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Summary
Without our musculoskeletal system, which consists of bones, joints, and muscles, we would 
not be able to live. Our bones are responsible for the protection of our organs, the support of 
our body, and they enable our mobility. Therefore, it is important to keep them healthy. This 
is done by cells who repair small cracks and fractures caused by our daily activities through 
continuous remodeling of the skeleton. However, severe bone damage and defects can occur, 
for example, due to trauma (e.g., car accidents) and bone tumor resection. In this case, the 
defects are too large for the cells to repair and surgical intervention is required to support 
the bone regeneration process. Bone substitutes or porous biomaterials are used to fill these 
defects to help the cells to regenerate the bone. 

Bone substitutes require implantation via open surgery due to their large dimensions 
and rigidity. This causes great damage to the body, which results in a long recovery time for 
the patient and increases the risk of infections. To reduce the invasiveness of the implantation 
process, minimally invasive surgery (MIS) could be used. MIS techniques make it possible to 
perform surgical treatments through specific minimally invasive tools that are inserted into 
the body through small incisions. In order to make minimally invasive implantation possible, 
the dimensions of porous biomaterials should be reduced to fit through these small incisions.

In addition, it has been demonstrated that the bone regeneration process can be 
optimized and infections could be prevented by applying precisely controlled nanopatterns to 
the surface of bone substitutes. However, surface patterning techniques can only be applied 
to flat surfaces. Therefore, it is not possible to apply surface patterns to the inner surfaces 
of three-dimensional porous structures, such as those fabricated through 3D printing 
techniques.

To resolve these two issues, biomaterials could be made deployable and be folded 
from flat sheets to simultaneously enable the use of MIS and surface patterning techniques. 
Because neither deployable nor foldable biomaterials have been developed before, the 
aim of this thesis is to explore the feasibility of making porous biomaterials deployable and 
foldable from a flat state.

In order to understand the important architectural parameters of porous biomaterials 
and their effect on the bone regeneration process, a literature review was conducted in 
Chapter 2.

In Chapter 3, rigid metallic porous biomaterials based on four different types of minimal 
surfaces were designed using a three-dimensional computer models. Computer models 
allow for the design of porous biomaterials with the desired properties for the application 
as bone substitutes. These computer models were used to manufacture the rigid porous 
biomaterials using selective laser melting (SLM), which is an additive manufacturing (=3D ix



printing) technique to build metal objects. This enabled us to evaluate the mechanical (i.e., 
quasi-static mechanical properties and fatigue behavior) and mass transport properties of 
solid free-form fabricated porous biomaterials. 

Although the porous structures presented in Chapter 3 offer a unique combination of 
mechanical and mass transport properties, they are not suitable to be implanted using MIS 
procedures. Therefore, a first step towards deployable metallic biomaterials is made in Chapter 
4. This chapter presents deployable non-assembly mechanisms, which were manufactured 
using SLM. Different geometries consisting of revolute joints, wavelike elements, and rigid 
rods were assembled into structures that could be deployed and retracted by applying 
compressive or tensile forces to their proximal and distal vertices. 

The revolute joints in the deployable non-assembly mechanisms presented in Chapter 
4 complicate the design of deployable porous biomaterials. Therefore, they were eliminated 
from our deployable designs presented in Chapter 5. Bi-stable elements were printed using 
fused deposition modeling (FDM). The bi-stable elements were combined in various ways to 
make multi-stable structures that can be deployed in different ways. 

Although the multi-stable structures developed in Chapter 5 were deployable, their 
three-dimensional design does not allow for the application of surface patterning techniques. 
In Chapter 6, the knowledge gained from this study was used to develop deployable and 
foldable structures. FDM and laser micromachining were used to create three-dimensional 
deployable cubes. Due to the flat state of the laser-cut metal sheets, it was possible to apply 
micro-patterns to their surfaces. Moreover, the metal sheets could be folded into three-
dimensional deployable configurations. 

Chapter 7 summarizes the main findings of the thesis and tries to formulate succinct 
answers to the primary and secondary research questions presented in Chapter 1. 
Additionally, recommendations for future research are provided and alternative applications 
are proposed.

Overall, the work covered by this thesis is the first step towards the development of 
deployable porous biomaterials, which can be folded from a flat state. We hope that our 
designs provide inspiration for the further development of such biomaterials and for making 
them available for the treatment of large bone defects. Such biomaterials should be also 
compatible with MIS techniques and allow for the application of precisely-controlled surface 
nanopatterns. 
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Samenvatting
Zonder ons spierskeletstelse dat bestaat uit botten, gewrichten en spieren, zouden we 
niet kunnen overleven. Onze botten beschermen onze organen, geven structuur aan ons 
lichaam en ze maken het mogelijk dat we ons kunnen bewegen. Botcellen zorgen ervoor dat 
onze botten gezond blijven door kleine scheuren en breuken die veroorzaakt worden door 
dagelijkse activiteiten te herstellen. Helaas kan het voorkomen dat bottumoren verwijderd 
moeten worden of dat we ernstig verongelukken waardoor grote botdefecten ontstaan. 
Deze defecten zijn te ernstig om door onze botcellen hersteld te worden. In dit geval is een 
operatie nodig om de cellen te ondersteunen bij het botherstel. Botvervangers kunnen in het 
defect geplaatst worden om een brug te vormen tussen de twee uiteinden van het defect en 
zorgen ervoor dat cellen gestimuleerd worden om nieuw botweefsel te vormen.

De afmetingen van de beschikbare botvervangers voor de behandeling van botdefecten 
zorgen ervoor dat deze implantaten alleen in een defect geplaatst kunnen worden via een 
open operatie. Zo’n operatie veroorzaakt grote schade aan het lichaam wat leidt tot een 
langdurig herstelproces en het vergroot de kans op infecties. Minimaal invasieve chirurgie zou 
toegepast kunnen worden om de operatie minder ingrijpend te maken. Met deze techniek 
kunnen operaties uitgevoerd worden met speciale instrumenten die door kleine sneden 
in het lichaam worden gebracht. Om minimaal invasieve implantatie van botvervangers 
mogelijk te maken, zouden botimplantaten gemaakt moeten worden die door deze kleine 
openingen passen. Daarnaast is het bewezen dat het botherstel bevorderd kan worden 
en infecties voorkomen kunnen worden door specifieke nano-patronen op het oppervlak 
van een botvervanger aan te brengen. Helaas is het niet mogelijk om de technieken die 
hiervoor gebruikt worden toe te passen op de beschikbare botimplantaten vanwege hun 
drie-dimensionele structuur. Om deze twee problemen op te lossen zouden botvervangers 
uitklapbaar gemaakt kunnen worden en gevouwen kunnen worden vanuit een twee-
dimensionele geometrie. Omdat uitklapbare en vouwbare botvervangers niet bestaan, is het 
doel van dit proefschrift om uit te zoeken of het mogelijk is om uitklapbare botvervangers te 
maken en deze te vouwen van vlakke platen.

In hoofdstuk 2 worden verschillende aspecten van de geometrie van een botvervanger 
onderzocht om erachter te komen hoe deze het botherstel beïnvloeden. 

In hoofdstuk 3 worden poreuze structuren met een specifieke geometrie gepresenteerd 
die ontworpen zijn met computermodellen. Een 3D-printtechniek dat selective laser 
melting heet, werd gebruikt om deze poreuze structuren te fabriceren op basis van de 
computermodellen. Evaluatie van hun mechanische eigenschappen en hun doorlaatbaarheid 
geeft ons een idee van de eigenschappen van botvervangers die ontworpen zijn met volledige 
controle over hun geometrie.
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Ondanks de gewenste eigenschappen die de poreuze structuren in hoofdstuk 3 hebben, 
zijn ze niet geschikt om ze met minimaal invasieve technieken te kunnen implanteren. Daarom 
wordt een eerste stap gemaakt in de ontwikkeling van metalen uitklapbare botvervangers in 
hoofdstuk 4. In dit hoofdstuk worden mechanismen ontworpen die direct na hun fabricage 
met selective laser melting functioneel zijn. Dankzij scharnieren, verende elementen en 
staven kunnen deze mechanismen in- en uitgeklapt worden door op specifieke punten trek- 
en drukkrachten uit te oefenen.

De scharnieren die gebruikt worden voor de uitklapbare mechanismen in hoofdstuk 4 
compliceren het ontwerp. Daarom worden in hoofdstuk 5 simpele structuren 3D-geprint die 
geen scharnieren bevatten maar op basis van elastische vervorming kunnen wisselen tussen 
twee verschillende stabiele configuraties. Deze simpele structuren kunnen op verschillende 
manieren samengesteld worden om uitklapbare structuren te vormen die meerdere stabiele 
configuraties hebben. 

De structuren in hoofdstuk 5 kunnen ingeklapt en uitgeklapt worden, maar vanwege 
hun drie-dimensionele geometrie zijn ze niet geschikt om oppervlaktebehandelingen toe 
te passen. De kennis die we tijdens dit onderzoek hebben opgedaan is gebruikt voor de 
ontwikkeling van uitklapbare en vouwbare structuren die gepresenteerd worden in hoofdstuk 
6. 3D-printen en het lasersnijden van metalen platen worden gebruikt om drie-dimensionele 
uitklapbare kubussen te maken. Dankzij de vlakke configuratie van de lasergesneden metalen 
platen konden micro-patronen aangebracht worden op het oppervlak. Ook kunnen de 
gesneden platen gevouwen worden om drie-dimensionele uitklapbare botvervangers te 
maken.

In hoofdstuk 7 worden de belangrijkste bevindingen van dit proefschrift besproken en 
worden de onderzoeksvragen uit hoofdstuk 1 beantwoord. Daarnaast worden er aanbevelingen 
gedaan voor toekomstige onderzoeken en alternatieve toepassingen voorgesteld.

Het werk dat gepresenteerd is in dit proefschrift is de eerste stap in de ontwikkeling 
van uitklapbare botvervangers en uitklapbare botvervangers die gevouwen kunnen 
worden van vlakke platen. We hopen dat onze ontwerpen inspireren voor de verdere 
ontwikkeling om botvervangers geschikt te maken voor minimaal invasieve chirurgie 
en  oppervlaktebehandelingen toepasbaar te maken voor uitklapbare drie-dimensionele 
structuren.
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1
Introduction

1 Introduction

Science and art sometimes can touch one another,
 like two pieces of the jigsaw puzzle which is our human life,

and that contact may be made across the borderline
between the two respective domains.

-M. C. Escher

1



1.1 Background 
Our bodies can be seen as magical worlds in which trillions of cells live and work together. 
These cells are responsible for many processes to make our organs and tissues function 
properly. 

Our musculoskeletal system, which consists of bones, joints, and muscles, fulfils several 
important functions. For example, our bones are responsible for the support and protection 
of our organs while enabling our mobility. Therefore, it is important to keep them healthy. 
This is done by cells who repair small cracks and fractures caused by our daily activities. 
However, severe bone damage and large bony defects can occur due to different reasons, 
such as bone tumor resection or car accidents. In many such cases, the defects are too large 
for the cells to repair on their own and surgical intervention is required to support the bone 
regeneration process.

A bone substitute can be implanted into the defect to replace the lost bone and to act 
as a bridge between both parts of the native bone on either side of the defect. Cells are 
then able to move into the bone substitute to form new bone and to integrate the newly 
formed bone with the native bone. To ensure successful bone regeneration, it is important 
that the bone substitutes satisfy a long list of requirements, including biocompatibility and 
bioactivity, while also providing specific mechanical functions and favorable mass transport 
properties. Since this is not an easy task, many studies have been performed to develop bone 
substitutes, which fulfil those requirements.

1.2 Bone structure and the remodeling process
Bone is organized into multiple levels of structural hierarchy (i.e., macrostructure, 
microstructure, sub-microstructure, nanostructure, and sub-nanostructure [1]). At the 
macroscale, bone can be divided into cortical (or compact) bone and trabecular (or cancellous) 
bone [1, 2].  The stiffer and denser cortical bone can be found in 80% of a mature skeleton 
[3], while a combination of cortical and porous, spongy trabecular bone can be found in long 
and flat bones [1, 3, 4]. Cortical bone primarily consists of osteons, which are cylindrical 
structures that are aligned in parallel with the longitudinal axis of bones [3]. Trabecular bone 
is made up of trabeculae, which are connected struts that form an efficient porous network 
to support the mechanical loads exerted on the bones [3-5].   

Bone remodeling is required for the growth of the skeleton [8], to optimize the inner 
architecture of bones in order to support mechanical loads [3, 6], and to maintain calcium 
and phosphorous levels inside the body [2, 3]. The most important cells in this process are 
osteoclasts [7] and osteoblasts [7], whose roles are bone resorption and bone formation 
[6], respectively. In addition to those two cell types, osteocytes are crucial for a process 
called mechanotransduction [3, 6, 7]. This is a mechanism in which mechanical stresses are 
converted into biochemical signals. These signals are then used to regulate the osteoblast 

| 
Ch

ap
te

r 1
  I

nt
ro

du
cti

on

2



and osteoclast activity [3].

Although microdamage can be repaired by bone remodeling [9], the repair of large (i.e., 
critical size) bony defects, caused by accidents for example, require surgical intervention. As 
a rule of thumb, a defect is considered large when the length of the defect is 2-3 times the 
diameter of the bone involved [10]. This means that, for example, defects larger than 3 cm in 
the bones of our lower arm, 5 cm in the bones of our legs, and 6 cm in the bone of our upper 
arm [10] cannot be repaired by our cells alone. Bone tissue engineering aims at the repair 
and regeneration of such large bone defects [2] by using biomaterials to integrate the newly 
formed bone w the native bone [2]. 

  

1.3 Biomaterials
Bone substituting materials are used to fill large bony defects. Bone substitutes, such as 
autologous (from the same patient) and allogenic (from another person) bone tissue grafts 
are available. However, their limited supply [11-13], donor site morbidity [11, 13], and the risk 
of viral and bacterial disease transmission [11, 14] means that there is a need for engineered 
and innovative replacements [11, 12].

Synthetic replacements for bone grafts are called porous biomaterials. These biomaterials 
can be made of ceramics [7, 13], polymers [7, 13], or metals [15-18] and their alloys. They 
aim to help and guide our cells in the bone regeneration process [19]. Biomaterials should be 
biocompatible so that they are not harmful for the cells and tissues in our body [20]. 

1.3.1 Biomaterial architecture
To make sure that our cells receive the nutrients and oxygen they require to survive and 
function as desired, the architecture of a biomaterial is important. Architectural parameters 
include the pore size [2, 21] and shape, the overall porosity of the biomaterial [2, 21], surface 
properties [2, 21], and mechanical properties [2, 21]. When the architecture is not optimal 
for the cells to live in, the bone regeneration process will be obstructed and the connection 
between the implant and the native bone will be too weak. The biomaterial remains or 
becomes loose and needs to be surgically removed and replaced. Therefore, a biomaterial 
should promote cells to become bone cells (osteoinduction) [7, 22], support bone growth 
(osteoconduction) [7, 22], and be able to integrate with the native bone (osseointegration) 
[7]. The porosity, pore size, and the pore interconnectivity of bone substitutes are important 
to enable cells to travel through the biomaterial [2] and native bone and blood vessels [2] 
to grow into the porous structure. These events are necessary for the generation of de novo 
bone that integrates with the existing tissue.

3



1.3.2 Biomaterial surface
The surface of a porous biomaterial is important, because the surface properties determine 
the cell response [7, 15]. Modifications to the surface, such as the application of nanopatterns 
[15, 23, 24] can induce cells to adhere to the surface, which is important for cells to travel 
through the implant (migration), to multiply (proliferation) [23, 24], and to specialize (i.e., 
differentiate)  into the type of cells required for bone tissue regeneration [15, 24]. For bone 
implants, it is desired that the cells on the surface of the implant become bone cells. In 
addition to inducing bone formation, surfaces can be made antimicrobial [25, 26] to prevent 
serious infections, which can lead to implant failure. 

3D printing or additive manufacturing (AM) has been recently used to manufacture 
complex and porous biomaterials [27-29]. Such biomaterials contain a large area of internal 
surfaces, which cannot be easily reached after fabrication. The main reason for this is that 
controlled surface patterning techniques can only be applied to flat surfaces [7, 30]. 

1.4 Minimally invasive surgery
Due to the dimensions and rigidity of available porous biomaterials, open surgery is commonly 
used for the treatment of large bone defects. A large incision is made to place the implant at 
the right location. This is a highly invasive process, which increases the risk of infections and 
is associated with long recovery times.

Minimally invasive surgery was introduced at the beginning of the 20th century [31]. For 
this type of surgery, incisions of 1 - 1.5 centimeters [32] are made to insert laparoscopic tools. 
Using these long cylindrical tools with a small camera, many treatments are performed on 
a daily basis. Minimally invasive surgery is applied to treat vascular diseases [33], to remove 
tumors from the brain [34], and to take biopsies [35]. In addition to these examples, many 
other treatments have been performed using this surgery technique.

It is a challenging task to implant bone substitutes minimally invasively because 
biomaterials are in general rigid structures with large dimensions. Therefore, they cannot be 
deformed easily to fit through small incisions or to be placed at locations that are difficult to 
reach. To overcome these issues, biomaterials could be made deployable. 

1.5 Deployable structures
Deployable structures are structures that, upon deployment, can change their configuration 
from a compact state to their operational configuration [36, 37]. This enables deployable 
structures to be transported in a compact way [37]. Deployability is used for the transportation 
of antennas, solar panels, and masts into space [38], to carry an umbrella inside a bag [37], 
or to quickly place a temporary bridge to recover damaged infrastructures caused by natural 
disasters [39]. Deployable structures can be designed using mechanical joints and rigid | 
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elements [38], elastic deformation, or plastic deformation. 

1.5.1 Rigid assemblies
Rigid assemblies are deployable structures that consist of mechanical joints and rigid elements 
[38]. An example of a deployable rigid assembly is an umbrella. An external force is required 
to change its configuration from retracted (closed) to deployed (open). A locking mechanism 
is integrated to keep the umbrella in its deployed configuration.  

1.5.2 Elastic deformation
Deployable structures can also be made using elastic deformation. This kind of deformation 
happens in the elastic range of the material. Elastic deformations can be made undone when 
the external force is removed. 

Elastic deformation can also occur in bi-stable and multi-stable structures, which have 
more than one stable configuration in which they are load-bearing. An external force is only 
required to elastically deform the structures locally to make them switch between the stable 
configurations.

1.5.3 Plastic deformation
In addition to elastic deformation, deployable structures can work on the basis of plastic 
deformation. Unlike elastic deformation, which enables a material or a structure to return 
to its original shape when the external force is removed, plastic deformation results in a 
permanent shape transformation. An example of deployable structures that are plastically 
deformed are stents used for coronary balloon angioplasty [40]. Stents are placed inside a 
narrowed artery using minimally invasive surgery. A balloon may then be used to open the 
stent and to plastically deform the stent, thereby keeping the artery open [40].  

To summarize, deployable implants can be made using mechanical joints and elastic 
deformation, which allow them to switch between different stable configurations. Plastic 
deformation on the other hand, can be used to deform structures or materials permanently. 

1.6 Problem statement
The dimensions and rigidity of the available porous biomaterials for the treatment of large 
bone defects require implantation using open surgery. This may cause great damage to the 
body, resulting in a long recovery time for the patient and increasing the risk of infections.

Moreover, it has been demonstrated that the bone regeneration process can be 
improved by applying complex and precisely-controlled nanopatterns to the surface of 
bone substitutes. However, due to the three-dimensional nature of the available porous 5



biomaterials, many surface patterning techniques cannot be used because they can only be 
applied to flat surfaces.

To resolve these two issues, porous biomaterials could be made deployable and be 
folded from a flat state to enable the application of minimally invasive procedures and the 
use of surface patterning techniques.

1.7	 Aim	and	research	questions
Because neither deployable nor foldable biomaterials have been developed before, the 
aim of this thesis is to explore the feasibility of making porous biomaterials deployable and 
foldable from a flat state. More specifically, the central research question addressed in this 
thesis is defined as:

Is it feasible to fold deployable biomaterials from a flat state which can be used for the 
treatment of large bone defects?

The following sub-research questions were addressed to answer the main research question:

• What are the main requirements for bone substitutes in terms of their geometry, 
mechanical properties, and mass transport properties and to what extent do existing 
designs and manufacturing techniques (e.g., 3D printing) achieve those properties?

• How can mechanical joints and elastic deformation be used to develop deployable porous 
biomaterials?

• How can elastic deformation be used to develop deployable porous biomaterials?

• How can deployable porous biomaterials be made foldable in order to apply precisely 
controlled patterns to their surfaces?

In this thesis, different manufacturing techniques, materials, and designs were used and 
evaluated to explore the feasibility of making porous biomaterials deployable and foldable 
from a flat state. 

1.8 Thesis outline
This thesis consists of seven chapters in total, including the Introduction (Chapter 1) and the 
General Discussion and Conclusion (Chapter 7). Chapter 2 and 3 adress the first sub-research 
question and each of the remaining chapters addresses one of the other sub-research 
questions. 

To gain more knowledge about the important architectural parameters of porous 
biomaterials and their effect on the bone regeneration process, a literature review is 
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presented in Chapter 2.

To evaluate the properties of rigid porous biomaterials of which the geometry can be 
fully controlled, four types of rigid porous biomaterials are presented in Chapter 3. These 
porous biomaterials were manufactured using selective laser melting (SLM), which is a 3D 
printing or additive manufacturing (AM) technique to build metal objects through in a layer-
by-layer fashion. The fabricated biomaterials were evaluated in terms of their morphological, 
mechanical (both quasi-static and fatigue), and mass transport properties. 

Although the porous structures presented in Chapter 3 offer unique combinations of 
mechanical and mass properties, they are not suitable to be implanted using minimally 
invasive procedures. Therefore, a first step towards deployable metallic biomaterials is 
made in Chapter 4. This chapter presents deployable non-assembly mechanisms, which 
were manufactured using SLM. Different geometries, including a bicapped cube, a bicapped 
square antiprism, and a bicapped trigonal antiprism, were designed and fabricated using a 
single-step fabrication process. This type of fabrication leads to the immediate functionality 
of the mechanisms after manufacturing. The structures consist of revolute joints, wavelike 
elements, and rigid rods. Moreover, they can be deployed and retracted when compressive 
and tensile forces are applied to some specific locations within the mechanisms. 

The mechanisms presented in Chapter 4 include revolute joints, which complicate the 
design of deployable porous biomaterials. For this reason, elastic deformation was used to 
design multi-stable deployable structures in Chapter 5. In this way, revolute joints could be 
avoided to simplify the design. Bi-stable elements were manufactured using fused deposition 
modeling (FDM), which is an AM technique to fabricate polymer objects. The bi-stable 
elements were combined in various ways to make multi-stable structures, which can be 
deployed and retracted in different ways. 

Although the bi-stable and multi-stable structures presented in Chapter 5 were 
deployable, their three-dimensional design did not allow for the application of surface 
patterns. The knowledge gained from the study in Chapter 5 was used for the development 
of the deployable and foldable structures presented in Chapter 6. FDM was used to 
manufacture panels with bi-stable elements, which were combined to assemble deployable 
cubes. In addition to these 3D printed structures, micromachining was used to cut unfolded 
cubes from metal sheets. Due to the flat state of the unfolded cubes, it was possible to apply 
micropatterns to their surfaces. Moreover, they could be folded into a 3D deployable cube. 
Silicone balloons were designed and manufactured to act as actuators for the deployment 
of the cubes.

Chapter 7 summarizes the most important findings of this thesis and tries to formulate 
succinct answers to the research questions presented in the introduction. Additionally, 
recommendations for future research are provided and alternative applications are 
proposed. 
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2
The effects of the bone 

substitute architecture on the 
bone regeneration process

2  of bone substitute architecture on the bone regeneration process

The success of bone substitutes used to repair bone defects such as critical sized defects 
depends on the architecture of the porous biomaterial. The architectural parameters and 
surface properties affect the cell seeding efficiency, cell response, angiogenesis, and eventually 
bone formation. The relevant parameters include the pore size and porosity, pore shape and 
fiber orientation, surface properties, and mechanical properties. For example, small pores 
are preferable for cell seeding, but limit cell viability, cell proliferation and differentiation. 
Moreover, the pore size and geometry affect the alignment of cells and the structure of the 
regenerated bone. This chapter presents an overview of the effects of the architecture of 
a porous biomaterial on the cell seeding efficiency, cell response, angiogenesis, and bone 
formation.

 

This chapter was published as 
Bobbert, F. S. L., & Zadpoor, A. A. (2017). Effects of bone substitute architecture and surface properties 
on cell response, angiogenesis, and structure of new bone. Journal of Materials Chemistry B, 5(31), 
6175-6192.
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2.1 Introduction
Bone substitutes act as three-dimensional matrices that guide and promote bone 

regeneration in order to heal critical sized defects [1–3]. In these defects caused by trauma 
[4], tumor resection [4,5], or severe fracture [5,6], bone is unable to heal itself. The most 
common bone substitutes include autografts [7,8], allografts [8], and xenografts [8], which 
are pieces of bone removed from the body of the patient, another person, or an animal, 
respectively [8]. Because the use of these biological grafts may result in damage to the body 
and their supply is limited, another solution has to be found [7]. Therefore, new synthetic 
biocompatible porous materials are developed. These biocompatible materials could also be 
called biomaterials and are not harmful or toxic to living cells and tissues inside the body [9].

Depending on the biomaterial used (polymer, ceramic, or metal) (Table 1), different 
fabrication techniques could be applied to manufacture the designed porous biomaterials. 
For metal bone substitutes, selective laser melting (SLM) [10–16], selective laser sintering 
(SLS) [17], sintering [18], perforating titanium sheet [14] and capsule-free hot isostatic 
pressing (CF-HIP) [19] are some examples of the applicable production methods. Polymer 
and ceramic bone substitutes could be manufactured with porogen leaching [20–30], freeze 
drying [31], 3D printing of successive fiber/strut layers [32–36], electrospinning [37], or gas 
foaming [1,38]. The above-mentioned techniques vary in accuracy and the level of control 

Table 1. Biomaterials abbreviations and material group.

Biomaterial abbreviation Full form of biomaterial Biomaterial group 
CaP Calcium Phosphate Ceramic  
HA Hydroxyapa�te Ceramic  
MBG Mesoporous bioac�ve glass  Ceramic  
β-TCP β-tricalcium phosphate Ceramic  
Ti6Al4V Titanium Metal 
TiNi Titanium Nickel Metal 
TT Trabecular �tanium Metal 
CSNF Chitosan network fibers Polymer 
Col Collagen Polymer 
CG Collagen-glycosaminoglycan Polymer 
DEF diethyl fumarate Polymer 
HFIP hexafluoroisopropanol Polymer  
PA polyacrylamide Polymer 
PDMS poly(dimethylsiloxane) Polymer 
PLGA Poly(lac�de-co-glycolide) Polymer 
PPC poly(propylene carbonate) Polymer 
PPF poly(propylene fumarate) Polymer  
PCL poly(ε-caprolactone) Polymer 
SF Silk fibroin Polymer 
SPCL Starch poly(ε-caprolactone) Polymer 
TG thermoplas�c gela�n Polymer 
TPU Thermoplas�c polyurethane Polymer 
PDLLA poly(D,L-lac�c acid) Polymer 
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over the parameters that describe the architecture of the scaffold. 

A lot of research has been undertaken to see how the architectural parameters and 
surface properties of a developed bone substitute influence the bone regeneration process. 
Parameters determining the performance of porous biomaterials for bone tissue engineering 
include pore size [39–43], pore shape [32,41,43], porosity [39,41,43,44], interconnectivity 
[39,42,43], fiber orientation [32], surface properties [2,39,45,46], and mechanical properties 
[39,40]. The design of biomimetic materials affects cell behavior and provides guidance 
during tissue regeneration. Therefore, the design parameters can be chosen such that the 
desired cell response is elicited and the formation and structure of the new bone is guided.

Bone formation occurs in several steps starting with cell seeding [47] or recruitment of 
stem cells. In the case of cell seeding, the cell seeding efficiency can be measured, which is 
the number or percentage of attached cells within the structure after a cell suspension is 
seeded [47]. Cell viability is important in all stages of bone regeneration and depends on the 
availability of nutrients [48] and oxygen for the cells within a structure, as well as on waste 
removal [49].

Cells should be able to migrate and distribute throughout the structure to ensure a 
stable bone-implant fixation and bone formation within the structure. The migration of cells 
is a stepwise process. First, the lamellipodia and filopodia protrude at the front of the cell 
and adhere to the surface of the biomaterial, which is called focal adhesion [50]. The cell 
pulls itself forward by releasing the adhesions at its back side and contracting its body [51]. 
The strength of the focal adhesions influences the cell morphology [52] and is thought to 
determine cell response and gene expression [53–55]. 

During bone regeneration, cells proliferate and differentiate into osteoblasts which 
deposit a collagen matrix that becomes mineralized. The first stage (i.e., proliferation) takes 
place in the first days after seeding and consists mainly of cell division [56]. During this 
stage, cells are still able to migrate [56]. After proliferation, cells start to differentiate into 
osteoprogenitor cells until the end of the second week, and the release of alkaline phosphatase 
(ALP) increases [57,58]. In two weeks after the differentiation stage, osteocalcin (OCN) and 
osteopontin (OPN) are produced and secreted by the cells [57,58], indicating the presence 
of osteoblasts [57,58] (Table 2). When the collagen matrix is synthesized by osteoblasts [59], 
biomineralization is initiated and mineral crystals are formed within the collagen matrix [55]. 
In parallel with the proliferation and differentiation of cells, blood vessels form from existing 
vessels (angiogenesis) [60]. These vessels create a vascular network to provide oxygen and 
nutrients to the cells and developing tissue within the bone substitute [60]. This network 
provides stem cells needed for bone regeneration and direct the differentiation of endothelial 
cells and pre-osteoblasts [61,62]. All these steps in the bone regeneration process and the 
architecture of the bone substitute determine the amount and the quality of the newly 
formed bone. 
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Understanding the effects of the architecture of a bone substitute on the cell response is 
important to optimize the design of porous biomaterials that are aimed for bone regeneration. 
This paper presents an overview of the effects of various architectural parameters and surface 
properties on the cell seeding efficiency, cell response, angiogenesis, and bone formation. 
The seeded cell types were mainly BMSCs, (pre) osteoblasts, and fibroblasts. Only in a limited 
number of cases the cell behavior seemed to depend on the type of seeded cells [63–65].

2.2 Pore size and porosity 
Pores are the voids within a porous biomaterial which provide space where new tissue and 
blood vessels will grow [66,67]. The pore size (diameter of an individual void) and porosity 
(percentage of void volume within a porous biomaterial) are connected to each other when 
the bone substitute contains an interconnected pore network. An increase in pore size 
has been associated with an increased porosity in most studies. Increasing the porosity of 
a porous bone substitute is a way to lower the stiffness [68]. This reduces the mismatch 
between the stiffness of a (metal) bone substitute and the host bone [69], thereby mitigating 
the problems associated with stress shielding [70]. 

2.2.1 Seeding efficiency 
The seeding efficiency (Table 3) depends on the number of attachment sites within a porous 
biomaterial and the available time for cells to attach to the surface [12]. With an increased 
pore size, the surface area within the structure decreases, resulting in less attachment sites 
for the seeded cells [20,31]. In addition to the lower number of attachment sites caused by 
bigger pores and a higher porosity, the permeability of the porous biomaterial increases [12]. 
A higher permeability value is associated with a higher flow rate, which reduces the time for 
cell attachment to the surface of the structure during seeding [12].

Marker abbreviation Full form of marker Expressed by 
ALP Alkaline phosphatase Osteoprogenitor 
RunX-2  Osteoprogenitor, osteoblast  
OPN  Osteopon�n Osteoblast 
OCN Osteocalcin Osteoblast 
OPG Osteoprotegerin Osteoblast, inhibits bone resorp�on 
Calcium  Osteoblast 
Col1 Collagen type 1 Organic matrix of bone, synthesized by osteoblasts 
VEGF Vascular endothelial growth factor Growth factor blood vessels 
BSP Bone sialoprotein  Mineralized �ssue 

 
Table 2. Osteogenic markers.
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     Several studies have shown that the seeding efficiency decreases as the pore size 
increases, regardless of the biomaterial or seeding cells used [1,12,38,44,71]. Cells are more 
likely to aggregate at the seeding surface of poly(e-caprolactone) (PCL) porous biomaterials 
with pores smaller than 84 μm [71]. This results in an inhomogeneous distribution of cells 
throughout the structure [71]. In structures with bigger pores (e.g., 116 μm), cells are able 
to penetrate the top surface and distribute homogeneously throughout the scaffold [71]. 
However, when pores become larger (>162 μm), cells tend to escape from the structure [71]. 
In a study by Salerno et al., PCL structures seeded with hMSCs with a bi-modal architecture 
(mean pore sizes 38 μm and 312 μm) and a mono-modal structure (mean pore size 325 μm) 
were compared [38]. They found that cells distributed throughout the bi-modal scaffolds, but 
that they remained in the seeding region of the mono-modal scaffolds [38]. Studies with silk 
fibroin (SF) scaffolds found a low seeding efficiency with no difference among scaffolds with 
pore sizes between 80 and 500 μm [22,23,72]. 

One explanation for this low seeding efficiency on these scaffolds is their high porosity 
which ranged between 71% and 96%. In general, small pores are preferable for cell seeding. 
However, these pores should be larger than 100 μm to make a homogeneous distribution 
throughout the porous biomaterial possible. Depending on the tortuosity of the void 
space, there is a limit to the pore size to prevent cell escape which will reduce the seeding 
efficiency. 

2.2.2 Cell viability 

Cell viability seems to be mainly affected by the pore size and the porosity of the biomaterial 
(Table 3). Different studies [1,12,20,31,44,72] found a higher cell viability in porous biomaterials 
with bigger pores, which can be related to the higher oxygen diffusion into the interior region 
of these structures [20]. The oxygen diffusion within porous biomaterials with small pores is 
limited by cell aggregation at the surface and the low penetration level during cell seeding 
and migration. In decellularized bone scaffolds, no difference in cell viability was found for 
different pore sizes and porosities [44]. The difference in these findings might be the result 
of the structure thickness, the pore size and porosity of these porous biomaterials, and the 
tortuosity of the void network. The porosity (and pore size) of different porous biomaterials 
varied between 71% and 94% (80–300 μm) (SF) [72], 36–58% (94–147μm) poly(lactide-co-
glycolide) (PLGA) [1], 42–87% (500–1000 μm) (Ti6Al4V) [12], and for the decellularized bone 
substitutes between 70.4% and 88.3% (208–376 μm) [44]. The lower cell viability in the SF 
[72] (Figure 2h) and PLGA [1] (Figure 2c) scaffolds with small pores can be explained by the 
pore size which was smaller than 100 μm.In these scaffolds, cells are more likely to aggregate 
and block the way for oxygen and nutrients to the center of the scaffolds. Based on these 
results, it could be concluded that pores smaller than 100 μm should be avoided to prevent 
cell death. 
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2.2.3 Cell migration 
Cell migration depends on the pore size and porosity of a porous biomaterial (Table 3) 
[1,20,24,31,38,44,71,72]. Restricted cell migration was observed in porous biomaterials 
with small pores, while cells can migrate more easily and distribute homogeneously when a 
structure contains bigger pores up to 500 μm [20,31,44]. 

2.2.4 Cell alignment and morphology 

Table 3 summarizes the results found on cell alignment and morphology (Figure 1). In large 
pores, cells tend to align with and form sheets on the pore walls [1,24,44,73] while cells 
are able to bridge smaller pores [69,73]. The sheet formation occurred in PCL scaffolds with 
pores between 1000 and 1500 μm [73].   

In a study on Ti structures with a mean pore size of 425 μm, cells elongated and connected 
with other cells and the pore walls in pores whose size was between 100 and 150 μm [69]. 
Pores larger than 200 μm could not be bridged and the cells aligned with the pore surface 
[69]. No cell growth was found in pores smaller than 100 μm [69].

The sheet-formation of cells could be connected to a well-spread cell morphology 
[10,19,25,33,72,74] (Figure 1c–f) with filopodia adhered to different points on the pore 
surface, indicating strong focal adhesions [69,75]. These filopodia help the cell sheets to align 
within the pores [75]. Cells that bridge small pores or several struts are subjected to higher 
strains than cells adhered to a single surface, depending on the ratio between the cell size 
and pore size or the distance between the struts [76]. Cell sheets are formed by filopodia of 
cells that are connected to neighboring cells, leading to a better communication between the 
cells [77,78]. Furthermore, a close connection with the pore surface seems to improve the 
bone regeneration process [73]. By modifying the pore size, the alignment within the pores 
and the cell morphology could be guided. However, the pore shape and biomaterial used 
should be taken into account as well.

 

a b c d e f

Figure 1: Cell alignment and morphology on different biomaterials with different surfaces and architectures. 
a) Spreading of BMSCs on surface of HA structures [85] b) BMSCs bridging several collagen fibers within the HA 
structure [85] c) spreading of osteoblasts and forming sheets on a convex surface in NiTi structures [19] d) osteoblasts 
adjusting morphology to the roughness of pores in NiTi structures [19] e) stretched morphology of BMSCs on MBG 
surface after 7 days [74] f) BMSCs show a well spread morphology and connecting to other MBScs after 7 days on 
MBG structures with a silk film created with a 5.0 % silk solution [74].
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2.2.5 Cell proliferation 
Cell proliferation depends on the amount of nutrients to produce a new cell and the available 
space for cells to grow and multiply [69,79]. The pore size and porosity are important to 
satisfy these requirements, resulting in higher proliferation rates in porous biomaterials with 
bigger pores and higher porosities [1,12,20,24,31,44,69,72,73] (Table 3). Porous biomaterials 
with large pores have more space for cell growth and enhance the diffusion of oxygen and 
nutrients. In the bi-modal and mono-modal PCL scaffolds mentioned before, the hMSCs 
within the seeding region of the mono-modal scaffolds proliferated faster than the cells 
within the bi-modal scaffolds up to 21 days after seeding [38]. This was due to the higher 
availability of oxygen and nutrients at the top of the scaffolds compared to the center and the 
bottom of the scaffold [38]. However, due to the high number of cells within the top part of 
these mono-modal scaffolds after three weeks, lack of space led to a reduction of living cells 
[38]. A higher cell number was found within decellularized bone [44], SF [72], PLGA [20] and 
collagen–glycosaminoglycan (CG) [61] scaffolds containing more pores with a minimum size 
of 200–300 μm [31]. Studies on PLGA-CaP [26] and SF [22] structures with pores between 
140 and 1200 μm did not find a significant difference in cell proliferation. It is difficult to 
determine why some studies found a significant difference in proliferation and some did not. 
The materials (PLGA and SF) were used in the studies that found a significant difference in 
proliferation for larger pores as well as in studies that did not. Also, the pore sizes used in 
the latter studies were in the range of the pore sizes used in the studies in which pore size 
seemed to affect cell proliferation. And finally, the seeding cells used (ASCs and BMSCs) also 
do not seem to be the reason for the different findings. Therefore, it is not clear what pore 
size would promote cell proliferation. 
 

2.2.6 Cell differentiation 

The results in Table 3 imply that the pore size may affect cell differentiation. Studies on porous 
SF [22] and decellularized bone [44] structures found no significant difference in alkaline 
phosphatase (ALP) expression between structures with different pore sizes. However, an 
initially higher ALP activity was found in SF scaffolds (Figure 2h) with bigger pores [72]. This 
might suggest that small pores delay osteogenic differentiation. Studies on poly (propylene 
fumarate) (PPF) [21], PLGA-CaP [26], PCL [74], poly (D,L-lactic acid) (PDLLA) [24], Ti6Al4V [12] 
and SF [72] scaffolds found an  increased osteogenic  differentiation in scaffolds  with larger 
pores. 

In a study on bi-modal and mono-modal PCL scaffolds, higher OPN levels were found at 
the top of the scaffolds with a mono-modal architecture [38]. In those scaffolds, the seeded 
cells remained at the top of the scaffold and therefore faster proliferation and osteogenic 
differentiation occurred due to the high availability of oxygen and nutrients and exposure 
of the cells to osteogenic medium [38]. One explanation that osteogenic differentiation 

21



occurred more in large pores is that the cells tend to be more spread in large pores compared 
to small pores. This morphology is thought to promote osteogenic differentiation [53]. 

2.2.7  Blood vessel formation 
Angiogenesis occurs by the formation of small branches at the ends of existing blood vessels 
[80] that grow into the bone substitute [19]. The production of vascular endothelial growth 
factor (VEGF) is needed to stimulate the growth of these small blood vessels [80] and is found 
to be higher in porous PPF biomaterials (Fig. 2e) cultured in vitro with large pores (Table 
3) [21]. When insufficient blood vessels are present during the bone regeneration process, 
fibrous tissue will form [80]. Fibrous tissue was found in porous biomaterials with small pores 
in an in vivo study on β-tricalcium phosphate (β-TCP) scaffolds [27]. In the same study, more 
blood vessels with a bigger diameter were present and less fibrous tissue was formed in 
substitutes with pores bigger than 400 μm [27]. It was also observed that porous biomaterials 
with pores between 470 and 590 μm contained more blood vessels as compared to porous 
biomaterials with pores larger than 590 μm [26]. These results seem to suggest that pores 
larger than 400 μm are preferable for blood vessel formation and consequently for the 
delivery of oxygen and nutrients to the cells inside the bone substitute. 

Figure 2: Different pore sizes, shapes and biomaterials. a. Ti6Al4V [12], b. SPCL [103], c. PLGA [1], d. BG [87], e. PPF 
[21], f. collagen-apatite [64], g. MBG [74], h. SF [72].
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2.2.8 Tissue formation and mineralization 
Tissue formation and mineralization in porous biomaterials are affected by pore sizes and 
porosities (Table 3). In the initial stage (i.e., up to 2 weeks of in vitro culture), collagen 
structures were unorganized in a PDLLA structure [24]. After this period, they became more 
complex and structurally organized [24]. This was also found in implanted PLGA structures 
with a higher amount of collagen in structures with large pores compared to structures 
with small pores [81]. Thicker collagen fibers were present in PDLLA scaffolds with medium 
sized pores compared to scaffolds with larger and smaller pores [24]. Moreover, the amount 
of mineralized collagen was higher in scaffolds with medium sized pores compared to the 
scaffolds with large pores, and no calcium areas were found in scaffolds with the smallest 
pores (<275 μm) [24]. 

Porous biomaterials with larger pores were found to have a better and higher distribution 
of calcium and mineral deposition parallel to the pore walls in vitro [73]. This could be an 
effect of the alignment of cells with the pore walls, higher cell viability, distribution, and 
proliferation rate in structures with large pores. An in vitro study showed increased bone 
formation in scaffolds with medium sized pores, which could be related to the higher number 
of osteoblasts present in the inner region of these scaffolds [44]. Different in vivo studies have 
shown that a higher porosity promotes host bone ingrowth for a stable fixation with the bone 
substitute [11,70] and that larger pores suppress fibrous tissue infiltration [27]. In an in vivo 
study by Sicchieri et al., most bone was formed in scaffolds with pores between 470 and 590 
μm [26]. The limited amount of fibrous tissue infiltration and high amount of bone formation 
in large pores seems to be related to the higher amount of space and blood vessels present 
in these structures. Therefore, it can be concluded that large pores and angiogenesis are 
important for bone formation. 

2.2.9 Structure of the new bone 
The structure of the new bone grown in vivo depends on the organization of the synthesized 
collagen, which seems to be affected by the pore size [81] (Table 3). It was observed that cells 
tend to align with the walls of big pores where they proliferate, differentiate, and synthesize 
a structured collagen matrix. When this matrix becomes mineralized, it forms a lamellar 
structure [81]. Therefore, the alignment of cells with the pore walls in bigger pores could be 
used to control the structure of the newly formed bone. In a study on PLGA scaffolds with 
different pore size ranges of 100–300, 300–500 and 500–710 μm, the most newly formed 
bone with a lamellar structure was found in scaffolds with the medium pore size range [81]. 
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2.3 Pore	shape	and	fiber	orientation 
The geometry of pores within a bone substitute can be, among others, spherical, rectangular, 
square, hexagonal or trabecular-like, depending on the biomaterial and manufacturing 
process used (Figure 2). With solid freeform fabrication techniques, even more complex 
shapes can be realized (Figure 3) [82,83]. The pore size and shape affect the mechanical 
properties of porous biomaterials, as they determine the dimensions and orientation of the 
struts or fibers and, thus, the stress distribution inside those structural elements [12,13]. 
Moreover, stress concentrations due to the notches present inside the structure or caused 
by manufacturing imperfections could affect the mechanical behavior of porous biomaterials 
[13]. 

Scaffolds with a ladder-like structure and rectangular pores and scaffolds with large 
spherical pores collapse more easily than porous biomaterials with smaller uniform round 
pores [25]. Studies on the mechanical properties of Ti6Al4V structures (Figure 3a) with 
different pore shapes (diamond, cube, truncated cuboctahedron, triangular, and hexagonal) 
showed different mechanical properties [12] and fatigue strength for different unit cells with 
a similar porosity [13].  

2.3.1 Seeding efficiency 

In the studies evaluated (Table 4), not much research has been done on the seeding efficiency 
of different pore geometries. A study on SF scaffolds found no difference in the seeding 
efficiency of lamellar structures or structures with spherical pores [22]. However, in a study 

Figure 3. Selective laser melted Ti6Al4V porous biomaterials for bone regeneration based on triply periodic minimal 
surfaces [104]. a. primitive, b. gyroid, c. I-WP, d. diamond
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where PCL scaffolds consisted of random or oriented fibers, a higher seeding efficiency was 
found in the scaffolds with a random fiber orientation [34]. This random architecture created 
a more tortuous void space and therefore a better geometry for cells to attach to during 
seeding. 

2.3.2 Cell migration 

The effects of pore shape and fiber orientation on cell migration can be found in Table 4. Cell 
migration is limited in collagen-apatite (Col-apatite) structures with lamellar pores compared 
to spherical pores [64]. 

In the lamellar structure, the pores are channels with a height of 30 μm, divided by Col-
apatite layers (Figure 2f). The cellular structure has a more honeycomb-like structure with 
large interconnected pores of 242 μm (Figure 2f). The limited cell migration in the lamellar 
structure may have been caused by the lower interconnectivity and small distance between 
the lamellae as compared to spherical pores. 

Cell migration behavior changes for different pore shapes. On a concave 
poly(dimethylsiloxane) (PDMS) surface with a depth of 100 μm and a diameter of 200 μm the 
cells tried to escape, while the cells on convex surfaces with similar dimensions moved on top 
of the convex shape [84]. A slow migration on flat surfaces was observed [84]. 

 

2.3.3 Cell alignment and morphology 
The pore shape influences the cell alignment and the rate and level of pore size reduction 
by cells within a porous biomaterial [10,12,22,25] (Table 4). In vitro studies have shown 
that cells tend to bridge small distances between struts or fibers, making the pores circular-
shaped [10,12]. Circular pores and pores with wide angled corners, like honeycomb pores, 
are reduced in size more and faster by cells that elongate and span short distances than 
pores with sharp corners [12]. Cells on hydroxyapatite (HA) scaffolds including a collagen 
fiber network connected with several collagen fibers, while the cells on the pure HA scaffolds 
with round pores were well spread on the pore surface [85] (Figure 1a, b). These results 
suggest that porous biomaterials with sharp cornered pores and an open space can delay 
pore size reduction by cells and consequently improve the transport of nutrients, oxygen, 
and waste removal. An in vitro study on cell behavior on convex and concave PDMS micro-
patterns found that the cells on convex and flat surfaces had a well spread morphology [84]. 
A rounder morphology of the cells was found on concave micro-patterns [84].

 

2.3.4 Cell proliferation 
The effect of pore shape and fiber orientation is summarized in Table 4. On PCL scaffolds 
with randomly oriented fibers, in vitro cell proliferation was found to be higher compared to 25
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orthogonal oriented fibers [34]. This random organization with a more tortuous architecture 
also improved the seeding efficiency and therefore, more cells throughout the scaffold were 
able to proliferate [34]. Triangular pores in Ti6Al4V scaffolds also showed a higher amount 
of cell proliferation compared to hexagonal and rectangular pores. This may be due to the 
number of cells that bridged the small distances compared to the other two geometries. 
Therefore, there was more space in the triangular pores for cells to proliferate [12]. This 
higher amount of space also seemed to be the reason why SF structures with spherical pores 
performed better in terms of cell proliferation compared to the lamellar structures [22].  

2.3.5 Cell differentiation 

Cell differentiation seems to be affected by the pore size and fiber orientation (Table 4). In 
an in vitro study by Van Bael et al. (Figure 2a), triangular pores with a size of 500 μm could 
induce osteogenic differentiation while hexagonal pores and rectangular pores could not [12]. 
Another in vitro study found that osteogenic differentiation is affected by the orientation of 
a fiber network [34]. A higher ALP activity was found in random fiber structures compared 
to PCL structures with an organized orientation of fibers [34]. The higher number of cells in 
these scaffolds due to the higher seeding efficiency [34], lower reduction of pore size [12], 
and higher proliferation [12,34] may be the reason why more osteogenic differentiation took 
place. 

2.3.6 Blood vessel formation 
Angiogenesis seems to be affected by the organization of fibers within a porous biomaterial 
[85] (Table 4). An in vivo study by Scaglione et al. found many blood vessels in the void space 
of HA and HA/Col scaffolds after two months of implantation [85]. In HA/Col scaffolds, where 
there was no controlled orientation of the collagen fibers, large blood vessels grew randomly 
towards the center of the structure [85]. In pure HA scaffolds, where more blood vessels 
were found, they grew through the interconnected pore network into the scaffold [85]. HA 
scaffolds with concave pores have been found to be more suitable for angiogenesis in the 
early stages of implantation, while convex pores promote blood vessel formation after 3 
months of implantation [62]. 

2.3.7 Tissue formation and mineralization 
Results of various studies imply that the inner geometry of porous biomaterials affects the 
structural organization of the synthesized collagen (Table 4). In an in vivo study, HA scaffolds 
incorporated with a random orientation of collagen fibers within the pores showed an 
unorganized deposition of collagen 1 [85]. The pure HA scaffolds with a round pore shape 
contained a more organized network of collagen fibers which was deposited parallel to 
the pore wall [85]. In an in vivo study on scaffolds with concave and convex pores, more 
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calcium and collagen were deposited in scaffolds with concave pores [62]. However, after 
three months of implantation, the scaffolds with convex pores contained more collagen and 
calcium [62]. The fiber orientation [86] and pore shape [62,64,87] seemed to influence in vivo 
bone formation and apatite crystal deposition within the collagen matrix. 

In vitro [22] and in vivo [87,88] bone formation seems to be enhanced in porous 
biomaterials with a trabecular architecture [22,87,88]. Different studies found better bone 
ingrowth and integration with the host bone in trabecular scaffolds compared to oriented 
bioactive glass (BG) [87] (Figure 2d) and SF [22] scaffolds. After 24 weeks, more bone was 
grown in from the sides and bottom of the scaffolds and small bone areas were present 
within the trabecular BG implants [87]. This indicates that osteoblasts were present within 
the scaffold and were able to form apatite crystals. In scaffolds with lamellar pores, more 
bone was formed after 4 weeks of implantation as compared to cellular shaped pores [64]. 
The addition of a chitosan fiber network to PPC scaffolds led to more in vivo bone formation 
compared to pure PPC scaffolds [86]. The higher number of cells within these scaffolds due 
to the higher cell viability and higher proliferation may be the reason why more bone formed 
in these scaffolds compared to the pure PPC scaffolds. 

2.3.8 Structure of the new bone 
The pore shape seems to affect the structure of the new bone (Table 4). This was found in an 
in vivo study by Yu et al., where a lamellar or cellular structure (Figure 2f) seeded with either 
OPCs or BMSCs was placed inside a bone defect [64]. In the lamellar structure, cortical like 
bone was formed, while a bone structure similar to trabecular bone was formed within the 
cellular structure (Figure 4) [64]. They also found that BMSCs promoted host bone integration 
with the scaffolds, while OPCs did not [64]. 

29

Figure 4. Formation of new bone in collagen-apatite scaffolds after 4 weeks [64]. C - cortical bone structure formed 
in structures with a lamellar structure loaded with OPCs. D - trabecular bone structure formed in structures with a 
lamellar architecture loaded with OPCs.



The in vivo formed bone in pure HA scaffolds with an ordered inner geometry had 
a lamellar structure with collagen fibers deposited parallel to the pore wall, while the 
orientation of collagen fibers and bone formation on the HA/Col scaffolds was random [85]. 
Active osteoblasts were still present in HA/Col scaffolds after two months, which indicates 
that woven bone was present in these scaffolds [85]. Thin lining cells that control the mineral 
composition of bone were covering the new bone formed in the HA scaffolds [85]. Structures 
with convex pores induced in vivo formation of lamellar bone with osteoblasts and osteoclasts, 
while almost no mature bone was found in structures with concave pores [62]. This might be 
related to the higher vascularity in the structures with convex pores [62].

2.4 Surface topography and chemistry 
Surface characteristics are important for adhesion, attachment, and spreading of cells on 
the surface of biomaterials [89]. In addition to the biomaterial a bone substitute is made of, 
the use of surface treatments [16], addition of a silk [74] or CaP coating [17], and integration 
of HA particles [25,28,29,37] or HA whiskers [30] may affect the surface roughness and can 
improve the bioactivity of a porous biomaterial [58]. Incorporation of CaP coatings, such as 
HA particles or whiskers, are thought to improve bone formation in porous biomaterials [58]. 
It is thought that due to the similarity between the composition of CaPs and bioapatite, cells 
would respond in a similar way as during natural bone remodeling [58]. 

2.4.1 Seeding efficiency 
A higher surface roughness is associated with a higher surface area [90] to which cells can 
attach during seeding. Various studies have shown (Table 5) that the initial attachment and 
seeding efficiency increases with an increased surface roughness in Ti6Al4V [16,91] and HA 
[92] structures, or surface chemistry of PCL/nHA porous biomaterials [28]. In contrast to these 
findings, silk scaffolds with an increased HA micro-particle content showed a lower seeding 
efficiency despite a higher surface roughness [29]. In a study on mesoporous bioactive glass 
(MBG) scaffolds (Figure 2g) incorporated with a silk film within the pores to reduce the 
surface roughness, no significant difference in seeding efficiency was found [74]. Although 
a higher surface roughness increases the surface area and would therefore be preferable 
for improved seeding efficiency, contradictory results were found. It seems that a significant 
difference in surface roughness may indeed increase the seeding efficiency. However, the 
seeding efficiency does not seem to be affected when there is no significant difference in 
surface roughness between the compared samples. 

2.4.2 Cell alignment and morphology 
Cells adapt their morphology according to the surface topography of porous biomaterials | 
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[2,28,35,74,92] (Table 5). A higher surface roughness of PCL/nHA [28] and calcium phosphate 
(CaP) [2] scaffolds elicited a more spread cell morphology, while a higher surface roughness 
of PCL [35] and MBG [74] scaffolds drove hBMSCs to a less spread and more rounded 
morphology (Figure 1e and f). On HA [92], Ti6Al4V [91], thermoplastic polyurethane (TPU) 
[25], and collagen [30] structures no difference in cell morphology was found. The cells 
were spread on the surface of all scaffolds. These contradictory results may imply that not 
only surface roughness but also surface chemistry affect the cell morphology. The surface 
properties of a biomaterial determine how well the cells can attach to the surface, which in 
turn affects their morphology. 

2.4.3 Cell proliferation 
The results in Table 5 suggest that adding HA to porous biomaterials may improve cell 
proliferation [28,29,92]. A higher cell proliferation rate was found on HA scaffolds with a 
smooth surface [92] and in scaffolds with nHA whiskers [28,29]. On titanium structures, the 
number of cells increased upon increasing the surface roughness [91,93]. Cell attachment 
and proliferation were significantly different between Ti6Al4V porous biomaterials with an 
arithmetical mean roughness (Ra) of 0.32 μm and 0.87 μm [91]. Given this difference, it 
seems that hBMSCs are sensitive to a surface roughness difference of about 0.6 μm [91]. A 
study by Kumar et al. showed an equally good proliferation rate on etched and unetched PCL 
scaffolds with Ra values of 1.1 and 0.2 μm, respectively [35]. Although the variation in Ra was 
more than 0.6 μm and hBMSCs were used, the different outcome may have been caused by 
the different surface chemistry or stiffness of these porous biomaterials. 

2.4.4 Cell differentiation 

While the higher surface roughness of PCL scaffolds created by etching had no effect on 
the cell proliferation and caused a more rounded morphology of the cells (Fig. 1), more 
osteogenic differentiation of hBMSCs occurred [35] (Table 5). A higher surface roughness 
seems to improve cell differentiation on Col-HA [30] and MBG [74] scaffolds while smooth 
surfaces tend to slow down osteogenic differentiation. In contrast to these results, more 
osteogenic differentiation was present in Ti structures with a lower surface roughness [93]. In 
two other studies on HA [92] and Ti6Al4V [91], where the surface roughness was significantly 
different between the tested samples, no difference in osteogenic differentiation was found. 
Although cell morphology is thought to affect the type into which cells differentiate, these 
contradictory results do not seem to show this relationship. 

2.4.5  Tissue formation and mineralization 
Fixation of a porous biomaterial with the native bone is facilitated by friction, mechanical 
interlocking, and chemical bonding [94]. The highest bond strength, mineralization, and bone 31
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formation were found in Ti6Al4V porous biomaterials with anatase nanotubes compared 
to structures with non-bioactive nanotubes and structures without treatment after three 
months of in vivo implantation [18] (Table 5). A higher bond strength can be related to a 
higher surface roughness, which promotes osseointegration [2,95].  

In vivo implanted HA scaffolds with an increased surface roughness upon the addition 
of microporous rods contained newly formed bone in the center, top, and periphery of the 
scaffolds, while bone was only present at the periphery of HA scaffolds without porous rods 
[36]. This could be explained by the presence of rhBMP-2 and blood vessels in the center 
of the scaffolds which supplied mesenchymal stem cells [36]. Due to the microporous rods, 
more rhBMP-2 and HA surface area was present in these scaffolds compared to HA scaffolds 
without rods, bone formation was more promoted in these scaffolds [36]. A higher amount of 
in vitro [25,29,37] bone formation [29,30] and mineralization [25,29,37] in scaffolds with HA 
particles [25,29,37] seems to imply that the addition of HA improves osteogenesis. Applying 
surface treatments to bone substitutes can also change the surface chemistry and roughness 
to improve mineralization. It was shown that different surface treatments of Ti6Al4V 
structures change these properties [16]. In vivo apatite formation and osseointegration were 
the highest in structures treated with an acid–alkali (AcAl), while anodized-heat (AnH) treated 
and as-manufactured (AsM) structures showed the lowest apatite formation [16]. Although 
the AnH treated specimens did not stimulate apatite formation, they had the best mechanical 
stability when tested under torsion [16]. This may be due to their higher surface roughness 
with micropits and nanotubes on their surface, which improved mechanical interlocking and 
the mechanotransduction pathways of the cells on the surface [16]. 

2.5 Structure	stiffness 
Biomaterials that are used for bone substitutes could be roughly divided into three groups, 
namely metals, ceramics, and polymers [96], with different mechanical properties. The 
stiffness of metals is in general higher than the elastic modulus of bone, while the stiffness of 
polymers is lower [97] (Table 6). Consequently, the load transfer varies and leads to different 
stress and deformation patterns throughout the implant [94]. During migration, cells adhere 
to the surface of the porous biomaterial and pull themselves forward [51]. Through their 
adhesions to the surface, cells apply forces to the structure and sense the stiffness of this 
structure [89,98]. Although it is assumed that cell attachment depends on the structure 
stiffness [55,89], no effect of the stiffness on the migration of cells was found in the studies 
evaluated. 
 

2.5.1 Seeding efficiency 
Not many studies investigated the effect of structural stiffness on the seeding efficiency (Table 
6). One study on the stiffness of PDMS scaffolds found a higher seeding efficiency on the | 
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softest structures, which decreased with increasing stiffness [63]. However, on PPF scaffolds 
(Figure 2e), a similar seeding efficiency was found on structures with different stiffness [21]. 
Despite the lack of studies on seeding efficiency and substrate stiffness, there does not seem 
to be a connection between these two. 
 

2.5.2 Cell viability 
The structure stiffness does not seem to affect the cell viability (Table 6) of polyacrylamide 
(PA) scaffolds with a stiffness in the range of 0.5–26 kPa [65,99]. However, a study on 
thermoplastic gelatin (TG)-gel scaffolds found a lower cell viability on scaffolds with a lower 
structure stiffness [100]. Due to the limited and contradictory results, no conclusion can be 
drawn on the relationship between the substrate stiffness and cell viability. 

2.5.3 Cell alignment and morphology 

It was assumed that the structure stiffness would affect the cell morphology, where a well-
spread morphology would induce osteogenic differentiation [53]. Although differences in 
morphology were found on TG-gel [100] and PA [101] scaffolds with different stiffness, cells 
on substrates with a higher stiffness were not necessarily more spread (Table 6). A study 
on PA scaffolds showed that cells were more rounded on substrates with a stiffness of 10 
and 23 kPa compared to substrates with a stiffness of 34 kPa [101]. However, the cells were 
more spread on the scaffolds with a stiffness of 34 kPa compared to the scaffolds with a 
stiffness of 40 kPa [101]. In another study, cells were more rounded on TG-gel structures with 
a higher stiffness compared to the softest scaffold [100]. Although the morphology of cells 
was different on structures with different stiffness, a higher stiffness did not necessarily lead 
to a more spread cell morphology. 

2.5.4 Cell differentiation 

A higher stiffness of hexafluoroisopropanol (HFIP) [46] and MBG [74] scaffolds achieved by 
the addition of silk microfibers, improved early hMSC differentiation into the osteogenic 
lineage (Table 6). This was also observed in PPF scaffolds with a higher stiffness due to the 
incorporation of diethyl fumarate (DEF) [21]. In PDMS [63] and PA [65,99] scaffolds, the stiffest 
scaffolds also showed the most osteogenic differentiation. On the PDMS structures, either 
BMCs or AMSCs were seeded to see the response of both cell types [63]. This study showed 
that BMSCs differentiated more into osteoblasts than AMSCs [63]. In contrast to the highest 
cell differentiation on the above-mentioned porous biomaterials, the most osteogenic cell 
differentiation took place on the PA scaffolds with the second highest stiffness [101]. Although 
there did not seem to be a relationship between cell morphology and substrate stiffness, a 
higher stiffness resulted in general in more cells that differentiated into osteoblasts. However, 
as can be seen in the PA scaffolds [101], there are some exceptions. 35
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2.5.5 Tissue formation and mineralization 
The implant stiffness affects integration with the host bone when there is a clear difference in 
stiffness (Table 6). An increased stiffness of MBG scaffolds promoted the in vitro formation of 
apatite particles [74], which may be due to the highest amount of osteogenic differentiation 
in these scaffolds.

In an in vivo study on titanium implants with two completely different designs, a stable 
bone-implant interface was present [14]. However, more bone was present within and around 
flex-cage scaffolds as compared to the stiffer selective laser melted porous biomaterials [14]. 
This suggests that structure stiffness values close to the stiffness of bone also promote bone 
ingrowth and bone-porous biomaterial integration.

2.6 Discussion and conclusion
This paper presents an overview of how cells respond to the architecture and surface properties 
of porous biomaterials for bone regeneration. We have seen that the biomaterial(s) chosen 
for the bone substitute is responsible for the mechanical properties and surface properties 
and determines the applicable manufacturing process. The manufacturing technique in turn 
determines the accuracy and control over the architecture of the bone substitute. 

For metal bone substitutes, selective laser melting (SLM) [10–16], selective laser 
sintering (SLS) [17] sintering [18], perforating titanium sheet [14] and capsule-free hot 
isostatic pressing (CF-HIP) [19] were used. Those manufacturing techniques differ in terms of 
their production accuracy. Both SLM and SLS can be used to create complex structures [10–
13] with a completely controlled architecture [102], while porous biomaterials manufactured 
with CF-HIP [19] and sintering [18] had a relatively simple geometry. The size and the shape 
of pores between the metal powder particles can be partly controlled and acted as the void 
space for tissue regeneration [18,19]. Sheet perforation was used to cut rhombic holes into 
a titanium sheet which was shaped into a star [14]. Although the shape and size of the holes 
and the geometry of the sheet can be modified, no ‘inner’ architecture was present in these 
biomaterials [14]. The polymer and ceramic bone substitutes evaluated in this study were 
manufactured with porogen leaching [20–30], freeze drying [31]. 3D printing of successive 
fiber/strut layers [32–36], electrospinning [37], or gas foaming [1,38]. 3D printing of fiber 
layers and electro spinning were used to generate fiber-based constructs with a controlled 
and uncontrolled architecture, respectively. It was seen that with the other techniques, the 
pore size, interconnectivity and pore shape could be partly controlled (Figure 2). 3D printing 
is the most promising manufacturing technique for load bearing (biodegradable) metal bone 
substitutes because high control over the architecture of the structures can be realized 
(Figure 3). 

Different studies have shown that the seeding efficiency is mainly affected by the pore 
size of the porous biomaterials. However, more than just the pore size should be taken | 
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into account when optimizing the seeding efficiency of a structure for bone regeneration. 
Although it is important to prevent cells from aggregating at the seeding surface by making 
the pores not too small, it is also important to take the tortuosity and interconnectivity of 
the void space into account. Different results would be acquired when cells are seeded onto 
a scaffold with pores in which the cells can vertically fall through the structure or when they 
can only reach the bottom of the implant via tortuous pathways. Therefore, based on the 
tortuosity and the interconnectivity of the void space that are created with the manufacturing 
technique, a suitable pore size (>100 μm) should be chosen. For good progress of all the steps 
following cell seeding, the pores should have a minimum size of 200–300 μm.

Cell aggregation should be prevented because this can obstruct the path to the center of 
the structure. Cells tend to bridge small distances which occur in small pores, in pores with 
sharp angles and in structures with randomly deposited fibers. It was found that it takes more 
time for cells to reduce the size of the pores with wide angles or spherical pores as compared 
to pores with sharp angles [12]. This makes sense because more space is available at the 
corners of pores with sharp angles (triangular pores) as compared to the spherical pores with 
a similar pore size. If pores are large enough, cells align with the pore walls and form sheets, 
which leaves the void space open for oxygen and nutrients to reach the inner regions of the 
porous biomaterial. Because oxygen and nutrients are vital for cells to survive and proliferate, 
porous biomaterials with large pores are preferable for bone regeneration. 

The alignment of cells with the walls of large pores causes cells to synthesize a collagen 
matrix which is aligned with the pore walls. This behavior could be used to control or guide 
the desired bone structure within biodegradable structures. Cells aligned within lamellar 
shaped pores tend to form cortical bone, while a trabecular bone structure could be achieved 
by designing a structure with big spherical shaped pores. 

Cell proliferation depends on the available surface area for cells to multiply and may also 
be dependent on the surface roughness. However, due to disparity in the results no decisive 
conclusion could be drawn regarding the effects of surface roughness on cell proliferation.

Porous biomaterials with a pore size larger than 400 μm seem to be beneficial for 
angiogenesis. Blood vessels provide the cells and nutrients needed for bone formation and 
grow into the porous biomaterial through the interconnected pore network. When the 
void space is clearly defined, blood vessels will grow in a controlled way, while a random 
inner architecture leads to an uncontrolled network of blood vessels. It is clear that a well 
vascularized structure is important for the formation of new bone. 

The addition of HA or CaP increases the surface roughness and chemistry, thereby 
improving cell adhesion and promoting a well-spread morphology. A well-spread morphology 
is associated with osteogenic differentiation as shown in a study by McBeath et al. [53], and 
seems to be the case in more studies. However, it was seen that in some studies a less spread 
morphology could also induce osteogenic differentiation. Cell differentiation into osteoblasts 
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is also promoted by structures with an elastic modulus close to the stiffnes of bone. 

More new bone is found in structures with bigger pores, a higher porosity, the addition 
of chitosan or HA, a higher surface roughness, and a stiffness close to the elastic modulus 
of bone. A higher surface roughness promotes mechanical interlocking, which improves the 
bond strength between the porous biomaterial and the host bone. 

These findings show that different cell responses are connected to each other. Although 
the seeding efficiency is well studied in different papers, a higher seeding efficiency is not 
crucial for consequent cell responses. Even though a higher seeding efficiency was found 
in porous biomaterials with smaller pores, small pores do not seem to be beneficial for 
other steps in the bone regeneration process. Good perfusion of oxygen and nutrients is 
preferable for high cell viability and proliferation, and osteogenic differentiation and blood 
vessel formation are important for the mineralization of the synthesized collagen matrix and 
bone formation. 

Future research should focus on optimizing the diffusion of oxygen and nutrients to the 
inner regions of a bone substitute to promote osteogenic differentiation and the formation of 
blood vessels. This paper shows that different aspects have to be considered when designing 
a porous biomaterial for bone regeneration. With the information available, it is impossible 
to say what value should be chosen for every architectural parameter to design the ‘ideal’ 
porous biomaterial. Depending on the biomaterial of the bone substitute, an appropriate 
porosity, pore size, and pore shape should be chosen to make the porous biomaterial suitable 
for the implantation site. By designing a tortuous void network, the cell suspension is more 
guided through the scaffold which increases the available surface and time for the cells to 
attach to the surface of the porous biomaterial. It is more or less clear that a pore size smaller 
than 100 μm should be avoided, that pores smaller than 200–300 μm may limit cell migration 
and proliferation and that pores larger than 400μm are preferable for angiogenesis. 
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3
Rigid porous biomaterials

3 ii

Porous biomaterials that simultaneously mimic the topological, mechanical, and mass 
transport properties of bone are in great demand but are rarely found in the literature. In this 
study, we designed and additively manufactured (AM) porous metallic biomaterials based 
on four different types of triply periodic minimal surfaces (TPMS). The topology, quasi-static 
mechanical properties, fatigue resistance, and permeability of the developed biomaterials 
were then characterized. The biomaterials showed a favorable but rare combination of 
relatively low elastic properties in the range of those observed for trabecular bone and 
high yield strengths exceeding those reported for cortical bone. This combination allows 
for simultaneously avoiding stress shielding, while providing ample mechanical support for 
bone tissue regeneration and osseointegration. Furthermore, as opposed to other AM porous 
biomaterials developed to date for which the fatigue endurance limit has been found to be 
20% of their yield (or plateau) stress, some of the biomaterials developed in the current study 
show extremely high fatigue resistance with endurance limits up to 60% of their yield stress. 
It was also found that the permeability values measured for the developed biomaterials were 
in the range of values reported for trabecular bone.

This chapter was published as 
Bobbert, F. S. L., Lietaert, K., Eftekhari, A. A., Pouran, B., Ahmadi, S. M., Weinans, H., & Zadpoor, A. A. 
(2017). Additively manufactured metallic porous biomaterials based on minimal surfaces: A unique 
combination of topological, mechanical, and mass transport properties. Acta biomaterialia, 53, 572-
584.
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3.1 Introduction
Porous biomaterials that mimic the various properties of bone are in great demand. That is 
due to their utility in substituting bone and their application in various types of orthopedic 
implants that need to avoid stress shielding while offering enough mechanical support 
and a long fatigue life. Moreover, the mass transport properties of bone-mimicking porous 
biomaterials such as their permeability have to be properly designed [1–3] to allow for 
nutrition and oxygenation of cells residing in the inner space of the porous biomaterials. Fully 
porous biomaterials provide multiple advantages as compared to other types of biomaterials 
[4]. These advantages include greater flexibility in adjustment of mechanical properties [5], 
increased surface area that could be used for bio-functionalization and infection prevention 
[6], and a large pore space that facilitates bone ingrowth and drug delivery from within the 
implants [7]. Design and manufacturing of porous biomaterials that simultaneously satisfy 
all the above-mentioned criteria in terms of mechanical and mass transport properties, 
are challenging enough but not necessarily sufficient for the desired level of bone tissue 
regeneration. Geometry in general, and the curvature of the surface on which cells reside 
in particular, has recently emerged as an important factor that determines the rate of tissue 
regeneration [8]. Multiple studies have, for example, shown that tissue regeneration increases 
with curvature and that tissue regeneration progresses much further on concave surfaces as 
compared to convex and flat surfaces [8–11].

Design and manufacturing of porous biomaterials whose curvature is most favorable 
for bone tissue regeneration have therefore received increasing attention to improve bone 
tissue regeneration. This coincides with recent advances in the additive manufacturing 
techniques. These advances enable the fabrication of tissue engineering porous biomaterials 
with arbitrarily complex geometries for an ever-expanding portfolio of biomaterials. 

Minimal surfaces are mathematically rigorous concepts from the differential geometry 
of surfaces (Figure  1). In non-mathematical terms, minimal surfaces are like soap films. These 
films span a minimal surface area between given boundaries [12]. The specific property that 
makes minimal surfaces appealing for bone tissue regeneration is that they have a mean 
curvature of zero. A mean curvature of zero, as noted by others [13], resembles the mean 
curvature of trabecular bone, which is also known to be close to zero [14,15]. Moreover, 
minimal surfaces are frequently found in nature and tissues of a variety of species [16,17]. 
Examples, as nicely summarized by Kapfer et al. [17], include ‘‘beetle shells, weevils, butterfly 
wing scales and crustacean skeletons” [18–22]. It has been recently hypothesized that porous 
biomaterials based on minimal surfaces demonstrate enhanced bone tissue regeneration 
performance [8].

In the present study, we aimed to generate porous biomaterials based on triply 
periodic minimal surfaces (TPMS) (minimal surfaces with ‘‘translational symmetries in 
three independent directions” [12]) that present a unique combination of topological, | 
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mechanical, and mass transport properties. With these properties they mimic the various 
properties of bone to an unprecedented level of multi-physics detail. Rational design and 
additive manufacturing were used to generate these biomaterials. The ‘rational’ design of 
biomaterials refers to the process of utilizing physical/biological principles and the established 
relationships between the topology of biomaterials and their performance to devise certain 
‘design criteria’. It is assumed that simultaneous satisfaction of relevant design criteria 
will result in improved bone tissue regeneration performance. The design process started 
from four different types of TPMSs and took a number of other design condensations into 
account to produce a large set of variations of porous biomaterials with different dimensions, 
porosities, and unit cell types. We used selective laser melting (SLM) for the production of 
metal porous biomaterials at the microscale. SLM is an additive manufacturing process in 
which successive addition of layers based on a computer-aided design (CAD) is used for free-
form fabrication of three-dimensional metal parts. The biomaterials fabricated using SLM 
have precisely-controlled and highly reproducible micro-architectures. Both of those features 
are essential for realizing the advantages of rationally designed geometries. We studied the 
topological, quasi-static mechanical properties, fatigue resistance, and permeability of all 
types of the designed and additively manufactured porous biomaterials to evaluate their 
success in mimicking the various properties of bone. 

3.2 Materials and Methods
3.2.1 Porous biomaterial design and manufacturing
Four TPMS structures, primitive (P), I-WP (I), gyroid (G), and diamond (D) were generated 
using k3DSurf, a software which provides all the options to produce complex 3D geometries in 
a finite volume with the use of implicit functions and inequalities. Because the only available 
file export option in K3Dsurf is .OBJ, a CAD converter software (MeshLab) was used to convert 
OBJ files to STL file format. Finally, STL files were imported to ABAQUS/CAE 6.13 [23]. By 
keeping the size of the unit cell constant (1.5x1.5x1.5 mm) and varying the sheet thickness of 
the TPMSs, four porosities between 43% and 77% per minimal surface type were designed. 
The porous biomaterials with the highest porosity to the lowest porosity are indicated by the 
numbers 500, 600, 700 or 800 that follow after P, I, G or D. For example, the P500 has the 
highest porosity of the primitive porous biomaterials and the P800 the lowest porosity. 

Magics (Materialise, Belgium) was used to assemble the porous biomaterials based on 
the different TPMS unit cells. The open porous titanium (Ti6Al4V Grade 23 ELI) biomaterials 
were built on support structures with a customized version of the 3D Systems ProX DMP 320 
machine at LayerWise N.V. (Belgium). Cylindrical specimens with a designed height of 20 mm 
and a diameter of 15 mm were produced (Figure 1). 
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3.2.2 Porous biomaterial morphology
The morphology of the porous biomaterials was characterized using micro-computed 
tomography (micro-CT) and the dry weighing method. Four samples of every type of porous 
biomaterial were scanned using a micro-CT scanner (Quantum FX, Perkin Elmer, USA). 

A tube voltage of 90 kV, tube current of 180μA, a scan time of 3 min, and a voxel size of 
60x60x60 mm3 were used. This resolution was used because our micro-CT scanner has a field 
of view (FOV)-dependent spatial resolution. Therefore, it would not be possible to scan the 
whole porous biomaterials of 20 mm in length with higher resolutions (e.g., a voxel size of 20 
x 20 x 20 mm3). If we used a higher resolution, the calculations would not be representative 
of the entire geometry. Furthermore, a voxel size of 60x60x60 mm3 should be sufficient to 
capture the details of trabecular thickness and spacing as well as the porosity. 

The projection images were reconstructed using built-in software of the scanner, and 
transferred to Analyze 11.0 software to obtain 2D slices, representing the cross-sections of 
the specimens. Fiji v.1.49s [24] in combination with the plugin BoneJ v.1.4.0 [25] was used for 
the segmentation of the images. First, the lower limit for the brightness level was adjusted 
to make sure only the Ti6Al4V was visible in the slices. Then the auto local threshold was 
applied, which computes the threshold value for each voxel within a specified radius in an 
8-bit image. The Bernsen algorithm was selected with a radius of 6. This combination was 
chosen, because it gave the best results for the segmentation of the data when all algorithms 
available were evaluated by observation. After segmentation, circular regions of interests 
(ROIs) were created on the cross section of the specimens. The Fiji plugin BoneJ v.1.4.0 [25] 
was then used to three-dimensionally compute the morphological properties of the porous 
biomaterials. The porosity of porous biomaterials was determined using the ‘‘volume fraction” 
option, the pore size (Tb.Sp) and sheet thickness (Tb.Th) were retrieved with the ‘‘thickness” 

Figure 1: TPMS porous biomaterials. Top: STL file assemblies of 1.5 mm unit cells, bottom: cylindrical specimens with 
a height of 20 mm and a diameter of 15 mm manufactured with selective laser melting. From left to right: primitive, 
I-WP, gyroid, diamond.
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option. The surface area was obtained with the ‘‘isosurface” option using a resampling value 
of 3 and a threshold of 128, and the degree of anisotropy (DA) was determined with the 
default settings of the ‘‘anisotropy” option with a value of 20 for the minimum number of 
spheres and a tolerance of 0.0005. 

The dry weighing method is based on the assumption that Ti6Al4V has a specific density 
of 4.51 g/cc. By weighing the specimen and dividing this mass by the mass of a solid cylinder 
with the same outer dimensions, the material percentage or apparent density (AD) of the 
specimen was determined. The porosity φ was defined as  

3.2.3 Permeability
The permeability of the porous biomaterials was determined using experiments. Eq. (1) 
(Darcy’s law) and Eq. (2) were used to determine the permeability and the Reynolds number 
(Re), respectively. The Reynolds number indicates whether the flow is laminar or turbulent. 
For porous media, the flow was assumed to be laminar if 1 < Re < 10 [26]. The micro-CT 
data for the pore size was used as the pore diameter d (Table 2) to determine the Reynolds 
number (Eq. (2)). 

     (1)

and

       (2)

where 

 κ Permeability coefficient [m2] 

 μ Dynamic viscosity coefficient of the fluid [Pa·s] 

 L  Height of the sample [m] 

 ν Darcy (superficial) velocity [m/s] 

 ΔP Pressure difference [Pa] 

 Re  Reynolds number [–] 

 q  Density of the fluid [kg/m3] 

 d Diameter of the pore [m] 

3.2.3.1 Permeability measurements
The falling head method was used in the permeability experiments. In this method, a column 53
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above the sample provides the water head. A vacuum pump was used to fill this column with 
water. When the column was filled, the air valve was opened and the water flowed back into 
the tank through the sample (Figure 2). The samples were wrapped with heat shrink tubing 
and then pressed into a rubber holder to ensure a tight fit and to prevent leakage on the 
sides. The water pressure at the bottom of the column was measured just above the porous 
biomaterial with a pressure gauge and registered every second in LabView (v.11.0).

Four samples of every type of porous biomaterial were used in the permeability 
experiments. The process described above was repeated five times for every sample, resulting 
in twenty measurements for every specimen. Six steps were taken to derive the permeability 
from the experimental results. 

1. The difference in water level per second within the water column was used to 
determine the fluid velocity within the column                         , where h is calculated from 
the measured pressure using Eq. (4b). 

2. The volumetric flow rate was computed by multiplying this velocity by the cross-
sectional area of the column (Acolumn), perpendicular to the flow direction. 

3. The volumetric flow rate (Q) was divided by the cross-sectional area of the specimen 
(Abiomaterial) to derive the flow velocity through the sample. 

4. In the graph where the pressure drop ΔP (Eq. (4)) was plotted as a function of the 
velocity of the fluid through the specimen (vbiomaterial), a power law (R2> 0.998) was fitted 
to the data. This power law was then used to extrapolate the data for velocities close 
to 0 m/s.

5. The Reynolds number was computed using Eq. (2), where v is defined in Eq. (3). 

6. In the region where the Reynolds number was between Re = 1 and Re = 10, which is the 
laminar regime in porous media, Darcy’s law could be applied [26]. For all specimens, 
the slope in this region was computed. As described in Darcy’s law, this slope is equal 
to the reciprocal of the permeability κ, multiplied by the dynamic viscosity coefficient 
(μ) and the length of the specimen (L) (i.e.,        ).

The steps described are summarized in Darcy’s law (Eq. (1)), where v and ΔP are defined 
as: 

         (3)

and  

    (4)
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where 

 vbiomaterial  Fluid velocity through the specimen [m/s] 

 vcolumn  Fluid velocity within the column [m/s] 

 Acolumn  Cross sectional area of the column [m2] 

 Abiomaterial   Cross sectional area of the specimen [m2] 

 h  Water level within the column [m] 

Because the kinetic term                  in                                             was relatively low compared to 
the pressure of the water within the column, this term was neglected. 

Hence,           (4b). The values for the used parameters are summarized in Table 1.
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Figure 2: Permeability experiment set-up: Left: picture of the set-up. Center: Schematic overview 1. vacuum pump, 
2. air valve, 3. water column, 4. water, 5. pressure gauge, 6. sample holder, 7. water container, 8. sample. Right: 
pressure difference over the sample [Pa], with h - water level within the column [m], L - Length of the sample [m], 
ρ - density of the water [kg/m3], g - gravitational acceleration [m/s2], Patm - atmospheric pressure [Pa], v - fluid velocity 
within the column [m/s]. The kinetic terms (1/2·ρ·v2) is negligible because this term is relatively small compared to 
the pressure applied by the water (ρ·g·h).

Symbol Parameter Value SI Unit 
ρ Density of water 103 [kg/m3] 
μ Dynamic viscosity of water 10-3 [Pa·s] 
L Length of the specimen 20 × 10-3 [m] 
Acolumn Cross sec�onal area of the column 1.26 × 10-3  [m2] 
Abiomaterial Cross sec�onal area of the specimen 1.77 × 10-4 [m2] 
g Gravita�onal accelera�on 9.81 [m/s2] 

 Table 1. Parameters and their values used in the Darcy’s law and the equation for the Reynolds number for the 
permeability experiments.

21
2
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3.2.4 Mechanical tests 
Nine samples of every type of porous biomaterial were used for the mechanical tests. Six 
samples were subjected to static compression (i.e., three with and three without lubrication). 
Another three samples were used for compression-compression fatigue tests. 

3.2.4.1 Static mechanical testing 
The static mechanical tests were carried out using an Instron 5500R mechanical testing 
machine with a 100 kN load cell and Bluehill v3.61 software to control the machine and record 
the measurements. According to the standard for compression of porous and cellular metals 
(ISO 13314 [27]), a constant deformation rate of 10-2/s should be applied to the samples. This 
corresponds to 1.2 mm/min for all samples with a height of 20 mm. The sample was placed 
between two flat hard metal machine platens and only vertical movement was allowed. When 
the limit of 99 kN, or a displacement of 16 mm was reached, the test was terminated. The 
strain was measured by the displacement of the crossheads. As described in ISO 13314 [27], 
the plateau stress (σpl) was determined as the arithmetical mean of the stresses between 20% 
and 30% compressive strain. The quasi-elastic gradient was determined by the slope between 
the strains and stresses within the elastic region of the stress-strain curve. The yield stress 
(σy) was found by the intersection of the stress-strain curve and a line parallel to the quasi-
elastic gradient line at a strain offset of 0.2%. During the static mechanical tests, barreling 
was observed in some samples. Barreling is a defect caused by friction at the interface of the 
machine platens and the end surfaces of the specimen, and causes the sample to become 
barrel-shaped. To determine if this defect could be reduced by reducing the friction at the 
interface, tests with and without molybdenum disulfide (MoS2) lubricant at the interface of 
the platens and the end surfaces of the specimen were performed.

 

3.2.4.2 Fatigue mechanical tests 
A Materials Test System (MTS) testing machine was used for compression-compression 
fatigue experiments. Three samples of every type of porous biomaterial were tested at a 
constant force ratio R = 0.1 (R = Fmin/Fmax, where Fmin and Fmax are the applied minimum and 
maximum forces, respectively [28]) using a sinusoidal waveform at a frequency of 15 Hz. 
The maximum force (Fmax) applied during the fatigue tests was equal to 60% of the yield 
stress (σy). This value was derived from the static mechanical tests without lubricant. The test 
was terminated when the sample was fractured or when 106 cycles were reached without 
macroscopic failure of the specimen. When the deviation from the mean number of cycles 
to failure was higher than 40% between the samples tested for a single load level, a fourth 
sample was tested. To see the cracks within the specimens after fatigue testing, one sample 
of every TPMS geometry was embedded. The embedded samples were ground with P320, 
P800 and P1200 SiC paper, polished with 3 mm diamond suspension, and observed using an | 
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Olympus BX60M light optical microscope (LOM).

3.3 Results 
3.3.1 Morphology of the porous biomaterials 
For every unit cell, the porosity decreases with increasing sheet thickness and the surface 
area decreases with decreasing porosity (Table 2). The porosities measured with the dry 
weighing method lay between 71–49%, 65–44%, 66–52% and 60–44% for the primitive, 
I-WP, gyroid and diamond porous biomaterials, respectively. These values are comparable to 
the porosities of the design porosity and the values retrieved from the micro-CT scans (Table 
2). A lower surface area was observed for the primitive and diamond specimens compared 
to the I-WP and gyroid specimens. During the analysis of the micro-CT images, spheres with 
a maximum size were fitted into the sheets and pores (Figure 3) to determine their size. In 
general, the pore size decreases with increasing sheet thickness and decreasing porosity. 
Porous biomaterials with a similar porosity such as P700, I600, G700, and D600, show 
different values for the sheet thickness, pore size and surface area (Table 2).

3.3.2 Permeability values 

Sixty-four samples were tested experimentally (four samples of every type of TPMS geometry 
with four different apparent densities). The measurements were repeated five times for every 
sample, resulting in twenty measurements for every type of porous biomaterial. A graph with 
the pressure drop ∆P as a function of flow velocity v through the sample was used to determine 

57

Figure 3. Micro-CT images of the sheet thickness and pore size. Sheet thickness: maximal spheres fitted into sheets. 
Pore size: maximal spheres fitted into pores. a. P500, b. IWP500, c: G500, d. D500.
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the experimental values for the laminar region. The permeability values (Figure 4) were found 
to be dependent on the apparent density of the porous biomaterials (i.e., the permeability 
decreases with increasing apparent density). Furthermore, the permeability depended on 
the geometry of the unit cell, regardless of the apparent density of the specimens (Figure 4). 
For example, the I-WP specimens have a lower permeability than the diamond specimens up 
to an apparent density of 43%. It was found that the permeability decreases with increasing 
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flow velocities due to growing inertial effects (Figure 4). The highest (6.1 x 10-9 m2) and lowest 
(5.5 x 10-11 m2) permeability values for the laminar regime were found for the P500 and I800 
samples, respectively. For a pressure difference of 9000 Pa, the permeability varied between 
4.9 x 10-11 m2 and 4.8 x 10-10 m2.

3.3.3 Mechanical tests 
3.3.3.1 Static mechanical tests 
Nine samples of every type of porous biomaterial were used for the mechanical tests. Six 
samples were subjected to static compression with or without lubricant (three for each 
test) and three to compression-compression fatigue tests. The stress-strain curves obtained 

Compression

Fa�gue

LOM

a b c d

e f g h

Figure 5. Compression – Different failure modes of samples during the static compression tests. a. shear lines 
(purple) in different directions, b. barreling (green), c. one shear line (purple), d. diagonal collapsing (green) of layers. 
Fatigue – Shear failure at 45 degrees of specimens after fatigue tests and LOM images of embedded samples. The 
pink dashed line shows the boundary of one unit cell. The white arrows indicate the initiation of crack formation. 
The blue arrows indicate crack formation from the inside of the unit cell. The circles in the LOM images of the I-WP 
specimen (f) indicate examples of crack formation due to manufacturing imperfections (blue) and weak parts of the 
structure (red). e. primitive, f. I-WP, g. gyroid, h. diamond. 
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from the static compression tests were used to derive different mechanical properties. 
These include the plateau stress σpl, quasi-elastic gradient, and yield stress σy. The values 
shown in the following graphs are the averages of the three samples of every type of porous 
biomaterial used for the tests. 

Different failure modes were observed for the different types of porous biomaterials 
during the static compression tests (Figure 5 Compression). These failure modes are 
dependent on the geometry of the unit cell and could be related to the stress-strain curves 
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(Figure 6). All primitive and gyroid specimens, and I-WP specimens with a low apparent 
density showed barreling. In this case, the mid height of the sample was bulging out and 
layers collapsed onto each other (Figure 5b). The I-WP with a higher apparent density and 
all diamond specimens failed due to shear band localization (Figure 5a, c). One or multiple 
shear bands (Figure 5a, c) were observed in these specimens. In the primitive specimens 
with the highest density, shear bands were visible, but no shear fracture occurred (Figure 5d 
Compression). 

The stress-strain curves were typical for porous biomaterials [29,30] with the same 
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stages of deformation and same features including the linear increase in stress with strain, a 
relatively long plateau region with fluctuating stresses, and finally a region of rapid increase 
in stress (Figure 6). 

It was observed that the peaks and valleys in the stress-strain curves (Figure 6) were 
caused by the formation of shear lines and the build-up of stresses after the load was 
transferred to neighboring sheets or unit cells. The stress-strain curves of the diamond 
specimens (Figure 6) have a short yield plateau, after which the curves demonstrated large 
levels of irregularity due to shear fracture of the samples.
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The stress-strain curves remained largely similar when the samples were tested with or 
without lubricant (Figure 6). Some samples of the D700 and D800 failed under pure shear 
before 20% strain was reached. Because the plateau stress σpl, is defined as the mean stress 
between 20% and 30% strain, these values are based on only one or two measurements. 

For all types of porous biomaterials, the yield stress σy, and plateau stress σpl, increased 
with increasing apparent density (Figure 7). A slightly higher plateau stress was observed for 
the samples tested with lubricant. The values of the quasi-elastic gradient of the primitive, 
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I-WP, and gyroid samples tested without lubricant increased almost linearly with increasing 
apparent density (Figure 8). For all porous biomaterials, the values for the quasi-elastic 
gradient were reduced with the application of lubricant.

3.3.3.2 Fatigue behavior of the porous biomaterials 
The primitive specimens showed the shortest fatigue life with a maximum amount of 
approximately 3 x 104 cycles. The fatigue life of the I-WP, diamond and gyroid specimens 
varied between 1 x 105 and 7 x 105 cycles. It was observed that the primitive and I-WP 
specimens show a slight increase in cycles to failure as the apparent density increased, while 
the opposite held for the gyroid specimens (Figure 9). Generally, the fatigue samples of all 
types of unit cells failed under a 45o angle (Figure 5 LOM). Two types of specimens from the 
diamond and I-WP structures, namely the D500 and I800, were still intact after 1x106 cycles 
(Figure 9).

In the primitive and gyroid specimens, crack initiation was observed at the inside of the 
unit cells (Figure 5 LOM). The optical microscopy images of the I-WP show crack development 
at manufacturing imperfections and small pores in the bulk material (Figure 5 LOM). The 
weak parts of the geometry seem to be the connections between two unit cells, and the 
vertical and horizontal sheets. Although no macroscopic damage of the diamond (D500) 
specimens was observed after 1x106 cycles, cracks were present. These cracks initiated in the 
sheets at the periphery of the specimen and propagated to the center via the vertical sheets 
(Figure 5, LOM). Cracks were also visible in the intersections of the horizontal and vertical 
sheets (Figure 5, LOM).  

3.4 Discussion
AM porous metallic biomaterials based on four different types of triply periodic minimal 
surfaces and with relatively wide range of relevant porosities were developed in the current 
study. The results of the characterization test introduced earlier show that the developed 
biomaterials present an interesting combination of morphological properties, quasi-static 
mechanical behavior, fatigue resistance, and permeability. These properties make them 
excellent bone-mimicking biomaterials that can withstand fairly large deformations (>0.5 %) 
and exhibit exceptionally high fatigue strength. These results make them potential candidates 
as bone-mimicking orthopedic implant designs and bone-substituting biomaterials. 

3.4.1 Morphological properties 
The morphological properties of the porous structures characterized using micro-CT and 

dry weighing are very close to their design values. That is an important point given the fact 
that the specific design morphology of minimal surfaces (i.e., a mean curvature of zero) needs 
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to be preserved after the additive manufacturing process, to make sure the morphology 
resembles that of trabecular bone. Additive manufacturing of such complex geometrical 
surfaces at the micro-scale is quite challenging. This is partially caused by the different and 
continuously changing orientation of the plate-like structures that constitute the micro-
architecture of such biomaterials. For example, specific parts of the micro-architecture of 
some of the minimal surfaces are in parallel with the powder bed while the other regions 
make a certain angle with the powder bed. Proper solidification of the melted powder to yield 
fully solid (i.e., pore-free) bulk (i.e., matrix) material is particularly difficult for the horizontal 
parts of micro-architecture [31] due to the disruption of heat transfer by the powder bed.
Moreover, the parameters used for the horizontal parts of the micro-architecture may not 
work for the other parts of the micro-architecture with different orientation. Therefore, the 
laser processing parameters had to be optimized for every porosity of every type of minimal 
surface. This was done during an extensive parametric study to make sure the bulk material 
constituting the porous biomaterial contained the least possible number of pores. 

Specific requirements have been laid out through past research regarding the 
morphological properties that are required for maximum bone tissue regeneration 
performance of biomaterials. One important parameter is the pore size whose effect on tissue 
regeneration performance have been extensively researched. Through extensive review 
of the past research, Karageorgiou and Kaplan [32] identified a recommended pore size of 
>300 μm. Micro-CT analysis showed that the actual pore sizes of all AM porous biomaterials 
developed here are above 300 μm. 

When comparing the morphological properties of the AM porous biomaterials developed 
here and those of the trabecular bone (Table 3), it is clear that trabecular spacing (pore size) 
is well within the range of the values reported for bone. The BV/TV values found for TPMS 
also overlaps with the values reported for trabecular bone in a few other studies (Table 3). 
The trabecular thickness values measured for AM porous biomaterials are somewhat higher 
than those observed for trabecular bone (Table 3). However, the largest difference is between 
the degree of anisotropy of the AM porous biomaterials presented here and those reported 
for trabecular bone in the literature (Tables 2 and 3). The AM porous biomaterials based on 
TPMS are much more isotropic than the native bone tissue. The effect of this difference on 
the process of bone tissue regeneration is difficult to predict. Anisotropy in native bone tissue 
is thought to be related to the need for maximizing stiffness and strength in the main loading 
direction, while keeping the bone mass as low as possible. The above-mentioned concerns 
may be less applicable in the case of metallic biomaterials where the strength and stiffness of 
the bulk material, from which the porous structures are made, are much higher than those 
of bone tissue.

In addition to surface properties [33–36] and functional groups [37,38] that are known 
to profoundly affect the bone tissue regeneration process, curvature has been identified 
recently as a parameter influencing tissue regeneration [8–11,13]. The sign and magnitude | 
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of surface curvature are shown to drastically influence the size and rate of tissue regeneration 
[8–11,13]. An important bone-mimicking aspect of the AM porous biomaterials presented 
here is the fact that they mimic the curvature characteristics of trabecular bone. The mean 
curvature of trabecular bone is close to zero [14,15], which is the same as the mean curvature 
of minimal surfaces. The effects of curvature on tissue regeneration have been explained 
through the mechanotransduction pathways that involve curvature-induced tensile stresses 
[9,10,13,39] and might result in the reorganization of the cytoskeleton. There is therefore a 
mechanistic connection between the potential mechanism through which minimal surfaces 
could improve bone tissue regeneration performance and the mechanotransduction 
pathways of curvature-driven tissue regeneration. Indeed, a computational model describing 
the effects of curvature on tissue regeneration used geometries that could evolve to become 
minimal surfaces [13]. 

3.4.2 Quasi-static mechanical properties 
The mechanical behavior of the developed biomaterials in terms of their quasi-static 
mechanical properties and fatigue resistance were studied. Also the fluid flow properties 
of the associated porous structures were characterized in terms of permeability. The quasi-
elastic gradient of the developed porous biomaterials, which is the closest concept to elastic 
modulus in the study of the mechanical behavior of porous biomaterials, was found to be 
between 3.2 and 6.4 GPa. The above-mentioned range largely overlaps with the higher end 
of the apparent elastic moduli reported for trabecular bone in a study by Morgan et al. [40] 
(Table 4). They evaluated trabecular bone from different areas in the body with varying 
apparent densities that showed elastic moduli between 0.1 and 4.5 GPa (Table 4) [40]. The 
quasi-elastic modulus of the AM porous biomaterials was also close to the lower end of the 
elastic modulus of cortical bone reported in the literature (e.g., see values reported in Ref. 
[41] (Table 4)). In terms of yield stress, the values measured for the AM porous biomaterials 
were similar to some values measured for cortical bone [42] and generally higher than those 
measured for trabecular bone [43] (Table 4). The plateau stress is also generally higher for 
the biomaterials developed here as compared to the compressive strength values reported 
for both trabecular and cortical bone [42–44]. The AM porous biomaterials based on triply 
periodic minimal surfaces therefore show a combination of relatively low elastic moduli 
which are in the range of those observed for trabecular and cortical bone and relatively high 
yield stress and compressive strength. This is a desirable combination for bone-substituting 
biomaterials because the relatively low elastic modulus ensures the minimal chance of stress 
shielding. Stress shielding occurs when an implant with a higher stiffness carries more load 
than the bone around the implant. This leads to bone resorption and eventually implant 
failure [45]. Because the quasi-elastic gradient (i.e., stiffness of the porous biomaterials 
studied here) is within the range of the stiffness of bone, stress shielding is less likely to 
occur. At the same time, the relatively high mechanical strength of the bone-substituting | 
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biomaterial provides enough mechanical support and prevents the biomaterial to fail 
under mechanical loading. Given the fact that the elastic modulus and mechanical stress 
are positively correlated with each other for most naturally occurring materials, it is often 
impossible to develop biomaterials that show low enough elastic modulus while preserving 
high mechanical strength.

The rationally designed biomaterials presented in the current study, although based on 
minimal surfaces, could combine both desired features. This is partially due to their sheet-
based micro-architectures structure as compared to strut-based (i.e., beam-based) micro-
architectures that are used in development of many other types of porous biomaterials. 
These findings are in line with the previous findings that the ratio of yield strength to elastic 
modulus is dependent on the micro-architecture of porous biomaterials [46]. 

It is also important to note that friction could play an important role in determining the 
quasi-static mechanical properties of AM porous biomaterials. The use of a consistent testing 
protocol with sufficient lubrication to minimize the friction is therefore recommended, 
particularly when one is interested the in large deformation behavior of the biomaterials. 

3.4.3 Fatigue behavior 
One of the limitations of most AM porous biomaterials developed to date is their relatively 
low fatigue resistance. In many studies, the endurance limit (the stress level for which the 
number of loading cycles before failure exceeds a certain threshold (e.g., 1x106 cycles) of such 
biomaterials is found to be below 20% of the plateau (or yield) stress [47,48]. An important 
property of the AM porous biomaterials developed in the current study is their extremely high 
fatigue resistance as compared to comparable AM porous biomaterials developed during the 
recent years. When loaded at a stress level as high as 60% of their yield stress, the number 
of cycles to failure is more than the specified threshold (i.e., 1x106 cycles) for some of the 
porous structures developed in the current study (e.g., I800 and D500). Once a specimen has 
endured more than the specified number of loading cycles, fatigue tests are usually stopped 
and the specimens are assumed to have indefinite fatigue life for all practical purposes. 

With a value as high as 60% of their yield stress as their endurance limit, the maximum 
endurance limit of these porous structures is at least three times higher than that of AM porous 
metallic biomaterials developed before. A threshold of 1x106 loading cycles is generally used 
in this kind of studies on AM porous biomaterials that are aimed for application in orthopedic 
implants. This is because the average patient walking activity is shown to be around 2 million 
cycles per year (i.e., 52 weeks) [49] and the mean bone fracture healing time is estimated to 
be 16 weeks for otherwise (skeletally) healthy patients [50]. Once bone has grown into the 
pores of the biomaterial, the fatigue strength of the bone-implant complex increases by up 
to 10 folds even for bone tissue with very low mechanical properties (as might be the case for 
immature bone) [51]. 
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The much-improved level of normalized fatigue resistance in the AM porous biomaterials 
developed in the current study is likely due to the topology of the internal structure of the 
biomaterials which is based on sheets rather than beams. Fatigue resistance is related to 
the crack initiation points, which in the case of AM porous biomaterials are the notches 
created through the AM process [52,53]. Beam-based designs [31,52–55] are much more 
prone to development of notches as compared to sheet-based designs such as TPMS. That 
is partially due to the fact that beam-based designs are often made through sintering of a 
limited number of powder particles, and the diameter of the struts is usually comparable 
with the accuracy of the AM technique. In contrast, sheet-based designs such as those based 
on TPMS have much more smooth and connected geometries that are made from many 
particles. Therefore, in comparison with beam-based porous structures, continuous sheet-
based porous structures are expected to be less sensitive to such imperfections, which could 
greatly improve their fatigue resistance. Such high levels of fatigue resistance are generally 
very important for practical application of the developed AM porous biomaterials, because 
implants could be designed for much higher levels of stress without concerns for patient 
safety.  

3.4.4 Permeability 
The permeability of the AM porous biomaterials developed here are in the range of 
permeability values reported for trabecular bone in the literature (Table 4) [45,56,57]. Similar 
to trabecular bone [45,57], the permeability of the biomaterials presented here decreases as 
the apparent density increases (i.e., porosity values decrease). This is in line with the findings 
of other studies, which have found that the permeability of porous biomaterials and scaffolds 
is correlated with their porosity, as long as the pores are interconnected [3]. Increased surface 
area is expected to decrease permeability due to the additional frictional forces [58]. In the 
porous biomaterials developed here, the surface area generally increases with porosity. Since 
we found the permeability to increase with porosity, it can be concluded that the effects of 
increased porosity on permeability are more pronounced as compared to the effects of any 
increase in frictional forces that might occur due to the increased surface area. 

Cell nutrition and oxygenation are dependent on diffusion before the completion of 
angiogenesis. The reach and speed of mass transport taken place through the diffusion 
process are dependent on the morphology of the porous biomaterials and their permeability. 
If high values of pressure and/or concentration gradients are required to transfer nutrients 
and oxygen to the cells residing in the deepest part of the porous biomaterial, there is a 
high chance that cell metabolism is disrupted at least in some parts of the biomaterial and 
tissue regeneration does not properly progress. Proper values of permeability are therefore 
important for ensuring unhindered mass transport within biomaterials to maximize their 
bone tissue regeneration performance. Even though the absolute values of permeability 
measured here are found to be dependent on the type of flow conditions, particularly for | 
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the primitive and gyroid type of minimal surfaces, the permeability values measured for both 
types of fluid flow remain within the reported values of permeability of trabecular bone. 
That is partially due to the relatively large span of permeability values reported for trabecular 
bone [45,56,57]. In any case, more predictability of permeability values may be beneficial 
during the rational design process of bone-substituting biomaterials. This predictability 
would help when a good description of the physical properties of the biomaterials is essential 
for computational modeling of the bone tissue regeneration process. It is important to realize 
that permeability values are known to be anisotropic also in trabecular bone [59]. 

3.4.5 Design implications 

In general, the availability of libraries which relate the micro-architecture of porous 
biomaterials to their physical and mechanical properties such as permeability, elastic modulus, 
and fatigue life could greatly facilitate the design process [60–63]. We presented a class of AM 
porous biomaterials based on different types of TPMS and with different dimensions in this 
study. The results of our study show that these materials are generally capable of mimicking 
the properties of bone tissue. Application of the specific members of this class of porous 
biomaterials in the design of orthopedic implants may, however, require additional design 
considerations. For example, the type of TPMS used in different anatomical locations may 
need to be different or there might be a need for gradients in terms of porosity and/or TPMS 
type to better mimic the highly complex and spatially varying structure of trabecular bone. 
One of the limitations of the current study is that the in vitro and in vivo experiments required 
for evaluation of the tissue regeneration performance of the developed biomaterials have 
not been performed. 

Although many studies aiming at development of porous biomaterials try to mimic the 
properties of bone, it is worth noting that the structure of the bone tissue at its equilibrium 
state may not necessarily be the best structure for enhancing the bone tissue regeneration 
process, which is a transient state and far from equilibrium. Therefore, it may be necessary to 
simulate the bone regeneration process while considering mechanobiological aspects [64,65] 
and theoretical models [66]. This could improve the design of the micro-architecture of bone-
substituting biomaterials. Such an approach would allow for direct consideration of the local 
loading conditions experienced by cells residing on the surface of porous biomaterials [67] 
and, thus a more mechanistic design methodology. 

3.5 Conclusions 
Porous metallic biomaterials based on four different types of triply periodic minimal surfaces 
and with different porosities were rationally designed, additively manufactured, and 
characterized to evaluate their suitability for orthopedic applications. The combination of 
topological, mechanical, and physical properties exhibited by these biomaterials suggests 
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they are promising bone-mimicking biomaterials. In terms of topology, the rationally 
designed micro-architecture of the porous structures resembled the topological properties 
of trabecular bone including a mean curvature close to zero. Most porous biomaterials have 
a highly correlated elastic modulus and (yield) strength. However, the biomaterials developed 
here showed a unique combination of relatively low elastic moduli in the range of those 
observed for trabecular bone and high yield stress exceeding those reported for cortical 
bone. With this combination of relatively low elastic moduli and high yield strength, it is 
possible to simultaneously avoid stress shielding while providing strong mechanical support 
for bone regeneration and osseointegration. Furthermore, as opposed to other AM porous 
biomaterials developed to date, the biomaterials developed in the current study also show 
extremely high fatigue resistance with some of the porous structures showing an endurance 
limit as high as 60% of their yield stress. This compares to endurance limits in the range 
of 20% of the plateau/yield stress reported for previously developed AM porous metallic 
biomaterials. Finally, the permeability values measured for the developed biomaterials were 
in the range of permeability values reported for trabecular bone in the literature. Based on 
above-mentioned results, the additively manufactured porous biomaterials developed here 
seem to hold significant promise for orthopedic applications. However, in vivo studies should 
be performed to evaluate their actual bone regeneration performance. 
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4
Deployable non-assembly 

mechanisms
4 Deployable non-assembly mechanisms

Porous biomaterials are often used to treat large bony defects or fractured vertebrae. Most 
of such biomaterials are made of metals and their alloys and have a predefined, fixed shape. 
Due to their predefined fixed shape, however, they are not suitable for implantation through 
minimally invasive surgical procedures. To overcome this problem, we designed three different 
deployable non-assembly mechanisms, which were manufactured using selective laser 
melting. Upon the application of an external force, the structures expand radially into their 
deployed load-bearing configuration. Using non-assembly manufacturing, revolute joints, 
wavelike elements, rigid rods and restrictions could be integrated into the design. Mechanical 
tests were performed to determine the forces required to deploy the designed structures and 
to determine their failure load. The elongated geometry of our designs makes them ideal for 
implantation using minimally invasive surgical procedures. 

This chapter was submitted as 
M.A. Leeflang, F.S.L. Bobbert, A.A. Zadpoor, Additive manufacturing of non-assembly deployable 
mechanisms for the treatment of large bony defects.
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4.1 Introduction
Bone tissue regeneration approaches often require the use of porous biomaterials for 
the treatment of large bony defects [1]. These bony defects are too large to be repaired 
by the cells inside our body and surgical intervention is required [2]. Although bone tissue 
substitutes such as autogenous and allogeneic tissue grafts are available, their limited supply 
[3, 4], donor site morbidity [3], and the risk of viral and bacterial disease transmission [3, 5] 
motivate the development of engineered and innovative replacements [3, 4]. 

Various types of bone substitutes [2, 6-8] have been fabricated using additive 
manufacturing (AM) techniques. Selective laser melting (SLM) is the most commonly used 
AM technique for the fabrication of porous biomaterials made of metals and their alloys, 
including titanium [9-12], zinc [13-15], magnesium [16-18], and iron [19, 20]. 

Although many types of porous biomaterials and (patient-specific) orthopedic implants 
have been manufactured using SLM [21], most of them have a pre-determined, fixed shape. 
Such voluminous, fixed-shape implants can hardly be implanted using minimally invasive 
surgery techniques. Minimally invasive surgeries, such as arthroscopy and laparoscopy [22, 
23] limit the damage to the body, require shorter recovery times [24], and lower the risk of 
post-operative complications [25, 26]. This is due to the small incisions required to insert the 
medical devices into the body [23]. 

A potential solution for the high invasiveness of such orthopedic surgeries is the use of 
deployable implants, which are initially compact and can, thus, be implanted using minimally 
invasive surgical techniques. Upon the application of an external force, the structures can 
transform into their deployed configuration inside the defect. We have recently applied 
AM for the fabrication of deployable meta-implants [27, 28]. While our previous designs 
demonstrate both the concept of deployability in meta-implants and the utility of AM, they 
generally require an assembly step. Such a step is labor-intensive, time-consuming, and makes 
it very challenging to upscale the production of such implants. Non-assembly AM could pave 
the way for the large-scale production of deployable meta-implants.

Recently, AM has been used for the fabrication of a limited number of non-assembly 
mechanisms [29-31], which are manufactured using a single-step fabrication process and are 
often made of rigid bodies and joints. Due to the design choices and the orientation of such 
mechanisms on the build platform, there is no need for an assembly step after fabrication 
[32, 33]. The other advantages of this approach include unique functionalities, improved 
kinematic performance, and the integration of advanced features in the design process 
[31]. Two examples of non-assembly mechanisms manufactured using SLM are the CubeSat 
[34] and metallic clay [35]. The CubeSat is a cube (10 × 10 × 10 cm3) developed for space 
research. Although various CubeSat designs are available, Boschetto et al. (2019) used SLM 
to manufacture an already-assembled CubeSat consisting of two half cubes connected by a 
hinge [34]. By integrating locating and locking features into the design, both halves are guided | 
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as the cube closes, thereby ensuring that they eventually attach to each other [34]. A more 
relevant concept for orthopedic applications is that of metallic clay, which we have recently 
proposed for shape-matching biomaterials [35]. Metallic clay is composed of a network of 
joints, spring-like elements, rigid rods, and locking mechanisms that work together to enable 
the shape-morphing and shape-locking behaviors of the mechanisms (analogous to the 
states of clay before and after firing, respectively) [35].

In this study, we propose a number of novel designs that make it possible to use SLM for 
non-assembly AM of deployable implants. We chose the treatment of fractured vertebrae 
and large bony defects in the pelvis as the model surgical challenges for which the deployable 
implants were designed. We designed the mechanisms such that they had a large aspect ratio 
in their retracted state. Upon the application of an external force, the elongated structures 
expand radially into their deployed configuration. We integrated different features to lock the 
deployed configuration of the specimens. Wavelike elements, revolute joints, and restrictions 
enable the reconfiguration and locking of the mechanisms. Additionally, we used specific 
design approaches and selected the build orientation in such a way that the minimum 
number of support structures were required during the manufacturing process. We then 
manufactured different designs using SLM and mechanically tested the resulting implants to 
determine their deployment force and their failure loads.

4.2 Materials and Methods
4.2.1 Design
4.2.1.1 Components of the designs
Three different deployable geometries were designed, namely a bicapped trigonal antiprism, 
a bicapped square antiprism, and a bicapped cube (Figure 1a, b). The bicapped antiprisms 
were constructed with connecting rods a and b along all the slanting edges of the geometry. 
No rods were placed along the edges of the base faces. At all vertices, clusters of revolute 
joints were positioned with a separate joint for every connecting rod. The axes of rotation of 
all joints were in parallel to the basal plane and perpendicular to the connecting rods. 

Contrary to the bicapped antiprisms, the side faces of the bicapped cube did not consist 
of alternating isosceles triangles but of rectangles (Figure 1a, b). In this geometry, the rods 
were positioned along the diagonals m and n with a revolute joint at the intersection, creating 
two mirrored isosceles triangles. No rods were placed at the vertical and horizontal edges.  

The geometries can be deployed by compressing them at the proximal and distal vertices 
A and B, respectively (Figure 1c). This action decreases the angle α of the lateral edge with the 
base diagonal of the bicapped structures and simultaneously increases the vertex angle γ of 
the isosceles triangles on the side faces. Consequently, the circumradius R of the triangle or 
square base face increases from its smallest value in the retracted state to its maximum value 
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* For the bicapped cube this value represents
the length of rods m and n 

Figure 1. a) The line drawings of the bicapped square antiprism, the bicapped trigonal antiprism, and the bicapped 
cube. b) The CAD models of the three geometries plotted in their configuration during the SLM process. Red: a 
cluster of revolute joints, Blue: the proximal and distal clusters of revolute joints, turquoise: wavelike rod, grey: rigid 
rod. c) The different states of a bicapped square antiprism during its deployment process with an indication of the 
circumradius R and the designed maximum circumradius Lx. d) The values of the length of the wavelike rods (a) [mm], 
the length of the rigid rods (b, m, and n) [mm], and the designed maximum circumradius Lx.| 
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when α = 0o (Figures 1c, 2). By moving A and B further inwards, the circumradius reduces until 
A and B meet in the center and the deployed state of the geometry is reached. Pulling at A 
and B reverses the deployment process and leads to the retraction of the geometry.

4.2.1.2 Design variations
We varied the dimensions of the designed structures to study the effects of those dimensions 
on the kinematics and kinetics of the deployable meta-implants. The length of the connecting 
rod a determined the circumradius of the structure while the height is determined by the 
length of the connecting rod b or m and n for the bicapped antiprism and bicapped cube, 
respectively. Figure 3d shows six bicapped square antiprisms, including three different lengths 
for the connecting rod a and two different lengths for the connecting rod b (Figure 3a). 

4.2.1.3 Evaluated design
In order to create a retracted configuration, a maximum circumradius, and a deployed state, 
restrictions were placed on the bearings of the revolute joints to limit the movement of the 
rods. The rods b and m and n of the antiprisms and the bicapped cube, respectively, were 
restricted in the deploying direction to a maximum circumradius of Lx. In addition, rods a 
were restricted at the retracted and deployed positions. 

When comprising only rigid rods, the geometries can freely move between the retracted 
and deployed positions provided that the length of the connecting rods a is smaller or equal 
to the maximum restricted circumradius Lx. However, when they are longer than Lx, the 
geometry cannot move further towards the deployed position. Substituting these rigid rods 83
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Figure 2. Equations to determine the theoretical diameter and height of the different geometries from their 
maximum circumradius (∠ABH = 0°) to fully retracted. The top and side views of the bicapped square antiprism, the 
bicapped trigonal antiprism, and the bicapped cube.



connected to the proximal and distal vertices A and B with wavelike rods allows the rods to 
deform in the lateral direction. This deformation reduces the length of the wavelike rod to 
equal the circumradius and enables vertices A and B to be pushed through this position and 
reach the deployed, locked state. 

Five configurations were prepared with a varying oversize of the wavelike rods (Figure 
1d). The oversize was defined as a / Lx where a is the length of the wavelike rods and Lx is the 
designed axis-to-axis distance between the paired revolute joint bearings at the maximum 
restricted circumradius, measured horizontally.

The changes in the specimen dimensions as a consequence of deployment were 
determined through the measurements of the height and circumdiameter of the specimens in 
their retracted and deployed configurations. Since the height reduced and the circumdiameter 
increased upon deployment, the reduction in the height and increase in the circumdiameter 
were determined as: 

and

4.2.2 Manufacturing
The specimens were manufactured in-house using an SLM125 (Realizer GmbH, Germany) 
machine. As feedstock, plasma-atomized Ti6Al4V-ELI powder with a particle size between 
10 and 45 µm (AP&C, Canada) was used. The build chamber was flushed with argon gas 
to ensure an oxygen level below 0.2% during printing. The substrate plate, on which the 
specimens were built, was kept at 100 °C. The process parameters used for the contour and 
hatch are specified in Table 1. 

After printing (Figure 3b, c), the substrate supports were removed from all downward-facing, 
exterior surfaces of the specimens. The revolute joints of the specimens were designed in 
such a manner that support structures were not required for maintaining their clearance 
space. This is in contrast with traditional joints (e.g., traditional ball-and-socket joints) where 

 × 
 

100
deployed height

reduction in height= 1-
retracted height

Process parameters Contour Hatch 
Exposure �me (µs) 20 5 
Point distance (µm) 10 10 
Laser current (mA) 1100 1100  
Hatch distance (µm) - 150 

Table 1. The contour and hatch parameters used in the laser scanning process.
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100
deployed circumdiameter

increase in circumdiameter = 
retracted circumdiameter

×



support structures are required to ensure the different parts of the joints remain separate 
from each other. In order to remove the loose powder particles remaining in the joint 
clearance, the specimens were ultrasonically cleaned for 15 minutes.

4.2.3 Mechanical tests
4.2.3.1 Deployment forces
A Lloyd LR5K mechanical testing machine was used to determine the forces required to 
deploy the specimens. Compression tests were performed using a crosshead speed of 20 
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* For the bicapped cube this value 
represents the length of rods m and n

Figure 3. a) The table listing the lengths of the connecting rods a and b with numbers corresponding to the bicapped 
square antiprisms designs presented. b) As-built bicapped cube specimens with wavelike and rigid connecting rods. 
c) As-built bicapped square antiprism specimens composed of solely rigid rods. d)  SLM specimens in their retracted 
state: a bicapped square antiprism, a bicapped trigonal antiprism, and a bicapped cube. e) The top view of the 
deployed configuration of a bicapped square antiprism specimen. f) The top view of the deployed state of a bicapped 
trigonal antiprism specimen. g) The top view of the deployed configuration of a bicapped cube specimen.



mm/min and a 100 N load cell. Before a specimen was compressed in order to deploy the 
specimen, it was attached to the machine using wire steel at its proximal and distal vertices 
(Figures 4a, 5a).

Due to the different dimensions of the specimens, the maximum displacement of the 
crosshead varied per design. The tests were aborted after 42 mm, 44 mm, and 70 mm for the 
bicapped square antiprisms, bicapped trigonal antiprism, and the bicapped cube specimens, 
respectively. The deployment force measurements were repeated three times per specimen.

The forces taken from the force-displacement curves were Ffirstpeak (the force required to open 
the specimen), Fmax (the force required to deform the wavelike elements to enable the locking 
process), and Flock (the force required to bring the specimen into its load-bearing deployed 
state (∠ABH < 0°)). 

4.2.3.2 Failure load
The failure loads of the specimens were measured in their deployed configuration to 
determine the maximum load that the specimens could support. The specimens were placed 
onto the bearing plate and a 5 kN load cell was connected to the crosshead to compress the 
specimens with a crosshead speed of 5 mm/min.

4.3 Results
4.3.1 Change in dimensions
All specimens were measured in their retracted and deployed configurations (Table 2). The 
smallest increase in the circumdiameter (185 ± 40 %) and smallest reduction in the height 
(53 ± 2%) were found for the bicapped cube specimens. The circumdiameter of the bicapped 
trigonal antiprism specimens increased the most (322 ± 7 %) and the largest reduction in the 
height (61 ± 1%) was found for the bicapped square antiprism 3 specimens.

4.3.2 Mechanical tests
4.3.2.1 Deployment forces
The different lengths of the rigid and wavelike rods and the geometry of the specimens 
led not only to different mechanical behaviors but also to different ways of deployment 
(Figures 3b, 4b). The bicapped cube specimens all started their deployment process by 
opening the proximal vertex and distal vertex simultaneously, which was followed by the 
inward movement and locking of the distal vertex. The inward movement and locking of the 
proximal vertex were always the last step in the deployment process (Figure 4a). In addition 
to this deployment sequence, the bicapped trigonal antiprism and bicapped square antiprism 
specimens also showed a sequence in which the inward movement and locking of the distal 
vertex was the last step in the deployment process. These different sequences of deployment 
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showed different force-displacement curves (Figures 4-5).

In the first stage of the deployment process, the bicapped square antiprism 3 specimens 
required the highest force (Ffirstpeak = 6.7 ± 1.1 N) to open either the proximal or distal vertex 
of the specimens. The bicapped cube specimens required the least force to open (Ffirstpeak = 
1.5 ± 1.4 N) (Figure 4b, c). 

The force-displacement graphs of the sequence in which the locking of the proximal 
vertex is the last step in the deployment process (Figure 4b) showed that the wavelike 
elements of bicapped square antiprism 3 require the most force to be compressed (Fmax = 
10.3 ± 1.6 N).   

This geometry is followed by the bicapped cube specimens (Fmax = 6.3 ± 2.4 N), bicapped 
square antiprism 2 (Fmax = 2.6 ± 0.3 N), bicapped square antiprism 1 (Fmax = 2.2 ± 0.6 N), 
and finally the bicapped trigonal antiprism (Fmax = 1.3 ± 0.2 N) specimens (Figure 4b, c). The 
bicapped square antiprism 3, bicapped square antiprism 2, and the bicapped cube specimens 
showed a negative force of Flock = -1.6 ± 1.2 N, Flock= 0 ± 0.3N, and Flock = -1 ± 0.8 N respectively, 
during the locking of the proximal vertex. 

Similar to the deployment sequence in which the locking of the proximal vertex was the 
last step of the deployment process, the bicapped square antiprism 3 specimens required 
the highest force to completely open the proximal and distal vertices (Ffirstpeak = 4.6 ± 0.6 N) 
and to deform the wavelike rods (Fmax = 8.7 ± 0.1 N) when the inward movement of the distal 
vertex was the last step of the deployment process (Figure 5b, c). Contrary to the forces in 
the final stage of the deployment process of the bicapped square antiprism 3 specimens, no 
negative forces were observed during the locking of the distal vertex (Flock) of the bicapped 
trigonal antiprism, bicapped square antiprism 1, and bicapped square antiprism 2 specimens 

 Retracted Deployed Change in dimensions  

Geometry 
Height 
[mm] 

Circumdiameter 
[mm] 

Height 
[mm] 

Circumdiameter 
[mm] 

Height 
[%] 

Circumdiameter 
[%] 

bicapped 
cube   

97.6 ± 2.7 31.4 ± 5.7 45.8 ± 0.9 56.6 ± 1.1 53 ± 2 185 ± 40 

bicapped 
trigonal 
an�prism 

60.1 ± 0.1 12.8 ± 0.3 25.3 ± 0.1 41.1 ± 0.1 58 ± 0 322 ± 7 

bicapped 
square 
an�prism 1 

53.1 ± 0.2 16.0 ± 0.3 22.3 ± 0.7 39.2 ± 0.2 58 ± 1 245 ± 4 

bicapped 
square 
an�prism 2 

54.0 ± 0.3 16.0 ± 0.2 21.9 ± 0.1 40.4 ± 0.9 59 ± 0 253 ± 7 

bicapped 
square 
an�prism 3 

55.1 ± 0.2 16.7 ± 0.6 21.4 ± 0.3 40.7 ± 0.2 61 ± 1 244 ± 9 

 Table 2. The dimensions of the specimens in their retracted and deployed states.
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(Figure 5b, c). 

4.3.2.2 Failure loads
The mechanical tests performed to determine the failure loads of the specimens showed 
that the bicapped square antiprism 3, bicapped square antiprism 2 and bicapped square 
antiprism 1 specimens failed after applying 1212 ± 45.5 N, 1074 ± 273.6 N, and 1110 ± 185.9 
N, respectively (Figure 6). The bicapped trigonal antiprism and bicapped cube specimens 

Figure 4. The results of the compression tests where the proximal vertex moves inward later than the distal vertex. a) 
An example of a bicapped cube compression where the distal vertex opens firsts, followed by the inward movement 
of the distal vertex and finally the inward movement of the proximal vertex. b) The force-displacement curves of the 
different structures. c) A bar plot with Ffirstpeak, Fmax, and Flock and the corresponding standard deviations measured for 
all the deployable structures studied here.| 
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failed at much lower loads (547 ± 64.1 N and 232 ± 5.5 N, respectively) (Figure 6). At the point 
of their failure, the rigid rods bent and buckled (Figure 6a). All wavelike rods remained intact.

 

4.4 Discussion 
In this study, we presented the concept of non-assembly AM deployable mechanisms 
for application as orthopedic implants. An important aspect of these new designs is that 
they can be manufactured from metals using a powder bed fusion process (i.e., SLM) and 
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Figure 5. The results of the compression tests where the distal vertex moves inward after the proximal vertex. a) 
An example of the compression of a bicapped trigonal antiprism specimen where the proximal vertex opens firsts, 
followed by the inward movement of the proximal vertex and finally the inward movement of the distal vertex. b) The 
force-displacement curves of the different structures. c) A bar plot with Ffirstpeak, Fmax, and Flock and the corresponding 
standard deviations measured for all the deployable structures studied here.



without a need for internal supports (i.e., in the clearance space of the joints). Both the non-
assembly nature of the designs and the fact that these structures were manufactured from 
metals distinguish this study from our previous study where we introduced the concept of 
deployable meta-implants for the first time [27]. The non-assembly nature of the designs 
means that their manufacturing step is practical and straightforward to upscale, while the fact 
that they are made from metals means that they exhibit much higher mechanical properties 
as compared to the previous polymeric designs. 

4.4.1 Deployability
The deployable porous biomaterials presented in this study could all reconfigure from 
an elongated retracted state to a radially expanded and lengthwise shortened deployed 
configuration. The small circumdiameter of the retracted specimens makes it possible to 
insert the porous biomaterials via a small incision into the body. A large standard deviation 
of 40% was observed for the increase in circumdiameter of the bicapped cube specimens. 
This could be explained by the much smaller circumdiameter of one of the specimens in 
its retracted state. Since all specimens were manufactured simultaneously and were based 
on the same design, this behavior seems to be an effect of the SLM process. The bicapped 
trigonal antiprism specimens had the smallest circumdiameter in their retracted state, which 
can be explained by the number of joint bearings at the sides of the geometry. The joint 
bearings of the antiprism specimens touch each other in their retracted configuration. Since 

Figure 6. The results of the compression to failure tests. a) An example of a bicapped square antiprism specimen 
being compressed. b) The force-displacement curves of the different structures. c) A bar plot with the load to failure 
of the different geometries.| 
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the bicapped trigonal antiprism specimens have fewer joint bearings, these specimens can 
be made smaller than the bicapped square antiprism specimens. The circumdiameters of all 
the specimens in their deployed state are dependent on the length of the wavelike rods (a). 
Due to the similar length of these rods for the antiprism specimens, the circumdiameter of 
the deployed state of these specimens is comparable. Due to the smaller radial dimensions 
in its retracted state, the bicapped trigonal antiprism geometry would be the most suitable 
for implantation using minimally invasive surgery. 

4.4.2 Mechanical performance
4.4.2.1 Deployment forces
This concept of deployable mechanisms as potential porous biomaterials for the treatment of 
large bony defects using minimally invasive surgery requires easy deployment when brought 
into the bone defect. The deployable structures proposed in this paper are easily reconfigurable 
by applying a compressive force at their proximal and distal vertices. Although our designs 
can be easily deployed by hand or by a mechanical testing machine with a maximum force 
of 10.3 ± 1.6 N, a dedicated minimally invasive surgery tool would be required to deploy 
such type of implants inside the body. The maximum force required during the deployment 
process was reached during the deformation of the wavelike elements at the point where 
the maximum circumradius is reached (α = 0o). This means that the maximum force can be 
controlled by adjusting the oversize, which depends on the length of the wavelike rods a 
and the designed maximum circumradius Lx. Longer wavelike rods need to deform more 
than shorter wavelike rods when Lx is kept constant. In Figures 4b and c, it can be seen that 
the bicapped square antiprisms with smaller values for a, indeed, require a lower maximum 
force when the inward movement of the proximal vertex is the last step in the deployment 
process. However, this theory does not seem to hold when the inward movement of the 
distal vertex is the last step in the deployment process. Moreover, the geometry of the 
deployable structure affects the force required to deform the wavelike rods at the point 
where the maximum circumradius is reached. While the specimens designed based on the 
bicapped trigonal antiprism and bicapped square antiprism 2 have the same oversize value, 
more force is required to deform the wavelike rods of the latter type. This could be explained 
by the number of the wavelike rods connected to the proximal and distal vertices. Only three 
wavelike rods need to be deformed simultaneously in the bicapped trigonal antiprism while 
four rods need to be deformed in the bicapped square antiprism.   

Our observation of a negative force during the deployment of the bicapped square 
antiprism 3, bicapped square antiprism 2, and the bicapped cube specimens show that there 
is a snap-through behavior present in some deployment sequences. This effect is enabled by 
the deformation of the wavelike rods connected to the proximal and distal vertices, which 
act as bi-stable beams at the point where the maximum circumradius Lx is reached. Bi-stable 
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beams can snap from one load-bearing configuration to another when the load applied 
reaches a critical level [36]. In one of our previous studies [27], we used this type of instability 
to develop our first concepts of deployable meta-implants.  

4.4.2.2 Failure loads
Large bony defects can occur at any location, either load-bearing or not. The deployed 
structures evaluated in this paper could support loads up to 1212 ± 45.5 N before bending or 
buckling occurs. This is a significant improvement as compared to the load-bearing properties 
of our previously developed concepts for deployable implants and is already within the lower 
range of the compressive loads reported in the literature for spinal compression (relevant for 
the treatment of fractured vertebrae) [37]. Our multi-stable deployable PLA (polylactic acid) 
meta-biomaterials made of bi-stable elements [27] and bi-stable panels [28] could respectively 
support loads of ≈ 10 N or ≈ 35 N, before retraction would occur. This large difference can be 
mainly explained by the definition of ‘deployed configuration’ of our PLA specimens and these 
non-assembly mechanisms. The PLA specimens were defined as deployed when they were 
expanded in all directions, while these non-assembly mechanisms are defined as deployed 
when they are radially expanded and lengthwise shortened. In their deployed state, the non-
assembly mechanisms are, therefore, already retracted in their axial direction and locked in 
this deployed configuration. Both types of deployment (i.e., deployment in all directions or 
radial deployment upon axial compression) could potentially be applied as deployable bone 
substitutes. While our previous designs of multi-stable structures and foldable designs can 
be transported in a compact state in all directions, these non-assembly mechanisms can be 
easily inserted into the body due to their elongated shape in their retracted configuration. It 
is clear that the designs with the second type of deployment are superior in terms of load-
bearing properties. 

The force-displacement curves show that the force is slowly building up for the bicapped 
cube specimens, while the force of the bicapped square antiprisms quickly increases at the 
start of the test. This large difference could be explained by the number and length of the 
rigid rods of the different geometries. While the force is distributed over eight short rigid 
rods in the bicapped square antiprism specimens, the force is distributed over fewer and 
longer rods in the bicapped trigonal antiprism and bicapped cube specimens. The shorter 
rods in the bicapped square antiprism specimens are less susceptible to bending and 
buckling as compared to the longer rods present in the bicapped cube specimens. Similar 
results were found by El-Sayed et al. (2020) [38], who used SLM to manufacture diamond 
lattice structures with various strut thicknesses and lengths. The compressive strength was 
observed to increase with the strut thickness and to decrease with the strut length [38].  The 
different mechanical properties of our non-assembly mechanisms can be used to optimize 
the geometrical design of the implants to best suit the particular application at hand.  | 
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4.4.3 Future work
Although our non-assembly manufactured deployable implants show many advantages, some 
limitations should be addressed. SLM still has its limitations when it comes to the accuracy 
of printing. The smallest line thickness is dependent on the laser spot size and is found to be 
200 μm with a laser beam size of 100 μm [39]. Since the revolute joints in our designs are 
used to enable the reconfiguration of the structures, it is challenging to reduce the size of 
the joint bearings significantly. These joint bearings are responsible for the circumdiameter 
of the retracted mechanisms, meaning that the diameter of the retracted mechanisms 
presented in this paper cannot be significantly reduced. We showed that different non-
assembly deployable mechanisms can be made using single-step additive manufacturing. 
The designs and fabrication approaches presented in this study can be exploited to advance 
the applications of non-assembly mechanisms in other areas as well.

4.5 Conclusions
We designed and additively manufactured non-assembly deployable structures for application 
as orthopedic implants. SLM was used to manufacture these deployable structures from a 
medical grade titanium alloy that is widely used for the fabrication of orthopedic implants. 
SLM enables the integration of revolute joints, wavelike elements, rigid rods, and mechanical 
constraints. Additionally, this approach made the assembly of different components after 
manufacturing redundant and only the removal of the support structures and ultrasonic 
cleaning were required to make the deployable structures functional. Various geometries 
with different lengths for the rigid and wavelike rods were mechanically tested to determine 
the forces required to deploy the structures and to determine their failure loads. The porous 
structure of such implants is advantageous for bone ingrowth while their ability to reconfigure 
from an elongated to a load-bearing structure enables implantation using minimally invasive 
surgery. As compared to other implants that have been manufactured using SLM, the main 
advantage of these mechanisms is their ability to change their configuration. However, since 
the mechanisms reported here are the first SLM manufactured deployable non-assembly 
bone substitutes, future studies are required to further develop such mechanisms and to 
make them suitable as orthopedic implants.
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5
Multi-stable structures

5 Multi-stable structures 

Meta-biomaterials exhibit unprecedented or rare combinations of properties not usually 
found in nature. Such unusual mechanical, mass transport, and biological properties could 
be used to develop novel categories of orthopedic implants with superior performance, 
otherwise known as meta-implants. Here, we use bi-stable elements working on the basis 
of snap-through instability to design deployable meta-implants. Deployable meta-implants 
are compact in their retracted state, allowing them to be brought to the surgical site with 
minimum invasiveness. Once in place, they are deployed to take their full-size load-bearing 
shape. We designed five types of meta-implants by arranging bi-stable elements in such a 
way to obtain a radially-deployable structure, three types of auxetic structures, and an 
axially-deployable structure. The intermediate stable conditions (i.e. multi-stability features), 
deployment force, and stiffness of the meta-implants were found to be strongly dependent on 
the geometrical parameters of the bi-stable elements as well as on their arrangement.

This chapter was published as
Bobbert, F. S. L., Janbaz, S., & Zadpoor, A. A. (2018). Towards deployable meta-implants. Journal of 
Materials Chemistry B, 6(21), 3449-3455.

99



We have recently proposed [1] the concept of meta-implants as orthopedic implants that 
exploit the rare or unprecedented properties of meta-biomaterials [2-4] to improve their 
performance and longevity. For example, hybrid meta-biomaterials with a rational distribution 
of both negative and positive Poisson’s ratios could be used to improve bone-implant contact 
and potentially its longevity [1].  

The unusual properties of meta-biomaterials, in turn, originates from their small-
scale (i.e., micro/nano-scale) geometrical design. In that sense, meta-biomaterials are 
similar to other types of designer materials such as mechanical [5-9] or acoustic [10-13] 
metamaterials.  

Here, we propose a new type of meta-implants called ‘deployable meta-implants’. 
Deployable implants are undersized in their compact mode, which allows them to be brought 
to the surgical site with a smaller incision and minimum invasiveness. Once they are in place, 
an activation mechanism deploys the implant into a full-size load-bearing shape. Moreover, 
deployable implants are fully porous to allow for bone ingrowth.  

The main mechanisms used here for development of deployable implants are the 
mechanical concepts of bi- [14-16] and multi-stability [17-19] that are, for example, seen 
in snap-through instability systems. Bi-stable structures are part of the instability-based 
metamaterials [20] and are often based on a snap-through mechanism which enables the 
structure to shift between two different stable equilibria [21, 22]. Due to the existence of 
two stable equilibrium states, no external forces are required to maintain the structural 
configuration once it is configured in one of those two positions [21, 23, 24]. By combining bi-
stable structures, it is possible to develop multi-stable structures which have more than two 
stable equilibria [23-29]. Contrary to structures with only one stable, or rigid configuration, 
these structures could adapt their configuration to specific situations [24]. Two important 
properties of bi- and multi-stable structures are their capability to be deployed and to absorb 
energy [29]. Bi-stable and multi-stable structures could therefore be used in the design of 
space frame structures [29], actuators [30], energy absorbing materials [31], and energy 
harvesters [32, 33]. For biomedical applications, the concept of multi-stable stent [34] has 
been presented before for cardiovascular applications. 

The basic elements and assembled multi-stable structures developed in this study are 
the first step towards deployable structures for application as bone implants. We designed 
two types of basic bi-stable elements with single curved (D1) and double curved (D2) side 
hinges where the joint at the center is similar (Figure 1a).

The basic bi-stable elements consisted of flexible components which act as joints and 
rigid components that fulfil structural functions. Several design parameters including the 
length (L) [mm], angle (α) [o], and width (w) [mm] (Figure 1b) determine the mechanical and 
bi-stable behaviors of D1 and D2. There are at least four different ways of connecting the 
basic bi-stable elements (T1, T2, T3, T4) to create more complex (multi-stable) mechanisms | 
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(Figure 1d, e).  

We performed a parametric study (parameters listed in Table 1) to evaluate the effects 
of the different parameters on both types of behaviors. The design variants were named 
according to the value of the examined parameters. For example, specimens made according 
to D1 with L = 40 mm, α = 30o, and w = 4 mm were referred to as D140304.  

3D printers working on the basis of fused deposition modeling (FDM) [35] (Ultimaker 2+, 
Geldermalsen, The Netherlands) were used to fabricate the bi-stable (and later multi-stable) 
structures. A biocompatible polymer, namely Poly (lactic acid) (PLA), was used as the main 
material for printing the basic elements as well as the connecting parts (Figure 2f) which 
connected the bi-stable elements for the assembly of the multi-stable structures. In addition 
to being a biocompatible polymer [36, 37], PLA is biodegradable [37, 38]. It has also proven 
to be a suitable material for implants onto which cells could adhere and grow [36-38]. 
The connecting parts were designed such that the proposed connection types could be 
assembled, and that these small assemblies could be connected together. 

A mechanical testing machine (Lloyd LR5K) was used to measure the minimum forces 
required to make the elements shift from their deployed or retracted configuration to their 
other stable configuration (FS). To make a distinction between these forces for the compression 
and tensile tests, FSc and FSt were used, respectively. Moreover, the minimum forces required 
to switch the configurations back to their configuration at the start of the test FSB for both 
compression (FSBc) and tensile tests (FSBt) were evaluated [39]. All compression and tensile 
tests were performed with a deformation rate of 10 mm/min. Because the elements were 
printed in their deployed state, the elements were first tested under compression. When the 
element was bi-stable after the load was removed, the sample was also tested under tension 
(Figure 1f). For the basic elements whose FSc was below 5 N, a 5 N load cell was used. A 100 N 
load cell was used for the mechanical tests of the assemblies and the basic elements whose 
FSc was above 5 N. In order to control the direction of the load and to measure the load at 
all times, extra parts were designed and printed in a similar way to the bi-stable elements 
(Figure 2f). All mechanical tests reported in this study were repeated at least three times, 
unless the design failed at the first trial. The mechanical tests were terminated after the 101

Design 1 L [mm] α [o] w [mm] Design 2 L [mm] α [o] w [mm] 

 

40 30 4  
 
 

 
 
 

40 30 4 
45 30 4 45 30 4 
50 30 4 50 30 4 
55 30 4 55 30 4 
45 35 4 45 35 4 
45 40 4 45 40 4 
45 30 6 45 30 6 
45 35 6 45 35 6 
45 40 6 45 40 6 

 Table 1. The different variants of two basic bi-stable element design with varying values of dimensions L, α, and w.



force-deflection curve intersected the x-axis for the second time. 

Changing the parameters L, α, and w affected the FS and FSB values, which are the 
maximum and minimum forces in the force-deflection graph, respectively (Figure 1g-j, Table 
2). The mean values of the equilibrium paths are shown in the force-deflection curves of the 
different designs (Figure 1g-j). All variants showed typical force-deflection curves for bi-stable 
structures. These curves start and end with regions showing a positive stiffness, which are 
separated by a region with a negative stiffness (Figure 1g-j). It was found (data not shown) 
that FSc reduces from the first shape shifting cycle to about the third one, and that the force-
deflection curves become more constant afterwards. The curves of both D1 and D2 showed 
a small increase in FSc and FSt when the width of the elements increased from 4 to 6 mm and 
the corresponding deflection to reach the FSc and FSt shifted to the right (Figure 1g, h).  The 
stiffness, amount of deflection, FSc, and FSt were affected by the values of α and L. Increasing α 
led to a higher stiffness, a higher FSc and FSt, and more deflection of the elements (Figure 1h), 
while an increase of L led to a slightly lower initial slope during compression. For four variants, 
D145354, D145356, D145404, and D145406, FSBc was positive (Figure 1g, Table 2). 

As for D2, where the side joints consisted of two curves, a lower initial slope and lower 
values for FS and FSB were found (Figure 1i, j). Contrary to the D1 variants, the deflection of the 
D2 variants reduced when the width increased from 4 to 6 mm (Figure 1j). For three variants 
of D2 (i.e., D240304, D245306, and D245406) FSBc was positive (Figure 1i). The positive values 
of FSBc found for the variants of D1 and D2 agreed with the observation that these elements 
were not bi-stable. 

In general, due to the stiffer side hinges of D1, the D1 variants required more force to 
shift from the deployed configuration to the retracted configuration as compared to the D2 
variants. For both designs, higher forces were required to make the structures shift from 
their deployed configuration back to their retracted configuration than vice versa. This 
could be explained by the energy stored in the deflected members of the basic elements 
during compression [25]. Therefore, their retracted state is, as desired, less stable than their 
deployed state in which the basic elements were printed. The parametric study showed that 
the variant D145304 is the most stable in its retracted configuration. We therefore used this 
design variant for the remainder of the study. 

By combining the basic bi-stable elements with the different connection types (T1, T2, 
T3, T4), five different 3D deployable structures were assembled (Figure 2a-e). Among these 
structures, different ways of deployment and retraction were seen. Two of the multi-stable 
structures retract and deploy radially or axially and exhibit a positive and zero Poisson’s ratio, 
respectively, while three others behave auxetically (i.e., exhibit negative Poisson’s ratio). 
The ring structure, consisting of elements assembled by a combination of T4 connections, 
deployed and retracted radially (Figure 2a). Moreover, three different auxetic structures 
were developed, where the structures retracted in all directions upon compression (Figure 
2b-d). The opposite occurred when the structures were subjected to tension. In two of 
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Figure 1. Overview of the two basic element designs. a) two basic bi-stable element designs, D1 and D2, b) 
parameters of the basic element, c) working mechanism of a basic element, d) connection sites for assembly, 
e) different connection types, type 1 (T1) and type 2 (T2): 2D assembly of basic bi-stable elements reconfigures 
axially, Type 3 (T3): 2D assembly of three bi-stable elements changes dimensions radially, Type 4 (T4): 3D assembly 
reconfigures axially. The black and blue lines represent the deployed and retracted configurations, respectively. f) 
Testing procedure and setup for both compression and tensile tests. A pin at the top of the basic element ensured 
that both compression and tensile forces were measured at all times. g- j) Force-deflection diagrams all variants of 
bi-stable element design 1 (g,h) and design 2 (i,j) with different values for parameters L [mm], α [o], and w [mm], 
under compression (g,i) and tension (h,j).



these structures (e.g., auxetic structure 1 (Figure 2b) and 3 (Figure 2d)) a combination of T3 
connections was used. Auxetic structure 2 was designed by combining rotated versions of 
T2 connections. The fifth structure (Figure 2e) was similar to the T1 connection (Figure 1e), 
where deployment and retraction occurred axially in the direction of the applied force.   

The assemblies showed different changes in dimensions (height (h), width (w), and 
circumference (c)) from the retracted to deployed configuration (Figure 2a-e). Structure 
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5 showed the largest change (h:170%), followed by the ring structure (c:136%), auxetic 
structure 2 (c:127%, h:107%), auxetic structure 1 (h:126%, w:107%), and finally auxetic 
structure 3 (h:115%, w:111%). The ring structure required the highest force for complete 
deployment (Figure 2f, g). For this type of structure, additional parts were developed to make 
the structure deploy or retract under compression or tension, respectively. The FSc values of 
the different stable configurations were similar during compression, while FSt increased during 
tension (Figure 2f, g). Auxetic structure 1 showed an increase in load both under compression 
and tension, followed by one valley or a valley, a peak and a valley, respectively (Figure 2f,g). 
The force-deflection curve of auxetic structure 2 during compression started and ended with 
a linear region with increasing loads up to about 10 N. After this peak, there was a negative 
slope consisting of three peaks and four valleys (Figure 2f). 

Auxetic structure 3 showed two clearly different curves for compression and tension 
(Figure 2f, g). While the force peaks of this type of structure increased when it was subjected 
to compression, the first peak in the curve of the tensile tests was the highest, followed by 
some lower peaks (Figure 2f, g). Structure 5 deployed and retracted only in the direction of 
the applied load and showed three peaks of similar heights and three valleys when subjected 
to either tension or compression (Figure 2f, g).

This study showed that by assembling basic elements in various ways, different multi-
stable structures which reconfigure differently could be obtained. In addition to two multi-
stable structures which deployed and retracted radially or axially, three auxetic structures were 
developed. In the case of the ring structure, increasing forces were found during the tensile 
tests as compared to the more equal forces during compression tests. Upon compression, the 
ring was pushed outwards which made the elements shift from their retracted configuration 
to their deployed configuration. The results of the basic elements showed that their retracted 
configuration is less stable than their deployed configuration, hence the lower forces during 
the compression of the ring structure. The opposite held when the structure was subjected 
to tension, when the elements had to shift from their deployed state to their retracted state.

When auxetic structure 1 was subjected to tension or compression, elements were 
gradually snapping into their other stable configuration. As could be seen in the force-
deflection graph, the force drops suddenly at some points. At these points of deflection, a 
combination of several elements in the T3 connection snapped through at the same time. 

The force-deflection curves of auxetic structure 2 showed that for both compression and 
tension, the first force peak was high, meaning that about 10 N was required to make the first 
snap-through happen of one of the elements within the structure. However, when the first 
element switched its configuration, the other elements followed shortly after. During both 
the tensile and compression tests, we observed that the elements reconfigure gradually but 
quickly after each other, which explains the similar drops in force after the succeeding FS were 
reached.  
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Figure 2. Pictures of different 3D assemblies in their fully deployed and retracted stable configurations. a) ring 
structure, deploying and retracting radially. b, c, d) auxetic structures, retracting upon compression in all directions 
and vice versa upon tension. e) structure 5, axially deployable and retractable. f) connecting elements to assemble 
the deployable structures. The elements surrounded by one color are used for the assemblage of the corresponding 
structure. The large parts were connected to the top of structure 5 and to both the top and bottom of the ring 
structure during the tensile and compression tests to enable deformation of the structures. g,h) force-deflection 
curves of the different multi-stable structures. g) compression tests h) tensile tests.

g h ring structure
auxetic 1
auxetic 2 
auxetic 3
structure 5 
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During both compression and tensile tests of auxetic structure 3, not all elements 
retracted or deployed, respectively. It was found that the elements at the sides of the structure 
deployed first, after which only two of the elements at the top deployed. Finally, three of 
the four elements at the bottom of the structure switched their configuration. Because the 
elements at the top of the structure were not connected to the other elements as such that 
they were forced to deploy, they remained in their retracted configuration during the tensile 
tests. 

Structure 5, which deployed and retracted axially, shows three peaks and valleys in both 
compression and tensile tests. These peaks represent the least amount of force required to 
switch from one to another stable configuration of this structure. During the compression 
tests, first the bottom layer retracted, followed by the second layer and finally the top layer. 
This order was reversed when the structure deployed. 

This study showed that multi-stable structures with different deploying and retracting 
behavior could be generated based on simple bi-stable elements. It was shown that some 
of these structures (e.g., structure 5, the ring structure, and auxetic structure 1) are capable 
of shifting between two distinct configurations (deployed and retracted) with some stable 
configurations in between. 
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Retracted implant Implanted inside the body Deployed inside the body

Figure 3. Top: Example of how a multi-stable structure (based on the ring structure) can be put inside a bottle when 
the deployed configuration does not fit through the opening. Bottom: Example of how multi-stable structures could 
be applied as bone implant.



In summary, we described the design and manufacturing process of simple bi-stable 
elements and their assembly into deployable 3D structures. Different parameters of the bi-
stable elements affected not only the force required to make the structure shift from one 
stable position to the other, but could also lead to elements which were not bi-stable at 
all. Moreover, energy is stored in the bi-stable elements when they are configured in their 
retracted state. This resulted in lower FSt values during deployment as compared to the FSc 
values during retraction. The multi-stable structures could be deployed and retracted axially, 
radially, and behave auxetically. Auxetic structures are especially interesting for application as 
minimally invasive deployable meta-implants. Due to their small dimensions in all directions 
in their retracted configuration, the size of the incision and the damage to the surrounding 
tissues is minimized during surgery. The recovery time of the patient and the chance of pre-
operative implant-associated infections are therefore expected to be reduced. 

The multi-stable structures presented here need to be further developed before actual 
clinical application. The high porosity of these deployable structures allows for improved 
bony ingrowth. As deployable implants use minimum amount of material, a major design 
challenge is to ensure they provide enough mechanical support. Future research should 
therefore be focused on evaluating the mechanical performance of meta-implants as well 
as on designing miniaturized versions that make them more suitable for application as bone 
substitutes.
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6 Deployable structures folded from a flat state

Deployable meta-implants aim to minimize the invasiveness of orthopedic surgeries by 
allowing for changes in their shape and size that are triggered by an external stimulus. Multi-
stability enables deployable implants to transform their shape from some compact retracted 
state to the deployed state where they take their full sizes and are load-bearing. We combined 
multiple design features to develop a new generation of deployable orthopedic implants. 
Kirigami cut patterns were used to create bi-stability in flat sheets which can be folded into 
deployable implants using origami techniques. Inspired by Russian dolls, we designed multi-
layered specimens that allow for adjusting the mechanical properties and the geometrical 
features of the implants through the number of the layers. Because all layers are folded 
from a flat state, surface-related functionalities could be applied to our deployable implants. 
We fabricated specimens from polylactic acid, titanium sheets, and aluminum sheets, and 
demonstrated that a deployment ratio of up to ≈2 is possible. We performed experiments 
to characterize the deployment and load-bearing behavior of the specimens and found that 
the above-mentioned design variables allow for adjustments in the deployment force and 
the maximum force before failure. Finally, we demonstrate the possibility of decorating the 
specimens with micro-patterns.

This chapter was published as
Bobbert, F. S. L., Janbaz, S., van Manen, T., Li, Y., & Zadpoor, A. A. (2020). Russian doll deployable meta-
implants: Fusion of kirigami, origami, and multi-stability. Materials & Design, 191, 108624. 113



6.1 Introduction
It is often said that in biological tissues such as bone, “form follows function” [1, 2]. It should, 
thus, come as no surprise that in orthopedic implants that replace the human bone either 
temporarily or permanently, ‘function follows form’. This short statement summarizes 
the underlying principle of the so-called “meta-biomaterials” [3] and “meta-implants” 
[4, 5], where the geometrical design at various scales is used to develop unprecedented 
functionalities.

This novel approach, whose success depends on the feasibility of fabricating complex 
geometries at different scales, owes its emergence to the recent advances in additive 
manufacturing (AM, = 3D printing) techniques. Thanks to the “form-freedom” [6-8] and 
“batch-size-indifference” of AM techniques [7], the problem of developing implants with 
advanced functionalities reduces to the problem of geometrically designing them using the 
“rational design” principles [3, 9].

At the microscale, the application of the rational design principles has resulted in meta-
biomaterials that exhibit, for example, improved bone-implant interaction realized through 
the incorporation of auxetic meta-biomaterials [4] or a remarkably high level of bone-mimicry 
[10-12]. These uncommon properties could then be exploited to design novel meta-implants 
with improved bone-implant contact and, thus, enhanced longevity [4]. 

At the macro-scale, the fusion of geometrical design, advanced AM techniques, 
and rational design principles has recently enabled the development of a new category 
of orthopedic implants known as “deployable implants” [5]. The shape and mechanical 
properties of such implants can be changed upon the application of a triggering mechanism 
that transforms the implant from its compact, retracted state to a fully deployed, load-bearing 
state. The initially compact shape of the implant ensures that the performed surgery is as 
minimally invasive as possible. One of the applications of such implants is to repair vertebral 
compression fractures. Currently, vertebroplasty (VB) and balloon kyphoplasty (BKP) are used 
to treat such fractures with minimal invasiveness. While VB only stabilizes the fracture by the 
injection of bone cement [13], BKP is a technique in which a balloon catheter is inserted and 
inflated prior to the injection of bone cement in order to restore the height of the vertebra 
[13-16]. To improve the vertebral height restoration achieved with BKP, another technique is 
proposed, namely vertebral body stenting (VBS) [17]. This technique uses a stent mounted 
on the balloon catheter that expands upon the inflation of the balloon. The expanded stent 
keeps the created cavity open after the balloon is removed to let the bone cement fill the 
cavity [13]. Although these treatments result in pain relief for the patient, cement does not 
allow for bony ingrowth [18]. Moreover, cement leakage as well as other complications such 
as persisting pain and the fracture of adjacent vertebrae may occur [19]. Our deployable 
implants, on the other hand, are porous devices that are deployed like the stent in VBS but 
do not require cement, and, thus, allow for bony ingrowth (Figure 1a). | 
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The underlying shape-shifting mechanism used in the design of the first generation of 
our deployable meta-implants [5] was the concept of “multi-stability” [20, 21] where the 
implant is designed to have two or more stable states. By transitioning from one stable 
state to another, the shape and mechanical properties of the implant can change. Our first 
generation of deployable implants introduced the concept of deployability in orthopedic 
implants and demonstrated the possibility of fabricating functional prototypes using widely 
available techniques. However, they were limited in two major aspects. First, they required 
individual printing and manual assembly of many multi-stable mechanisms. Second, due to 
their 3D geometry they did not allow for the incorporation of surface-related functionalities 
such as surface nanopatterns [22, 23]. 

Here, we present a new generation of deployable implants that not only address those 
limitations but also offer some additional advantages. We used origami-based designs to fold 
multi-layered deployable implants from a flat state. The use of multiple layers is inspired 
by Russian dolls (Matryoshka) where identically shaped dolls that gradually increase in size 
successively encapsulate one another (Figure 1b). Similar concepts can also be observed 
in nature (Figure 1c). Given that each layer is folded from a flat state [24, 25], advanced 
nanopatterning techniques that are only applicable to flat surfaces (e.g., electron beam 
lithography [26, 27], reactive ion etching (RIE) [28, 29] and electron beam induced deposition 
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a)

b) c)

Figure 1. a) The novel concept of deployable implants as applied to the treatment of a fractured vertebra. With 
minimally invasive surgery, a deployable structure including a balloon is placed inside the fractured vertebra. Upon 
the inflation of the balloon, the deployable structure expands and restores the height of the vertebra. The balloon 
is then removed. b) Russian dolls shown from the front and top views. c) Red onion also consists of different layers.



[22]) could be used to simultaneously stimulate the osteogenic differentiation of stem cells 
[30, 31] and kill bacteria [28, 32].

6.2 Materials and methods
6.2.1 Design 
We used the concept of bi-stability to design deployable flat panels. Kirigami cut patterns are 
known to introduce bi-stability into flat materials [33, 34]. This approach to design bi-stable 
mechanisms is compatible with our ultimate goal of creating foldable multi-layer implants. 
The flat panels were then arranged in such a way to create three-dimensional cubes with 
varying sizes (Figure 2c,d). Towards that end, two connection sites were designed at every 
corner to enable the spatial arrangement of the panels (Figure 2a). Each panel of the unscaled 
(100%) cube consisted of four bi-stable elements with two perpendicular rigid elements of 15 
mm length and a rigid beam with a length of 10 mm and width of 3 mm to enable the shape 
transformation of the bi-stable elements (Figure 2a). 

To create the desired foldable cubes, six of the panels described above were arranged 
according to the unfolded shape of a cube (Figure 2e). Two scaled versions of these unfolded 
states (by 30% and 40%) were also fabricated (Figure 2b, e). In addition to the unfolded 
cube patterns with deployed bi-stable elements, an unfolded cube with retracted bi-stable 
elements was designed by cutting the deployed geometry of one deployable element at the 
rotation points of its hinges. The deployed element was then moved towards its retracted 
state (Figure 2a). By assembling four of these elements into a rectangular panel, the unfolded 
pattern of a cube comprising six retracted panels was created. This cube pattern was then 
scaled by 20%, 30%, and 40% (Figure 2b).

6.2.2 Manufacturing
6.2.2.1 PLA specimens (control group) 
To evaluate the advantages of the origami approach, we fabricated similar designs using 
the same methodology as was used in the first generation of our deployable implants (i.e., 
3D printing and manual assembly). These specimens are, therefore, considered our control 
specimens against which the performance of our origami designs is evaluated. 

The design of one panel (100%) was prepared and scaled (to 80% and 60%) in Cura 
(Ultimaker, The Netherlands) to prepare the files for a fused deposition modeling (FDM) 3D 
printer (Ultimaker 2+, Ultimaker, The Netherlands). A 0.25 mm nozzle was used to print the 
panels from polylactic acid (PLA) filaments. Six panels for every cube were printed. For the 
three different panel sizes (i.e., 100%, 80%, and 60%), three different panel thicknesses were 
designed (i.e., 2 mm, 1.5 mm, 1 mm). 
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Figure 2. a) The parameters of the deployed and retracted designs. b) The dimensions of one corner of all specimens 
c) 1. 3D printed panels in their deployed configuration. 2. Manually shifted panels in their retracted configuration. 
d) The molding of silicon balloons. e) Laser-cut aluminum (scaling = 40% and 30%, both deployed and retracted 
conditions) and titanium (scaling = 20%, retracted) specimens. f) Balloons positioned inside the retracted control 
specimens. g) Balloons positioned inside the retracted origami-based specimens. From left to right: Manually 
retracted aluminum specimens (scaling = 40% and 30%, deployed), aluminum specimens (scaling = 40%, 30%, 
retracted), and a titanium specimen (scaling = 20%, retracted).

a) b)
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e)

f)

g)
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6.2.2.2 Origami-based designs
In order to cut the specimens from metal sheets, the drawings of the unfolded cube patterns 
were saved as DXF files. These files were then used to laser-cut aluminum sheets (1050A) and 
titanium foils (purity 99.6+%, annealed; Goodfellow) with respective thicknesses of 1 mm and 
0.125 mm. Three specimens of both deployed and retracted designs (scaling = 40% and 30%) 
were cut from aluminum sheets (12 specimens in total) using a Lion 900 laser cutter (Lion 
Laser Systems BV, The Netherlands). The three specimens of the retracted design (scaling = 
20%) were cut from the titanium foil (3 specimens in total) using laser micromachining (Optec 
Laser Systems, Belgium).  

6.2.3 Assembly of cubes
6.2.3.1 PLA specimens (control group)
Before the panels with bi-stable elements were assembled, the bi-stable elements were 
brought to their retracted configurations (Figure 2c). The panels were then assembled into a 
cube by gluing the connection sites at the corners to the sides of the adjacent panels. 

6.2.3.2 Origami-based designs
Similar to the PLA specimens, the unfolded origami specimens with a deployed design were 
brought to their retracted configurations. All unfolded sheets were then folded into cubes. 
The corners of the cubes were connected to each other with polyamide threads to hold the 
specimens together during the deployment process. 

6.2.4 Balloons
Silicone balloons were manufactured in order to deploy the retracted structures (Figure 
2d). First, the molds were designed and printed using an FDM 3D printer (Ultimaker2+, 
Ultimaker, The Netherlands) and a 0.4 mm nozzle. The molds were then filled with silicone 
(Vinylpolysiloxane Elite Double 22, Zhermack, Italy). The inner parts of the molds were 
removed when the silicone was cured. Silicone was then used to connect both halves of 
the balloons. Since there were six different sizes of the cubes, namely control specimens 
(scaling = 100%, 80%, and 60%), aluminum specimens (scaling = 40% and 30%), and titanium 
specimens (scaling = 20%), six sizes of balloons were fabricated. The wall thickness of the 
balloons varied for the different sizes (2 mm for the three large balloons and 1 mm for the 
three smaller balloons). 

The balloons were inflated using a 6 L air compressor (Michelin, France) and the required 
pressure was measured using the integrated pressure gauge (accuracy = 0.5 bar). The pressure 
was slowly increased from 0 bar to the value required to deploy the structures (Table 1).  
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6.2.5 The Russian doll (Matryoshka) principle
The Russian doll principle (Figure 1b) was used to enhance the structural integrity of the 
designed deployable structures. By inserting a small cube inside a larger one, the smaller 
cube deploys upon the inflation of the balloon up to the point that it comes into contact 
with the larger one, thereby deploying it. Two versions of the Russian doll implants with two 
(scaling factor of the layers = 30% and 40%) and three (scaling factor of the layers = 30%, 40%, 
and 50%) aluminum layers were designed, laser cut, and folded (Figure 5a, b).

6.2.6 Change in dimensions between the deployed and retracted structure
A caliper was used to determine the dimensions of the specimens in their retracted and 
deployed states. The change in the dimensions of the specimens between both configurations 
was determined as: 

6.2.7 Mechanical tests
The mechanical properties of the different designs were determined using compression tests. 
Before the mechanical tests were performed, the balloons were removed from the deployed 
structures. The specimens were uniaxially compressed using a Lloyd LR5K mechanical testing 
machine at a crosshead velocity of 1 mm/min. Two load cells (5 kN and 100 N) were used 
depending on the expected range of the forces to compress the control specimens and the 
aluminum specimens. In the case of the single-layer specimens, the tests were aborted when 
either a 50 N force was reached or when the specimens were compressed to 60% of their 
deployed size. For the Russian doll specimens, the specimens were allowed to experience 
higher forces. For the compression of the titanium structures, a velocity of 0.5 mm/min and 
a 5 N load cell were used. These tests were aborted when a maximum force of 4.95 N was 
reached to prevent damage to the load cell. In order to evaluate the effects of friction at the 
interface of the compression plates and the control specimens, sandpaper (P80) was used for 
the compression of the control specimens (scaling = 80%) (i.e., PLA cubes) with a thickness of 
1.5 mm. These specimens were chosen because they were the least fragile during the manual 
retraction of the bi-stable elements and the deployment of the specimens. 

6.2.8 Micropatterns
Micropatterns were created on a titanium specimen to demonstrate the concept of patterning 
a flat sheet and folding it afterwards. The patterns included circles and squares with a 
diameter and edge lengths of 65 µm, respectively. The wavy pattern consisted of waves with 
a length of 5 mm and an amplitude of 0.25 mm. These micropatterns were engraved into a 

×100
dimensions deployed structure [mm]

change in dimensions [%]=
dimensions retracted structure [mm]



titanium foil through laser micromachining (Optec Laser Systems, Belgium). To engrave the 
sheet, the laser frequency (50 kHz) and current (3.8 A) were kept constant, while the firing 
rate (30 kHz, 50 kHz and 70 kHz) and the number of repetitions (n = 2, n = 10, n = 20, n = 30, n 
= 40) were varied. After engraving, the specimen was cleaned with demineralized water and 
detergent in an ultrasonic bath for 10 minutes followed by rinsing with demineralized water 
in the ultrasonic bath for another 5 minutes. A Keyence VH-Z250R (Keyence, Japan) digital 
microscope was used to determine the depth, diameter, and width of the micropatterns.

6.3 Results
6.3.1 Inflation of balloons and mechanical tests
6.3.1.1 PLA specimens (control group)
The deployment of a cube was considered successful when it deployed without any fractures. 
Out of a total of 43 control specimens (i.e., PLA cubes), 16 cubes were successfully deployed. 
Some of the partially damaged cubes were still measurable with either one fracture (7 
cubes), two fractures (2 cubes), or with more than two fractures (2 cubes). For the control 
specimens that fractured during inflation, one replacement cube was manufactured in order 
to be able to test more than one specimen under compression. For the control specimens 
(scaling = 60%) with a thickness of 1.5 mm, three replacement cubes were made of which 
only one could be used for the compression tests. The control specimens (scaling = 80%) with 
a thickness of 1.5 mm were all successfully deployed (Figure 3a). 

The smallest change in the dimensions was observed for the control specimens (scaling 
= 60%) with a thickness of 2 mm. The maximum pressure required to deploy the different 
control specimens varied between 0.1-0.5 bar. The control specimens (scaling = 60%) required 
the highest pressure while the unscaled control specimens (100% cube) required the lowest 
pressure (Table 1).

6.3.1.2 Origami-based designs 
All origami-based specimens with a single layer were successfully deployed (Figure 4a). 
Signs of fractures were only observed in the smallest cube of the multi-layer Russian doll 
specimens. As expected, the smallest cube was deployed first until it was in contact with the 
medium-sized cube. Upon further inflation of the balloon, both cubes deployed together until 
deployment was restricted by the maximum deployment of the smallest cube. To complete 
the deployment of the third cube, we needed to use another balloon to continue the inflation 
process. When comparing the changes in the configuration between the different specimens, 
the origami-based designs showed a larger change in the dimensions as compared to the 
control group (Table 1). The titanium specimens showed the best results with a change of 
179% (Table 1).| 
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The aluminum specimens (scaling = 30% and 40%) required ≈1.2-2 bar to deploy. The 
more complex Russian doll specimens with two or three layers of cubes required a higher 
pressure than all other specimens (Table 1). The Russian doll specimens with three layers 
could not be deployed with a single balloon due to the rupture of the balloon at ≈3.5 bar. 
A larger balloon to inflate the origami-based specimens (scaling = 40%) was inserted and 
could deploy the last part of the specimen. The titanium specimens could be deployed with 
a pressure of ≈1.5 bar.

6.3.2 Mechanical tests
6.3.2.1 PLA specimens (control group)
The control specimens which included less than three fractures after inflation were 
compressed with 1 mm/min using a Lloyd LR5K testing machine. During the tests, the 
deployable elements slowly retracted (Figure 3b). As expected, the cubes with thicker planes 
required more force to be compressed (Figure 3d). The force-displacement curves of the 
specimens that neatly retracted without out-of-plane deformations showed a steep slope 
at their end phases (Figure 3d). The curves of the specimens with a thickness of 1 mm were 
relatively smooth as compared to those of thicker specimens (Figure 3d). 

When sandpaper was applied to the top and bottom of the control specimens (scaling 
= 80%) with a thickness of 1.5 mm, no retraction of the panels at the top and bottom was 
observed (Figure 3c). However, fracture and out-of-plane deformation of the vertical panels 
were observed (Figure 3c).  The force-displacement graph shows that the same force is 

 Dimensions of 
configuration [mm] Thickness 

[mm] 
Change in 

dimensions [%] 
Material 

Maximum 
pressure 

[bar]  Retracted Deployed 
Cube 100% deployed 37.8 ± 0.5 46.1 ± 1.9 1 124 ± 7.5 (4~) PLA ≈ 0.1 
 37.2 ± 0.6 48.7 ± 1.7 1.5 131 ± 9.0 (2+1~) PLA ≈ 0.1 
 38.2 ± 0.3 51 ± 1.5 2 133 ± 5.6 (4~) PLA ≈ 0.1 
Cube 80% deployed 30.6 ± 0.3 37.1±0.7 1 121 ± 3.5 (3+1~) PLA ≈ 0.2 
 31.2 ± 0.2 39.9 ± 0.6 1.5 128 ± 2.3 (3) PLA ≈ 0.2 
 31.0 ± 0.3 40.5± 0.3 2 130 ± 1.5 (1+1~) PLA ≈ 0.2 
Cube 60% deployed 23.5 ± 0.2 30.8 ± 1.0 1 129 ± 4.6 (3+1~) PLA ≈ 0.5 
 24.1 ± 0.4 30.4 ± 0.2 1.5 124 ± 4.4 (1+1~) PLA ≈ 0.5 
 24.7 ± 0.1 29.8 ± 0.3 2 119 ± 4.5 (2) PLA ≈ 0.5 
Cube 40% deployed 17.5 ± 0.1 28 ± 0.3 1 164 ± 7.6 (3) Aluminum ≈ 1.5 
Cube 30% deployed 13.5 ± 0.1 22.4 ± 1.1 1 166 ± 9.0 (3) Aluminum ≈ 2 
Cube 40% retracted 17.0 ± 0.1 29.5 ± 1.2 1 173 ± 6.1 (3) Aluminum ≈ 1.2 
Cube 30% retracted 13.2 ± 0.2 20.8 ± 0.2 1 158 ± 7.5 (3) Aluminum ≈ 1.4 
Cube 20% retracted 7.7 ± 0.1 13.8 ± 0.5 0.125 179 ± 7.2 (3) Titanium ≈ 1.5 
Russian doll specimen, two 
layers  

17.0 ± 0.3 26.7 ± 1.7 2 157 ± 10.8 (3~) Aluminum ≈ 2.5 

Russian doll specimen, 
three layers 

20.5 ± 0.1 27.1 ± 0.5 3 132 ± 2.7 (1+2~) Aluminum ≈ 3.5 

 Table 1. The dimensions of the retracted and deployed specimens with their thickness, volume change, and the type 
of the material. The numbers between round brackets indicate the number of the intact specimens and the number 
followed by ~ is the number of the specimens with fractured parts. Example: (1+2~) means that the dimensions 
were measured from one intact specimen and two specimens with fractures.



Figure 3. PLA specimens (control group). a) Deployed control specimens (scaling = 60%, 80%, 100%). b) The 
compressive behavior of a control specimen (scaling = 80%, thickness = 1.5mm). c) The compressive behavior of 
a control specimen with sandpaper (scaling = 80%, thickness = 1.5mm). d) The force-displacement curves of the 
control specimens (scaling = 60%, 80%, and 100%).
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required to deform the control specimens (scaling = 80%) with a thickness of 1.5 mm with 
and without sandpaper up to 4 mm (Figure 3d). The difference is visible after this point, 
where the force still increases for a specimen with sandpaper and slightly decreases for the 
same specimen compressed without sandpaper (Figure 3d).  

6.3.2.2 Origami-based designs
All single-layer specimens developed a spherical shape thanks to the forces transmitted from 
the balloon to the cubic specimens (Figure 4a). The multi-layer Russian doll specimens also 
developed a spherical shape, although to a lesser extent than the single-layer specimens 
(Figure 5c). While one of the three multi-layer specimens deployed fully symmetrically, the 
outer layer of the two other specimens contained one or two retracted planes. As opposed 
to the control specimens, the origami-based specimens did not return to their retracted 
configuration during the compression tests. Instead, they flattened into disc-like shapes 
without retracted elements (Figure 4c). For the 30% and 40% specimens, initially more force 
was required to compress these specimens as compared to their retracted counterparts 
(Figure 4c). For all origami-based specimens, initially more compression force was required 
to deform the specimens as compared to the control specimens (Figure 3d, 4d). The titanium 
specimens showed the least variation in the measured forces and required the least amount 
of force to be compressed (Figure 4d). 

When comparing the force-displacement curves of the two-layer Russian doll specimens 
with those of the single-layer aluminum (scaling = 30% and 40%) specimens, we found that 
their initial stiffness is comparable up to 1 mm of displacement (Figure 5e). However, after 
this point, more force is required to compress the Russian doll specimens, as compared to 
the single-layer specimens (Figure 5e). The three-layer Russian doll specimens required the 
most compression force of all specimens in this study (Figure 5e). 

6.3.3 Micropatterns
The designed micropatterns were successfully engraved onto the surface of the specimen 
(Figure 6, top inset). By keeping the frequency and current of the laser constant but varying 
the firing rates and the number of repetitions, different depths and quality of the shapes 
could be achieved. The squares and circles engraved with a firing rate of 70 kHz and 10 
repetitions yielded in the most accurate micropatterns in terms of their similarity to the 
designs. The depth of the patterns depended on the combinations of firing rate and the 
number of repetitions. A higher number of repetitions resulted in a deeper engraving on the 
titanium foil. The depth of the micropatterns varied between 2 µm for the wave pattern to 
60 µm for the circles.



a)

b)

c)

d)d) Origami-based designs

displacement [mm]

aluminum specimens (scaling = 30%, retracted)
aluminum specimens (scaling = 30%, deployed)

aluminum specimens (scaling = 40%, retracted)

aluminum specimens (scaling = 40%, deployed)

�tanium specimens (scaling = 20%, retracted)

Figure 4. Origami-based design. a) Deployed origami-based specimens. Two deployed aluminum specimens (scaling 
= 40% and 30%), two retracted aluminum specimens (scaling = 40% and 30%), and a retracted titanium specimen 
(scaling = 20%). b) The compression of an aluminum specimen. c) The compression of a titanium specimen. d) The 
force-displacement curves of the origami-based specimens.
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6.4 Discussion
We showed, for the first time ever, how the principles of multi-stability, kirigami, and 
origami could be combined to create deployable meta-implants with precisely controlled 
and arbitrarily complex surface patterns. The deployment of the designed meta-implants 
can be easily performed using inflating balloons. A similar balloon-based inflation procedure 
is already applied as a part of a procedure used to treat vertebral compression fractures 
minimally invasively, namely balloon kyphoplasty (BKP). Our designs could provide a potential 
replacement for the stents used in vertebral body stenting (VBS) [35-37], which is a proposed 
alternative for BKP. This shows the feasibility of our approach and could facilitate the clinical 
adoption of such implants. 
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Figure 5. The Russian doll principle. a) Three aluminum cubes are shown from the front view and a top view of a 
small cube within two larger cubes. b) Retracted Russian doll specimens with three layers (scaling factor of the layers 
= 30%, 40%, and 50%, aluminum). c) A multi-layer Russian doll specimen with three layers shown after deployment. 
d) The compression of a Russian doll specimen with three layers. e) The force-displacement curves of the Russian 
doll specimens and the aluminum specimens (scaling = 30%, 40%).

a) b)

c)d)

c)

e) Origami-based and Russian doll specimens
Russian doll specimens two layers
Russian doll specimens three layers
Aluminum specimens (scaling = 30%)
Aluminum specimens (scaling = 40%)

displacement [mm]



6.4.1 Deployability 
The results of our study clearly show the superior performance of origami-based designs 
over the control specimens, which were designed and manufactured using the principles 
introduced in our previous generation of deployable meta-implants. This superior 
performance is clear in terms of the successful deployment of the meta-implant specimens, 
the ease of manufacturing, the possibility to incorporate surface nanopatterns and other 
surface related bio-functionalities, and the mechanical properties.  

The design and fabrication of basic elements that exhibit a reliable bi-stable behavior is 
one of the major challenges in the design of deployable meta-implants. In this study, the use 
of kirigami as the mechanism through which bi-stability was created enabled us to fold the 
meta-implants from a flat state using origami principles. This is one of the areas of application 
where both kirigami and origami principles are required and each play a different role. 

In terms of the deployment ratio, the origami-based designs achieved up to ≈2 times 
larger dimensions after deployment. Given the fact that the volume of the implant has a 
cubic relationship with the dimensions of the specimens, a two-fold increase in dimensions 
translates into an eight-fold decrease in the initial volume of the implant and, thus, drastically 
reduces the invasiveness of the surgery. The design and dimensions of the kirigami cut 
patterns could be used to adjust the deployment ratio. Studying the design of the kirigami 
patterns is, therefore, a systematic way for the study of the multi-stability behavior of the 
implants and provides a general design platform within which deployable meta-implants 
could be “rationally designed” using predictive computational models. 

The origami-based specimens developed a sphere-like shape after deployment. 
This was due to the fact that the balloon used for their deployment was spherical. Such a 
rounded shape may be desirable in cases where the sharp edges of the cubic specimens is 
not compatible with the anatomical shapes that are being operated on. It is, of course, also 
possible to chamfer the cubic specimens at the design stage.  

This change in the shape of the implant after deployment goes far beyond the above-
mentioned rounding effect and showcases an interesting and important property of our 
origami-based meta-implants, namely their shape-morphing behavior. In practice, there are 
also external boundaries (i.e., bony contours) that define the ultimate shape of the deployed 
meta-implant. The origami-based designs could, therefore, match the shape of their external 
boundaries. This eliminates the need for designing implants that match a specific (patient-
specific) shape and enables us to use the same (generic) implant for different patients.

6.4.2 Mechanical performance
There are several novel design features in the work presented here that could be used to 
address the structural challenges faced when designing deployable meta-implants. The 
Russian doll concept is a particularly interesting approach, because it allows for a high level 
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of adjustability in terms of the mechanical properties of the meta-implant as well as its 
dimensions. Each additional layer results in a multi-fold increase in the force corresponding 
to the same displacement (Figure 5). Simply adding an additional layer could, therefore, be 
used to reinforce the implant further for the cases where higher forces are expected (e.g., 
adult, obese patients) while a smaller number of layers could be used in other cases (e.g., 
pediatric patients) to be able to strike a balance between the requirement to provide enough 
structural performance and the risk of causing stress shielding. The porous structure of the 
implant also allows for other types of reinforcing mechanisms to be used for improving the 
mechanical properties of the meta-implants further. For example, deploying wire-like objects 
that coil within a confined space (similar to [38]) could drastically increase the mechanical 
properties of the implant. Furthermore, given the fact that porous structures allow for bony 
ingrowth, the mechanical properties of the implant are expected to gradually increase with 
the progress of the bone tissue regeneration. 

A previous study has shown that the quasi-static and fatigue mechanical properties of 
porous structures could increase by up to 7 folds upon bony ingrowth [39]. Moreover, the 
choice of the material could be used to further increase the mechanical properties of the 
implant. In this study, we used sheets that were made from pure titanium and aluminum, 
which are highly deformable but whose mechanical properties are several times lower than 
other titanium alloys that could be used for the fabrication of orthopedic implants (e.g., 
Ti-6Al-4V). Finally, the sheet thickness could be used to adjust the mechanical properties 
of the meta-implants. It is, however, worth noting that the bendability of metal sheets 
decreases with the thickness. In summary, there are several design strategies that allow for 
the adjustment of the mechanical properties of the meta-implants developed here and could 
be used in the future studies to tailor the mechanical properties of deployable implants to 
the specific problem at hand. Many aspects of such types of implants including their behavior 
under dynamic loading conditions also need to be studied before they could be used in 
clinical practice. 

6.4.3 Surface nanopatterns and other bio-functionalities
The fact that our origami-based designs are folded from a flat state makes it possible to 
use surface nanopatterning techniques that usually only work on flat surfaces [40]. We 
used laser micromachining to create some micropatterns in this study that were applied on 
our deployable meta-implants. It is, however, possible to use virtually any type of micro-/
nanopatterning technique including the ones we have applied in our other studies to titanium 
and other biomedically relevant materials (Figure 5). With techniques such as electron 
beam induced deposition (EBID, a nanoscale 3D printing technique) [22, 32], electron beam 
nanolithography [26, 27], and reactive ion etching (RIE) [28, 41], it is possible to create any 
design of surface nanopatterns at scales ranging between a few nanometers (in the case of 
EBID) to hundreds of nanometers (nanolithography, RIE). 127



A growing body of recent research shows that surface nanopatterns could be used to both 
determine stem cell fate [42-44] and prevent implant-associated infections [27, 32]. In both 
cases, the primary action mechanism is mechanical in nature. Regarding the stem cell fate, 
surface nanopatterns result in cytoskeletal re-arrangement, regulate focal adhesions, and 
may upregulate the expression of osteogenic markers [45]. This kind of mechanobiological 
pathways does not require any pharmaceutical agent, meaning that it is less expensive and 
safer to implement in clinical practice. Moreover, the certification of medical devices that do 
not incorporate pharmaceutics is more streamlined as compared to those that incorporate 
one or more active agents.  

In the case of bacteria, a mechanical mechanism where the asperities of the nanopattern 
strain the cell wall of bacteria and cause them to rupture is often cited as the mechanism 
through which surface nanopatterns kill bacteria [27, 32, 46]. Similar to the case of stem 
cells, this is a drug-less approach whose success is not dependent on the potency of any 
specific drug, making it easier for medical devices to be certified for clinical use. Even more 
importantly, antibiotic resistance is not a problem in the case of surface nanopatterns, 
meaning that even multi-drug resistant bacteria could be killed using this approach. 

It is important to realize that the bio-functionality of the deployable meta-implants 
presented here is also dependent on the design of the kirigami cut patterns, the thickness 
of the metal sheets used for creating the different layers of the implants, and the number of 

| 
Ch

ap
te

r 6
  D

ep
lo

ya
bl

e 
st

ru
ct

ur
es

 fo
ld

ed
 fo

m
 a

 fl
at

 st
at

e

128

5 μm 2 μm 500 nm

dead bacteriadifferentiatingproliferating

500 μm100 μm100 μm

Figure 6. The concept of surface micropatterns and nanopatterns as applied to deployable meta-implants. Top inset: 
three micropatterns were engraved into a titanium sheet metal specimen (squares, circles and waves). Bottom inset: 
Some examples of different nanopatterns with specific features (e.g., bactericidal, osteogenic) that could be applied 
to flat sheets. Left: nanostructures created using RIE, fabrication described by Ganjian et. al (2019) [29], center and 
right: nanopillars created using EBID [22]. After applying the nanopatterns, the flat specimen can be folded and 
deployed as meta-implants with different surface-related functionalities.



the layers in the Russian doll designs. That is because these design choices determine the 
geometrical parameters of such a porous implant including the porosity and pore size. Given 
the fact that bone tissue regeneration is highly dependent on such geometrical parameters 
[46,47], the geometrical design of deployable meta-implants could potentially affect their 
ultimate bone tissue regeneration performance. This and many other aspects of deployable 
meta-implants need to be studied in future studies. 

6.5 Conclusions
We designed and fabricated a new generation of deployable meta-implants using a combination 
of origami, kirigami, and multi-stability principles. We also applied a multi-layer design, which 
was inspired by Russian dolls and is also observed in nature. The design strategies applied 
in the study allow for systematic adjustments of the deployment force, deployment ratio, 
mechanical properties, pore size, and porosity of the resulting meta-implants. The specimens 
were manufactured from a variety of materials including PLA, aluminum, and titanium. 

We also characterized the deployment behavior and mechanical properties of the 
manufactured specimens. Since the fabrication of origami-based implants starts from a flat 
state, it is possible to incorporate precisely-controlled and arbitrarily complex surface micro-/
nanopatterns onto the specimens. We demonstrated the feasibility of such surface bio-
functionalization using laser micro-machining. 

The various functionalities of our design including their deployability, the tunability of 
the dimensions and mechanical properties, and the applicability of complex surface patterns 
make these structures a potential replacement for the stents used in vertebral body stenting. 
The combination of their high porosity and surface nanopatterns could be used to promote 
bone regeneration and eliminate the use of bone cement. 

Future studies are suggested for taking further steps that are required for the clinical 
adoption of the presented designs. The techniques used in the current study are relatively 
inexpensive in nature. However, the use of manual labor should be replaced by mass 
production procedures. Since the proposed approach is amenable to the implementation 
of these techniques, the production costs of the deployable implants are not expected to be 
excessively high.
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7.1 Main	findings	of	this	thesis
The aim of this thesis was to explore the feasibility of making porous biomaterials that 

are deployable and can be folded from a flat state. In the introduction of this thesis, two 
reasons were given for this exploration. 

1. The lack of porous biomaterials that can be implanted using minimally invasive 
surgery. 

2. It is not possible to apply complex and precisely-controlled surface patterns to the 
inner surface of three-dimensional porous biomaterials. 

To gain more knowledge about the important architectural parameters of porous biomaterials 
and their effects on the bone regeneration process, a literature review was conducted (Chapter 
2). In Chapter 3, rigid porous biomaterials were designed and additively manufactured, and 
their mechanical and mass transport properties were evaluated. In Chapters 4, 5, and 6, 
different deployable porous biomaterials were designed and manufactured after which the 
change in their dimensions and mechanical properties were evaluated.

What are the main requirements for bone substitutes in terms of their geometry, mechanical 
properties, and mass transport properties and to what extent do existing designs and 
manufacturing techniques (e.g., 3D printing) achieve those properties?

The architecture of a porous biomaterial affects the bone regeneration process in 
different ways. Architectural parameters include the pore size, pore shape, porosity, pore 
interconnectivity, surface topography, surface chemistry, and mechanical properties. The 
literature review in Chapter 2 demonstrated that these parameters affect cell responses such 
as proliferation, alignment, and differentiation. Moreover, the mechanical properties of a 
porous biomaterial are dependent on the material used and the architecture of the porous 
biomaterial. Pores larger than 400 μm seem to be beneficial for angiogenesis, which is the 
formation of blood vessels. Angiogenesis is necessary to keep the cells alive given that blood 
vessels provide the cells with oxygen and nutrients and remove waste products. Furthermore, 
the bone regeneration process is promoted by large pores, a high porosity, the addition of 
chitosan or HA, a high surface roughness, and a stiffness close to the elastic modulus of the 
bone. A higher surface roughness promotes mechanical interlocking, which improves the 
biomaterial fixation.

Rigid metallic porous biomaterials based on four different types of minimal surfaces were 
designed using three-dimensional computer models in Chapter 3. Computer models allow 
for the design of porous biomaterials with the desired properties for the application as bone 
substitutes. These computer models were used to manufacture the rigid porous biomaterials 
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using selective laser melting (SLM). Therefore, the micro-architecture of the built structures 
resembles that of trabecular bone and their porosity ranges between 44% and 71%. 

The permeability values (0.05-6.1×10-9 m2) measured for the developed biomaterials 
were in the range of the values (0.5-14.8×10-9 m2) reported for trabecular bone in the 
literature.

The mechanical tests show that the elastic modulus of the rigid porous biomaterials 
varied in the range of 3.2-6.4 GPa. They also show that these structures have a relatively high 
yield stress (92-276 MPa). Moreover, a high fatigue resistance was obtained with some of the 
porous structures showing an endurance limit as high as 60% of their yield stress.

 

How can mechanical joints and elastic deformation be used to develop deployable porous 
biomaterials?

In Chapter 4, we designed and additively manufactured non-assembly deployable mechanisms 
for the treatment of large bony defects. These mechanisms have an elongated shape in their 
retracted configuration. Upon the application of a compressive force at specific locations 
within the implant structure, the structures retract in the lateral direction and deploy radially 
into their load-bearing configuration. We integrated different features to lock the deployed 
configuration of the specimens. Wavelike elements, revolute joints, and restrictions enabled 
the reconfiguration and locking of the mechanisms. Maximum forces between 1 and 11 N 
were required to deploy the mechanisms. The maximum failure loads of these mechanisms 
in their deployed configuration ranged between 200 and 1250 N.

This study demonstrates that deployable porous biomaterials can be manufactured 
by combining mechanical joints, rigid rods, and wavelike elements into mechanisms. The 
mechanical joints are used to connect the rigid rods and wavelike elements to each other 
and enable the movement of these components. Compressive and tensile forces applied to 
specific locations of these mechanisms cause the wavelike elements to deform elastically. 
This deformation enables the mechanisms to change their configuration from retracted to 
deployed and vice versa. 

How can elastic deformation be used to develop deployable porous biomaterials?

In Chapter 5, two basic bi-stable elements were designed and 3D printed using a fused 
deposition modeling (FDM) machine (Ultimaker, The Netherlands). These basic elements 
consist of flexible components that enable elastic deformation and rigid components that 
fulfil structural functions. Several design parameters, including the length (L) [mm], angle 
(α) [o], and width (w) [mm] of the rigid elements determine their mechanical properties and 
bi-stable behavior. The design parameters of the bi-stable elements affected not only the 
force required to make the element shift from one stable configuration to the other but 
could also lead to elements that were not bi-stable at all. The bi-stable elements were used 137



to assemble five multi-stable structures. The multi-stable structures deploy and retract in the 
lateral and radial directions, and behave auxetically. The maximum tensile force required to 
deploy the multi-stable structures varied between 4.5 and 15 N. Retraction occurred when a 
compressive force between 3 and 10 N was applied to the structures. 

This study shows that a combination of rigid and flexible components can be used to 
develop bi-stable structures. When an external force is applied to a specific location within 
those elements, the elastic deformation of the flexible components makes the structure 
snap from one stable configuration to another. By combining bi-stable structures, deployable 
multi-stable structures can be assembled.  

How can deployable porous biomaterials be made foldable in order to apply precisely 
controlled patterns to their surfaces?

In Chapter 6, we designed and fabricated deployable meta-implants using a combination of 
origami, kirigami, and multi-stability principles. We also presented a multi-layer design, which 
was inspired by Russian dolls and is also observed in nature. The design strategies applied in 
this study allow for the systematic adjustment of the deployment force, deployment ratio, 
mechanical properties, pore size, and porosity of the resulting meta-implants. The specimens 
were manufactured from a variety of materials including PLA, aluminum, and titanium. 
Because the metal origami-based implants are folded from a flat state, it was possible to 
apply precisely-controlled micropatterns to the surface of the deployable structures. 

We characterized the deployment behavior and mechanical properties of the 
manufactured specimens. The deployable porous biomaterials were deployed using 
silicone balloons that required a maximum pressure of 3.5 bar to be inflated. The change in 
dimensions from the retracted position to the deployed configuration ranged between 119% 
and 179%. Mechanical tests showed that the maximum load that they could support varies 
between 5 and 75 N. 

We have learnt from our study in Chapter 5 that flexible and rigid components can be 
used to form deployable components. These deployable components can be arranged to 
form deployable rectangular panels. These panels can then be used to assemble deployable 
three-dimensional cubes or be organized in a two-dimensional way to create unfolded 
cubes. These unfolded cubes are suitable to apply surface modifications. After modifying the 
surfaces, the unfolded cubes can be folded into three-dimensional structures.

Four research questions were answered by a literature review and the development of 
porous biomaterials using three different manufacturing techniques, four types of materials, 
and fourteen different designs. 

To answer the main research question of this thesis properly, the different designs need 
to be compared. Therefore, the manufacturing techniques, the deployability of the porous 138
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biomaterials, and the mechanical performance of the implants will be discussed in the 
following paragraphs.

7.2 Manufacturing techniques
Three different manufacturing techniques were used to fabricate the porous biomaterials, 
namely selective laser melting (SLM), filament deposition modeling (FDM), and 
micromachining.

7.2.1 Selective laser melting
In Chapter 3 and 4, we have shown that SLM can be used to create complex, precisely-
controlled, and highly porous rigid biomaterials and deployable non-assembly mechanisms. 
These bone substitutes were made using medical-grade titanium powder and are, thus, 
biocompatible. SLM is, therefore, an appropriate technique to manufacture bone substitutes.

The main advantage of the rigid structures is that they do not have to be assembled and 
it is easy to control their porosity, geometry, and size. Moreover, SLM can be used to make 
the bone substitutes in a patient-specific manner. The deployable non-assembly structures 
were also immediately functional after manufacturing. However, the revolute joints in these 
mechanisms increase the complexity of the design. Moreover, due to their three-dimensional 
nature, it is not possible to apply precisely controlled surface patterns.

7.2.2 Fused deposition modeling
Deployable multi-stable structures were manufactured using FDM in Chapter 5. Simple 3D 
printed bi-stable elements and connectors were used to manually assemble multi-stable 
deployable structures. This study showed that bi-stability can be used to create multi-stable 
deployable structures. PLA, the polymer they were made of, is a biocompatible material and 
is therefore suitable for the fabrication of bone substitutes. Due to the use of bi-stability, 
no mechanical joints needed to be integrated, which simplified the designs. Despite the 
elimination of mechanical joints, it was impossible to miniaturize the designs while keeping 
the basic elements bi-stable using FDM. Moreover, the multi-stable structures required 
manual assembly and they were not foldable from a flat state. 

FDM was used to manufacture PLA panels with bi-stable elements, which were manually 
reconfigured to their retracted state in Chapter 6. Deployable cubes were formed by manually 
connecting the panels to each other. Although it was possible to make several sizes of these 
cubes, the need for manual retraction and assembly means that the production of such 
structures cannot be easily upscaled. 
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7.2.3 Laser micromachining
In addition to the 3D printed PLA structures presented in Chapter 6, aluminum and titanium 
sheets were cut into unfolded cubes with either deployed or retracted elements using laser 
micromachining. Laser micromachining is a technique that enables the cutting, engraving, 
and drilling of sheets of various material types. After cutting unfolded cubes with deployable 
elements from flat sheets, the panels had to be manually folded to transform the 2D 
structures into 3D objects. Moreover, nylon threads were used to connect the six panels to 
prevent the unfolding of the cubes during the deployment process.

7.3 Deployability
The deployable designs presented in Chapter 4, 5, and 6 could all increase in size to a certain 
extent and in different ways. To make the structures suitable for minimally invasive surgery 
and the treatment of large bone defects, they should be able to:

1. fit through small incisions (1 - 1.5 cm) that are made to insert minimally invasive 
tools. 

2. fit the size of a large bone defect. 

In the Introduction of this thesis, large bone defects were defined to be large when the 
minimum size of the defect is 3 cm in the bones of our lower arm, 5 cm in the bones of our 
legs, and 6 cm in the bone of our upper arm. With this information, it can be stated that 
deployable porous structures should have a diameter smaller than 1.5 cm in their retracted 
state and a height of at least 3 cm in their deployed configuration.

7.3.1 Non-assembly mechanisms
The non-assembly mechanisms developed in Chapter 4 have a circumdiameter in their 
retracted configuration that ranged between 1.3 and 3.1 cm. The smallest circumdiameter 
was measured for the bicapped trigonal antiprisms. The non-assembly mechanisms can 
be deployed by applying compressive forces at the proximal and distal vertices of the 
mechanisms. Consequently, the structures retract in the lateral direction and expand in the 
radial direction. The largest (322%) and smallest (185%) changes in the circumdiameter were 
found for the bicapped trigonal antiprisms and the bicapped cube specimens, respectively. 
The height of the non-assembly mechanisms in their deployed configuration ranged between 
2.1 and 4.6 cm.
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7.3.2 Multi-stable structures 
The different configurations of the bi-stable elements are responsible for the dimensions of 
the multi-stable structures. The dimensions of the retracted multi-stable structures varied 
between 4.5 cm and 21 cm. The multi-stable structures deploy either in the lateral direction 
or in the lateral and radial direction when tensile forces are applied, with the exception of 
the ring structure that expands radially upon compression. The maximum increase in height 
(170%) was acquired for the structure where the basic elements were placed on top of each 
other. The size of this structure remained the same in the other directions. The size of the 
ring structure increased the most in the radial direction (by 136%), while no change in the 
lateral direction occurred. As for the auxetic structures, the largest change in the height 
was observed for the auxetic structure 1 (by 127%), while the largest change of 127% was 
observed in the radial direction for the auxetic structure 2.

7.3.3 Deployable cubes
The deployable cubes presented in Chapter 6 deploy in all directions because deployment 
was induced by the inflation of a balloon. In their retracted configuration, they have a height, 
width, and length ranging between 0.8 x 0.8 x 0.8 cm and 3.8 x 3.8 x 3.8 cm. The PLA cubes 
continue to expand until they reach their maximum size, which depends on the initial size of 
the panels they are assembled of. The smallest change in size was found for the 60% cubes 
with a sheet thickness of 2 mm. The largest change in the size (i.e., 133%) was found for the 
full-size (i.e., 100%) cubes with a sheet thickness of 2 mm. 

The specimens made of metal sheets deploy to a larger extent due to the plastic 
deformation of the material. Due to this plastic deformation and the use of a balloon, all metal 
specimens obtain a spherical shape during the deployment process. The smallest change in 
the size (132%) was found for the Russian doll specimens with three layers of aluminum 
sheets. The largest change in the size (179%) was found for the titanium specimens. 

The results show that only the bicapped trigonal antiprisms and the titanium deployable 
cubes would fit through an incision of 1.5 cm. In their deployed configuration, heights of 
2.5 cm and 1.4 cm were measured for the bicapped trigonal antiprism and the titanium 
deployable cube, respectively. Therefore, it can be concluded that for a defect of 3 cm, 
the bicapped trigonal antiprism may be suitable for implantation if its design is modified. 
If the retracted dimensions of the titanium deployable cube are increased to 1.5 cm and 
its change in size can be increased from 179% to 200%, this structure would also fulfill the 
abovementioned criteria.



7.4 Mechanical performance
7.4.1 Load-bearing locations
For the application as load-bearing bone substitutes, it is important that biomaterials do 
not fail or deform during daily activities. Studies have shown that the ground reaction force 
can be as high between 1.3 times [1, 2] and 8 times [3] the body weight during walking 
and jumping, respectively. Porous bone substitutes need to be able to support these loads 
to prevent failure of the porous biomaterial, which is caused by plastic deformation or the 
retraction of the deployed structures. Plastic deformation of the bone substitute can be 
prevented during any activity, if the induced stresses remain below the yield stress of the 
material. In the case of the bone, the yield strength is measured to be in the range of 2-18.7 
MPa [7, 8] for trabecular bone and 1.7-2278 MPa [9, 10] for cortical bone. However, the 
highly architected nature and the irregular shape of our designs means that the yield stress 
values cannot be directly compared with bone nor can “effective mechanical properties” 
be consistently defined for implants (Chapters 4-6). This is in contrast with more regularly-
shaped and architected metamaterials (Chapter 3) for which such effective properties can be 
defined. 

It is important that stress shielding is prevented when a porous biomaterial is implanted 
inside the body. Stress shielding occurs when the stiffness of a bone substitute is significantly 
higher than the stiffness of the bone surrounding the implant. This causes under-loading of 
the bone, which could result in bone resorption around the implant and consequently lead 
to implant loosening. To avoid stress shielding, the elastic modulus of the implant should be 
comparable to the stiffness of the surrounding bone. The stiffness of the human cortical and 
cancellous bone is determined to be 15-20 GPa [4, 5] and 0.02-5.5 GPa [5-7], respectively. The 
points mentioned above regarding the yield strength are also valid for the elastic modulus. 
Therefore, in the following paragraphs, the effective mechanical properties are provided in 
the case of regular meta-biomaterials while force values are reported for the other designs. 

7.4.2 Rigid porous biomaterials
The results of the mechanical tests show that the elastic modulus of the rigid porous 
structures ranged between 3.2 and 6.4 GPa. The yield stress of these structures was found 
to be 92-276 MPa.

7.4.3 Deployable non-assembly mechanisms
The deployable non-assembly mechanisms could support a maximum load of up to 1212 ± 
45.5 N before they failed. 
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7.4.4 Multi-stable structures
The multi-stable structures could support a maximum load of 10 N before they retracted. 

7.4.5 Deployable cubes
The deployable cubes manufactured used PLA could support compressive forces up to 17 N 
before retraction or fracture of the specimens occurred. 

The folded titanium cubes deformed almost immediately after a force was applied. The 
single-layered and multi-layered aluminum cubes could respectively resist forces of 8 N and 
12 N, before plastic deformation occurred.

The results show that the effective yield stress of the rigid porous biomaterials (Chapter 
3) is much higher than the yield stress of trabecular bone and falls within the range of the 
yield stress of cortical bone. Therefore, plastic deformation will not occur if these rigid porous 
biomaterials are used to fill defects at load-bearing locations. Moreover, the elastic modulus 
of the porous biomaterials falls within the range of the stiffness of human cortical and 
trabecular bone. Therefore, no stress shielding is expected to occur when these structures 
would be applied as porous biomaterials for the regeneration of large bone defects.

The mechanical properties of the deployable porous biomaterials were insufficient to be 
applied in load-bearing locations. The non-assembly mechanisms could support a maximum 
load of 1212 N (≈ 120 kg). This means that these mechanisms would only be suitable in load-
bearing situation, where the patient does not perform vigorous physical activity and does 
not weigh more than (120/1.3) 95 kg. The retraction of the deployable structures leads to 
a reduction of their size and can be seen as failure of the implant. A maximum retraction 
load of 10 N (≈ 1 kg) was found for the multi-stable structures and 17 N (≈ 1.7 kg) for the 
deployable cubes with deployable elements.

Plastic deformation of the folded deployable structures occurs when a compressive force 
of 12 N (≈ 1.2 kg) is applied.

Because the daily activities of patients are hardly predictable, it is important that the 
mechanical properties of the deployable implants presented here are improved before actual 
clinical application can be realized.   

7.5 Load-bearing capacity of the various designs
The differences in the load-bearing capacity can be explained by the type of the porous 
biomaterial and the definition of “deployed configuration”. The rigid porous structures 
are rigid and do not contain elements to change their configuration. Therefore, their load-
bearing capacity depends on their designed geometry, which can be controlled using 
computer models. The definition of “deployed configuration” throughout this thesis depends 



on the design. The deployable non-assembly porous biomaterials from Chapter 4 and the 
ring structures from Chapter 5 are defined as “deployed” when they are expanded only in 
the radial direction. In their deployed configuration, their dimensions in the lateral direction 
are reduced or remained unchanged. Compressive loads are used to deploy these structures, 
which brings them into a load-bearing state. Therefore, further compression of these 
deployed structures is similar to the compression of a rigid load-bearing structure.

The multi-stable structures and the deployable cubes with bi-stable elements are defined 
as “deployed” when they are expanded in multiple directions. An outward force induced 
by the inflation of a balloon or tensile forces are used to deploy these structures. When a 
compressive force is applied to these structures in their deployed configuration, they return 
to their retracted state because a change in their configuration has already taken place. 

The plastically deformed deployable structures folded from flat sheets have the lowest 
load-bearing capacity. This could be explained by the thickness of the metal sheets, which 
was 0.125 mm and 1 mm for the titanium and aluminum cubes, respectively. By increasing 
the sheet thickness or by making multi-layered cubes, the mechanical properties were 
enhanced. Moreover, the weak part of these structures are the deployable elements, which 
deform easily upon the application of a force.

  

7.6 Future work
The main goal of this project was to explore the feasibility of making porous biomaterials that 
are deployable and foldable from a flat state. In Chapter 6, we presented a potential design 
which could be explored in future studies. Several opportunities are suggested to improve 
this concept.

Determine the strength of applied nanopatterns during deployment

Although we have shown that the deployable bone substitutes folded from flat sheets can be 
patterned using micromachining, these patterns were engraved and not applied on top of the 
sheet. Many studies have shown that nanopatterning is possible on flat surfaces [11-15]. We 
may, therefore, assume that similar nanopatterns can be applied to our sheets. However, the 
actuator we used to deploy our structures was a balloon. This balloon exerts an outward force 
onto the retracted structure to induce deployment. Therefore, tests should be performed to 
evaluate whether nanopatterns will remain intact after the deployment process. 

Evaluate the cell response on the deployable structures or modification of the inner architecture

The literature review has taught us that many architectural parameters, including porosity, 
pore size, pore shape, surface properties, and mechanical properties influence the cell 
response. In this thesis, we have evaluated the mechanical properties and proposed techniques 
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that enable full control over the surface properties. However, the designs presented are 
highly porous. Therefore, it is important to perform cell studies to evaluate the in vivo cell 
response of the deployable porous biomaterials folded from flat sheets. If the lack of an 
inner architecture does not elicit the desired cell response, an ‘inner’ architecture should be 
created. This could be realized by inserting components with desired surface properties into 
the bone substitutes after their deployment. These additional components might also resolve 
the issue regarding the load-bearing capacity of these structures. The inner object could be 
a simple filling material, such as highly deformable metal foams that can relatively easily be 
carried into the inner space of deployed meta-implants. 

Enhance the mechanical properties

The mechanical properties of the folded porous biomaterials are at this stage of the 
development process insufficient for load-bearing applications. Therefore, future studies 
should focus on improving the mechanical properties of these designs. This could be made 
possible by increasing the sheet thickness, using or developing other biocompatible materials, 
or by making multi-layered designs [16]. 

Create three-dimensional structures from flat surfaces

Many studies have demonstrated the benefits of surface patterns applied on flat surfaces 
regarding the bone regeneration process. However, these results are only based on two-
dimensional implants. To make these patterns valuable for three-dimensional porous 
biomaterials in the bone regeneration process, it is important that these two-dimensional 
structures become three-dimensional. Although we have shown that folding is one way to 
make this happen, there might be other ways to achieve this.

Eliminate manual labor to enable mass-production 

Finally, manual folding was used to create three-dimensional structures from flat sheets. The 
automation of the folding process or self-folding of the sheets could enable mass-production. 
Self-folding of metal sheets can be realized by adding an elastomeric layer onto a plastically 
deformable material with specific cutting patterns [17, 18]. By stretching and releasing this 
multi-layer material, out-of-plane bending can be induced to create three-dimensional 
structures [17]. This method may be suitable for the folding of our deployable cubes. 

Moreover, nylon thread was used to keep the panels of the folded cubes together to 
prevent the cubes from unfolding during the deployment process and the compression tests. 
However, this solution is time-consuming and is not suitable for the actual production of 
potential implants. 
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7.7 Alternative	applications
Vertebral body stenting

One of the commonly occurring problems in the spine are compressed vertebral fractures 
(CVFs) caused by osteoporosis [19]. This could lead to a loss in the height of the vertebra, 
back pain, and impaired mobility [19, 20]. Vertebroplasty is a treatment to prevent further 
compression of a compressed vertebra and includes the injection of bone cement into the 
vertebra [20]. VCFs can also be treated by kyphoplasty, which is performed by inflating a 
balloon inside the vertebra prior to the injection of bone cement [20]. The inflation of the 
balloon restores the height of the vertebra, which is then fixed by the volume of the bone 
cement. An alternative to kyphoplasty is vertebral body stenting. For this procedure, a stent is 
mounted onto a balloon catheter, which is deployed upon the inflation of the balloon. After the 
balloon catheter is removed, bone cement is injected to stabilize the vertebra. Unfortunately, 
the use of bone cement could lead to complications due to cement leakage [20]. Moreover, 
cement does not allow for bony ingrowth. To eliminate bone cement from the treatment of 
compressed vertebral fractures, deployable bone substitutes with a sufficient load-bearing 
capacity could be used. To be suitable for this application, the structures should be capable 
of bearing the weight of the upper trunk, which has been calculated to range between 0.6 
and 1.95 times the body weight (corresponding to upright standing and 30 degrees forward 
bending) [21].

Other applications

The recent progress in microfabrication and nanofabrication techniques and the development 
of micro-electromechanical (MEM) and nano-electromechanical (NEN) systems have 
increased the importance of folding three-dimensional structures from a flat state [22]. This 
is due to the improvement of the performance of devices and systems in which advanced 
functionalities are added to a two-dimensional surface [22]. However, two-dimensional 
structures lack specific features that three-dimensional structures offer, including an extra 
dimension and more diversity in the geometry. These features provide for improved physical 
interactions, better performance, and additional functionalities [22]. Therefore, the foldable 
structures or the techniques proposed in this thesis may find applications other areas of 
research, including  drug delivering systems [23, 24], biosensors [25, 26], and reconfigurable 
antennas [27].

7.8 Conclusions
This thesis presents an exploration of deployable porous biomaterials and how they can be 
folded from a flat state. Several prototypes were designed and manufactured by selective 
laser melting, fused deposition modeling, and micromachining. The presented structures 
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were made reconfigurable by revolute joints and the use of elastic and plastic deformation. 
Due to the lack of porous biomaterials which can be implanted with minimal invasiveness 
or the inability to apply controlled surface patterning techniques to three-dimensional 
structures, the central research question of the thesis was defined as

 “Is it feasible to fold deployable biomaterials from a flat state which can be used for the 
treatment of large bone defects?”

The work presented in this thesis demonstrates that deployable porous biomaterials can be 
folded from a flat state. The foldable, deployable implants are, however, not yet capable 
of reaching the favorable properties of rigid porous biomaterials manufactured designed 
using triply periodic minimal surfaces and manufactured using SLM. Moreover, the design 
of a deployable structure determines the change in dimensions from retracted to deployed 
and whether a structure deploys in all directions or if deployment occurs in one direction 
while retraction occurs in the other direction(s). Furthermore, deployable structures that are 
deployed using compressive forces have a higher load-bearing capacity than structures which 
deploy upon the application of tensile forces or structures which expand in all directions 
upon the inflation of a balloon. 

Laser micromachining is a promising technique to fabricate two-dimensional structures, 
which can be folded into three-dimensional structures. These sheets enable the application 
of precisely controlled surface patterns and other functionalities. After modifying the surface, 
the structures can be folded into three-dimensional structures, which can be deployed upon 
the inflation of a balloon. However, the mechanical properties of the current designs are not 
yet sufficient for load-bearing applications. 

Overall, the work in this thesis is the first step in the development of deployable porous 
biomaterials that can be folded from a flat state. We hope that our designs inspire future 
research for further developments that will eventually lead to foldable, deployable meta-
implants that are suitable for minimally invasive surgery and whose entire surface area is 
decorated with precisely-controlled surface nanopatterns.
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