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Gijs, bedankt voor de heerlijke koffietjes en kletspraatjes. Dankzij de lekkere lunchrondjes met de Nordic 

Stalkers en koffietjes met Marike heb ik mijn project (bijna) iedere dag even kunnen loslaten. Mijn liefste 

vriendinnetjes en teamgenootjes van dames 3 wil ik bedanken voor de gezellige momenten die mijn aandacht 
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Abstract 
An acetabular revision is a very challenging intervention, due to moderate to severe bone 

deficiencies and poor bone quality. Current solutions for this intervention are associated with 

inconsistent and unreliable clinical outcomes. This leads to substantial complications, including 

implant migration and loosening. These complications are, among others, caused by the lack of 

biological fixation, a non-physiological stress distribution and stress shielding. To encounter these 

problems a novel concept for an acetabular revision has been presented. The aim of this new design 

is to plastically deform into massive acetabular bone deficiencies. This will stimulate the surrounding 

bone and therefore diminishes effect of stress shielding (Wolff’s Law). This study explored whether 

a porous layer made of pure titanium can achieve this space-filling behaviour. The infill of this 

porous layer is based on meta-biomaterials. The macro-scale properties of this type of materials 

are determined by their small-scale architecture. The aim of the first part of this study was therefore 

to systematically study the topology-property relationship of six topological designs, including the 

cube, truncated cube, truncated cuboctahedron, rhombic dodecahedron, diamond and body 

centred cubic. These designs were studied by experimentally determining their mechanical 

properties, including the Poisson’s ratio using the Digital Image Correlation (DIC) technique. 

Afterwards, three topological designs were selected to be implemented in the novel acetabular 

component, including the diamond, rhombic dodecahedron and body centred cubic. These unit cells 

showed the lowest stiffness and the highest positive Poisson’s ratio over the complete range of 

concerned porosities (80-98%). Besides, they showed bending-dominated deformation without the 

failure of struts. The results indicated that these unit cells have the highest capacity to plastically 

deform as well have the potential of space-filling behaviour. The porosity of the porous layer of the 

implant functionally graded from very porous at the bone-implant interface to very solid at the joint’s 

articulating surface, which corresponds to bone’s hierarchical structure. These implants were 

compressed inside a bone-mimicking mould, of which the appearance and mechanics resembled 

an acetabulum with large bone deficiencies. µCT images revealed that the implant based on the 

diamond unit cell showed the most promising deformability at the mould-implant interface. Although 

this deformation was promising, the push-in forces needed to compress the implant into the mould 

were very high (ranging from 3.33 kN to 14.8 kN). Future work is needed to diminish the need for 

these high push-in forces by making the porous outer layer even more deformable. This novel 

implant has the potential to increase the biological fixation, preserve the physiological stress 

distribution and diminish the effect of stress shielding in the acetabular component of a total hip 

replacement. 
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1  
1. Introduction 

Total hip arthroplasty (THA) is one of the most clinically successful interventions in healthcare.1 The 

demand for THA is expected to increase over the next decades, resulting in an increment of 174% 

in 2030 with respect to 2005 in the United States.2 This is mainly caused by population aging as 

well as the expanded indications for THA in younger and more active patients.3 Despite the clinical 

success of the procedure, many people outlive the primary hip implant, leading to 17% of all THA 

requiring revision.4 The acetabular component of the THA is involved in more than 50% of the 

revisions.5 The main failure modes of this component are loosening (71%), dislocation (16%), 

migration (6%) and others (7%).6 An acetabular revision a very challenging intervention, due to 

moderate to severe bone deficiencies present in the acatabulum.7  

There are several treatment options available for the revision of an acetabular component, including 

structural allografts, bone impaction grafting, antiprotrusio cages, (jumbo) non-cemented 

hemispherical cups, Trabecular Metal augments and shells, oblong cups, cup-cage constructs and 

custom-made triflange components.8, 9 None of these procedures is associated with consistent and 

reliable clinical outcomes.10, 11 This leads to substantial complication, including implant migration 

and loosening.10 These complications are, among others, caused by the lack of biological fixation, 

a non-physiological stress distribution and stress shielding.8, 12 Biological fixation is hard to attain 

due to the significant bone loss. In some cases an implant is combined with flanges which are 

screwed to the remaining pubis, ilium and ischium to provide extra biological fixation.8, 10, 11, 13, 14 

Attaching these flanches leads to adequate initial stability of the implant, however it also has some 

drawbacks. Due to these flanches all external loads are distributed to the attachment regions of the 

flanches, which leads to non-physiologically load distribution. Additionally, the screws used to attach 

the flanches are much stiffer than the connecting bone. Due to this, most of the external loads will 

be carried by the implant, while the surrounding bone will be unloaded. This effect is known as 

stress-shielding.12, 15-17 According to Wolff’s law lacks unloaded bone the stimulus to remodel itself, 

which eventually leads to bone resorption.17-21 This effect should obviously be avoided.  
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These problems have encouraged us to design a new acetabular implant with a porous outer layer, 

that will precisely fit into a massive acetabular bone defect after plastic deformation. This means 

that the surrounding bone will remain stimulated, which prevents bone resorption. The infill of the 

porous layer of the implant will be based on mechanical metamaterials. The macro-scale properties 

of this type of materials are determined by their small-scale architecture.22, 23 Rationally designing 

this small-scale topology results in uncommon combinations of mechanical properties which are 

seldom seen in nature.22, 23 One could think of a combination of high strength and low stiffness, or 

exceptional values for the Poisson’s ratio.24, 25 Since we are interested in the biomedical application 

of the metamaterials, one could speak of a special category of metamaterials, also known as meta-

biomaterials.25, 26 Meta-biomaterials offer rare combinations of mechanical (e.g. stiffness, strength), 

topological (e.g. curvature), mass transport (e.g. permeability, diffusivity) and biological (e.g. tissue 

regeneration performance) properties.25 These meta-biomaterials may have bone-mimicking 

properties which could make them ideal candidates for bone substitutes. Recent advances in 

additive manufacturing (AM) techniques, including selective laser melting (SLM) and electron beam 

melting (EBM), have boosted the production of any porous structure, including meta-biomaterials.27-

29 These techniques offer several advantages, such as high precision over the small-scale topology 

as well as design freedom.27-29 

This graduation project consists of two parts. In the first part the most favourable small-scale 

topologies (also known as unit cell designs) for the porous layer of the acetabular implant are 

determined. Therefore, the relationship between the topological design of meta-biomaterials and 

their mechanical properties is systematically studied. This relationship is extensively studied for 

meta-biomaterials based on Ti-6Al-4V.30 In the current study, the focus will be on structures based 

on commercially pure titanium (CP-It). This material type has the potential of more ductile behaviour 

compared to is alloyed counterpart.31 This ductile behaviour is expected to enhance the 

deformability of the porous layer of the acetabular implant. The following unit cells are considered: 

the cube, the truncated cube, the truncated cuboctahedron, the rhombic dodecahedron, the 

diamond and the body centred cubic. These unit cells are reported to present a positive Poisson’s 

ratio (i.e., non-auxetic behaviour).30 Compressing a non-auxetic meta-biomaterial will result in a 

lateral expansion. This means that these unit cells have potential to show space-filling behaviour, 

which is advantageous in the novel deformable acetabular implant. To our best knowledge this 

study is the first one to experimentally determine the Poisson’s ratio of these unit cells using the 

Digital Image Correlation (DIC) technique.  

In the second part of this study, three of considered unit cell types will be selected, based on their 

space-filling properties. The most ideal unit cell will show a low stiffness, high positive Poisson’s 

ratio and exhibits a bending-dominated deformation pattern without failing struts. These unit cells 
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will be implemented in the design of an acetabular implant. This implant will have a porous outer 

layer, which is proposed to plastically deform in massive acetabular bone defects. This allows for a 

high rate of biological fixation, without the need for extra flanches. The remaining bone will therefore 

be loaded in a physiological way. Furthermore, the selected unit cells should meet the mechanical 

properties of bone, which reduces the stress shielding effect, and therefore prevents bone 

resorption.12, 15-17, 21 The porosity of the implant will also provide a high surface area for bone 

ingrowth. The pore size and interconnectivity of the porous part of the implant are important to 

provide optimum conditions for new capillary and bone formation.32, 33 In order to enhance the 

hierarchical similarity between the implant and the host bone even more, the porous part of the 

implant is executed with a functionally graded (FG) porosity. Numerous studies have examined the 

effect of FG materials 34-41, but to our knowledge they have not been implemented in an actual 

biomedical application. The porosity of the unit cells will vary from very porous at the bone-implant 

interface to very solid at the joint’s articulating surface, which corresponds to bone’s hierarchical 

structure.42-44  

Thus, the aim of this study is to contribute to the knowledge on the topology-property relationship 

of pure titanium based non-auxetic meta-biomaterials. It does so by experimentally determining the 

mechanical properties of these materials, including the Poisson’s ratio using DIC. The results 

provide information to facilitate the selection of the most appropriate biomaterial for an envisioned 

implant application. Besides, this is also an explorative study to demonstrate the potential of 

deformable FG materials in a biomedical application. This concept has the potential to increase the 

biological fixation, preserve the physiological stress distribution and diminish the effect of stress 

shielding in the acetabular component of a total hip replacement. 
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2  
2. Materials and Methods 

2.1 Design of 3D Lattice Structures  
In the following paragraphs the designs of the 3D lattice structures will be described. In the first part 

of this research this involves porous structures with six different types of repeating unit cells (“Non-

auxetic meta-biomaterials”). In the second part some of these unit cells will be used to form an 

acetabular implant.  

2.1.1 Non-auxetic Meta-biomaterials 

In the first part of this study the focus will be on the relationship between mechanical behaviour and 

the small-scale topological design of additively manufactured (AM) non-auxetic meta-biomaterials. 

It is a well-known fact that the properties of lattices depend on their cell topology, material type and 

porosity (or relative density).45-47 The mechanical behaviour of this kind of structures based on 

titanium alloy (Ti-6Al-4V) have been widely studied in the last ten years using computational, 

analytical and experimental methods. Recently, a comprehensive review on the results of these 

studies was published.30  

Although Ti-6Al-4V shows desired behaviour for load-bearing applications (i.e. high strength to 

weight ratio), it shows less ductile behaviour.31 Since the aim of this study is to design a deformable 

acetabular implant, ductility of the material is an important factor. Therefore, another type of material 

is introduced, namely commercially pure titanium (CP-Ti). This material type has the potential of 

more ductile behaviour compared to is alloyed counterpart.31 Additionally, it was observed that CP-

Ti porous structures exhibit continuous deformation, without mechanical failure. 31 These results 

convinced to use this material type.  

The following unit cell types will be studied: the diamond (D), the rhombic dodecahedron (RD), the 

cube (C), the truncated cube (TC), the truncated cuboctahedron (TCO) and the body centred cubic 

(BCC). Although most of these unit cells are widely studied30, the mechanical behaviour of the BCC 

is relatively unknown. This unit cell type is added because of its expected mechanical behaviour. 

Some studies show that this unit cells presents low values for stiffness and high positive values for 
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the Poisson’s ratio.35, 48, 49 These properties indicate high ductile behaviour, which is advantageous 

for the potential application.35, 48, 49 

Of each of these six topological designs a 5x5x5 cell array was created with 3DXpert 13.0 (3D 

Systems, Leuven, Belgium) software. Each unit cell was designed to be close to 5x5x5 mm, 

resulting in a cube that approached 25x25x25 mm (length x width x height). The rhombic 

dodecahedron unit cell has a deviating cell length in one direction. Therefore, the resulting cube 

approached 25x17x17 mm (RD-X) and 17x25x17 mm (RD-YZ), respectively. Each of these six 

lattice structures was designed in five different porosities, namely the following: 80%, 85%, 90%, 

95% and 98%. Different porosities were attained by varying the strut thickness. The struts of the 

unit cells were circular. Unit cell size remained the same in all porosities. The final designs were 

exported as .STL files. The exact 3DXpert dimensions can be found in Table A1 (Appendix).  

In the following paragraphs the geometries of each of the unit cells will be described.  

2.1.1.1 Diamond 

The diamond (D) is an isotropic geometry which has fourteen nodes and sixteen equal struts (Figure 

1). Each node is connected to four struts which are mutually inclined by the angle β ≈ 109.47°.50 

The size of the connecting nodes is designed with the same diameter as the struts. The nodes N1, 

N2, N3 and N4 are oriented that they coincide with the vertices of the cubic volume SxSxS. The 

unit cell size (S) relates to the strut length (L) by the following relationship51:  

𝑆 ⋅ √2 = 4 ⋅ 𝐿 ⋅ sin (
𝛽

2
) (1) 

 
Figure 1: Unit cell design of the diamond, with its corresponding representation of the unit cell size (S), strut length 
(L), strut diameter (D) and nodes (N).  
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2.1.1.2 Cube 

The cube (C) is a geometry with eight nodes and twelve equal struts (Figure 2). Each node is 

connected to three struts which are all inclined at a 90° angle. This unit cell is isotropic. Since all 

struts are aligned with the cubic volume cell, their length (L) is equal to the unit cell size (S). 

 
Figure 2: Unit cell design of the cube, with its corresponding representation of the unit cell size (S), strut length 
(L) and strut diameter (D). 

2.1.1.3 Truncated Cube 

The truncated cube (TC), also known as the truncated hexahedron, is an Archimedean solid (Figure 

3). It is symmetrical in all directions, which means that it is isotropic. The unit cell consists of thirty-

six struts, twenty-four nodes, and fourteen regular faces (eight triangular and six octagonal). It has 

twenty-four inclined and twelve uninclined (i.e. vertical or horizontal) struts.52 The inclined struts 

have a length L1. The uninclined struts have a length L2 = 2∙α∙L1, in which α is the angle between 

to differently oriented struts. The relationship between the unit cell size (S) and L1 assumes the 

form51:  

𝑆 = 𝐿1 ⋅ (1 + 2 ⋅ cos (
𝜋

4
))            (2) 

 
Figure 3: Unit cell design of the truncated cube, with its corresponding representation of the unit cell size (S), strut 
length (L) and strut diameter (D). 
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2.1.1.4 Truncated cuboctahedron 

The truncated cuboctahedron (TCO), also known as the rhombi cuboctahedron or rhombi truncated 

cuboctahedron, is an isotropic geometry (Figure 4). This unit cell is an Archimedean solid which 

has seventy-two struts of equal length (L) which are connected through forty-eight nodes resulting 

in six octagonal, eight regular hexagonal, and twelve square shaped faces.53 The strut length (L) 

relates to the length of the unit cell size (S) via the following equation51:  

 

𝑆 = 𝐿 ⋅ (1 + 4 ⋅ cos (
𝜋

4
)) (3) 

 
Figure 4: Unit cell design of the truncated cuboctahedron, with its corresponding representation of the unit cell 
size (S), strut length (L) and strut diameter (D). 

2.1.1.5 Rhombic Dodecahedron 

The rhombic dodecahedron (RD) has twenty-four equal struts connected by fourteen nodes, 

resulting in twelve identical rhombic faces (Figure 5).54 Each rhombus has angles of 2α ≈ 70.53° 

and 2θ ≈ 109.47.54 The length of the cubic volume side (S) is not equal in all directions. Two 

directions are equal, and will be denoted as Sxy, while the third direction will be denoted as Sz. The 

relationship between both the unit cell size (S) and the strut length (L) is as follows54: 

𝑆𝑥𝑦 =
8 ∙ √2

√3
∙ 𝐿      (4)                                              𝑆𝑧 =

12

√3
∙ 𝐿       (5)    

 
 

The RD shows transversely isotropic behaviour. This means its properties are different in one of its 

directions (X) compared to the other two (Y and Z).54-56 Therefore the properties in both directions 

were evaluated. They will be referred to as RD-X and RD-YZ in the remainder of this thesis.  
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Figure 5: Unit cell design of the rhombic dodecahedron, with its corresponding representation of the unit cell size 
(S), strut length (L) and strut diameter (D) and angles (α and θ). In this figure the unit cell is oriented in the RD-YZ 
direction. 

2.1.1.6 Body Centred Cubic  

The body centred cubic (BCC) is an isotropic unit cell (Figure 6). This geometry has eight struts of 

equal length (L) and nine nodes. Each strut creates an angle of 45° with its neighbouring strut. The 

strut length (L) is related to the unit cell size (S) by: 

𝑆 =  
2∙𝐿

√3
 (6) 

 

 
Figure 6: Unit cell design of the body centred cubic, with its corresponding representation of the unit cell size (S), 
strut length (L) and strut diameter (D). 

2.1.2 Acetabular Implants 

One of the biomedical applications that potentially could benefit from the mechanical properties of 

the non-auxetic meta-biomaterials is an acetabular component which addresses large bone defects. 

Currently, there are several treatment options for this kind of deficiencies, including structural 

allografts, bone impaction grafting, antiporters cages, (jumbo) non-cemented hemispherical cups, 

oblong cups, cup-cage constructs, Trabecular Metal augments and shells and custom-made 

triflange components.8, 9 None of these options shows convincing clinical results.10, 11 Most common 

complications are the lack of biological fixation, stress shielding due to a mechanical mismatch 
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between implant and the host bone and a non-physiological stress distribution.9 In order to 

overcome these problems a new type of acetabular component design is proposed. This component 

will have a highly porous outer layer. This layer is intended to plastically deform into the massive 

acetabular bone defects leading to a high contact area between the implant and the host bone. As 

a result all surrounding bone will be loaded, which will stimulate the bone to remodel itself in order 

to prevent bone resorption (Wolffs’s Law).17-21 Furthermore, the mechanical properties of the porous 

outer layer are designed to be similar to the properties of the surrounding bone. This will lead to a 

diminished stress shielding effect which prevents bone absorption.12, 15-17 This porous outer layer 

will gradually change in porosity, to enhance the hierarchical similarity between the implant and the 

host bone.42-44   

To prove this concept, an acetabular implant with a solid inner layer and a thick porous outer layer 

was designed using Materialise 3-Matic (Materialise, Leuven, Belgium) software. For this porous 

outer layer the following unit cells were chosen: the diamond, the body centred cubic and the 

rhombic dodecahedron. These three unit cell types were selected based on a relatively high 

Poisson’s ratio and low elastic gradient found in the first part of this study (See results section). The 

size of each unit cell was 3x3x3 mm, which is smaller than the size of the unit cells tested in the 

non-auxetic meta-biomaterials (5x5x5 mm). This way, more layers of unit cells could be 

incorporated in the 13.75 mm thick outer layer. The porous outer layer consists of 4.5 layers of unit 

cells, which are again divided in three layers from low porosity on the inside to high porosity at the 

bone-implant interface. The porosity graded from 90% to maximal printable porosity (approximately 

98%). In Figure 7 the exact dimensions of the cup are presented. In this figure it can be seen that 

besides the porosity, the thickness of the layers also increases from inside to outside. The layer 

with the highest porosity (outside) will be the thickest, to increase the deformability at this part of 

the implant. This functionally graded cup will be referred to as FG cup in the remainder of this thesis. 

Besides this design, two uniformly porous acetabular cups were designed as control samples. They 

are either fully filled with 90% porosity (MIN) or maximal porosity (MAX). In the MAX design the 

strut thickness was 200 µm, which is the minimal strut thickness due to printing constraints.57 Due 

to this is the maximal porosity slightly different between the three unit cells. The maximal porosity 

of the BCC and D is 98%, while for the RD the maximal porosity is approximately 96%. The MAX 

design with the RD infill is therefore 96% porous. The porosity of the layers in the FG design 

followed the order 90%-93%-96% for this unit cell. For all three unit cells (D, RD, BCC) in total three 

different designs were developed, namely one functionally graded cup (FG) and two uniformly 

porous cups (MIN and MAX). This results in nine different designs.  
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Figure 7: Bottom view of the three different acetabular cup designs with a diamond unit cell infill including the 

exact dimensions. The designs for the RD unit cell slightly deviated from these dimensions. In this case the 

maximal printable porosity is 96%. The MAX design is therefore filled with 96% porosity. The porosity of the 

layers in the FG design followed the order 90%-93%-96% for this unit cell.  

2.2 Additive and Subtractive Manufacturing 
All designs were fabricated using an additive manufacturing technique called selective laser 

melting, also known as Direct Metal Printing. To create the test set-up of the acetabular implants, a 

subtractive manufacturing technique was used. The following paragraphs will describe both 

techniques.   

2.2.1 Selective Laser Melting 

Direct Metal Printing (DMP) creates metal parts directly from Computer Aided Designs (CAD), such 

as .STL files, without the need for tooling. The DMP Software mathematically slices the design in 

2D cross-sections, which will act as a blueprint for the DMP equipment. For this project the ProX 

DMP 320 (3D Systems, Leuven, Belgium) machine was used.58 A scraper pushes metal powder 

from the powder supply to create a uniform layer on the base plate. A laser then draws a 2D cross-

section on the surface of the build material to fuse the material. Once a single layer is complete, 

the base plate is lowered by a layer thickness, to make room for the next layer. More metal powder 

is raised from the material supply to create a new uniform layer of powder on the previously sintered 

layer. The machine continues to sinter the metal particles layer-by-layer, using a bottom-up 

approach.59 This technique has an accuracy up to 200 µm, which means that the strut thickness of 

the unit cells is limited by this.57  

Both the non-auxetic meta-biomaterials and the meta-implants are built using commercially pure 

titanium (CP-Ti) powder.60 The chemical composition of the material complies with ASTM F67, 
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ASTM B265, ASTM B348 (grade 1), ISO 5832-2, ISO 13782 and Werkstoff Nr. 3.7025 standards.61-

66 The mechanical properties of the material are presented in Table 1.60 

After the DMP process is completed, the parts are removed from the build plate using Electrical 

Discharge Machining (EDM). No additional heat treatment was applied, so the samples are tested 

as-manufactured. For the non-auxetic meta-biomaterials four specimens per design were printed, 

resulting in 140 test samples. A total of 27 test samples were fabricated for the acetabular implant, 

which included three specimens per design.  

2.2.2 Subtractive Manufacturing 

The acetabular implants were compressed in moulds made of cellular rigid polyurethane foam (20 

PCF, #1522-12), acquired from Sawbones (Sawbones Europe AB, Malmö, Sweden). The 

characteristics of the material (Table 2) are comparable to healthy human cancellous bone, which 

makes the material suitable to mimic the surrounding acetabular bone.67 The moulds were 

cylindrical, with a radius of 40 mm and a height of 80 mm. At one side, a semi-hemisphere with a 

radius of 30 mm was removed. By milling, several holes and grooves were created to mimic a 

Paprosky Type 2B acetabular bone defect.68 The holes had a depth ranging from 6 to 8 mm, and a 

radius of 5 mm or 10 mm. The grooves were created with a depth ranging from 3 to 6 mm and a 

radius of 6 to 10 mm. The defects in the moulds have been created in such a way that the acetabular 

implants can deform with a maximum of 17%. This type of defect and the associated percentage 

was chosen because it is theoretically impossible for the designed implant to deform to such an 

extent, due to the imposed displacement (5 mm). This means that the implant can deform 

throughout the complete range of imposed displacement. The resulting mould can be seen in Figure 

8.  
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2.3 Morphological Characterization 
The morphological features of all AM lattice structures (Figure 9) were characterized using dry 

weighing. For the acetabular implants, micro-CT (µCT) scans were made to assess their porosity, 

pore size and strut thickness. The following paragraphs will describe both methods. 

2.3.1 Dry Weighing 

By using dry weighing, the relative density and subsequently the porosity of the non-auxetic meta-

biomaterials and the acetabular implants could be determined. The dimensions of the test 

specimens were measured to the second decimal place using a calliper. Afterwards all specimens 

were weighed using an OHAUS Pioneer Balance with an accuracy of 0.1 mg.  

2.3.1.1 Non-auxetic Meta-biomaterials 

The relative density of the non-auxetic meta-biomaterials is defined as the ratio of the weight of the 

lattice structure (ML) to the theoretical weight of a corresponding solid specimen (MT) assuming a 

theoretical density of 4.51 g/cm3 for CP-Ti.60 In order to determine the relative density of the lattice 

structure the following equation was used:  

𝑅𝑒𝑙𝑎𝑡𝑖𝑣𝑒 𝑑𝑒𝑛𝑠𝑖𝑡𝑦 [%]  =  
𝑀𝐿

𝑀𝑇
× 100        (7)  

 

Subsequently, the porosity is determined as follows: 

𝑃𝑜𝑟𝑜𝑠𝑖𝑡𝑦 [%]  =  100 −  𝑅𝑒𝑙𝑎𝑡𝑖𝑣𝑒 𝑑𝑒𝑛𝑠𝑖𝑡𝑦       (8) 
 

Figure 8: (a) The production of the defects in the moulds. (b) The mould without defects. (c) The mould with 
defects. 
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Figure 9: The non-auxetic meta-biomaterials after production. The (a) cube, (b) truncated cube, (c) truncated 
cuboctahedron, (d) diamond, (e) body centred cubic, (f) rhombic dodecahedron.  

2.3.1.1 Acetabular Implants 

The relative density of the porous layer of the acetabular implants (Figure 10) has been determined 

in the same manner as the non-auxetic meta-biomaterials. The mass of the acetabular implants is 

determined by weighing. In order to determine the mass of the porous outer layer, the mass of the 

solid inner layer is subtracted from the mass of the actual acetabular implant. The solid inner layer 

has the same dimension in all designs, which means that the mass is also the same (17.29 gram) 

assuming a theoretical density of 4.51 g/cm3 for CP-Ti.60. Next, the determined mass of the porous 

outer layer (MP) is divided by the theoretical weight of a solid layer (MS) of the same dimensions, 

again assuming a theoretical density of 4.51 g/cm3 for CP-Ti.60 In order to determine the relative 

density of the acetabular implants the following equation was used: 

𝑅𝑒𝑙𝑎𝑡𝑖𝑣𝑒 𝑑𝑒𝑛𝑠𝑖𝑡𝑦 [%]  =  
𝑀𝑃

𝑀𝑆
× 100        (9) 

 
The porosity is calculated in the same manner as for the lattice structures (equation 8). This 

procedure could only be followed for the acetabular implants with uniform porosity. 

2.3.2 Micro-CT 

The purpose of using micro-CT (µCT) scans for the acetabular implants was twofold. Firstly, it was 

used to perform morphological characterization. Secondly, it could determine the degree of 

deformation after compression. Therefore, the acetabular cups were scanned before and after 

compression.  
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 Figure 10: The acetabular implants with the three different unit cell designs at 90% porosity (MIN). Implants based 
on the (a) diamond, (b) rhombic dodecahedron and (c) body centred cubic. 

2.3.2.1 Acetabular Implants 

A Quantum FX (Caliper LifeSciences, Alameda, CA) micro CT scanner was used to perform the 

scans. Tape was used to secure the acetabular cups inside the mould (Figure 11a) during the pre-

compression scans. Next, the combined cup and mould was flipped to its side to fit inside a 

cylindrical sample holder (10 mm in diameter), which was surrounded by a copper filter (Figure 

11c). This filter was used to reduce beam hardening effects. The sample holder was placed inside 

the CT scanner. The scans were performed with a voltage of 90 kV at a current of 200 µA. Scanning 

time was 120 seconds. Each sample was scanned twice, once with a field of view (FOV) of 60 mm3 

and once with a field of view of 40 mm3, using the same scanning parameters. In the largest FOV, 

the complete sample was visible, which resulted in an overview image. The smaller FOV was used 

to determine the morphological properties, since this FOV had a better resolution compared to the 

larger FOV.  

Figure 11: The procedure followed for the µCT scans. (a) The sample are taped inside the mould. (b) The sample 
and mould are flipped on its side on a cylindrical sample holder, which was surrounded by a copper filter (c).  
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The acquired 3D images were automatically reconstructed using the built-in software of the micro-

CT scanner. Subsequently, the images were transferred to Caliper Analyze 11.0 to obtain 2D slices 

of the 3D images. These slices were then imported and processed in the software package ImageJ 

v1.53j (https://imagej.nih.gov/ij/). All images were processed in the following manner. Firstly, the 

histograms were equalized by cutting off all values above 18000. Then the 2D slices (16-bit images) 

were transformed to 8-bit images. Subsequently, the scans were thresholded at a threshold limit of 

70. Next, an automatic local threshold (Bernsen, radius 15) was applied to create binary images. 

From this binary image a region of interest (ROI) was selected (equal size for all scans), for which 

the strut thickness, pore size and overall porosity were determined. This was done using the volume 

fraction and thickness algorithms available in the BoneJ plugin.69 Additionally, a 3D reconstruction 

of the scans was created, using the 3D viewer plugin. Here it was possible to determine the 

locations of the deformation of the acetabular cups inside the moulds.  

The deformation of the porous titanium layer is visually determined by the µCT scans. Additionally, 

the deformation is also quantitatively evaluated by determining the degree of anisotropy (DA). This 

value estimates how highly oriented substructures are within a volume, using the mean intercept 

length technique.69 The DA was assessed using the anisotropy algorithm of the BoneJ plugin.69 

Default settings of this plugin were used, except for the maximal spheres and tolerance, which were 

adjusted to 20000 and 0.0005, respectively. Once the tolerance parameter, which is a coefficient of 

variation, is reached, the anisotropy determination stops. The maximal spheres parameter 

determines the number of spheres which will be used during anisotropy determination. The obtained 

value ranges from 0 to 1, from isotropic to anisotropic structures.69  

The material of the mould is omitted in the scans. After compression, the moulds were cut through 

to get an idea to which extent they were affected by the compression.  

2.4 Mechanical Testing 
Once the samples were manufactured, mechanical tests were performed. The following paragraphs 

will describe the procedures executed to acquire the mechanical properties of the samples.  

2.4.1 Static Compression Testing 

2.4.1.1 Non-auxetic Meta-biomaterials 

In order to obtain the mechanical properties of the lattice structures a procedure based on ISO 

13314:2011 was performed.70 The lattice structures were placed between the platens of the test 

machine and compressed with a constant deformation rate of 1 mm/min until ± 40% strain (Figure 

12). All samples were tested on a Zwick/Roell (Zwick GmbH & Co. KG, Ulm, Germany) static test 

machine. The samples with the lowest porosity (80%) and some other samples (C 90%, TC 98%  
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Figure 12: Set-up for the static compression testing of the non-auxetic meta-biomaterials. 
 

and RD-X 85%) were tested on a machine with a 250 kN load cell, all other samples (more porous) 

were tested on a machine with a 20 kN or 10 kN load cell. Of each design, four specimens were 

tested. 

Based on the static mechanical tests a force-displacement curve was acquired. Based on this 

information a stress-strain curve is obtained. The stress (σ) is calculated by dividing the applied 

force (F [N]) by the initial cross-sectional area (A [mm2]) of the sample perpendicular to the loading 

direction. The strain (ε) is defined as the overall compressive displacement divided by the initial 

height of the test sample. Based on this stress-strain curve the following parameters could be 

determined70: 

First maximum compressive strength (σmax): compressive stress corresponding to the first local 

maximum in the stress-strain curve. 

Elastic gradient (E): the gradient determined between 20%-70% of the σmax. 

Plateau stress (σpl): the arithmetical mean of stresses between 20% and 30% compressive strain. 

This property is only calculated if the stress-strain curve reached a plateau after the σmax. This value 

indicates the whether the structures shows the stress that a porous structure can withstand in the 

plastic region.  

2.4.1.2 Acetabular Implants 

In order to test the deformability of the acetabular implants, compression tests were performed 

(Figure 13a). All samples were tested on a Zwick/Roell (Zwick GmbH & Co. KG, Ulm, Germany) 
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static test machine with a 20 kN load cell. Firstly, the mould was placed on the bottom plate of the 

static test machine. Subsequently, the acetabular implant was placed inside the mould, using a 

level to make sure that they were horizontally fitted. To test this system, a steel ball with a diameter 

of 25 mm, which precisely fitted into the solid inner hemisphere of the acetabular cup, was attached 

to the load cell using a screw. Tests were performed with a constant deformation rate of 0.5 mm/min 

until 5 mm deformation. Of each design three specimens were tested. 

Based on the static mechanical tests, a force-displacement curve was acquired.  

2.4.1.3 Machine Compliance 

After the compression tests of both the non-auxetic metamaterials and the acetabular implants, an 

extra test was preformed to determine the machine compliance. Correction for this factor is an 

important step in analysing the obtained data.71 Due to the fairly small deformation measured in this 

study it is not possible to use extensometers, which is a more conventional method to make up for 

machine compliance.71   

Machine compliance was measured by determining the load-displacement relationship without any 

sample between the compression plates (Figure 13b). A constant deformation rate of 1 mm/min 

was applied, while recording the resulting load until the maximal allowed load was reached. This 

test was repeated five times to overcome the effect of hysteresis. Subsequently, a sixth order 

polynomial was fitted to the mean of the load-displacement relationships. Next, the recorded data 

in the mechanical tests of the samples was corrected for the measured machine compliance.  

2.4.2 Digital Image Correlation  

During the axial compression of the non-auxetic meta-biomaterials, Digital Image Correlation (DIC) 

was used. In the field of experimental solid mechanics, DIC is an established technique to determine 

surface deformation. Recently, this technique was introduced into porous structures.48, 72  

  
Figure 13: (a) The test set-up of the static compression tests of the acetabular implants. (b) The machine compliance 
test set-up for the acetabular implant mechanical test set-up 
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DIC is based on the basic principle of comparing digital pictures of a test specimen at different 

stages of deformation. By tracking an array of pixels between subsequent images, the surface 

deformation can be determined. In order to make a distinction between different arrays of pixels, it 

is important that the pixel pattern is random and unique. In order to obtain such a pixel pattern, 

surface preparation of the samples is needed. First all lattices were painted black. Next, one side 

was either painted or stamped white. Subsequently, a black, random speckle pattern was 

airbrushed on the samples (Figure 14).  

Two 4 MP digital cameras (Limess, Krefeld, Germany) were used to capture the sample. The 

cameras were placed at an angle of approximately 30°. The set up was completed with a light which 

enhanced the clarity of the image. To calibrate the DIC system several images were taken from a 

calibration board with 10 x 14-dots (separation of 3 mm). The calibration images were processed 

by VicSnap software (Correlated Solutions Inc., Irmo, USA). During the compression tests, the 

samples were captured with a frequency of 1 Hz using VicSnap. The used subset size ranged 

between 29 and 65 cubic pixels. The step size was kept constant at 7 pixels.  

The DIC data were used to determine the Poisson’s ratio (𝜈) of the samples. To do that, the images 

obtained by the two cameras were processed in VIC 3D 8 (Correlated Solutions Inc., Irmo, USA). 

This software package provides the possibility to obtain the displacement of indicated data points. 

For each of the lattice structures, an array of 3 by 3 unit cells was selected as the region of interest, 

which have been presented in Figure 15. By using the data of these points, the strain perpendicular 

(εxx) and parallel (εyy) to the loading direction could be obtained. The Poisson’s ratio was calculated 

in the elastic region of the stress-strain curve with the following equation using MATLAB (2017b): 

𝜈 =  −
𝜀𝑥𝑥

𝜀𝑦𝑦
          (10) 

Figure 14: An example of a sample after preparation for DIC. (a) A white painted sample, (b) a sample with a random 
speckle pattern.  
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Figure 15: Region of interest selected to determine the Poisson's ratio of the (a) cube, (b) truncated cube, (c) 
truncated cuboctahedron, (d) diamond, (e) body centred cubic, (f) rhombic dodecahedron (direction X), (g) rhombic 
dodecahedron (direction YZ) 

2.5 Statistical Analysis 
The data have been evaluated on their statistical significance using SPSS (IBM, Armonk, NY).73 

Independent and dependent factors were identified to determine which test design had to be 

selected. There are two independent variables; namely, designed porosity with five levels (80%, 

85%, 90%, 95%, 98% porosity), and topological design with seven levels (C, TC, TCO, RD-YZ, RD-

X, D and BCC). The dependent variables are first maximum compressive strength, elastic gradient, 

plateau stress and Poisson’s ratio. The two-way ANOVA test design was selected. This test 

assumes that the data is normally distributed and shows homogeneity of variances. Residual 

analysis was performed to test both assumptions. Outliers were assessed by inspection of a 

boxplot; normality was assessed using Shapiro-Wilk's normality test for each of the design and 

homogeneity of variances was assessed by Levene's test. If the data shows heterogeneity of 

variance, it might be possible to perform the two-way ANOVA anyway. This is the case when the 

sample sizes are equal and the ratio of the largest group variance to the smallest group variance is 

less than 3.74 Significance is assumed at p < .05. 
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3  
3. Results 

3.1 Non-auxetic Meta-biomaterials 

3.1.1 Morphological Properties 

The morphological properties of the non-auxetic meta-biomaterials have been presented in Table 

3. The porosities determined using dry weighing vary between 80.0 – 97.4%. The porosity as-

manufactured was slightly higher than the CAD porosity at 80%. For all other porosities the porosity 

as-manufactured was lower than its designed counterpart. In any case, differences did not exceed 

5%. In Figure 16 magnified images of the acetabular implants have been presented.  

3.1.2 Mechanical Properties 

The mechanical properties of the lattice structures with different unit cell types have been presented 

in Table 4. The stress-strain curves of the compressive tests of the non-auxetic metamaterials have 

been presented in Figure 17. Their deformation pattern can be seen in Figure A1 (Appendix). The 

following paragraphs describe statistical significance of the mechanical properties obtained from 

the stress-strain curves.  

 
Figure 16: Magnified images of the struts of the acetabular implants with a diamond infill. (a) The FG design, with 
a porosity varying from 90% to 98% porosity seen from top to bottom. (b) The MIN design, with a porosity of 90%. 
(c) The MIN design with a porosity of 98%.  
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Figure 17: The stress-strain graphs of the non-auxetic meta-biomaterials. The graphs present the mean value and 
the dispersion the data values.  
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3.1.2.1 Elastic Gradient (E) 

The results for the elastic gradient are presented in Figure 18 and Table 4. There were no outliers 

in the data of the elastic gradient, as assessed by inspection of a boxplot. The data were normally 

distributed, as assessed by Shapiro-Wilk's test (p > .05). The assumption of homogeneity of 

variances was violated, as assessed by Levene's test for equality of variances, p < .01. However, 

since the sample sizes are equal and the ratio of the largest group variance to the smallest group 

variance is less than 3, Jaccard et al. 1998 argued that the two-way ANOVA could be performed 

anyway.74 Therefore, this statistical test design was continued.  

There was a statistically significant interaction between design and porosity for the elastic 

gradient, F(24, 103) = 69.162, p < .001, partial η2 = .942. Therefore, an analysis of simple main 

effects for porosity and topological design was performed with a Bonferroni correction. 

There was a statistically significant difference in mean elastic gradient scores between the 

topological designs, F(6,103) = 858.172, p < .001, partial η2 = .980. The differences between the 

topological designs were most apparent at 80% porosity, F(6,103) = 366.525, p < .001, partial η2 = 

.955, and least apparent at 98%, F(6,103) = 5.565, p < .001, partial η2 = .245. Pairwise comparison 

revealed the elastic gradient value of some topological designs do not significantly differ at certain 

porosities, which can be seen in Figure 18.  

 

Figure 18: The results on the elastic gradient of the non-auxetic meta-biomaterials. Data is expressed as mean and 
error bars indicate the standard deviation. Significant differences (p <.05) are indicated by * in the color indicated 
in the legend.   
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Next, the effect of porosity on the elastic gradient was determined. There was a statistically 

significant difference in mean elastic gradient scores between the different porosities for the 

different topological designs, F(4,103) = 988.396, p < .001, partial η2 = .975. This effect was most 

apparent for the C, F(4,103) = 601.568, p < .001, partial η2 = .959, and the least apparent for the 

BCC, F(4,103) = 13.665, p < .001, partial η2 = .347.   

3.1.3.2 First Maximum Compressive Strength (σmax) 

Figure 19 presents an overview of the σmax of all topological designs for all porosities. The results 

showed no outliers and residuals were normally distributed (p > .05). The assumption of 

homogeneity of variances was violated (p < .01). Like the data of the E, the data of the σmax violated 

the assumption of homogeneity of variances (p < .001). Nevertheless, the two-way ANOVA was 

performed. 

There was a statistically significant interaction between topological design and porosity for 

σmax, F(24, 103) = 45.822, p < .001, partial η2 = .914. Therefore, an analysis of simple main effects 

for porosity and topological design was performed with a Bonferroni correction.  

There was a statistically significant difference in mean σmax scores between the topological designs 

F(6,103) = 306.530, p < .001, partial η2 = .947. This effect was significant for all porosities (p < 

.001), except for the 98% porosity (p = .636). For 80% porosity the difference was most apparent, 

F(6,103) = 292.977, p < 0.001, partial η2 = .945. Pairwise comparison revealed the σmax value of 

some topological designs do not significantly differ at certain porosities, which can be seen in Figure 

19.  

Figure 19: The results on the first maximum compressive strength of the non-auxetic meta-biomaterials. Data is 
expressed as mean and error bars indicate the standard deviation. Significant differences (p <.05) are indicated by 
* in the color indicated in the legend.   
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Next, the effect of porosity on the mean σmax scores was determined. There was a statistically 

significant difference in mean σmax scores between for different porosities, F(4,103) = 2198.954, p 

< .001, partial η2 = .988. This effect was most apparent for the TC, F(4,103) = 1288.251, p < .001, 

partial η2 = .964 and the least apparent for the BCC, F(4,103) = 73.426, p < .001, partial η2 = .740.  

3.1.3.3 Plateau Stress 

The mean plateau stress of the TCO, D, BCC, RD-YZ and RD-X has been presented in Figure 20. 

There were no outliers, as assessed by inspection of a boxplot. The data were normally distributed, 

as assessed by Shapiro-Wilk's test (p > .05). The assumption of homogeneity of variances was 

again violated (p < .001), also in this case the two-way ANOVA was nevertheless performed.  

There was a statistically significant interaction between design and porosity for the plateau 

stress, F(8, 44) = 20,937, p < .001, partial η2 = .792. Therefore, an analysis of simple main effects 

for porosity and topological design was performed with a Bonferroni correction. 

There was a statistically significant effect of topological design on the mean plateau stress, F(4, 44) 

= 51,856, p < .001, partial η2 = .825. This effect was most apparent at 90%, F(4, 44) = 87.941, p < 

.001, partial η2 = .825, and the least apparent at 98%, F(4,44) = 3.019, p < .05, partial η2 = .215. 

Pairwise comparison revealed the plateau stress value of some topological designs do not 

significantly differ at certain porosities, which can be seen in Figure 20. 

Next, the effect of porosity on the mean plateau stress was determined. There was a statistically 

significant effect of porosity on the mean plateau stress, F(2,44) = 741.696, p < .001, partial η2 = 

Figure 20: The results on the plateau stress of the non-auxetic meta-biomaterials. Data is expressed as mean 
and error bars indicate the standard deviation. Significant differences (p <.05) are indicated by * in the color 
indicated in the legend.   
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.971. This effect was most apparent for the TCO, F(2,44) = 334.989, p < .001, partial η2 = .938, and 

the least apparent for the BCC, F(2,44) = 77.499, p < .001, partial η2 = .779.  

3.1.3.4 Poisson’s Ratio (ν) 

The mean Poisson’s ratio of all lattices has been presented in Figure 21. There were no outliers, 

as assessed by inspection of a boxplot. The data were normally distributed, as assessed by 

Shapiro-Wilk's test (p > .05). The assumption of homogeneity of variances was again violated (p < 

.01). The two-way ANOVA was nevertheless performed.  

There was a statistically significant interaction between porosity and topological design for the 

Poisson’s ratio, F(23, 91) = 14.103, p < .0001, partial η2 = .781. Therefore, an analysis of simple 

main effects for porosity and topological design was performed with a Bonferroni correction.  

There was a statistically significant effect of topological design on the mean Poisson’s ratio, F(6, 

91) = 339.258, p < .001, partial η2 = .957. This effect was most apparent at 95%, F(6, 91) = 148.390, 

p< .001, partial η2 = .907, and the least apparent at 98%, F(5,91) = 18.482, p < .001, partial η2 = 

.504. Pairwise comparison revealed the Poisson’s ratio of some topological designs do not 

significantly differ at certain porosities, which can be seen in Figure 21. 

Next, the effect of porosity on the Poisson’s ratio was determined. There was a statistically 

significant effect of porosity on the mean Poisson’s ratio for all unit cells (p < .001) except for the C 

(p = .966) This effect was most apparent for the RD, F(4,91) = 64.883, p < .000, partial η2 = .740.  

Figure 21: The results on the Poisson’s ratio of the non-auxetic meta-biomaterials. Data is expressed as mean 
and error bars indicate the standard deviation. Significant differences (p <.05) are indicated by * in the color 
indicated in the legend.   
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3.2 Acetabular Implants 

3.2.1 Morphological Properties 

The morphological properties of the acetabular implants have been presented in Table A2 and A3 

(Appendix). In general, the porosity as-manufactured (measured by the dry weighing technique and 

µCT) is lower than the designed porosity. In any case this difference did not exceed 3%.  

3.2.2 Mechanical Properties 

All acetabular cups were tightly fixed in the moulds after the compression tests. Figure 22 shows 

the load-deformation curves of the nine different designs. The curves are very similar for the 

acetabular cups within the same sample group (unit cell and porosity). The three topological designs 

(BCC, D, RD) showed consistent results, which was reflected in the fact that the highest push-in 

forces were measured for the acetabular cups with the lowest porosity (MIN), while the lowest push-

in forces were observed for the acetabular cups with the highest porosity (MAX). A bulging effect of 

the unit cells not in contact with the mould (the bottom of the cup) could be observed in the MAX 

designs (Figure 23). The acetabular cups with a functionally graded (FG) porosity showed push-in 

forces in between the other two porosities. In all three design types (MIN, MAX, FG) the measured 

push-in force followed the order RD, D, BCC.  

Figure 22: Load-displacement graph of the acetabular implants with the three different unit cell types and three 
different porosities.  
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Figure 23: A 3D representation of the MAX design (98%) of the diamond unit cell, (a) before compression, (b) after 
compression. After compression a bulging effect can be observed at the bottom of the cup.  

3.2.3 Deformation 

The samples of each of the three different designs (MIN, MAX, FG) showed quite consistent results 

regarding the deformation of the porous layer inside the mould. This was the case for all three unit 

cell types. This can be observed in the µCT scans presented in Figure A2 (Appendix). 3D 

representation of all designs can be observed in Figure A3. Another way to observe the deformation 

is by evaluating the degree of anisotropy (DA) within the porous layer. Table 5 presents the 

difference in DA before and after compression. The effect of the compression of the implant on the 

mould can most optimally be observed after cutting the moulds in half (Figure A3).  
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4  
4. Discussion 

The aim of this study was to design a deformable porous acetabular implant which plastically 

deforms into massive acetabular defects. Six unit cell designs have been evaluated to determine 

their potential application in such an implant. In order to determine their mechanical properties, 

static compression tests have been performed. Additionally, the Digital Image Correlation (DIC) 

technique has been used to evaluate both the Poisson’s ratio and deformation mechanism of the 

unit cells. Based on their space-filling properties, three unit cell types have been implemented in 

the design of the acetabular implant. This design consisted of a solid inner layer connected to a 

porous outer layer which had a unit cell based infill. Three designs have been manufactured, 

including two uniform porous implants and one functionally graded porous implant. These designs 

have been tested in an experimental set-up that simulates an acetabulum with large bone defects. 

The results of both subprojects will be thoroughly discussed in the following paragraphs. 

Additionally, the challenges and limitations that had to be faced during this project will be described. 

In the end the potential application of the presented concepts and future required work will be 

presented.  

4.1 Non-auxetic Meta-biomaterials 

4.1.1 Morphological Characterization 

The porosity of the non-auxetic meta-biomaterials was determined after manufacturing (Table 3). 

The results show that the designed porosity (CAD) and the manufactured porosity do not exactly 

overlap. In general the porosity as-manufactured is lower than the CAD porosity, except at 80% 

porosity. An explanation for this difference might be metal powder that partially gets fused to struts’ 

surface. This powder adds weight to the final sample, which affects the measured porosity. The 

difference between designed and manufactured porosity increased with increasing porosity, which 

is the case for all unit cells. This can be explained by the fact that the size of the imperfections (i.e. 

powder particle adhesion on the struts) caused by the AM process is presumably more or less 

stable for different strut thickness.75 This means that the effect of imperfections is more predominant 

for thinner struts and thus higher porosities. Additionally, the difference between the designed 
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porosity and the porosity as-manufactured was not the same for all unit cell types. This difference 

was most apparent for the BCC (mean difference 1.8%) and the least for the C (means difference 

0.66%). The mechanical properties of the different unit cell types are compared based on the 

designed porosity. Since the porosity as-manufactured is not exact the same as the designed 

porosity, there are small difference in porosity between the compared unit cells types. Nevertheless, 

these differences are neglectable small.   

4.1.2 Mechanical Properties 

In this study the terms “elastic modulus”, “first maximum compressive strength”, “plateau stress” 

and “Poisson’s ratio” has been used for the mechanical properties of the non-auxetic meta-

biomaterials. However, it is important to understand that these terms describe different concepts 

when they concern meta-biomaterials. In the case of traditional materials these terms evaluate the 

intrinsic properties of the material, while when referring to meta-biomaterials they describe the 

apparent macroscopic properties of its structures instead of its material.26  

In this study commercially pure titanium (CP-Ti) has been used instead of more commonly studied 

titanium alloy (Ti-6Al-4V). CP-Ti has been reported to show higher ductility as well as a constant 

deformation under compression without reaching a first local maximum.31, 76 Besides, the fatigue 

strength of CP-Ti is also found to be higher compared to its alloyed counterpart.31, 77 No difference 

between the two material types have been found for bone response, bacterial adhesion and 

corrosion resistance.78 A biological advantage of CP-Ti is the absence of hazardous alloy 

component including V and Al.31 Several studies have used CP-Ti in combination with lattice 

structures 31, 76-82, however a systematic evaluation of the topology-property relationship of different 

unit cell types, as performed in this study, has not been done before. Therefore the results of this 

study could only partly be verified with results from the literature. Nevertheless, the results will also 

be verified with experiments that used alloyed titanium. 

The non-auxetic meta-biomaterials were tested in axial compression, resulting in the stress-strain 

curves presented in Figure 17. These curves show different patterns, which can be explained based 

on the unit cell’s topological design and the resulting deformation mechanisms (Figure A1, 

Appendix). The deformation mechanism of lattices is usually a combination of bending and 

stretching.47, 83 Which deformation mechanism is dominating depends on the main strut orientation. 

47, 83 Unit cells for which this orientation is mainly aligned along the loading direction present stretch-

dominated deformation behaviour. These lattices show very brittle behaviour, leading to high load 

bearing capacities. Their deformation pattern is dominated by a layer-by-layer collapse, which 

results in stress drops after which stress is built up again.84 This behaviour can be seen for the C, 

TC and the lowest porosities (80% and 85%) of the RD-YZ and TCO. Lattices with a more inclined 
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main strut orientation show a bending-dominated deformation pattern. These geometries are 

characterized by more ductile behaviour, leading to a lower load bearing capacity.47, 83 This 

deformation pattern is presented by the BCC, D, RD-X and the lattices with higher porosities (90%, 

95% and 98%) of the RD-YZ and TCO. Their stress-strain curve presents a gradual increase in 

stress followed by a plateau. In most cases a shear band at an angle of 45° is observed in the 

deformation pattern. The deformation pattern of the lattice structures is fairly similar over the 

complete range of porosities for most unit cell designs, which means that the deformation 

mechanism is independent of the porosity. One remarkable exception to this is the TCO. The 80%, 

85% and 90% porosity lattices show a clear compression-deformation pattern, while the 95% an 

98% porosity lattices show completely different deformation patterns. The latter present a bending-

dominated deformation pattern, which even results in auxetic behaviour. The TCO unit cell was not 

expected to show auxetic behaviour, since this cell was reported show non-auxetic behaviour in 

studies based on titanium alloy. This remarkable behaviour might be explained by the higher 

ductility of CP-Ti compared to its alloyed counterpart. All other non-auxetic meta-biomaterials have 

showed deformation patterns which are in line with the literature.30 

The elastic gradient and the first maximum compressive strength were extracted from the obtained 

stress-strain curves. Both properties are found to increase with decreasing porosity for all 

topological designs, which was expected according to the model of Gibson and Ashby.46 For the 

gradient there was one exception to this relationship, the C unit cell showed some irregularities in 

this trend. A possible explanation for this is the fact that the lattices of the C were not tested on the 

same compression machine. The C 80% and the C 90% were tested on the 250 kN test machine, 

while the other samples were tested on the 20 kN machine. The results from both machines were 

corrected for machine compliance. After this correction the results of the 80% and 90% deviated a 

bit from the trend seen for the other samples of this design. In general it was intended to test each 

specimen on the most appropriate compression machine. This means that the expected maximal 

compression force of the sample and the maximal test force of the machine should not deviate too 

much. Since the expected maximal compression force of the samples increases with decreasing 

porosity, it was the intended to test the samples with the lowest porosity on the 250 kN compression 

machine and the samples with the highest porosity on the 20 kN or 10 kN compression machines. 

The C is the only topological design for which this was mixed due to availability of the machines. 

This is expected to be the reason for the irregularity in the relationship between porosity and elastic 

gradient.  

Two groups of unit cells could be distinguished when considering the elastic gradient for all designs: 

a group with high stiffness, including the C, TC and TCO unit cells, and a group with lower stiffness, 

including the RD-X, RD-YZ, D and BCC. Values ranging from 0.07 to 30.05 MPa have been found 
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(Table 4). In general the C showed the highest stiffness, while the BCC showed the lowest stiffness. 

The results found in this study followed the same trend as found in literature.30 Within the group 

with lower stiffness there is not much difference between the different unit cell designs, especially 

for high porosities (> 95%). In the literature it is described that the RD unit cell presents a different 

elastic gradient in the two main directions, with a higher stiffness in the RD-YZ direction.30, 54 The 

results found in this study confirm this with a significantly higher value for RD-YZ compared to RD-

X at 80% and 90% porosity. The CP-Ti lattices showed lower elastic gradient values compared to 

their alloyed counterparts studied in the literature.30  

The first maximum compressive strength showed also increasing values with decreasing porosity. 

This effect was even more pronounced compared to the elastic gradient. Values from 0.3 to 46.07 

MPa have been found (Table 4). The same two groups, as found for the elastic gradient, could be 

distinguished. The RD-YZ, RD-X, D and BCC consistently showed the lowest strength. The RD-YZ 

and RD-X were not significantly different from each other, which is supported by literature.30, 54 The 

C, TC, TCO make up the group with the highest strength. The results found followed the same order 

as found in literature.30 The strength of the CP-Ti lattices is lower compared to Ti-6Al-4V lattices 

studied in the literature, which was expected.30 

The plateau stress has only been examined for the lattices that presented a plateau after reaching 

the first maximum compressive strength (BCC, RD-YZ, RD-X, TCO and D). Values from 0.27 to 

10.36 MPa have been found (Table 4). It has been argued in the literature that the plateau stress 

is similar to the yield stress when it concerns porous structures.50, 85, 86 The ratio between the first 

maximum compressive strength and the plateau stress is very constant and close to one for the 

BCC and RD-YZ. For the other unit cell types, this ratio was stable but it was either slightly higher 

(RD-X) or lower (TCO and D) than one. These results indicate that the BCC, RD-YZ, RD-X, TCO 

and D show stable strength after reaching the first maximum compressive strength. 

Regarding the Poisson’s ratio, an increasing porosity resulted in an increasing value for the 

Poisson’s ratio in all unit cell designs. Remarkable results were found for the RD-YZ and TC. The 

lattices of the TC present a negative Poisson’s ratio for the 85%, 90% and 95% lattice structure. 

This was not expected since this unit cell has been reported as non-auxetic (positive Poisson’s 

ratio) in literature.30, 53 The RD-YZ structures, on the other hand, showed a Poisson’s ratio above 1 

for the 85%, 90% and 95% porous structures. The samples with 98% porosity of the RD-YZ 

disrupted the increasing trend of the Poisson’s ratio. A possible explanation for this will be explained 

in the limitation section of this discussion. In the other direction (RD-X) the Poisson’s ratio ranges 

from 0.455 to 0.759 for the complete range of tested porosities. In the literature, conflicting results 

are found for this unit cell design. Babaee et al. (2012) reported values of ± 0.5 for the RD-X and ± 
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1.0 for the RD-YZ, while another study with computational results pointed at values ranging from 

0.42 to 0.56 for RD-YZ and values from 0.36 to 0.40 for RD-X.30, 54, 87 The Poisson’s ratio values 

found for the RD (both directions) unit cell are not exactly overlapping with the results found in the 

literature (based on Ti-6Al-4V).30, 54, 87 However, the significant difference between the two directions 

is the same as found in the literature.30, 54, 87. For all other topological designs the Poisson’s ratio 

ranges from 0.05 to 0.795 (Table 4). When arranged from high to low value, the resulting order is 

BCC, D, TCO, and C. This order can be explained based on the deformation behaviour. Unit cells 

with a bending-dominated behaviour presented a higher Poisson’s ratio compared to stretch-

dominated unit cells. The same order is found in studies based on analytical and computational 

methods.30 This study is the first to experimentally study the Poisson’s ratio. Therefore it is hard to 

verify the results with the literature. The Poisson’s ratio for traditional materials ranges between -

1.0 and +0.5 for isotropic materials.88 The results of the non-auxetic meta-biomaterials found in this 

study presented values above this range, which shows that these results are the apparent 

macroscopic properties of the structures and not of the material itself.26 A preliminary computational 

study from the KU Leuven also presented values for the Poisson’s ratio out side the traditional 

isotropic range. 

The D, BCC and RD unit cells were chosen to be implemented in the acetabular implants based on 

their space-filling capacity. These unit cell types showed the best combination between high 

strength and low stiffness. Additionally, these topological designs presented high ductility which is 

reflected in the high values for the Poisson’s ratio. These unit cells also reached a plateau after 

reaching their maximal stress. This indicates plastic deformation without the failure of struts.  

4.2 Acetabular Implants 

4.2.1 Morphological Characterization 

Comparable to the non-auxetic meta-biomaterials the as-manufactured porosity is generally lower 

than the CAD porosity for the acetabular implants. As mentioned earlier, the metal powder sintered 

to the struts during printing probably caused this. This effect might also be the explanation for the 

fact that the strut thickness as-manufactured is thicker than the CAD strut thickness, as assessed 

by the µCT scans.  

The porosity of the MAX design and the most outer layer of the FG design are printed in the minimal 

printable strut thickness, which is 200 µm.57 For both the D and BCC this means that the porosity 

is 98%, while for the RD this is 96% (Table A2 and A3, Appendix). This difference is caused by the 

fact that the RD consists of more struts, which means the same strut thickness results in a lower 

porosity.  
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The RD designs also differed from the D and BCC cups regarding the degree of anisotropy. The 

geometries of both the D and BCC are isotropic, which is also reflected in low values for the degree 

of anisotropy determined at the µCT pre-scan. The RD unit cell has a transversally isotropic 

geometry, which is reflected in different properties in one direction to the other two.54, 55, 89 This 

behaviour is also mirrored in the degree of anisotropy (Table 5) which is significantly higher 

compared to the D and BCC.  

4.2.2 Mechanical Properties 

When comparing the load-deformation curves of the three unit cell types, it can be observed that 

for all three porosities (MIN, MAX, FG) the RD showed the highest push-in forces, while the BCC 

presented the lowest push-in forces. The D showed results in between the other two topological 

designs. The results for these three unit cells showed the same order as found in the non-auxetic 

meta-biomaterials. The BCC consistently showed to be the least stiff and the least strong unit cell 

of the three in both experiments. Although the mechanical properties of the D and RD were very 

similar in the non-auxetic meta-biomaterials, both unit cells showed a more pronounced difference 

in push-in force for the acetabular implants. This difference in push-in force is mainly observed in 

the FG and MAX designs. This can be explained by the fact that the porosity of the RD was designed 

to be slightly lower (due to AM constraints) compared to the D in both designs. This difference in 

porosity was not designed for the MIN design, which means that the difference in push-in force is 

less pronounced for this design type.  

4.2.3 Deformation 

The three different designs (FG, MIN and MAX) showed three clearly distinguishable deformations 

which were similar for all unit cell designs. The MAX designs deformed the most, which was also 

reflected in the degree of anisotropy (Table 5). µCT scan evaluation showed that the deformation 

mainly took place in the struts directly connected to the solid inner layer. This means that the struts 

connecting to the solid inner layer fail, after which the solid inner layer is compressed through the 

porous outer layer. This results in a bulging effect on the bottom layer of the cups (Figure 23). The 

porous outer layer does not deform into the defects in the mould. After cutting through the mould, 

it can be seen that the mould is not affected by the compression.  

The MIN designs showed the opposite of the MAX designs by showing almost no deformation. This 

was also reflected in the smallest percentual difference in DA after compression (Table 5). After 

cutting the moulds in half after compression, it could be observed that he moulds were deformed 

by the acetabular cups. This means that the acetabular cups with the minimal porosity (MIN) are 

too stiff for the moulds.  



41 
 

The FG designs showed some deformation at the implant-mould interface, without collapsing struts 

at the interface between the solid layer and the porous layer. The unit cells directly in contact with 

the mould are deformed into the holes (Figure A3, Appendix). This deformation is clearly detectable, 

but not tremendous. This could also not be expected since the cups were only compressed for 

approximately five mm. The deformation is the most for the diamond, which is also reflected in the 

highest percentual difference of DA (Table 5). The unit cells in contact with the solid inner layer are 

unaffected, which contrasts with the same unit cells in the MAX designs. After cutting the moulds 

in half it could be observed that the mould is only slightly affected by the compression of the 

acetabular cup (Figure A4, Appendix). This means that this acetabular cup design possesses the 

mechanical properties which are like the properties of the mould and thus to healthy trabecular 

bone.  

As beforementioned does the RD unit cell have a transversally isotropic geometry. In the acetabular 

implant the RD unit cell was oriented in such a way that the main loading direction was in the RD-

YZ direction. Due to its transversally isotropic geometry, its deformation inside the mould would 

theoretically be not the same in each direction. This effect was not observed on the CT scans. 

However, it is expected that this effect increases as the implant is compressed for more than five 

mm.   

Since this research is of a highly explorative nature, there is no literature available on how to 

determine the degree of deformation of this kind of porous deformable implants. Therefore, we had 

to came up with a method to quantify this. The chosen approach was to determine the degree of 

anisotropy (DA). This method evaluates how highly oriented structures are, using the mean 

intercept length technique. The DA ranges from 0 to 1, from isotropic to anisotropic structures.69 

The acetabular implants became more isotropic after compression according to this method. This 

effect was not expected. A possible explanation might be that the compressed struts are more 

oriented in one direction compared to their non-compressed counterparts. 

4.3 Challenges and Limitations 
Most of the procedures that have been followed in the first part of this study (non-auxetic meta-

biomaterials) are broadly known in the literature. However, the use of DIC is quite new when 

studying lattice structures. Some studies used this technique to determine the strain distribution in 

these kind of structures.48, 90-92 In this study this technique was used to experimentally determine 

the Poisson’s ratio, which only a few studies did before.48, 72 In some cases the reliability of the DIC 

technique is questionable. This is mainly the case for the porous structures with the thinnest struts 

(98%). For these struts there is only a limited number of pixels on the strut to track the deformation. 

Furthermore, the elastic region is of these samples is very short, which means that there is only 
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limited time and thus limited images to determine the Poisson’s ratio. This also does not improve 

the reliability of the Poisson’s ratio. Both effects could be an explanation for the remarkable results 

found for the Poisson’s ratio of the RD-YZ 98%. In case of the C 98% samples it was not possible 

at all to determine the Poisson’s ratio, even after manual determination using photoshop. In this 

case the elastic deformation before failure was to small to be detected. 93 For the samples with 

thicker struts the DIC technique is a quite reliable technique to determine the Poisson’s ratio, which 

could be concluded based on the small inter-specimen differences. However, recently Acciaioli et 

al. (2018) argued that this technique slightly overestimates the values with 4%.93 Also the VIC 3D 

software presents an higher projection error in these cases. This should be considered when 

interpreting these results.  

Another limitation in the procedure of the first experiment is the fact that the non-auxetic meta-

biomaterials are only compressed in the build direction. Although most of the unit cell types that are 

considered are isotropic, based on their geometry, the print process is found to introduce a certain 

level of anisotropy to the structure.94, 95 Especially struts that are build horizontally with respect to 

the build plate are prone to show AM imperfections.96 These struts are found to have more internal 

porosity, which results in diminished mechanical properties.96, 97 In order to get the complete 

overview of mechanical properties of the non-auxetic meta-biomaterials, it is important to evaluate 

them in all directions.   

The procedures followed in the second part of this study are less commonly used. Due to the 

explorative nature of this part of the study there is no literature to fall back on. To our knowledge 

the present study is the first attempt to additively manufacture a deformable functionally graded 

acetabular implant. Earlier this idea was presented by Wang et al. (2006), but it was never actually 

executed.98 In order to test the deformability of the implant a mould made of bone mimicking foam 

has been used.67 This material was chosen over cadaveric bone due to the possible uniformity, low 

inter-specimen variability, reproducibility and to avoid ethical issues. This artificial bone material 

has a Young’s modulus of 0.137 GPa.67 Healthy trabecular bone presents stiffness values in the 

range of 0.02 to 2 GPa.99 However, the aim of this project is to design an acetabular implant for 

patients with large acetabular bone deficiencies. The mechanical properties of their bone quality 

will probably not be as good as healthy trabecular bone. In some cases their bone might be of poor 

(osteoporotic) quality. Therefore the used material of the mould might not exactly represent this 

situation. Patel et al. (2008) argued that cellular rigid polyurethane foam with a lower density (PCF 

10, 0.16 g/cm3) might better resemble osteoporotic human trabecular bone.100 This type of foam 

presents a stiffness of 0.05 GPa.67  
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Another limitation found in the second part of this study are the high maximal push-in forces (ranging 

from 3.33 kN to 14.8 kN) needed to compress the acetabular implants for only five mm into the 

moulds. These forces were applied under a constant deformation rate of 0.5 mm/min. For a surgeon 

it is impossible to apply this kind of force at such a low deformation rate. In the conventional surgical 

procedure the implant is inserted using impact force. The mean impact force given during this 

procedure is 16.75 kN with maximal peak forces of 27.49 kN. The mean impact force is applied five 

times on average.101 It is our expectation that this way of implementing is not applicable on the 

newly designed acetabular implants. Impacting the implant will lead to unpredictable deformation. 

Besides it might also break struts, which is undesirable. Loose struts can become metal debris 

which could induce inflammatory reactions at the bone-implant interface.102 Therefore a new 

surgical procedure has to be developed for this kind of deformable implants. This new procedure 

should be able to apply a push-in force that is high enough to deform the implant. It is obvious that 

this force should not be too high in order not to break through the pelvis. A possible option might 

be the application of several screws at the edges of the implant which are simultaneously tightened. 

When the surgeon has the opinion that enough initial stability is attained, the screws can be 

removed to prevent stress-shielding. The screw holes can be filled again with porous titanium.  

4.4 Potential Applications 
The first part of this study (non-auxetic meta-biomaterials) adds knowledge to the growing library 

about the topology-property relationship of lattice structures. It does so by experimentally 

determining the mechanical properties of these materials, including the Poisson’s ratio. 

Furthermore, the novelty of this study lies in the use of CP-Ti as the material type. The results 

provide information to facilitate the selection of the most appropriate biomaterial for an envisioned 

implant application. Additionally, these results can be used to verify computational and numerical 

studies on this kind of structures.  

The second part of this study concerns a first explorative study on the deformability of a porous 

acetabular implants. It also provides information about the effect of functionally grading porosity in 

this kind of implants. The three different acetabular implant designs showed three different 

deformation behaviours as well as three different load-displacement curves. The MIN and MAX 

designs showed, respectively, almost no deformation and undesired deformation. The results found 

for these two designs present a clear range of properties in which this type of deformable implant 

can perform. The FG designs showed a more promising deformation, with the most favourable 

results found for those built of diamond unit cells.  

This functionally graded porous acetabular implant could potentially be applied in acetabula with 

large bone deficiencies. The designs in this study are evaluated on defects in which the medial wall 
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of the acetabulum is still intact. This corresponds to defects such as Paprosky Type 1, Type 2a and 

Type 2b. This type of implants could potentially also be applied in situation in which the medial wall 

of the acetabulum is not intact. In this case the remaining bone will prevent the implant from going 

through the pelvis. The implant will plastically deform into the bone defects, which will result in a 

large bone-implant interface which results in adequate biological fixation. This will contribute to a 

more physiological load distribution compared to the currently used acetabular implants with 

flanges. The porosity of the outer layer will furthermore result in comparable stiffness between the 

bone and the implant. This diminishes the effect of stress-shielding, and therefore prevent bone 

resorption. This implant could be applied in combination with a dual mobility cup design which will 

then be cemented into the porous layer. This system is also used in custom-made triflange 

implant.103 On the long term a deformable acetabular implant might also become the standard in 

primary hip replacing surgery. 

Besides applying the porous structures in an acetabular implant, there are many other biomedical 

applications. One could think of non-load bearing applications like a cranio-maxillofacial implant. 

4.5 Future Work 
In this study only static compression was considered. The designed acetabular implants should be 

able to stay in the body for at least ten years after implantation. Therefore it is very important to 

asses their fatigue behaviour as well. The implants will mostly be loaded in compression,  so 

compression-compression fatigue tests are most interesting.26, 104 There are some data on the 

fatigue behaviour of CP-Ti porous structures77, 78, but a systematic study is missing. This might be 

a subject for future work.   

At this moment quite a large force is needed to deform the porous layer for only five mm. In order 

to increase the deformation of the acetabular implant, several designs decisions could be studied 

in the future. Firstly, the infill of the porous outer layer. A larger unit cell size while keeping the strut 

size equal to the current strut size increases the porosity and might therefore increase the 

deformability. When studying the effect of unit cell size (unpublished work by Groenewoud et al. 

2017), it can be seen that the relationship between unit cell size and stiffness is exponential. This 

means that increasing the unit cell size from 3x3x3 mm to for example 5x5x5 mm will result in a in 

an approximately 200 times lower stiffness. This change in design will diminish the number of layers 

in the outer layer, which means that the porosity transitions have to occur within the unit cells.  In 

this study this was not possible, due to software constraints. There is an option to design 

continuously changing porosity within the unit cells by using a sigmoid function. Researchers at the 

KU in Leuven are currently working on this.  
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The infill of the porous outer layer could also be designed differently by using other unit cell types. 

In this study the most deformable strut-based unit cells were used. An alternative might be 

structures based on triply periodic minimal surfaces (TPMS), whose surface curvature is believed 

to mimic that of trabecular bone.105 Structures based on TPMS show a promising combination of 

high strength and low stiffness.25 Therefore it might be interested to test the deformability of this 

kind of unit cells.  

Another design choice that is interesting to study in the future is the choice of material type. A 

possible option for this might be pure iron.106 Recently Li et al. (2018) found relatively low values 

for stiffness for porous iron structures with a 1x1x1 mm unit cell size.106 When extrapolating this to 

5x5x5 mm unit cells the stiffness values might be interesting to implement into the acetabular cup 

design. Decreased stiffness will decrease the force needed to deform the material. Annealing pure 

iron material decreases the stiffness even more.107   

Once the ideal deformable acetabular implant is developed, it is essential to determine its biological 

effect on living bone tissue. Furthermore, it is important to evaluate the effects of time-dependent 

phenomena such as bone regeneration and ingrowth.26  
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5  
5. Conclusion 

The objective of this study was to design and evaluate a new concept for an acetabular revision, 

which on the long term could also become the standard in primary hip replacing surgery. The aim 

of this new acetabular implant design is to plastically deform into massive acetabular bone defects. 

This novel implant has the potential to overcome most of the complications observed after an 

acetabular revision. This study explored whether a unit cell based porous outer layer made of pure 

titanium can achieve the required space-filling properties. After studying the topology-property 

relationship of six potential unit cell designs, three topologies were selected including the diamond, 

rhombic dodecahedron and body centred cubic. These unit cells showed the lowest stiffness and 

the highest positive Poisson’s ratio over the complete range of concerned porosities (80-98%). 

Besides, they showed bending-dominated deformation without the failure of struts. The results 

indicated that these unit cells have the highest capacity to deform as well as space-filling behaviour. 

Therefore, they were implemented in the design of the deformable acetabular implant. These 

implants were compressed inside a bone-mimicking mould, of which the appearance and 

mechanics resembled an acetabulum with large bone deficiencies. µCT images revealed that the 

novel implant designs showed detectable deformation at the implant-mould interface, without failing 

struts. The most promising deformation was observed in the implant with a functionally graded 

porosity based on the diamond unit cell. Although the deformation at the mould-implant interface 

was promising, the push-in forces needed to compress the implant into the mould were very high 

(ranging from 3.33 kN to 14.8 kN). Future work is needed to diminish the need for these high push-

in forces by making the porous outer layer even more deformable. This novel implant has the 

potential to increase the biological fixation, preserve the physiological stress distribution and 

diminish the effect of stress shielding in the acetabular component of a total hip replacement.  
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6  
6. Abbreviations 

THA Total Hip Arthroplasty 

AM Additive Manufacturing 

SLM Selective Laser Melting 

EBM Electron Beam Melting 

CP-Ti Commercially Pure Titanium 

DIC Digital Image Correlation 

FG Functionally Graded 

FOV Field Of View 

D Diamond 

C Cube 

TC Truncated Cube 

TCO Truncated Cuboctahedron 

RD Rhombic Dodecahedron 

BCC  Body Centred Cubic 

DMP Direct Metal Printing 

CAD Computer Aided Designs 

STL Stereolithography  

EDM Electrical Discharge Machining 

PCF  Polyurethane Foam 

MP  Mega Pixel 

µCT Microtomography 

ROI Region Of Interest 

DA Degree of Anisotropy 

N Newton 

kN Kilo Newton 

ν Poisson’s Ratio 

ε Strain 

σ Stress 
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Figure A1: Deformation pattern of the non-auxetic meta-biomaterials.  
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Figure A1 (continued): Deformation pattern of the non-auxetic meta-biomaterials.   
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Figure A1 (continued): Deformation pattern of the non-auxetic meta-biomaterials. 
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Figure A2: CT Scans of the acetabular implants before and after compression. 
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Figure A3: 3D representations of the acetabular implants before and after compression. 
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Figure A4: The moulds after being cut in half. These moulds were compressed by acetabular implants based on a 
diamond unit cell. (a) MIN design (90%), (b) FG design, (c) MAX design (96/98%). 

 


