90 1 250 H 15, D 12 Universal 27.2 90 90
Diamond 0 1 250 H 15, D 12 Universal 25.6 0 0
Diamond 10 1 250 H 15, D 12 Universal 28.5 10 10
Diamond 20 1 250 H 15, D 12 Universal 27.5 20 20
Diamond 30 1 250 H 15, D 12 Universal 27.3 30 30
Diamond 45 1 250 H 15, D 12 Universal 28.9 45 45
Diamond 90 1 250 H 15, D 12 Universal 28.4 90 90
Gyroid 0 1 150 H 15, D 12 ESH 48.5 0 0
Gyroid 10 1 150 H 15, D 12 ESH 48.6 10 10
Gyroid 20 1 150 H 15, D 12 ESH 48.6 20 20
Gyroid 30 1 150 H 15, D 12 ESH 48.6 30 30
Gyroid 45 1 150 H 15, D 12 ESH 48.6 45 45
Gyroid 90 1 150 H 15, D 12 ESH 48.5 90 90
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Table A5: Sample parameters for study of the influence of unit cell size on compressive
strength

Sample
Name

Unit
Cell
Length
/mm

Designed
Strut Thick-
ness /µm

Sample Size
/mm

Compression
Tester

Design
Volume
Fraction
/%

BCCZ 1.0 1.0 250 H 20, D 20 ESH 27.4
BCCZ 1.5 1.5 250 H 20, D 20 Universal 13.1
BCCZ 2.0 2.0 250 H 20, D 20 Universal 7.5
Diamond 1.0 1.0 250 H 20, D 20 Universal 7.9
Diamond 1.5 1.5 250 H 20, D 20 Universal 3.6
Diamond 2.0 2.0 250 H 20, D 20 Universal 2.1
Gyroid 1.0 1.0 150 H 20, D 20 ESH 48.4
Gyroid 1.5 1.5 200 H 20, D 20 ESH 48.6
Gyroid 2.0 2.0 250 H 20, D 20 ESH 48.6

Table A6: Measured volume fraction and strut thickness

Sample Name Design
Volume
Fraction
/%

Measured
Volume Frac-
tion by Mass
/%

Measured
Volume
Fraction by
Archimedes
/%

Designed
Strut
Thick-
ness
/µm

Measured
Top View
Strut Thick-
ness /µm

BCC 150 9.3 17.0 ± 0.1 17.2 ± 0.2 150 183 ± 20
BCC 250 23.7 35.4 ± 0.2 35.7 ± 0.3 250 253 ± 28
BCC 350 44.7 56.6 ± 0.2 57.1 ± 0.2 350 362 ± 33
BCCZ 150 10.8 18.3 ± 0.1 18.6 ± 0.1 150 176 ± 27
BCCZ 250 27.7 37.8 ± 0.1 38.1 ± 0.4 250 250 ± 29
BCCZ 350 51.1 58.3 ± 0.1 58.8 ± 0.4 350 350 ± 46
Cubic 150 4.3 8.0 ± 0.0 8.3 ± 0.1 150 157 ± 25
Cubic 250 11.5 17.1 ± 0.2 17.3 ± 0.2 250 230 ± 27
Cubic 350 21.6 27.1 ± 0.1 27.3 ± 0.2 350 324 ± 47
Diamond 150 9.7 17.0 ± 0.1 17.3 ± 0.2 150 168 ± 25
Diamond 250 25.6 35.1 ± 0.1 35.6 ± 0.4 250 230 ± 29
Diamond 350 46.1 55.3 ± 0.1 55.9 ± 0.3 350 350 ± 45
Fluorite 150 17.9 31.6 ± 0.4 32.2 ± 0.9 150 165 ± 32
Fluorite 250 44.0 58.6 ± 0.5 69.8 ± 2.4 250 235 ± 52
Fluorite 350 92.3 89.8 ± 0.2 92.2 ± 0.2 350
Gyroid 60 19.3 34.2 ± 0.1 34.2 ± 0.2 60
Gyroid 100 32.3 47.5 ± 0.3 48.1 ± 0.3 100
Gyroid 150 48.8 64.2 ± 0.3 65.4 ± 0.5 150
Gyroid 200 65.9 80.1 ± 0.3 85.4 ± 1.4 200
Gyroid 250 83.9 92.1 ± 0.3 95.5 ± 0.4 250



Table A7: Measured strut thickness of struts at different angles from the top view

Strut Miller
Index

Angle to vertical
/°

Mean / µm

<111> 35.3 235 ± 26
<111> 37.9 240 ± 45
<111> 42.3 240 ± 40
<111> 48.0 253 ± 44
<111> 54.7 255 ± 34
<111> 62.1 242 ± 39
<111> 69.8 252 ± 43
<111> 77.8 258 ± 45
[001] 90.0 213 ± 43

Table A8: Measured strut thickness of struts at different angles from the right view

Strut Miller
Index

Angle to vertical
/°

Angle to vertical
in plane /°

Mean / µm

[001] 0.0 0.0 330 ± 77
[001] 10.0 0.0 260 ± 36
[001] 20.0 0.0 233 ± 42
[001] 30.0 0.0 265 ± 47
<111> 37.9 36.2 332 ± 114
<111> 42.3 38.0 330 ± 65
[001] 45.0 0.0 255 ± 46
<111> 48.0 40.8 352 ± 66
<111> 54.7 45.0 333 ± 59
<111> 62.1 51.0 347 ± 66
<111> 69.8 59.1 338 ± 63
<111> 77.8 69.9 372 ± 81
<111> 90.0 90.0 254 ± 52
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Table A9: Measured strut thickness of struts at different angles from the back view

Strut Miller
Index

Angle to vertical
/°

Angle to vertical
in plane /°

Mean / µm

[001] 0.0 0 281 ± 69
[001] 10.0 10 218 ± 31
[001] 20.0 20 224 ± 43
[001] 30.0 30 176 ± 45
<111> 35.3 0 265 ± 40
<111> 37.9 15 247 ± 41
<111> 42.3 25 265 ± 50
<111> 48.0 35 296 ± 51
<111> 54.7 45 335 ± 65
<111> 62.1 55 384 ± 50
<111> 69.8 65 395 ± 58
<111> 77.8 75 416 ± 58
[001] 90.0 90 398 ± 31
<111> 90.0 90 387 ± 60

Table A10: 0.2% offset stress and Young’s Modulus values for compression testing of unit
cell comparison samples

Sample Name Offset stress / MPa Young’s Modulus / GPa

BCC 150 9.5 ± 7.3 0.36 ± 0.01
BCC 250 103.3 ± 1.0 2.35 ± 0.03
BCC 350 257.0 ± 10.6 8.10 ± 0.69
BCCZ 150 15.6 ± 13.0 0.78 ± 0.06
BCCZ 250 154.3 ± 3.2 3.02 ± 0.07
BCCZ 350 364.8 ± 6.6 9.62 ± 0.46
Cubic 150 2.5 ± 0.1 0.09 ± 0.00
Cubic 250 20.9 ± 1.4 0.70 ± 0.05
Cubic 350 59.4 ± 1.4 1.83 ± 0.06
Diamond 150 26.8 ± 0.7 0.85 ± 0.04
Diamond 250 110.6 ± 1.8 2.63 ± 0.08
Diamond 350 269.9 ± 13.9 7.31 ± 0.93
Fluorite 150 68.7 ± 4.0 2.00 ± 0.14
Fluorite 250 305.5 ± 11.7 8.93 ± 1.76
Fluorite 350 934.4 ± 20.4 17.18 ± 0.11
Gyroid 60 109.5 ± 5.0 3.36 ± 0.18
Gyroid 100 183.3 ± 9.4 3.12 ± 0.11
Gyroid 150 358.8 ± 9.5 9.14 ± 0.86
Gyroid 200 563.4 ± 10.2 13.39 ± 0.45
Gyroid 250 994.9 ± 18.2 18.97 ± 0.35
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Table A11: 0.2% offset stress and Young’s Modulus values for compression testing of lattice at different rotations

Build Rotate Load Rotate Combined Rotate
Unit Cell Angle

/°
Offset Stress
/ MPa

Yield Stress
/ GPa

Offset Stress
/ MPa

Yield Stress
/ GPa

Offset Stress
/ MPa

Yield Stress
/ GPa

BCCZ 0 154.3 ± 3.2 3.02 ± 0.07 154.3 ± 3.2 3.02 ± 0.07 154.3 ± 3.2 3.02 ± 0.07
BCCZ 10 115.2 ± 3.7 2.86 ± 0.14 145.2 ± 7.6 3.25 ± 0.17 132.6 ± 2.6 2.98 ± 0.39
BCCZ 20 116.0 ± 5.9 3.13 ± 0.11 141.4 ± 1.7 3.19 ± 0.05 136.5 ± 2.9 3.18 ± 0.30
BCCZ 30 120.5 ± 2.7 3.01 ± 0.03 138.1 ± 1.8 3.45 ± 0.03 127.4 ± 2.8 3.12 ± 0.18
BCCZ 45 116.1 ± 3.9 2.81 ± 0.12
BCCZ 90 110.4 ± 1.7 2.59 ± 0.10
Diamond 0 110.6 ± 1.8 2.63 ± 0.08 110.6 ± 1.8 2.63 ± 0.08 110.6 ± 1.8 2.63 ± 0.08
Diamond 10 101.5 ± 1.7 2.86 ± 0.05 126.0 ± 1.9 3.14 ± 0.07 101.3 ± 6.8 2.56 ± 0.14
Diamond 20 99.1 ± 1.4 2.78 ± 0.02 118.7 ± 1.8 2.85 ± 0.01 105.5 ± 4.0 2.58 ± 0.21
Diamond 30 97.0 ± 0.6 2.71 ± 0.01 117.4 ± 3.8 3.08 ± 0.04 103.1 ± 2.6 2.65 ± 0.19
Diamond 45 109.9 ± 2.8 2.40 ± 0.19
Diamond 90 127.8 ± 3.7 2.82 ± 0.14
Gyroid 0 358.8 ± 9.5 9.14 ± 0.86 358.8 ± 9.5 9.14 ± 0.86 358.8 ± 9.5 9.14 ± 0.86
Gyroid 10 337.0 ± 3.4 9.64 ± 0.31 354.8 ± 9.9 9.83 ± 0.24 361.9 ± 5.7 8.86 ± 0.26
Gyroid 20 338.2 ± 5.6 9.31 ± 0.19 374.6 ± 3.9 9.43 ± 0.35 357.9 ± 4.8 8.67 ± 0.38
Gyroid 30 336.7 ± 3.7 9.51 ± 0.07 393.1 ± 12.3 10.30 ± 0.15 364.0 ± 13.6 8.87 ± 0.35
Gyroid 45 363.3 ± 4.3 9.26 ± 0.28
Gyroid 90 352.4 ± 6.7 8.72 ± 0.38
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Table A12: 0.2% offset stress and Young’s Modulus values for compression testing of unit
cell size samples

Sample Name Offset stress / MPa Young’s Modulus / GPa

BCCZ 1.0 148.5 ± 2.5 4.83 ± 0.50
BCCZ 1.5 31.9 ± 0.4 1.16 ± 0.06
BCCZ 2.0 11.0 ± 0.2 0.56 ± 0.04
Diamond 1.0 16.3 ± 0.3 0.52 ± 0.00
Diamond 1.5 3.6 ± 0.1 0.11 ± 0.00
Diamond 2.0 1.4 ± 0.0 0.03 ± 0.00
Gyroid 1.0 326.5 ± 10.4 8.00 ± 0.40
Gyroid 1.5 317.3 ± 6.3 7.97 ± 0.35
Gyroid 2.0 303.4 ± 12.5 8.31 ± 0.17
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APPENDIX B

STATISTICAL ANALYSIS OF LATTICE ELUTION



Table B1: Significance values for ANOVA and Tukey post hoc testing to understand which
Peppas a values were significantly different for the lattice elution studies. Significantly
different values are shown in bold, GS - gentamicin sulphate

PMMA with GS 0.00
BCCZ20 0.00 0.00
BCCZ40 0.00 0.00 0.00
BCCZ60 0.00 0.00 0.00 0.00
Gyroid20 0.00 0.00 0.55 0.01 0.00
Gyroid40 0.00 0.00 0.00 0.06 0.01 0.00
Gyroid60 0.00 0.01 0.00 0.00 1.00 0.00 0.01
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Table B2: Significance values for ANOVA and Tukey post hoc testing to understand which
Peppas b values were significantly different for the lattice elution studies. Significantly
different values are shown in bold, GS - gentamicin sulphate

PMMA with GS 0.00
BCCZ20 0.93 0.00
BCCZ40 0.80 0.00 0.21
BCCZ60 0.76 0.00 1.00 0.10
Gyroid20 0.42 0.00 0.97 0.04 1.00
Gyroid40 0.79 0.00 1.00 0.12 1.00 1.00
Gyroid60 0.76 0.00 1.00 0.10 1.00 1.00 1.00
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Table B3: Significance values for ANOVA and Tukey post hoc testing to understand which plateau mass of gentamicin sulphate
values were significantly different for the lattice elution studies. Significantly different values are shown in bold, GS - gentamicin
sulphate

Brushite no GS 0.00
PMMA with GS 0.00 1.00
PMMA no GS 0.00 1.00 1.00
BCCZ20 0.02 0.00 0.00 0.00
BCCZ40 0.00 0.00 0.00 0.00 0.00
BCCZ60 0.00 0.00 0.00 0.00 0.00 0.00
Gyroid20 0.00 0.00 0.00 0.00 0.33 0.01 0.00
Gyroid40 0.00 0.00 0.00 0.00 0.00 0.46 0.00 0.00
Gyroid60 0.00 0.00 0.00 0.00 0.00 0.00 1.00 0.00 0.00
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Table B4: Significance values for ANOVA and Tukey post hoc testing to understand which zone of inhibition value for Staphy-
lococcus aureus were significantly different for the lattice elution studies. Significantly different values are shown in bold, GS -
gentamicin sulphate

Brushite no GS 0.00
PMMA with GS 0.16 0.00
PMMA no GS 0.00 0.00 0.00
BCCZ20 0.00 0.97 0.01 0.00
BCCZ40 0.00 0.10 0.29 0.00 0.62
BCCZ60 0.00 1.00 0.00 0.00 0.82 0.04
Gyroid20 0.00 0.02 0.74 0.00 0.21 1.00 0.01
Gyroid40 0.00 1.00 0.00 0.00 0.98 0.13 1.00 0.03
Gyroid60 0.00 0.74 0.00 0.00 0.15 0.00 0.93 0.00 0.67
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Table B5: Significance values for ANOVA and Tukey post hoc testing to understand which zone of inhibition value for Pseudomonas
aeruginosa were significantly different for the lattice elution studies. Significantly different values are shown in bold, GS -
gentamicin sulphate

Brushite no GS 0.00
PMMA with GS 0.96 0.02
PMMA no GS 0.00 0.00 0.00
BCCZ20 0.98 0.02 1.00 0.00
BCCZ40 0.75 0.07 1.00 0.00 1.00
BCCZ60 0.02 0.97 0.23 0.00 0.19 0.50
Gyroid20 0.64 0.10 1.00 0.00 1.00 1.00 0.61
Gyroid40 1.00 0.00 1.00 0.00 1.00 0.92 0.05 0.85
Gyroid60 0.76 0.07 1.00 0.00 1.00 1.00 0.48 1.00 0.93
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