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Abstract 
 
Bone defects, caused by disease or trauma, pose a significant challenge in 
medical care. Bone tissue transplants are commonly used for their treatment, 
and bone is the second most transplanted tissue in the world. Because of 
inherent issues relating to the transplants, synthetic materials are investigated 
for use as bone graft substitutes. In the research covered in this thesis, we 
studied synthetic three-dimensional scaffolds for bone regeneration. The aim 
of these scaffolds is to fill bone defects, allow cells from nearby tissues to enter 
their pores, and promote new tissue formation as they degrade. Ideally, as the 
scaffold is completely degraded, the defect site will be filled with newly formed 
bone. Using different methods, we manufactured porous scaffolds with either 
a polymer matrix or a bioactive glass matrix and studied their degradation in 
vitro in aqueous degradation media. We also tested two of the scaffolds for their 
ability to support bone formation in an in vivo model. 

In the first two articles, we manufactured poly(lactide-co-glycolide) (PLGA)-
based scaffolds with the gas foaming and freeze drying techniques, with or 
without incorporation of bioactive glass or magnesium hydroxide, and 
evaluated their degradation in vitro. Several scaffolds underwent unwanted 
shrinkage, and their pore structure was not satisfactory. However, the 
innovative approach of integrating bioactive glass fibres into freeze-dried 
structures resulted in dimensionally stable scaffolds featuring well-
interconnected porosity. We also studied the magnesium ion release from gas-
foamed scaffolds. As the role of magnesium in bone regeneration may vary in 
time during the healing process, it may be beneficial to regulate the magnesium 
release temporally, with a higher initial release followed by rapidly decreasing 
release concentrations. Scaffolds with magnesium-containing bioactive glasses 
released low concentrations of magnesium, whereas scaffolds with magnesium 
hydroxide provided a significantly higher and more immediate release, which 
may be particularly beneficial for the bone healing process.  

In the third article, two scaffolds, one gas-foamed PLGA scaffold and one 
freeze-dried PLGA scaffold with bioactive glass fibres, were tested in a bone 
regeneration model in vivo and compared with commercial bone graft 
substitutes. Whereas bone healed well with the commercial materials, the 
tissue regeneration with the experimental scaffolds was not equally good. The 
unsatisfactory performance of the experimental scaffolds was likely due to 
their pore size and pore interconnectivity. Pore interconnectivity of the gas-
foamed PLGA scaffolds was presumably too low to allow for efficient bone 
ingrowth, and the pore size of the freeze-dried PLGA–bioactive glass scaffolds 
was probably too small to allow for dense vascularisation within the scaffold 
structure, thus inhibiting extensive bone ingrowth. 

In the last study, we manufactured porous bioactive glass scaffolds with 
different polylactide (PLA) coating stereochemistries. The aim was to find out 
similarities and differences in the mechanical and degradation properties of 
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amorphous, homocrystalline, and stereocomplex crystalline PLA. Although the 
coatings were only 3 wt.% of the glass scaffold mass, scaffolds coated with PLA 
had an approximately four-fold higher compressive toughness before 
immersion and a two-fold higher toughness after immersion in simulated body 
fluid. Both homocrystalline and stereocomplex crystalline PLA had 
significantly higher toughness than the amorphous coatings. The coatings also 
moderated the initial pH peak caused by the bioactive glass, which may be 
beneficial in an in vivo setting. 

Overall, the results in this thesis provide insights into the feasibility of scaffold 
materials and structures for bone regeneration and the biological requirements 
for bone growth within the scaffolds. An optimised pore structure should be 
sought with methods that have a high repeatability and require minimal manual 
work, such as additive manufacturing techniques. By making informed choices 
of bioresorbable polymers, for example through variations in the polymer 
stereochemistry, or by optimisation of the release pattern of biologically active 
substances, it could be possible to produce scaffolds tailored to exhibit specific 
properties essential for effective bone regeneration.  
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Sammanfattning 
 
Benskador som orsakats av sjukdomar eller olyckor är vanligt förekommande 
och utgör en betydande utmaning inom medicinsk behandling. Transplantat av 
benvävnad används ofta i behandlingen, och benvävnad är den näst mest 
transplanterade vävnaden i världen. På grund av problem och begränsningar 
med transplantaten undersöks syntetiska material som substitut för dem. I den 
här avhandlingen undersökte vi syntetiska tredimensionella stödstrukturer, så 
kallade scaffolds, för återbildning av benvävnad. Syftet med stödstrukturerna är 
att fylla bendefekterna, låta celler från omkringliggande vävnader tränga in i 
deras porer, och understöda återbildningen av vävnad när de nedbryts. Idealt 
fylls defekterna slutligen helt och hållet med nybildad vävnad. Vi använde olika 
metoder för att framställa stödstrukturer, som bestod av en kontinuerlig 
struktur av endera bionedbrytbar polymer eller bioaktivt glas, och undersökte 
deras nedbrytning in vitro i vattenlösningar som simulerar kroppsförhållanden. 
Vi testade även två typer av stödstrukturer för att utvärdera deras förmåga till 
benåterbildning i en in vivo-modell. 

I de två första artiklarna framställde vi stödstrukturer av poly(laktid-sam-
glykolid) (PLGA) med gasskumning och frystorkning, endera med eller utan 
tillsats av bioaktivt glas eller magnesiumhydroxid. I nedbrytningstesterna 
krympte flera av de framställda stödstrukturerna, med en olämplig porstruktur 
som följd. Genom att integrera fibrer av bioaktivt glas i frystorkade 
stödstrukturer lyckades vi åstadkomma en öppen porstruktur och god 
dimensionsstabilitet. Vi undersökte även magnesiumfrisättningen från 
gasskummade stödstrukturer. Eftersom funktionen av magnesium i 
benåterbildningen varierar i olika stadier av återbildningsprocessen, kan det 
vara fördelaktigt att reglera frisättningen tidsmässigt, med en hög frisättning i 
början och med snabbt avtagande nivåer därefter. Stödstrukturer med 
magnesiuminnehållande bioaktivt glas frisatte magnesium i låga och relativt 
stadiga koncentrationer, medan stödstrukturer med tillsatt magnesiumhydroxid 
uppvisade en mycket högre men snabbare avtagande frisättning, vilket kan vara 
fördelaktigt för benåterbildningen. 

I den tredje artikeln undersöktes benåterbildningsförmågan in vivo för 
stödstrukturer framställda av gasskummat PLGA och frystorkat PLGA med fibrer 
av bioaktivt glas. Dessa experimentella stödstrukturer jämfördes med två 
kommersiella bensubstitut. Benvävnaden återbildades väl med de kommersiella 
materialen, medan vävnadstillväxten inte var lika bra för de experimentella 
implantaten. De otillfredsställande resultaten för de experimentella 
stödstrukturerna berodde troligtvis på porstrukturen och porstorleken, vilka 
inte var optimala för benåterbildningen. Porstrukturen hos gasskummade 
stödstrukturer var troligtvis för instängd, med för få öppna porer, och 
porstorleken hos de frystorkade stödstrukturerna var troligtvis för liten för att 
möjliggöra en tillräcklig blodkärlsåterbildning. 
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I den sista studien framställde vi porösa stödstrukturer av bioaktivt glas med 
beläggningar av polylaktid (PLA) med olika stereokemier. Syftet var att 
karakterisera mekaniska egenskaper och nedbrytningsegenskaper hos amorf, 
homokristallin och stereokomplext kristallin PLA. Fastän beläggningarna 
utgjorde enbart 3 vikt-% av glasstrukturens massa, hade stödstrukturerna med 
polymerbeläggning ungefär fyra gånger högre kompressionsseghet före 
immersion och två gånger högre seghet efter immersion i simulerad 
kroppsvätska. De båda delkristallina beläggningarna uppvisade högre seghet än 
de amorfa beläggningarna. Beläggningarna även begränsade den initiala pH-
ökningen som förorsakas av det bioaktiva glaset, vilket kan vara fördelaktigt in 
vivo. 

Generellt ger resultaten i den här avhandlingen insikter om möjligheterna för 
material och strukturer att återbilda benvävnad, samt om de biologiska 
betingelserna som möjliggör benåterbildning inne i stödstrukturerna. En 
optimerad porstruktur bör eftersträvas med metoder som har hög upprepbarhet 
och kräver minimalt av manuellt arbete, till exempel genom användning av 
additiv tillverkning. Genom välgrundade val av biologiskt nedbrytbara 
polymerer, såsom genom variationer i polymerens stereokemi eller genom 
optimering av frisättningsmönstret för biologiskt aktiva ämnen, kan det vara 
möjligt att framställa stödstrukturer som är anpassade för att uppvisa specifika 
egenskaper som är väsentliga för effektiv benåterbildning.  
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Bioabsorption Absorption and elimination of substances from the body 

through natural pathways (in practice often 
synonymous with bioresorption) 

Bioactivity The ability of a glass to form a hydroxycarbonate apatite 
layer on its surface after implantation in the body 

Biocompatibility The ability of a material to perform with an appropriate 
host response in a specific application 

Biodegradation Breakdown of a material mediated within a biological 
system 

Biomaterial A material designed to take a form that can direct, 
through interactions with living systems, the course of 
any therapeutic or diagnostic procedure 

Bioresorption Degradation and elimination of substances from the 
body through natural pathways (in practice often 
synonymous with bioabsorption) 

Implant A medical device made from one or more biomaterials 
that is intentionally placed, either totally or partially, 
within the body 

Scaffold A biomaterial structure that serves as a substrate and 
guide for tissue repair and regeneration 
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1. Introduction 

Bone defects may originate from disease, trauma, or congenital issues. Each 
year, 160–190 million new bone fractures occur globally (1), with 5–10% of all 
fractures resulting in non-union or otherwise incomplete healing (2). The 
defects may have long-standing effects on the health and quality of life for the 
patient, and they cause significant costs to society. 

Bone defects may be treated with various methods, depending on factors 
such as the cause, size, and location of the injury, the patient’s age, the risk of 
infection, or complications from other treatments. Depending on their 
situation, the patients have also personal preferences and recovery goals. 
Minor bone defects may heal spontaneously over time without any 
interventions, and simple fractures with minimal bone loss can recover with 
proper temporary stabilisation, for instance by casting. Extensive bone defects, 
on the other hand, usually require surgical intervention, and in many cases, 
follow-up surgeries are necessary. Fractures may be stabilised with the help of 
screws, plates, or pins, and defects with significant bone loss may require a 
bone void filler which promotes regeneration of the tissue. Defects that require 
graft material for healing are termed critical-sized defects (3). In long bones, 
such as the tibia, a segmental defect may be considered critical-sized if it 
exceeds 2.5 cm in length (4,5). 

Bone grafts are used to fill the defect site and promote bone ingrowth. Over 
time, they degrade or are remodelled, allowing the defect site to be completely 
filled with newly formed bone. While biological grafts, such as bone autografts 
taken from another part of the patient’s body, are effective, they have 
limitations regarding graft availability and donor site morbidity. Therefore, 
synthetic materials and structures for bone regeneration are being 
developed (6). The materials, which are in the shape of granules, pastes, or 
putties, are commonly inorganic, such as calcium sulphate, β-tricalcium 
phosphate (β-TCP), hydroxyapatite, or different kinds of bioactive glasses (7). 
These synthetic bone graft substitutes can be used either as such, or in 
combination with biological grafts, and they are efficient in the treatment of 
small defects. 

In contrast to small defects, the treatment of large bone defects is often 
demanding. These defects are characterised by a significantly disrupted 
vascularisation and are frequently associated with extensive soft tissue 
damage. Treatment options range from different kinds of bone grafts, staged 
bone grafting (with the induced membrane technique), and distraction 
osteogenesis, to limb shortening, or even amputation as a last option (8). To 
overcome limitations with existing treatment modalities, three-dimensional 
porous scaffolds are being developed as a potential solution. The scaffolds are 
used to fill the defect site, with cells from the surrounding tissue entering the 
pores of the scaffold. Assisted by the favourable environment within the 
scaffold, the cells proliferate and begin to produce new tissue. Ideally, when the 
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entire scaffold has completely degraded, the defect site becomes filled with 
newly formed bone tissue. 

Various resorbable biomaterials have been developed and tested for use in 
scaffolds for bone regeneration, such as bioresorbable polymers and bioactive 
glasses. Many bioresorbable polymers are biocompatible, they can easily be 
processed into desired shapes, and they have highly tuneable properties. 
Bioactive glasses have unique properties that are beneficial for bone growth, 
including release of biologically active ions, and formation of a bone mineral-
like layer on the glass surface after implantation. With polymer–bioactive glass 
composite scaffolds, it is possible to combine the mechanical properties and 
processability of the polymers with the bioactive properties of the glasses (9–
13). However, for various reasons, synthetic scaffolds for large bone defects are 
not yet widely used in the clinics (8). 

In this thesis work, we developed and tested synthetic three-dimensional 
scaffolds for bone regeneration in vitro and in vivo. We produced porous 
structures of bioresorbable polymers and bioactive glasses with gas foaming, 
freeze drying, or foam replication techniques. We evaluated their properties 
before and after immersion in simulated body fluids, and in an in vivo bone 
regeneration model. The aim with these studies was to develop and test new 
materials and structures for bone regeneration. Where applicable, the 
definitions of specific terms used in this thesis follow recent consensus 
definitions within the field (14,15).  
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2. Bone tissue 

Bone tissue defines the shape and structure of vertebrate bodies. Bones serve 
as attachment sites for muscles and tendons, protect vital organs, and serve as 
reservoirs for minerals such as calcium and phosphorus. Bone marrow, which 
is found in cavities inside bones, contains multipotent stem cells and produces 
blood cells. Bone is a vascularised tissue and one of the few tissues in the body 
that has the inherent ability to regenerate even during adulthood. 

To effectively design synthetic materials for bone regeneration, a thorough 
understanding of the structure and growth of bone tissue is required. In this 
chapter, the fundamental components of bone structure and its healing 
mechanisms are presented. 

2.1. Structure of bone 
There are four general types of bones in the human skeleton: long bones, short 
bones, flat bones, and irregular bones (16). Long bones, such as the tibia and 
femur, are located mainly in the extremities, and short bones in the hands and 
feet. Flat bones include the ribs and several bones in the head, and irregular 
bones are found, for example, in the vertebrae. Approximately 80% of the bone 
matrix in humans is composed of dense cortical bone, with the remaining 20% 
consisting of spongy trabecular bone, also called cancellous bone. Cortical bone 
forms the cortex, or outer shell, of the bones. Trabecular bone consists of a 
porous network of bone trabeculae inside bones. All bone tissue is 
vascularised, and it is periodically renewed through the action of bone cells. 
Cancellous bone is metabolically more active and remodelled more often than 
cortical bone (17). 

Long bones are macroscopically structured as long shafts with bulbous 
rounded ends. The shaft, called diaphysis, consists of a cylindrical hollow 
channel of cortical bone. The medullary cavity inside of the channel contains 
yellow bone marrow which is a source of mesenchymal stem cells (MSCs) that 
are able to differentiate into several kinds of mature cells. The ends of long 
bones, epiphyses, consist of trabecular bone enveloped by a thin surface layer 
of cortical bone. The red bone marrow is located inside pores within trabecular 
bone, and produces red blood cells, white blood cells, and platelets. The region 
between the diaphysis and the epiphysis is called metaphysis. 

The ends of long bones are covered with articular cartilage, which acts as a 
cushioning layer between adjacent bones and facilitates smooth joint 
movement by reducing friction. A dense layer of well-vascularised connective 
tissue containing osteoblast precursor cells, the periosteum, covers the 
remaining bone surface, facilitating nutrient delivery to the bone (18). 
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Figure 1. Structure of bone displaying magnified cross-sectional areas of the 
femur. Reprinted with permission from (18). © Springer Nature 2015. 

 
Microscopically, remodelled compact bone tissue is composed of osteons 

comprising longitudinal lamellae of mineralised bone matrix encircling a 
central Haversian canal (19). Blood vessels within the Haversian canals are 
central for the nutrient supply of the bone tissue. Haversian canals are 
connected by transversally oriented Volkmann’s canals. The macroscopic and 
microscopic appearance of bone tissue is depicted in Figure 1. 

On a molecular level, bone tissue is an inorganic–organic composite 
material. Its main constituents are the bone mineral, i.e. carbonated apatite 
(approximately 65 wt.%), the organic phase mainly consisting of fibrous 
collagen type I protein (25 wt.%), and water (10 wt.%) (20). The primary 
structural unit is the mineralised collagen fibril, where apatite nanocrystals are 
dispersed within and around an oriented matrix of crosslinked collagen. Bone 
mineral is often approximated as the composition of pure hydroxyapatite 
Ca10(PO4)6(OH)2. However, its composition varies due to the presence of 
different cationic and anionic species, such as CO32−, which can make up more 
than 5% of the total weight (21). Due to these significant impurities, bone 
mineral has a lower degree of crystallinity than pure synthetic 
hydroxyapatite (22). The mineral phase makes bone tissue strong, the organic 
phase gives ductility and toughness, and water is believed to have a plasticizing 
effect for increased toughness (22). Therefore, bone exhibits exceptional 
mechanical properties, such as high rigidity and toughness, in relation to its 
weight (23). 

2.2. Bone growth and healing 
Bone is a dynamic, vascularised tissue that constantly remodels. Along with 
skin, epithelial tissue, and liver, bone is one of the few tissues in the body which 
have the natural capability to regenerate, although to a limited extent, even in 
adult life. 
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The three types of bone cells are osteoblasts, osteoclasts, and osteocytes. 
Bone tissue is constantly remodelled by resorption of old bone by osteoclasts 
and formation of new bone tissue by osteoblasts. The osteoblasts eventually 
become trapped within the bone matrix that they secrete, and mature into 
osteocytes (24). Through the remodelling activity, bone tissue adapts to 
changing mechanical conditions according to Wolff’s law (25). With increased 
loading on the bone, the tissue may become denser or change orientation 
according to the load. In the inverse event of decreased bone loading, bone 
resorption with a decrease in bone tissue density may occur. However, Wolff’s 
law is not universally applicable. Bone adaptation is biologically comprised of 
a variety of different processes, and there are also other signals than 
mechanical strains that trigger bone deposition or resorption (26). If a very 
stiff implant is used to stabilise bone tissue, it may not allow the bone to be 
stressed properly. As the bone does not receive sufficient mechanical stimulus, 
stress shielding with a loss of bone tissue may lead to loosening of the implant 
and a new bone fracture (27). An imbalance in the action of osteoblasts and 
osteoclasts may result in diseases such as osteoporosis (28). 

Bone growth may occur via two osteogenic pathways: endochondral 
ossification and intramembranous ossification. During the growth of a child, 
most bones in the face and skull are formed via intramembranous ossification, 
whereas long bones are formed through endochondral ossification. Both 
pathways begin with recruitment of MSCs and their differentiation directed by 
growth factors and cytokines (29). In intramembranous ossification, the MSCs 
differentiate to osteoblasts to directly form new bone. In endochondral 
ossification, MSCs differentiate into chondrocytes to form a cartilaginous 
template, which is calcified, and osteoblasts begin to form bone around the 
template. Although the pathways that form the bone are different, the formed 
bone tissue will be similar irrespective of the pathway that led to its formation. 
The type of bone regeneration pathway in fractures depends, among other 
factors, on the amount of strain in the fracture gap: small strains below 2–5% 
promote intramembranous ossification, strains smaller than 15% promote 
endochondral ossification, and larger strains promote the formation of 
connective tissue (30,31). It has been found that endosteal stem cells drive 
endochondral ossification, and periosteal stem cells drive bone formation 
through the intramembranous ossification pathway (32). Both endochondral 
and intramembranous ossification pathways may be active within the same 
fracture (2). 

With a minimal fracture gap and a rigid fixation, such as when a locking plate 
is used, bone may be healed directly through primary fracture healing. In these 
conditions, the healing resembles normal bone remodelling. Bone resorbs at 
the fracture line by osteoclasts and new bone tissue is deposited by osteoblasts, 
with a re-establishment of the Haversian system (33). 

In most cases, bone fractures heal through secondary fracture healing, 
which may involve both the endochondral and intramembranous ossification 
pathways. The multi-stage process has earlier been divided into three 
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consecutive phases, involving inflammation, repair, and remodelling (34), but 
in recent literature, a more refined view with five interdependent and 
overlapping phases has been proposed (35). The first stage is pro-
inflammatory and characterised by the formation of a blood clot, or 
haematoma, resulting from the breakage of blood vessels when the bone 
fractures. This proinflammatory stage is seen as critical for the tissue 
regeneration process and is complete within seven days (36). An anti-
inflammatory stage follows, with a disturbed oxygen supply because of the 
broken vessels. The traumatised area is hypoxic, which stimulates new vessel 
formation (35,37). During the repair phase, at first, a soft callus is formed by 
hyaline cartilage, after which the matrix is mineralised into a hard callus with 
immature randomly oriented woven bone. Finally, the bone tissue is 
reorganised by remodelling of the bone into highly oriented lamellar bone to 
match the mechanical stimuli. Throughout the bone healing cascade, the 
chemical, mechanical, and biological properties of the bone healing 
environment are constantly evolving (35). 
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3. Materials and scaffolds for bone regeneration 

Both natural and synthetic materials may be used for promoting bone 
regeneration. They have different biological properties based on their origin, 
chemical composition, and structure. The materials can be divided into 
osteoconductive, osteoinductive, and osteogenic materials (38,39). 
Osteoconductive materials, such as synthetic calcium sulphates and calcium 
phosphates, provide a favourable environment and suitable surfaces for 
hosting MSCs, osteoblasts, and osteoclasts for bone growth. Osteoinductive 
materials have the capability to induce bone formation in extraskeletal sites 
(sites outside of the native bone tissue) by recruitment of undifferentiated and 
pluripotent cells and stimulating them to develop into bone forming cells. For 
example, both bone morphogenetic proteins (BMPs) and synthetic biphasic 
calcium phosphate, composed of hydroxyapatite and β-TCP, are often 
considered to be osteoinductive (40,41). Osteogenic materials are defined as 
materials that contain viable cells that can differentiate into bone. Biological 
bone grafts may be osteogenic if they contain living cells. Synthetic tissue 
engineered grafts, in which porous scaffolds have been seeded with bone 
forming cells, may also be osteogenic. Osteostimulation is an additional term 
that has been coined to describe the potential of bioactive glasses to activate 
progenitor cells via their dissolution products into producing more bone (42). 
Interestingly, intrinsic osteoinduction has been proposed to be triggered 
through the action of calcium phosphate precipitation within the material, 
leading to calcium and phosphate deficiency, promoting bone growth in ectopic 
sites from within the template material (43).  

3.1. Biological bone grafts 
The most commonly used material for bone regeneration is transplanted bone 
tissue. After blood, bone is the most transplanted tissue, with several million 
transplants performed worldwide each year (44,45). Bone can be transplanted 
as cancellous or cortical bone grafts and as bone marrow aspirate (46). 
Vascularised grafts are transplanted with an intact structure, whereas 
morselised grafts have been ground into small pieces which can be used to fill 
irregularly shaped defects. 

The gold standard among graft materials is the autologous bone graft, which 
is derived from another part of the patient’s body. It is typically harvested from 
the iliac crest, manually morselised, and inserted into the defect site. 
Cancellous bone autografts are osteoinductive, due to the presence of growth 
factors, osteogenic, as they contain viable bone-forming cells, and 
osteoconductive, because of their natural matrix structure. Autologous grafts 
do not suffer from problems relating to graft rejection and disease 
transmission. Morselised cancellous bone autografts are commonly used in 
orthopaedic surgery for filling cavitary defects and in specialised procedures 
such as in the induced membrane technique (47). However, some significant 
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drawbacks relate to the use of autologous bone grafts. When the bone graft is 
harvested, a new lesion is created at the harvest site, and donor site morbidity 
is a frequent problem affecting a significant proportion of patients (48–50). 
However, with the modern reamer-irrigator-aspirator method for graft 
collection, the incidence rate may be reduced (51). Additionally, with 
autologous bone grafts, there may be issues with the quantity and the quality 
of the available bone tissue. The volume of available bone may not be sufficient, 
and for patients with lower quality bone, such as for those who suffer from 
osteoporosis, the autologous bone graft may not function adequately. 

When it is deemed unsuitable to use autograft bone tissue, a second option 
is to use allograft tissue which may be derived from hip replacement surgery 
or from a deceased donor. Allograft bone is regarded as osteoconductive and, 
depending on how it is processed, it may be osteoinductive due to growth 
factors that may still be present (52). The sterilisation of the allografts 
degrades the quality of the tissue, and despite sterilisation, disease 
transmission is a known risk factor (53). Regardless of its potential drawbacks, 
allograft bone in the form of demineralised bone matrix (DBM) is a commonly 
used bone graft product (54). DBM is produced by cleaning and sterilising 
donor bone, after which it is morselised into finer particles and demineralised 
in a hydrochloric acid solution. After freeze-drying, a powder is obtained that 
contains mostly collagen, some non-collagenous proteins and growth factors, 
and a small amount of residual calcium phosphate mineral as well as cellular 
debris (55). Viscous carrier materials, such as glycerol, gelatin, or alginate, are 
used to formulate the DBM powder into a mouldable paste or putty for easier 
administration. A third biological option is xenograft bone that has been 
derived from another species, typically a pig. As with allograft bone, there are 
risks of disease transmission with xenograft bone. There may also be an 
immune response to allograft and xenograft tissues, which affects the outcome 
of the operation negatively. 

For large defects in long bones, a vascularised autologous bone graft may be 
used, which is commonly performed with a fibular graft where a part of the 
patient’s fibula is transplanted to the defect site (56). Fibular grafts are 
effective in treating large defects, owing to their intact bone structure and 
blood supply. However, fibular grafts used to treat long-bone defects have a 
complication rate of approximately 40%, resulting from issues including 
fractures, non-unions, thrombosis, and donor-site morbidity (57). 

3.2. Synthetic scaffolds 
Due to the drawbacks and limitations of autograft bone and bone grafts from 
other individuals, synthetic bone grafts, also called synthetic bone graft 
substitutes, have been developed (58). The synthetic materials may be in the 
form of granules, pastes, or putties, which are used to fill bone cavities, or as 
three-dimensional scaffolds, which may be used for the treatment of larger 
bone defects. Regardless of their form, the goal of these synthetic bone graft 
substitutes is to fill a defect site, promote bone growth into the defect, slowly 
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degrade as the bone grows, and, finally, enable filling of the entire defect site 
with the body’s own bone tissue. 

Small bone defects, which are well contained within surrounding load-
bearing healthy bone, can be treated by filling with a synthetic granule- or 
paste-like substance without a predefined three-dimensional shape. These 
substances are typically used for filling of the entire defect cavity to facilitate 
bone growth throughout the defect volume. Pastes and putties are often 
regarded as easier to apply than granules, and there are several synthetic 
products that are clinically available (7). They often contain a quickly 
dissolving polymeric carrier to facilitate the application of the material into the 
defect, and more slowly degrading materials with the desired biological 
functionality. Some materials may harden after insertion, providing 
mechanical strength to the defect area. The functional materials that are used 
for bone regeneration may be inorganic materials such as calcium sulphates, 
calcium phosphates, hydroxyapatite, or bioactive glasses, or organic materials, 
such as BMPs (6). Also bone growth enhancing drugs may be added, such as 
bisphosphonates, which are commonly used to treat osteoporosis (59,60). In 
addition to improving bone growth, the materials can offer added 
functionalities such as antimicrobial activity for infection control and 
radioactive irradiation for cancer treatment (61–63). A granule- or paste-like 
substance can be introduced into the bone cavity via minimally invasive 
surgery, promoting lesion healing. 

Three-dimensional bone regeneration scaffolds are typically intended for 
the treatment of large bone defects, or defects which are not sufficiently 
surrounded by bone tissue. These implants may be stacked or carved from 
standard-size pieces to fill a defect, the defect may be shaped to suit the 
implant, or the scaffold may be fabricated as a personalised implant according 
to the shape of the patient’s defect. 

There are probably no universally applicable materials or structures for 
bone scaffolds, but instead different solutions may be needed for different 
patients and different locations in the body. In addition to the biological 
requirements presented below, there are a number of other factors that need 
to be fulfilled before a scaffold can be translated from concept to clinic (64–68). 
The scaffold should be targeted at a specific clinical indication with a clear 
clinical need and offer a meaningful benefit over existing treatment modalities. 
It must be possible to produce it in sufficient quantities in a reproducible and 
economically feasible manner, and with minimal batch-to-batch inconsistency. 
For safe use, the scaffold should be either sterilisable or produced under sterile 
conditions, and it should have a sufficient shelf-life. 

Medical devices for bone regeneration are heavily regulated. Due to the 
extensive requirements, purely material-based strategies without any 
biological components may be preferred (58). For a successful clinical 
translation of a scaffold, there must be significant financial investment made 
into a project which, ultimately, may fail because of a number of various 
reasons. 
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3.2.1. Biological requirements for scaffolds 
The diamond concept illustrates the fundamental requirements for scaffolds 
designed for bone fracture healing (69). According to the concept, there are 
four essential requirements that have to be met for bone restoration: a supply 
of osteogenic cells, sufficient numbers of growth factors, an osteoconductive 
scaffold material, and a suitable mechanical environment. Later, the hexagon 
concept was introduced, adding two additional requirements for successful 
fracture healing: the presence of inflammatory cells and sufficient 
vasculature (33). Each of these requirements has specific implications for 
scaffold design and application. 

To ensure infiltration of osteogenic cells into the scaffolds, cells which have 
been isolated from the patient can be pre-seeded within the scaffold prior to 
surgery. This approach, known as bone tissue engineering, holds potential for 
improved bone tissue development, but has the drawbacks of increased cost 
and difficulty in meeting with regulatory requirements (70). Cell-free scaffolds 
may therefore be preferred. As the scaffold is placed next to intact bone tissue, 
a source for osteogenic cells is present. Pre-seeding of cells may therefore not 
be necessary, as long as the scaffolds are able to recruit bone-forming cells and 
provide them with a suitable environment to produce new tissue. 

Growth factors that promote bone formation may be added to scaffolds in 
the production phase. However, concerns have been raised regarding the 
correct dosing of growth factors, with too high doses believed to be able to 
cause over-growth of tissue, or potentially cancer (71). A natural supply of 
growth factors may be achieved with sufficient vascularisation within the 
scaffold. Vascularisation is also required for oxygen and nutrient transport, as 
well as waste exchange, when the distance to existing tissue exceeds 100–
300 µm, and lack of adequate vascularisation has been seen as one of the major 
factors contributing to bone scaffold failure (18,72–76). Vascularisation 
develops to some degree naturally in many kinds of scaffold materials and 
structures. Incorporation of trace quantities of copper or cobalt in the scaffold 
structure has been used to promote vascularisation (77–79). However, the 
toxicity of especially cobalt is a limiting factor to utilizing this strategy. 

Another strategy for improved vascularisation potential and supply of 
growth factors is the utilisation of an induced membrane, which is a concept 
that our team has been developing in the related contributions V, VII, IX, X, and 
XII of this thesis. By coating scaffolds with quickly degrading polymers, it is 
possible to cause beneficial short-term tissue irritation. As a response, the body 
induces a membrane which is naturally rich in growth factors around the 
scaffold, and our hypothesis is that the membrane promotes bone growth 
inside of the scaffold. The early results of this strategy seem promising, but 
more work is needed to establish optimised scaffold structures. 

An osteoconductive scaffold material promotes bone growth along the 
surface of the scaffold. A number of materials are regarded as osteoconductive, 
including ceramics, glasses, and polymers (80). For osteoconduction, the 
porosity of the scaffold has to be suitable to facilitate both entrance of cells into 
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the scaffold and vascularisation within the scaffold structure. Often-quoted 
ranges of suitable pore sizes are approximately 100–400 µm (81,82) or even 
up to approximately 700 µm (83), but depending on the scaffold material and 
structure, bone growth may occur also in smaller and larger pores (84–86). The 
minimum requirement for pore size is that osteoblast cells, which are 
approximately 20–50 µm in size, should be able to enter the pores. However, 
vascularisation will probably be a limiting factor for the smallest pore 
sizes (82) as blood vessel growth requires larger pores, and bone can only grow 
in the vicinity of the vessels (87,88). For very large pore sizes, the supporting 
effect of the scaffold to facilitate bone regeneration diminishes. Scaffolds have 
also been produced with gradient structures for improved biological 
response (89), and microporosity in the range of 1–100 µm may be of high 
importance especially for the early stage bone formation (88). A high overall 
porosity, significantly above 50%, has been suggested to be preferable, but the 
drawback of a higher porosity is compromised mechanical properties (9,90). 

Bone regeneration occurs only in a mechanically stable environment. The 
loads that the scaffold may have to withstand differ from case to case, 
depending for example on the size, shape, and location of the injury. The 
fracture healing capacity largely depends on the mechanical environment. Both 
a loosely fixed environment with significant strains and a perfectly stable one 
without any micromotion can be detrimental to the tissue healing process (33). 
It has been speculated that within environments shielded by overly rigid 
fixations, the bone forming cells are not sufficiently stressed to obtain the 
required stimulus for advancing bone growth (91). The need for the scaffold to 
support mechanical stresses varies. In some cases, the primary load may be 
borne by fixation devices like external casts, internal plates, or intramedullary 
nails, reducing the mechanical burden on the scaffold (69,76). However, bone 
should grow quickly into soft biomaterials to enable full mobilisation of the 
patient, as bone should form before the implant becomes loose or fails because 
of fatigue (76). To stimulate MSC differentiation into bone-forming cells, also 
macroscopically soft materials should have sufficient microscale stiffness (92). 

Inflammation of the fracture site is necessary in the early stages of bone 
regeneration, but chronic inflammation has been shown to have detrimental 
effects on the healing of the tissue (33). Chronic inflammation may for example 
be caused by repeated mechanical trauma at the regeneration site, exceeding 
the durability of the provisional tissue, or by a material-induced sustained 
action of inflammatory macrophage cells. To reduce inflammation, a 
sufficiently rigid fixation is required. Additionally, modulation of the 
inflammatory signalling pathways may induce a positive effect on the healing 
process (33). 

3.2.2. Scaffold fabrication techniques 
Porous scaffolds for bone regeneration have been manufactured for research 
purposes using a number of different methods. Polymer-based scaffolds have 
been manufactured via particulate leaching (93), freeze drying (94), gas 
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foaming (95–97), electrospinning (98,99), and, more recently, via a number of 
additive manufacturing (three-dimensional printing) techniques, such as 
powder bed fusion and material extrusion (100). The techniques and their 
suitability for creating scaffolds for research and clinical use have been 
extensively examined in a number of review articles (80,101–111). In this 
thesis, the gas foaming, freeze drying, and foam replication techniques were 
used. 

In gas foaming, a solid polymer block is subjected to a gas, typically carbon 
dioxide, at a high pressure. The gas saturates the polymer during the course of 
hours or days and plasticises the polymer. The pressure is then rapidly 
decreased, which causes foaming and expansion of the polymer. The method 
provides a solvent-free approach to scaffold manufacturing, enabling high 
porosities and relatively consistent pore structures between scaffolds. The 
processing can also be performed without significant heating, which allows for 
the use of heat-sensitive materials. However, gas-foamed scaffolds may have 
somewhat small pore sizes with regard to bone regeneration applications, the 
porosity may not be well interconnected, and the stretched polymer chains 
may relax when subjected to higher temperatures, causing shrinkage of the 
structure. 

Freeze drying of scaffolds is performed by dissolving a polymer into a 
solvent, freezing the solution to below its triple point, and sublimating the 
solvent. Finally, a drying step is applied. The resulting pore structure may be 
altered by modifying the cooling procedure. Like gas foaming, freeze drying is 
a relatively replicable method that enables high porosities. 

In the foam replication method, a sacrificial foam with interconnected 
porosity is used to give the structure to the scaffold. A slurry is prepared with 
a binder polymer and particles of glass or ceramic mixed into a solvent. The 
foam is immersed in a slurry and squeezed repeatedly to infiltrate the entire 
foam with the slurry, after which the structure is thoroughly dried. The foam is 
thereafter heat-treated to burn away the sacrificial foam and the binder, and to 
sinter the particles together into a porous three-dimensional 
structure (112,113). With the choice of foam, it is possible to create different 
kinds of architectures. However, the manual processing that is required 
especially for the coating of the sacrificial foam with the prepared slurry limits 
the scaffold-to-scaffold consistency (114). 

3.3. Materials for bone scaffolds 
Bone regeneration scaffolds are typically designed to be degradable, which 
offers multiple advantages. As scaffolds degrade, they allow the body’s own 
tissue to grow. A gradual degradation enables a progressive transfer of 
mechanical loads from the scaffold to the growing bone tissue, and, in some 
cases, the scaffold degradation products may promote bone growth. Ultimately, 
once the scaffold has fully degraded, no foreign materials remain, which 
reduces the potential for infections or other adverse reactions. 
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Degradable materials can be characterised by their degradation behaviour 
in biological environments. Biodegradation can be strictly defined as 
degradation that occurs through enzymatic catalysis (115,116), or, more 
broadly, as any degradation that occurs in biological environments (66,117–
121). Bioresorption and bioabsorption have been defined as elimination and 
absorption of substances from the body through natural pathways (116,122). 
In practice, the terms biodegradable, bioresorbable, and bioabsorbable have 
often been used interchangeably, and for synthetic polymers, they most often 
refer to polymers that by any pathway are degraded and metabolised in the 
body. 

The degradation of biomaterials can be examined in aqueous media in vitro, 
and inside of vertebrates in vivo. For in vitro testing, different kinds of buffered 
solutions that mimic body conditions, such as simulated body fluid (SBF), 
tris(hydroxymethyl)aminomethane (Tris) solution, and phosphate-buffered 
saline (PBS) are commonly used. These solutions provide an environment which 
to some extent is intended to resemble the conditions inside the body. The 
experimental degradation or dissolution results vary depending on the medium 
that is chosen (123,124). Tris solution is a buffered water solution, without 
additional ions that would mimic in vivo conditions. PBS is designed to mimic the 
concentrations of four ions in blood plasma (Na+, K+, Cl−, and HPO42−), and SBF is 
designed to mimic the concentrations of seven ions in blood plasma (Na+, K+, 
Mg2+, Ca2+, Cl−, HCO3−, and HPO42−). Like human blood, all three solutions are 
buffered, but they lack the biological cues found in body fluids. Especially SBF 
has been used very widely for in vitro degradation testing of biomaterials, as it is 
the solution that most closely resembles the ion concentrations in the blood 
plasma. However, the use of SBF has been criticised for the intricate preparation 
process, which leaves little room for error, and for the potential of false negative 
and false positive results regarding the apatite forming ability of materials (125). 
In vitro testing may give valuable information regarding the degradation and 
dissolution behaviour of biomaterials. However, the biological environment for 
bone regeneration is different from the ion-containing solutions and from in vitro 
cell cultures. As long as there are no synthetically created life-like models for 
bone tissue (126), in vivo testing with a biologically relevant test setup is the only 
comprehensive method to test the performance of materials and scaffolds for 
bone regeneration (127). The model selection for in vivo testing is important, 
because the tissue regeneration can vary substantially both within and, 
especially, between species (128). 

 Materials used for scaffolds, including their degradation products, must be 
biocompatible, indicating that they elicit an appropriate host response without 
causing inadvertent tissue damage or inducing cell death. Biocompatibility is 
not a universal property of a material, but instead biocompatibility varies from 
one application to the other, and should be determined on a case-by-case 
basis (15,129,130). The materials must also be sterilisable, as sterility is a 
fundamental requirement for surgical implants. Commonly used materials for 
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synthetic bone regeneration scaffolds include degradable polymers, bioactive 
glasses, and their composites. 

3.3.1 Synthetic bioresorbable polymers 
Polymers are large molecules composed of repeating covalently bound 
monomeric units. Many polymers exist as long chains, but they can occur in 
many other configurations as well, such as star-shaped, comb-shaped, or cross-
linked. When combined with additives, synthetic and semi-synthetic polymers 
are processed into various types of plastics. Due to their large molecular 
weight, entanglements, and repetitive inter- and intrachain interactions, the 
properties of polymeric materials differ significantly from chemically similar 
small molecules. 

Several kinds of synthetic polymers for biomedical purposes can be 
obtained commercially, but for research purposes, they are often synthesised 
and characterised in the laboratory. Commercial polymers have a good batch-
to-batch consistency, and they may already be certified for clinical use. 
However, commercially produced high-purity polymers are often very 
expensive, especially on a small scale. The choices of for example molecular 
weights and comonomer ratios are limited, unless the polymers are produced 
in even more expensive customer-specific processes. Additionally, their 
impurities may not be disclosed properly and challenging to analyse. In 
contrast, self-made polymer synthesis enables manufacturing of materials 
according to the case-specific requirements, with a better control over the 
contents of the final material. With self-made polymers, the tuning of 
properties, such as the molecular weight distribution, is possible. However, it 
may be time-consuming to produce varieties of polymers, and their clinical 
translation may be troublesome because of the regulatory requirements. 
Irrespective of the origin of the polymer, thorough characterisation is 
beneficial, in order to be able to predict and understand the behaviour of the 
polymer under different conditions. 

Polymers with hydrolytically or enzymatically cleavable groups in their 
backbone may degrade in biological environments, such as inside the human 
body (131). In medical contexts, hydrolytic degradation is often preferred to 
minimise variability in degradation behaviour between different sites and 
different patients (66). The properties of the hydrolytically degrading polymer 
are heavily influenced by its degradation mechanism. Depending on the rate of 
water absorption into the polymer matrix compared with the degradation rate 
of the chains, the polymers may undergo either bulk degradation or surface 
erosion, as presented in Figure 2 (132,133). 
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Figure 2. Schematic illustration of bulk degradation, bulk degradation with 
autocatalysis, and surface erosion of bioabsorbable polymers as a function of 
time. Lighter colour indicates decrease in molecular weight. 
 

Surface erosion occurs for materials that degrade faster than they absorb 
water or other erosive agents, such as enzymes (134). In surface erosion, the 
mass loss is linear with respect to the surface area of the polymer. Molecular 
weight changes of the bulk polymer are minimal, as the degradation products 
are directly leached into the environment. Surface erosion may therefore be a 
desirable degradation mechanism in controlled drug release applications, 
where a steady and predictable release of the pharmaceutical substance is 
preferred. However, if hydrolytic surface erosion is the result of a strongly 
hydrophobic polymer surface, the material may be less suitable for tissue 
regeneration, as bone-forming cells may be less likely to adhere to hydrophobic 
surfaces (135–137). 

In cases where water or other degrading substances are absorbed inside the 
polymer matrix before the polymer is degraded, concurrent degradation 
throughout the material occurs, called bulk degradation. In bulk degradation, 
the average molecular weight of the polymer decreases early due to degrading 
chains throughout the polymer bulk. Contrastingly, significant mass loss only 
happens later, after a substantial decrease in molecular weight, and leaching of 
the low-molecular-weight degradation products into the surrounding 
environment. 

In thick sections of the material, the formation of degradation products 
within the polymer matrix may occur at a higher rate than their leaching out of 
the material. This leads to the accumulation of degradation products within the 
material, which in the case of degradable polyesters are acidic. As the cleavage 
of polymer chains is catalysed in acidic conditions (138), the bulk degradation 
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is autocatalysed. Accumulated degradation products cause a more rapid 
degradation inside of the polymer bulk than near the surface of the material, 
where degradation products more easily leach out from the polymer. The 
autocatalytic process may turn a seemingly slow degradation process into a 
quickly occurring loss of molecular weight and polymer mass, with an 
accompanying steep decline in the mechanical properties of the material. An 
autocatalysed process may therefore cause acidification of the environment 
during the late stages of degradation, potentially leading to an inflammatory 
reaction, with a negative impact on the surrounding tissues (139,140). 

By replacing the ester end groups of aliphatic polyesters with carboxylic 
acid end groups, it is possible to accelerate the degradation rate by increasing 
both the hydrophilicity and the acidity of the polymer (117). To compensate 
for the pH decrease during the degradation of polyesters, they have been 
combined with pH increasing materials, such as bioactive glasses and metallic 
magnesium (141). 

In practice, degradable polymers can rarely be described as purely bulk 
degradable or purely surface erodible, but they often exhibit a somewhat mixed 
behaviour intermediate to the two idealised models. 

Aliphatic polyesters such as polylactide (PLA), polyglycolide (PGA), 
polycaprolactone (PCL), and their copolymers, are a commonly used group of 
bioresorbable polymers for medical purposes. Polyesters contain an ester bond 
which is created through a reaction between a carboxylic acid and an alcohol, 
as water is removed. The esterification reaction is reversible, and a water 
molecule can therefore split an ester bond. Many aliphatic polyesters are 
biocompatible, they can be degraded in aqueous environments, their 
degradation products are metabolised and removed by the body, and the 
polymer properties can be modified with various methods. 

Polylactide 

PLA is a widely used and researched biodegradable synthetic poly(α-
hydroxyester) derived from renewable resources. It has mechanical properties 
that are close to those of many traditional plastics such as polystyrene (142), 
and it has garnered a lot of interest within the biomedical field. PLA is listed as 
generally recognised as safe by the US Food and Drug Administration (FDA), 
and it is permitted for food contact and several biomedical applications also by 
the European Medicines Agency (EMA) (143). 

PLA is commonly produced either via ring-opening polymerisation (ROP) or 
via polycondensation (Figure 3). Lactic acid is first fermented from starch, for 
example from corn or sugarcane. For ROP, a lactide dimer is created by 
oligomerising and subsequently depolymerising the lactic acid. The lactide is 
thereafter polymerised in dry conditions using for example stannous octoate 
(tin(II) 2-ethylhexanoate) and an alcohol as polymerisation initiating 
agents (144,145). In polycondensation, PLA is produced directly from lactic 
acid with removal of water during the polymerisation reaction (146). When 
polymerised from the lactic acid monomer, the polymer is typically referred to 
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as poly(lactic acid) instead of polylactide. The polymer backbone is chemically 
identical between poly(lactic acid) and polylactide, and both are abbreviated 
PLA, but the polymer obtained through polycondensation of the lactic acid 
monomer typically has a lower molecular weight with a higher dispersity 
compared to the polymer produced through ROP (142,146,147). Polylactide, 
produced with ROP, is preferred for medical products due to possibilities for 
higher molecular weight, narrower molecular weight distribution, and better 
batch-to-batch consistency. 
 

 

Figure 3. (a) The different stereochemical forms of lactic acid and lactide. 
(b) Polycondensation of lactic acid and ROP of lactide into PLA. Image 
reproduced with permission from (148). 

 
Lactic acid contains a chiral carbon atom and can exist as two enantiomers, 

commonly referred to as L-lactic acid and D-lactic acid. Lactide is a dimer of 
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lactic acid, containing two chiral carbon atoms which enable three 
stereoisomeric forms: L,L-lactide, D,D-lactide, and the meso-form D,L-lactide. A 
50:50 mixture of L,L-lactide and D,D-lactide is called racemic lactide (146). The 
chirality of the used monomers determines the ability of the polymer to 
crystallise: PLA which to a large extent contains only L- (PLLA) or D-units 
(PDLA) may crystallise, whereas PLA chains which contain significant amounts 
of randomly ordered L- and D-units (PDLLA) are not able to crystallise and will 
remain amorphous irrespective of their thermal history. An optical purity of at 
least 72–75% is required for crystallisation to occur (146,147). In medical 
applications, PLLA is more often utilised than PDLA, because the hydrolysis of 
PLLA yields L-lactic acid, which is the naturally occurring stereoisomer. 

The melting point of well-crystallised optically pure PLLA and PDLA is 
theoretically above 200°C, but due to imperfect crystallites, slight 
racemisation, and impurities, the melting point of PLA is typically measured at 
170–180°C (146,149,150). The crystallinity of PLA has a significant effect on 
its mechanical, thermal, and degradation properties. Crystalline regions are 
more resistant to water absorption than amorphous regions and hydrolyse 
therefore slower. By modifying the crystallinity with, for example, heat 
treatments and by choice of optical purity of the polymers, it is therefore 
possible to adjust the degradation rate of PLA in the body (151). 

The glass transition temperature (Tg) of PLA is typically in the range of 50–
65°C (152). When implanted into the body, PLA is therefore always in the 
glassy state below its Tg, which increases both its mechanical properties and its 
degradation time. 

By blending PDLA with PLLA, it is possible to form stereocomplex 
crystallites (PLA SC) consisting of a 1:1 ratio between PDLA and PLLA 
units (153,154). PLA SC has a significantly higher melting temperature, 
approximately 220–230°C, than crystallites of either PDLA or PLLA. The 
melting enthalpy of PLA SC crystallites is 142 J/g, which is significantly higher 
than for homocrystalline PLA (93 J/g) (146). PLA SC is often stated to have 
higher strength than homocrystalline PLA (147,155–158), but in several 
studies, there have been little or no observed differences between 
homocrystalline and stereocomplex PLA (159–161). Additionally, the 
compressive properties of PLA SC have not yet been well characterised, and 
there is an apparent lack of knowledge with regard to the mechanical 
behaviour of PLA SC as compared with amorphous and semicrystalline PLA. 

PLA is easily melt-processed into desired structures. Common processing 
methods include extrusion and injection moulding, and PLA can also be 
processed into films and fibres. PLA is also suitable for 3D printing processes, 
such as fused deposition modelling, where it is commonly used by hobbyists 
and by researchers. 

Like most polymers, it is possible to modify PLA with a multitude of 
methods. In the polymerisation process, the stereochemistry of the monomers 
can be chosen to attain the desired crystallisation properties. It is also possible 
to impact the molecular weight and its dispersity by choosing suitable 
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polymerisation conditions. In melt processing, the polymer chain orientation 
can be affected by controlling the flow conditions, and the crystallinity may be 
adjusted based on the cooling rate or subsequent heat treatments. PLA can be 
copolymerised with other monomers into random and block copolymers, and 
it can be grafted. Blends with other polymers may give desired properties or 
lower the cost of the material. It is also possible to functionalise PLA with 
groups that are covalently attached to the backbone, and to cross-link 
functionalised PLA (162). With regard to medical applications, even the 
sterilisation method impacts the properties of the polymer, and can be used to 
modify the polymer in a desired manner (163). 

The degradation of PLA occurs mainly through bulk degradation, with 
amorphous regions being more susceptible to degradation than crystalline 
regions. The degradation rate is relatively slow because of the steric hindrance 
of the methyl group that is present on the α-carbon (147). PLA is degraded 
hydrolytically in the body into lower molecular weight fragments of 
approximately 5000 g/mol or less, which are leached into the surrounding 
fluids and further metabolised by cells via the Krebs cycle into water and 
carbon dioxide (145,164,165). During the degradation, the crystalline regions 
may support the mechanical properties of the polymer, even when the 
molecular weight of the amorphous regions has decreased (117). The 
degradation may be accelerated with lower crystallinity, more acidic end 
groups, higher ambient temperature, and by applying mechanical stresses on 
the polymer (140,147,166). 

PLA, often in the form of PLLA, is used clinically in medical devices where 
relatively high mechanical stability and slow degradation are preferred. 
Commercialised products include bone fixation systems by DePuy Synthes, 
screws by Stryker, soft-tissue fixation systems by Zimmer, screws and darts by 
Arthrex, and screws and fixation systems by Conmed (167). PLA-based medical 
devices developed by Finnish companies include orthopaedic fixation screws 
and plates (bioabsorbable systems by Inion), joint spacers for small joint 
arthroplasties (RegJoint™ by Scaffdex), and composite templates for cartilage 
regeneration (COPLA® Scaffold by Askel Healthcare). PLA SC, as a medical 
biomaterial, has been predominantly studied for drug release applications, 
with limited research in areas emphasizing mechanical properties (168). 

Poly(lactide-co-glycolide) 

Poly(lactide-co-glycolide) (PLGA) is a copolymer of lactide and glycolide, 
typically synthesised with ROP (Figure 4). The mechanical and degradation 
properties of the material can be adjusted with different glycolide-to-lactide 
ratios. Glycolide lacks the methyl group that is present on the α-carbon in 
lactide, and PLGA is therefore more hydrophilic than PLA. Like PLA, PLGA 
degrades predominantly through bulk degradation, but PLGA degrades faster 
and has lower strength (169). 

With approximately 25–70% of glycolide co-monomer, PLGA is completely 
amorphous, and compositions closer to either pure polymer (PLA and PGA) 
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may crystallise (150). The degree of crystallisation may be tuned also with the 
choice of the lactide monomer, and the use of D,L-lactide prevents 
crystallisation (170). PLGA has a lower Tg than PLA, typically between 30°C and 
55°C, depending on the lactide-to-glycolide ratio and the molecular weight of 
the polymer (171). The degradation rate can be tuned by changing the 
glycolide-to-lactide ratio, with compositions higher in lactide content 
degrading more slowly (172). The degradation of PLGA in the body occurs 
generally in weeks or months, compared to years for semicrystalline PLA (173). 
As the Tg value of PLGA is close to the body temperature, small changes in the 
copolymer ratio or molecular weight affecting the Tg value may have a 
significant impact on the in vivo degradation properties of the polymer. 

 

Figure 4. The structure of PLGA. 
 
PLGA is commercially available in different grades, with varying molecular 

weights and comonomer ratios. Like PLA, it is approved for medical use by EMA 
and FDA, and it can be used for largely similar purposes as PLA. Due to the 
faster degradation profile, the focus in PLGA applications is on controlled drug 
delivery, with a number of drug release applications already in clinical 
use (174–178). For drug release, PLGA is often used as nanoparticles with a 
polyethylene glycol surface, commonly called PEGylated nanoparticles. With 
this modification, their hydrophilicity is increased, which reduces their uptake 
in the liver, and increases their time in the blood circulation (179). PLGA has 
been widely studied also for orthopaedic applications (169), and it is clinically 
used for example in orthopaedic fixation in a self-reinforced form (as a Finnish 
example, the Activa series by Bioretec). 

PLGA is typically produced as random copolymers. With sequencing, it is 
possible to obtain highly ordered polymer chains that exhibit slower, more 
controlled hydrolytic degradation and a linear decrease in molecular 
weight (180). 

3.3.2. Bioactive glasses 
Glasses are non-crystalline solids that are typically transparent and brittle. 
Silica-based glasses are commonly encountered in everyday life in 
windowpanes as well as in glass bottles and jars. Silicon dioxide or silica (SiO2) 
is the network forming agent, and the network structure consists of silica 
tetrahedra connected by bridging oxygens in Si-O-Si-bonds (Figure 5). With a 
silica content of approximately 70–75% and a high number of bridging 



21 

 

oxygens, these so-called soda-lime glasses are chemically very durable. Silica-
based glasses may also contain network modifying agents, such as Na and Ca, 
which open the glass network structure by introducing non-bridging oxygens. 
Pure SiO2 glass, called quartz glass, only contains bridging oxygens, with each 
silica tetrahedra connecting to four other silica tetrahedra. 

 

 

Figure 5. The simulated network structure of three bioactive glasses with 
46.1 mol.% SiO2 (Bioglass® 45S5, left), 56.5 mol.% SiO2 (BG55, center), and 
66.9 mol.% SiO2 (BG65, right). Red = oxygen, blue = silicon, yellow = 
phosphorus, dark green = sodium, cyan = calcium. Reprinted with permission 
from (181). © American Chemical Society 2007. 

 
Silicate glasses which contain less than 60% SiO2 are chemically less durable 

and can dissolve in aqueous environments. Glasses with low silica content 
within a certain compositional range may exhibit significant biological activity 
when implanted into the body, and are commonly referred to as bioactive 
glasses (10,182,183). 

The bioactivity of a glass has typically been defined by its ability of the glass 
to form a hydroxycarbonate apatite (HCA) layer on the glass surface after 
subjecting the glass to an in vivo environment, or an environment which mimics 
the in vivo conditions (184,185). The HCA layer is a surface to which bone can 
bond (186–188). In vivo, bioactive glasses are characterised by bone growth in 
direct contact with the glass surface. In addition to silicate glasses, also borate- 
and phosphate-based glasses have been found to have bioactive 
properties (189–191). In broader terms, bioactivity can also be defined as the 
general ability of the material to induce a positive host tissue response (15). 

The SiO2 content of melt-derived silica-based bioactive glasses is 
approximately 40–60% (187,192). Compositions having a silica content of less 
than 40% do not form a glass, and glasses with a higher silica content react and 
dissolve very slowly. Bone bonding is generally higher with a decreased molar 
fraction of SiO2 (192), but it has been shown that bone bonds to borate-
containing glasses even at high SiO2 fractions (193). Silica-based bioactive 
glasses are commonly characterised by high Na2O and CaO contents, as well as 
a high CaO/P2O5 ratio (10). Even though phosphate can be classified as a glass 
network former on its own (11), the phosphate in bioactive glasses has been 



22 

 

suggested not to enter the silica network and significantly affect network 
connectivity, but to exist as a separate orthophosphate species (194,195). 
Phosphate is not required for bioactivity, as the phosphate required for HCA 
layer formation can be adsorbed also from the environment (196). However, 
with a higher phosphate content, the rate of HCA development on the glass 
surface is increased (197).  

For melt-derived glasses, different elements can relatively easily be 
incorporated in small quantities to modify the thermal, chemical, or biological 
properties of the glass. Commonly included therapeutic elements in bioactive 
glasses for bone regeneration include magnesium, boron, zinc, copper, and 
strontium (11,198). In addition to conducting in vitro and in vivo tests, the 
properties and reactivity of glasses with different compositions can be 
predicted by mathematical models (199–203). 

Bioactive glasses are clinically mostly used in the form of granules and 
pastes as bone graft substitutes in the treatment of non-load-bearing defects. 
Bioactive glass compositions for which marketing authorisation has been 
approved for clinical use include 45S5 (Bioglass®), S53P4 (Bonalive®), and 13–
93 (183). The compositions of these glasses, and the compositions of three less 
studied experimental glasses used in this thesis, labelled BG1, BG2, and NC–5, 
are shown in Table 1. 

 
Table 1. Compositions of bioactive glasses S53P4, 13–93, BG1, BG2, NC–5, and 
45S5, in wt.% and in mol.%. 

 
Glass (wt.%) SiO2 CaO Na2O P2O5 K2O MgO B2O3 Al2O3 
S53P4 53 20 23 4 - - - - 
13–93 53 20 6 4 12 5 - - 
BG1 69.1 12.5 12.4 1.4 - 3.0 1.1 0.5 
BG2 69.6 8.8 13.1 1.4 - 4.9 2.1 - 
NC–5 62 13 17 2 - 4 2 - 
45S5 45 24.5 24.5 6 - - - - 
Glass (mol.%) SiO2 CaO Na2O P2O5 K2O MgO B2O3 Al2O3 
S53P4 53.9 21.8 22.7 1.7 - - - - 
13–93 54.6 22.1 6.0 1.7 7.9 7.7 - - 
BG1 68.7 13.3 11.9 0.6 - 4.4 0.9 0.3 
BG2 68.6 9.3 12.5 0.6 - 7.2 1.8 - 
NC–5 61.4 13.8 16.3 0.8 - 5.9 1.7 - 
45S5 46.1 26.9 24.4 2.6 - - - - 

 
Glass 45S5 contains a relatively low amount of Si, with a high concentration 

of non-bridging oxygens. Compared with the other bioactive glasses presented 
here, it exhibits a higher bioactivity and a more rapid dissolution. S53P4 
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contains a significantly higher amount of Si, with fewer non-bridging oxygens, 
and exhibits a somewhat lower bioactivity and slower dissolution. Glass 13–93 
is similar to S53P4 with respect to the content of Si, Ca, and P, but by replacing 
some of the Na in the S53P4 composition with K and Mg, it has been designed 
for versatile hot-working properties (187,204). The difference between Tg and 
Tm of 13–93 is approximately 200°C, which allows for viscous flow enabling 
sintering without crystallisation. It is also possible to draw 13–93 into fibres. 
The experimental glasses BG1, BG2, and NC–5 have a silica content of higher 
than 60%, but they are still bioactive owing to the network altering effect of 
boron in their structure. 

A rapid cascade of reactions occurs when bioactive glasses are immersed in 
aqueous solutions or implanted into the body. The reactions can be described 
with the incongruent dissolution model (10,205). Initially, the leaching of 
network modifying ions dominates, with ions such as Ca2+ and Na+ dissolving 
from the glass surface through ion exchange reactions with H+ and H3O+. The 
solution pH therefore increases, and a silica-rich layer depleted in network-
modifying ions is formed on the glass surface. In the silica-rich layer, 
neighbouring silanol groups may polycondensate into an amorphous silica-rich 
gel. Si dissolution is facilitated by the pH increase. The dissolution of Ca, Na and 
P ions proceeds, and as the concentration of Ca and P increases, amorphous 
calcium phosphate (ACP) begins to precipitate on the surface of the silica-rich 
gel. If the solution inherently contains Ca and P ions, also they may be 
incorporated in the ACP precipitate on the surface of the silica-rich gel. These 
reactions occur quickly, with ACP formation observed in vivo already within 1 h 
of implantation. Thereafter, the ACP layer crystallises into HCA with addition 
of OH−, CO32−, or F− ions from the environment. 

When implanted in bone, subsequent reactions occur, as biological moieties, 
such as collagen fibres and macrophages, are adsorbed onto the HCA layer. 
Osteoblast precursor cells differentiate into osteoblasts and secrete collagen 
into the growing HCA matrix, and bone which is bound to the glass surface is 
formed (10). 

Bioactive glass was the first synthetic material found to be able to undergo 
chemical bonding with living tissue without fibrous tissue formation. The main 
applications of bioactive glasses still focus on bone regeneration, although 
focus has also been put on, for example, soft tissue and cartilage healing (206). 
In bone regeneration, bioactive glasses that activate osteoprogenitor cells in 
the body and encourage the body to build more bone may be characterised as 
osteostimulative (42). The bone regeneration capability of bioactive glasses 
has been shown in both short-term (207,208) and long-term clinical 
studies (209). 

The ions that dissolve from bioactive glasses have significant biological 
impacts on angiogenesis and bone growth (198,210), and their impact has been 
likened to that of growth factors (42). Dissolved Si and Ca species may 
upregulate and activate a multitude of genes in osteoprogenitor cells, and Si is 
known to be an essential component for bone formation and calcification. The 
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ion concentrations are critical. For instance, low (2–4 mmol) and medium (6–
8 mmol) concentrations of calcium ions are favourable for osteoblast 
differentiation, whereas high (>10 mmol) concentrations are cytotoxic to 
osteoblast cells (211). The cellular effects of released silicate species have been 
extensively quantified, with evidence of silicate concentrations below 52 ppm 
being the most probable to show favourable cellular responses (212). 

The ionic dissolution products from bioactive glasses may have similar 
activity as drugs that are used to treat diseases such as osteoporosis. However, 
drugs are commonly used systemically, and they may induce unwanted side 
effects. Ions dissolving from the established, clinically used bioactive glasses 
exist naturally in the body, and typically have mainly local effects within the 
body. 

The long-term delivery of ions from bioactive glasses can be significantly 
modified by altering the silica content, and therefore the degradation rate, of 
the glass. Slowly dissolving glasses with a high silica content may dissolve more 
congruently, producing a steadier and more predictable release of ions. The 
dissolution behaviour is also strongly dependent on the size of the glass 
particles and the flow rate of the fluids (213,214). 

Bioactive glasses may exhibit significant antibacterial activity (215,216). 
The antimicrobial activity is thought to result from the rapid initial release of 
ions when the glass is immersed in a biological environment, which causes an 
increase in the osmotic pressure on the cells. The antimicrobial activity is 
probably enhanced by the rapidly increased pH. Bioactive glass S53P4 may 
therefore be used also to treat infected bone (osteomyelitis) (217). However, 
the environment that is effective against microbes may also negatively affect 
the patient’s own cells, with potentially cytotoxic effects to the host 
tissue (127,218). 

In thermal processing, for instance into porous scaffolds, bioactive glasses 
crystallise easily. The crystallisation typically commences at temperatures 
slightly higher than the Tg value of the glass due to the high content of network 
modifying ions. Partly crystallised glasses, commonly called glass-ceramics, 
can also be used in medical applications, but they have different properties 
compared with their fully amorphous counterparts, exhibiting for instance 
retarded hydroxyapatite layer formation (10). Depending on the sintering 
conditions, varying amounts of crystallinity may be induced, and the 
compositions of the crystallites may differ. To obtain materials with a good 
batch-to-batch consistency, and that are relatively easy to characterise, it may 
be desirable to avoid crystallisation and only work with fully amorphous 
bioactive glasses. Recently, we have shown that under carefully controlled 
conditions, sintering of S53P4 particles into porous cylinders is possible 
without any crystalline phase formation (219). 

3.3.3. Polymer–bioactive glass composites 
As discussed above, bioactive glass has several beneficial properties for bone 
regeneration applications compared with bioresorbable polymers, such as the 
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formation of a HCA layer on the glass surface after implantation, the release of 
biologically active ions that promote bone formation, and in some cases also 
antimicrobial properties. However, glass also has drawbacks, such as difficulty 
in forming mechanically robust three-dimensional porous structures and the 
inherent brittleness of glass. In addition, the initial burst release of ions, 
accompanied by a strong pH increase, contribute to the antimicrobial effect but 
may simultaneously cause damage to the surrounding cells and tissues. 

Composites of bioresorbable polymers and bioactive glass are produced to 
combine their desirable properties (12,13,102,169,220). For composites with 
a continuous polymer phase, the polymer provides design freedom and 
increased ductility, whereas bioactive glasses may enhance the biological 
properties by providing a release of ions and potentially HCA formation on the 
scaffold surface. Composites with a continuous bioactive glass phase may 
benefit from polymer coating through an improvement in the mechanical 
properties of the scaffolds and by moderation of the initial pH and ion release 
peaks. It has been shown that the biological activity of bioactive glass may be 
promoted through addition of PLGA (221). 

Polyester–bioactive glass composites affect pH by the glass dissolution, 
which increases the pH, and by the degradation of the polyester, which lowers 
the pH. For composite scaffolds, the initial pH peak of the glass may be strongly 
reduced or even eliminated, which may be beneficial for host cell survival. The 
pH lowering effect may continue for prolonged periods of time (221). In very 
low pH environments, the dissolution of the glass is significantly affected, with 
a more rapid ion release and potentially inhibited calcium phosphate layer 
formation (222). However, such pH values (pH 4 and below) may be outside of 
what is applicable for in vivo bone regeneration. 
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4. Objectives of the thesis 

The overall objective of this thesis was to develop and study scaffold designs 
and materials for bone regeneration. More precisely, the aims were: 

i. To produce highly porous polymer-based scaffolds with gas foaming 
and freeze drying techniques, with incorporation of bioactive glasses 
and magnesium hydroxide, and test their degradation in vitro 
(Publications I and II) 

ii. To evaluate the in vivo bone regeneration capability of gas-foamed and 
freeze-dried scaffolds (Publication III) 

iii. To compare the mechanical and in vitro degradation properties of 
bioactive glass scaffolds coated with polylactide stereocomplexes with 
amorphous and homocrystalline polylactide coatings (Publication IV) 
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5. Materials and methods 

5.1. Materials 
PLGA (Publications I–III) was polymerised from D-lactide (>99.5%) and 
glycolide (>99.5%) from Corbion/Purac and L-lactide (>99%) from Futerro. 

PDLLA, PLLA, and PDLA (Publication IV) were polymerised from D,L-lactide, 
L-lactide, and D-lactide monomers of pharmaceutical grade from 
Corbion/Purac. 

Bioactive glasses 13–93 and NC–5 (Publication I), BG1 (Publication II), BG2 
(Publications II, III), and S53P4 (Publication III) were supplied by Bonalive 
Biomaterials Ltd. The glasses BG1 and BG2 were supplied as fibres with a 
diameter of 13 µm and with a sizing layer of 3-glycidoxypropyltriethoxysilane 
and low molecular weight PCL. Bioactive glass 13–93 (Publication IV) was 
melted at the Laboratory of Inorganic Chemistry, ÅAU, from Belgian quartz 
sand and analytical-grade reagents Na2CO3, K2CO3, MgO, CaCO3, and 
CaHPO4·2(H2O). 

Porous β-TCP granules with a porosity of 60% (chronOS®) were obtained 
from Synthes (Publication III). 

Other reagents and solvents were of analytical or equivalent grade. 

5.2. Methods 
5.2.1. Polymerisation (I–IV) 
ROP was used to prepare PLGA (Publications I–III) and PLA (Publication IV). The 
dry monomers L-lactide, D-lactide, D,L-lactide, and glycolide, and the initiator 
stannous octoate and co-initiator 1-decanol, were weighed in a glove box in inert 
nitrogen atmosphere. The polymerisation was carried out in an argon 
atmosphere by heating the monomers in a round flask at 120°C, inserting the 
initiator and co-initiator through a septum, and polymerising at 150°C for 3–5 h 
with initial stirring. After the polymer had cooled, it was dissolved in a 7-fold 
amount of dichloromethane (w/v) and precipitated in a 6-fold amount of ethanol 
(v/v) to remove unreacted monomers and obtain a polymer precipitate. The 
polymer was thereafter thoroughly dried to remove any residual solvent and 
manually cut to smaller particles. The PLGA was manufactured with a D-lactide-
to-L-lactide ratio of 1:1 and a lactide-to-glycolide ratio of 70:30. 

5.2.2. Scaffold fabrication (I–IV) 
Porous scaffolds were fabricated with gas foaming (Publications I, III), freeze 
drying (Publications II, III), or foam replication techniques (Publication IV). 

Gas-foamed scaffolds were prepared by extruding PLGA into compact rods 
with either 10%, 20%, or 35% of 13–93, NC–5, Mg(OH)2, or low-molecular 
weight PLA mixed into the structure (Publication I), or with PLGA only 
(Publication III). Prior to use, bioactive glass fibres of 13–93 and NC–5 
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(Publication I) were ground into particles of up to 50 µm in size using a ball mill 
(Philips MiniMill). All materials were dried overnight in vacuum at 40°C before 
extrusion and extruded with a single-screw extruder using the temperature 
profile 75–85–95°C. The rods, with a thickness of approximately 5.0 mm 
(Publication I) or 2.8 mm (Publication III), were cut into 16–17 mm long pieces 
and placed in cylindrical polytetrafluoroethylene (PTFE) moulds with an inner 
diameter of 1.5 times the diameter of the rod and with open ends. The moulds 
were placed inside of a pressure-resistant chamber which was filled with carbon 
dioxide at a pressure of 55 bar for a minimum of 10 h. The polymer foams were 
formed as the pressure was quickly released. To complete the expansion, the 
moulds with the expanded rods were placed for 45 s at 80°C and kept thereafter 
inside the moulds for one hour at room temperature (RT). 

Freeze-dried scaffolds (Publications II, III) were manufactured by dissolving 
PLGA in 1,4-dioxane, stirred vigorously overnight, and poured into custom-made 
PTFE moulds with a diameter of 15 mm and a height of 3 mm. Pure PLGA foams 
were prepared from a 5% solution. Composite foams of PLGA and bioactive glass 
were prepared by placing a carded mesh of glass fibres into the moulds and 
immersing them in a 3% polymer solution. The solutions were frozen at −30°C 
for 24 h, freeze-dried for 24 h, and held under vacuum at RT for 48 h. The 
scaffolds were cut in half prior to in vitro analyses. In total, four different 
scaffolds were analysed: two different PLGA-only scaffolds, with different 
molecular weights (Mw 76 300 g/mol and 48 300 g/mol, denoted as PLGA1 and 
PLGA2), and two different composites (PLGA1 with BG1 and PLGA2 with BG2). 

Bioactive glass scaffolds (Publication IV) were manufactured with the foam 
replication technique. A slurry was formed by dissolving 5 wt.% polyethylene 
glycol (35 000 g/mol) in ethanol at 40°C and adding 7.5 wt.% 13–93 granules of 
the size fraction 32–45 µm. The slurry was ball-milled for 30 min to ensure 
homogeneity. After milling, the mean glass granule size was measured as 
20.2 µm with laser light scattering. Cylindrical polyurethane foams with a height 
of 20 mm and a diameter of 18 mm with an open interconnected porosity 
(15 pores per inch) were dipped into the slurry, manually squeezed and released 
to remove any entrapped air, and to completely infiltrate the foam with slurry. 
After removing the foams from the slurry, they were gently blown with air to 
remove excess slurry and to open clogged pores. The foams were dried in fume 
hoods at RT for a minimum of 3 days. The resulting green bodies were thereafter 
heat-treated under nitrogen flushing to burn the polymer and sinter the glass 
according to the following heating scheme: heating from RT to 300°C at 1°C/min, 
heating to 450°C at 0.8°C/min, 30 min hold at 450°C, heating to 670°C at 
0.8°C/min, and 120 min hold at 670°C. After this, the heating was turned off, and 
the furnace was let to cool to RT. The sintered scaffolds were stored in a 
desiccator. A sacrificial polyurethane foam, a green body, and a sintered 
bioactive glass scaffold are shown in Figure 6. 
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Figure 6. Photograph of different stages in the foam replication technique 
(Publication IV): A sacrificial polyurethane foam, a green body, and a sintered 
bioactive glass scaffold. The figure illustrates the size change of the scaffold in 
the sintering step. 
 

For the coating of the glass scaffolds manufactured with the foam replication 
method, solutions of 25 g CHCl3 and either 1.5 g PDLLA, 1.5 g PLLA, or a mixture 
of 0.75 g PDLA with 0.75 g PLLA were prepared. The glass scaffolds were fully 
immersed in the coating solution for 3 min, during which they were placed in a 
vacuum chamber at 600 mbar for 60 s to remove air bubbles. The coated 
scaffolds were then dried overnight in a fume hood at RT, and subsequently 
overnight at RT in <50 mbar pressure. For improved polymer crystallisation, the 
scaffolds were heat-treated under nitrogen atmosphere at 180°C for 60 min. 

5.2.3. Analysis of molecular weight (I–IV) 
The molecular weight of the polymers was analysed with gel permeation 
chromatography (GPC) with an LC-10ATVP HPLC-pump (Shimadzu Corp.), an 
AM GPC Gel 10 µm Linear Column (American Polymer Standards), and a 
Sedex 85 light scattering detector (Sedere). All measurements were performed 
at 40°C with a tetrahydrofuran flow of 1 mL/min and a sample concentration 
of 1 mg/mL. The samples were filtered with 0.22 µm PTFE filters prior to 
analysis. Calibration was carried out with polystyrene standards with a narrow 
molecular weight distribution (Polymer Standards Service). 

The molecular weight analyses with GPC gave information on the number 
average molecular weight (Mn), weight average molecular weight (Mw), and the 
dispersity (Đ), where Đ is defined as Mw/Mn. 

5.2.4. Analysis of scaffold structure (I, II, IV) 
Scanning electron microscopy (SEM) was used to analyse the structure of the 
scaffold cross-sections, with LEO Gemini 1530 by Zeiss (Publications I, IV) or 
with SEM by JEOL Ltd (Publication II), at a 30× to 250× magnification. To 
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preserve the scaffold microstructure, the foam-replicated scaffolds were 
embedded in epoxy resin prior to analysis. 

X-ray microtomography (µCT) was used to analyse the three-dimensional 
structure of the scaffolds with MicroXCT-400 by Zeiss X-ray Microscopy, Inc. 
(Publications II, III) or with SkyScan 1072 by SkyScan (Publication IV). 

5.2.5. In vitro studies (I, II, IV) 
In vitro degradation studies were performed in Tris (Publication I), 
PBS (Publication II), or SBF (Publication IV) solution. Tris was manufactured as 
a 0.1 M solution, and PBS and SBF were prepared with commonly used 
protocols (223,224). Briefly, precisely weighed amounts of salts were dissolved 
in ultrapure water in a predefined order, and the pH was adjusted with 
hydrochloric acid to 7.4 at 37°C. The amount of solution was 1 mL per 3.5 mg of 
scaffold (Publication I), 10 mL per scaffold (Publication II), or 30 mL per 1 g of 
scaffold (Publication IV). The solution-to-scaffold ratios were chosen based on 
the matrix material (polymer or bioactive glass), international standards, and 
practical limitations in the laboratory. 

The immersion times were 4 h, 1 d, 3 d, 1 w, 2 w, 3 w, 5 w, 7 w, and 
10 w (Publication I), 2 w, 4 w, 6 w, 8 w, and 10 w (Publication II), or 2 w, 4 w, 
6 w, and 10 w (Publication IV). The buffer solution was changed weekly 
(Publications I, IV) or fortnightly (Publication II), unless pH exceeded the given 
limits of 7.35–7.45 when the solution was changed weekly. Three (Publication I), 
six (Publication II), or eight (Publication IV) parallel scaffolds were used in the in 
vitro studies per time point. 

Mass loss was defined as the decrease in mass during the course of the 
experiment as a percentage of the original mass. To determine the dimensional 
change of soft scaffolds (Publications I, II), the length and diameter were 
measured both before and after the in vitro experiments. 

5.2.6. Thermal and mechanical characterisation (I, II, IV) 
Differential scanning calorimetry (DSC) was used to determine the Tg, 
crystallisation (Tc), and melting (Tm) temperatures. Heating rates were 
20°C/min (Publication II) or 10°C/min (Publication IV). The value for Tg was 
determined by the half-height between the onset and endset of the transition, 
while the values for Tc and Tm were identified at the peak of their respective 
transitions. 

Thermogravimetric analysis (TGA) was used to analyse polymer and glass 
ratios in composite scaffolds (Publication II). Analyses were conducted with 
10 mg samples that were heated to 800°C with Q500 (TA Instruments).  

Compressive testing (Publication IV) was conducted with an L&W Crush 
Tester (Lorentzen & Wettre), with five parallel scaffolds per time point 
compressed at a rate of 2 mm/min. After the in vitro degradation study, the 
scaffolds were compressed in their wet state immediately after removal from the 
SBF solution, while 0-week scaffolds were compressed in their dry state. The 
value for compressive strength was determined as the peak value up to 33% 
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strain, whereas the toughness was calculated as the integral of the stress-strain 
curve up to 33% strain. The 33% threshold value was chosen to enable a 
sufficient amount of data to be included to account for any variations between 
the parallel scaffolds. 

5.2.7. Bioactivity and magnesium ion release (I, IV) 
The bioactivity of scaffolds manufactured with the foam replication method 
(Publication IV) was studied with SEM coupled with energy dispersive X-ray 
analysis (EDX). The appearance of silica-rich and calcium phosphate reaction 
layers on the glass surface were considered indicative of glass dissolution, as 
well as calcium phosphate precipitation on the coating polymer. 

Magnesium ion release from scaffolds (Publication I) was studied with 
inductively coupled plasma optical emission spectroscopy (ICP-OES) with an 
Optima 5300 instrument (PerkinElmer). The solutions were diluted at a 1:1 
ratio before analysis, with addition of 4 drops of nitric acid per sample. 

5.2.8. In vivo bone regeneration (III) 
For the in vivo study, gas-foamed pure PLGA scaffolds with a diameter of 4 mm 
and a length of 8 mm were manufactured according to Publication I. Freeze-dried 
PLGA–bioactive glass fibre composites of the same size were produced by first 
stacking meshes that had been fabricated as described in Publication II. These 
were then bonded together with an additional freeze-drying procedure with a 
3 wt.% PLGA solution. Prior to the experiments, the scaffolds were sterilised 
with gamma irradiation at a dose of 25 kGy. The experimental scaffolds were 
compared with two commercial bone substitutes, namely S53P4 granules of size 
fraction 500–800 µm and β-TCP granules of size fraction 500–700 µm 
(Figure 7a). 
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Figure 7. The operating procedure for the in vivo study (Publication III): (a) The 
materials used for filling of the osteochondral defect. From left to right: a gas-
foamed PLGA scaffold, a freeze-dried PLGA scaffold with bioactive glass fibres, β-
TCP granules, and S53P4 bioactive glass granules. (b) The defect site marked 
with a black circle in the medial condyle of the femur. (c) The depth of the defect 
marked with a black rectangle. 
 

The fabricated scaffolds and commercial bone substitutes were studied in vivo 
in New Zealand white rabbits. The Finnish National Animal Experiment Board 
had authorised the study (ESAVI/3785/04.10.03/2011), which was conducted 
according to the ethical guidelines and regulations of the Finnish Act on Animal 
Experimentation (62/2006). Lesions of 4 mm in diameter and 8 mm deep were 
created in femoral condyles, with the defects extending into the bone marrow 
space (Figures 7b, 7c). The lesions were either filled with the experimental 
scaffolds, commercial materials (positive control), or left unfilled (negative 
control). The animals received both antibiotic prophylaxis as well as 
preoperative and postoperative analgesics. After 12 weeks, the animals were 
euthanised, and the operated and non-operated contralateral knees were 
photographed and evaluated macroscopically, imaged with µCT (Zeiss Xradia 
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MicroXCT–400), and thin slides were stained with Masson–Goldner trichrome 
stains for histological analysis of the tissue (Zeiss AxioImager Z1). For 
quantitative µCT analysis, the BoneJ plugin for Fiji software was used (225,226). 

5.2.9. Statistical analysis (I–IV) 
The data are presented as average values ± standard deviations. Statistical 
analyses were performed to find differences between groups, and differences 
were considered significant at p values <0.05. Statistical tests that were used 
included analysis of variance (ANOVA) with linear models (Publication I), the 
Mann–Whitney U test (Publication II), permutation ANOVA with Holm 
adjustment (Publication III), and ANOVA with linear and mixed models 
(Publication IV). 
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6. Results and discussion 

The in vitro degradation of PLGA-based gas-foamed (Publication I) and freeze-
dried (Publication II) scaffolds for bone regeneration was studied, followed by 
an in vivo study of chosen scaffolds (Publication III). Results from these three 
articles are presented and discussed in sections 6.1–6.5. The last study 
(Publication IV) was conducted to evaluate the mechanical properties and in 
vitro degradation in SBF of various PLA coatings with different 
stereochemistries, intended for use as coatings for bioactive glass scaffolds. 
Results from the last study are presented and discussed in section 6.6. 

The purpose of Publication I was to create and characterise highly porous 
magnesium-releasing scaffolds to facilitate bone regeneration. The magnesium 
release especially from magnesium hydroxide was of high interest, as it is a 
slowly soluble salt in water, and there were few studies on its use in scaffolds 
before our experiment. The gas-foamed PLGA scaffolds contained 10%, 20%, 
or 35% of bioactive glass particles (NC–5 or 13–93) or magnesium hydroxide. 
20% low-molecular weight PLA was used as an alternative filler. To allow for 
precise measurements of magnesium release, the degradation study was 
conducted in Tris solution. 

Publication II was conducted to study the manufacturing and degradation 
properties of freeze-dried scaffolds of PLGA with embedded bioactive glass 
fibres, with focus on the dimensional stability. The scaffolds contained PLGA of 
two different molecular weights, with or without incorporation of bioactive 
glass fibres (BG1 or BG2) in their structures. Many porous polymer-based 
scaffolds manufactured with different techniques suffer from poor dimensional 
stability, and this research was an attempt to overcome that challenge. 

In Publication III, a gas-foamed (pure PLGA) and a freeze-dried scaffold 
(PLGA with BG2 fibres) were compared with commercial bone graft substitutes 
(β-TCP and S53P4 granules) and spontaneous bone repair in vivo. An 
osteochondral defect model was introduced for this purpose. The experimental 
scaffolds were chosen based on older data and on results in Publications I and 
II. Direct comparisons of commercially available bone substitutes are 
surprisingly rare in the literature, which added value to this study. 

In Publication IV, we performed mechanical and degradation testing for 
different PLA stereochemistries as coatings on bioactive glass scaffolds. There 
were few previous reports on the compressive properties of PLA SC, and with 
this study we aimed at providing a thorough comparison between PLA SC and 
amorphous as well as homocrystalline PLA. The reaction layer formation 
within the polymer-coated glass scaffolds was also of special interest. 

The choice of PLGA as scaffold material in the first three articles was based 
on extensive previous knowledge and clinical use of the material. In exploring 
modifications to established manufacturing methods, it is advantageous to 
employ the most suitable material for the intended purpose, rather than 
introducing uncertainty with a new material. Additionally, one of the main 
hindrances in bringing new scaffolds to the market has been the use of novel 
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materials, which have a significantly longer regulatory path before potential 
acceptance. We chose PLA for the last article as we wanted to address a lack of 
knowledge in some of the fundamental aspects of the different stereochemical 
forms of the polymer.  

6.1. Structure of polymer-based scaffolds (I, II) 
The gas-foamed (Publication I) and freeze-dried (Publication II) PLGA-based 
scaffolds were highly porous with an overall porosity of >90%. A high porosity 
provides ample volume for bone growth and reduces the amount of scaffold 
material that the tissue must metabolise during the degradation. The pore wall 
thickness of the freeze-dried scaffolds was higher for composite scaffolds 
containing bioactive glass fibres compared with plain PLGA-based scaffolds. 

 

 

Figure 8. The structure of gas-foamed scaffolds with different fillers after 1 day 
of immersion in Tris buffer solution at 37°C (Publication I) as visualised with 
SEM : (a) 13–93 20%, (b) NC–5 20%, (c) Mg(OH)2 20%, and (d) PLA 20%. 
 

The soft PLGA-based scaffolds enabled manual elastic compression of the 
structure, allowing the scaffolds to be press-fitted into the lesions created in 
the in vivo study (Publication III). The bioactive glass and magnesium 
hydroxide fillers were well distributed within the scaffolds. 

The structure of the gas-foamed scaffolds varied based on the type of filler 
used (Figure 8). After the initial shrinkage that occurred as the scaffolds were 
immersed in SBF, the scaffolds with bioactive glass particles contained pores 
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which were mostly 50–150 µm in diameter. Both the purely polymer-based and 
the magnesium hydroxide-containing scaffolds had larger pores, mostly in the 
range of 100–500 µm. For all gas-foamed scaffolds, the pore interconnectivity 
was rather low, with a majority of the pores appearing closed in the cross-
sectional analysis, with only approximately one-third of the pores being open. 
Similar pore structures have been obtained with gas foaming of PLGA-based 
materials (227). 

 

 

Figure 9. The structure of freeze-dried PLGA scaffolds before degradation tests 
as visualised with SEM (Publication II). Scale bars 100 µm. 

 
In contrast to the gas-foamed scaffolds, the freeze-dried scaffolds primarily 

exhibited interconnected open porosity, as visualised with SEM (Figure 9) and 
µCT (Figure 10). However, the pores were significantly smaller, with the 
majority of pores less than 100 µm in diameter. The average pore size of the 
composite scaffold containing BG2 fibres was the largest, with a fraction of the 
pores as large as 250 µm.  

Pore size and interconnectivity are critical factors that influence the 
potential for bone tissue ingrowth. It is commonly believed that pore sizes 
above 100 µm support bone ingrowth, while larger pores, approximately 300–
700 µm, are thought to be essential for efficient vascularisation within the 
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scaffold structure (81–83). However, in some experimental setups, bone 
growth has been observed even in smaller pores, as low as 50 µm (84), whereas 
others propose significantly larger pore sizes of 700–1200 µm to be optimal for 
bone regeneration (228). As the transport of nutrients and oxygen further into 
the scaffold structure is dependent on vascularisation, it is necessary that the 
scaffold enables, and preferentially promotes, rapid blood vessel formation. 

Given that the pores in the gas-foamed scaffolds were primarily larger than 
100 µm in size, the pore size should be sufficient to support bone ingrowth. 
However, the largely closed-cell porosity is not preferable, as the pore 
structure would limit the possibilities for bone tissue to grow into the scaffold 
structure until the pore walls were degraded. In contrast, for the freeze-dried 
scaffolds, while the pore interconnectivity was good, the pore size might be 
considered somewhat small in terms of its potential to support bone tissue 
growth. 

 

 

Figure 10. The structure of freeze-dried PLGA scaffolds before degradation 
tests as visualised with µCT (Publication II). Green colour = PLGA, blue colour = 
bioactive glass fibres. Scale bars 250 µm. 
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6.2. Dimensional stability of polymer-based scaffolds (I, II) 
When the gas-foamed and purely PLGA-based freeze-dried scaffolds were 
immersed in the degradation media at 37°C, they underwent significant 
shrinkage, with a decrease in diameter of approximately 20–40% (Figure 11). 
The decrease was smaller for the scaffolds with bioactive glass fillers compared 
with the magnesium hydroxide-containing scaffolds. This shrinkage aligns with 
previously reported findings for fibrous and gas-foamed scaffolds, as well as 
for foams produced by particulate leaching (227,229,230). However, the 
addition of bioactive glass fibres yielded scaffolds which were dimensionally 
stable when immersed in the degradation medium. 
 

 

 

Figure 11. Change in normalised diameter of gas-foamed PLGA scaffolds after 
immersion in Tris buffer solution (Publication I). Error bars indicate standard 
deviations. 
 

Maintaining the dimensional stability of scaffolds for tissue regeneration is 
desirable. Biologically, scaffold shrinkage after implantation may result in 
displacement, which could negatively affect its tissue regeneration potential. 
From a regulatory perspective, significant dimensional changes present 
challenges because of their unpredictable behaviour. 
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The shrinkage of the porous scaffold structures may be associated with their 
Tg. If the transition occurs close to 37°C, the mobility of the polymer chains may 
drastically increase at that temperature, which would enable relaxation of the 
polymer structure and shrinkage of the scaffold. Initially, the measured Tg 
values of the PLGA polymers were approximately 51°C. During the freeze-
drying and gamma irradiation procedures (Publication II), the Tg values 
decreased by approximately 10°C, reaching close to body temperature. A 
polymer with a higher molecular weight, and therefore a higher Tg, may exhibit 
improved dimensional stability because of reduced chain relaxation at body 
temperatures. Cross-linking the polymers after processing them into porous 
structures may also prevent shrinkage, but the cross-linking would have a 
significant impact on the degradation rate and degradation behaviour of the 
polymers. Another potential approach to reduce shrinkage is to heat-treat the 
scaffolds before use, even though this may result in the formation of warped 
scaffold structures, without precise control of the outcome. Both pre-heating 
and cross-linking methods are associated with uncertainties, which may affect 
the regulatory approval processes negatively. 

After the initial shrinkage in the degradation medium, the gas-foamed 
scaffolds experienced significant swelling. After seven weeks of immersion in 
Tris, the purely polymeric and the bioactive glass-containing scaffolds had 
either regained their original dimensions or exceeded them. In contrast, the 
scaffolds containing magnesium hydroxide did not regain their original 
dimensions. This may have resulted from the significantly higher mass loss that 
was observed for the magnesium hydroxide-containing scaffolds, which could 
limit the swelling potential. The freeze-dried scaffolds also swelled, showing an 
increase in height of 45–100% after 8 weeks of immersion, with no substantial 
differences between purely PLGA-based and PLGA–bioactive glass composite 
scaffolds. 

The swelling of the polymer-based scaffolds results from the absorption of 
water into their structure. However, within an in vivo environment, 
surrounding tissue would likely obstruct such an expansion. 

6.3. In vitro degradation of polymer-based scaffolds (I, II) 
PLGA degrades rapidly in water. Additionally, its molecular weight decreases 
during both melt processing and sterilisation by gamma irradiation. In the gas-
foaming study (Publication I), the Mw of as-polymerised PLGA was 
approximately 110 000 g/mol, and either 76 000 g/mol (PLGA1) or 
48 000 g/mol (PLGA2) in the freeze-drying study (Publication II). During 
extrusion processing of PLGA into rods for gas-foaming, the Mw decreased by 
approximately 25–50%. In the freeze-drying process, the decrease was 
approximately 10–20%, with an additional 25–30% reduction during 
sterilisation by gamma irradiation. The gas-foamed scaffolds were not 
sterilised prior to the in vitro degradation tests. 

The molecular weight of both the gas-foamed and freeze-dried scaffolds 
decreased during the immersion in the buffer solutions. The Mw of gas-foamed 
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scaffolds with magnesium hydroxide decreased less than that of scaffolds with 
bioactive glass granules. This difference may stem from the smaller granule 
size of magnesium hydroxide, which leads to the creation of a large number of 
small pores within the scaffold structure as it is dissolved. This may enable 
easier leaching of low-molecular-weight PLGA fragments into the solution. 
Measurement of the remaining solid polymer would therefore not correctly 
reflect all degradation phenomena of the polymer, because the solubilised low-
molecular-weight components are not included in the analysis. 

The inclusion of bioactive glasses into the polymer neutralises the acidic 
degradation products of PLGA. The effect was observed in both gas-foamed and 
freeze-dried scaffolds containing bioactive glass. This probably contributed to 
the slower molecular weight decrease and lower mass loss of the bioactive 
glass-containing freeze-dried scaffolds (Publication II). Neutralising the 
environment of degrading PLGA, or other polymers with acidic degradation 
products, may be beneficial for the biological efficacy of bone regeneration 
scaffolds. Acidic pH can be detrimental to bone healing, especially after the 
initial inflammatory phase, whereas slightly alkaline conditions may favour 
bone regeneration processes (231–234). 

Over the first 7 weeks of immersion in Tris solution (Publication I), the mass 
loss of bioactive glass-containing gas-foamed scaffolds was small (Figure 12). 
After that, the mass loss accelerated markedly, with the highest losses for 
scaffolds with the least amount of bioactive glass. This may be partly explained 
by the slower dissolution of the glass compared with the degradation rate of 
the polymer. However, the mass loss for NC–5-containing scaffolds was higher 
than for 13–93 scaffolds, even though 13–93 dissolves more rapidly. The 
difference may be explained by the stronger pH-neutralising effect caused by 
the higher rate of dissolution. This effect reduces the degradation rate of the 
PLGA and delays the autocatalytic degradation process. Therefore, the higher 
bioactive glass content also protects the polymer from degrading. 

There was a substantial difference in mass loss between magnesium 
hydroxide-containing gas-foamed scaffolds and those containing bioactive 
glass. The scaffolds with magnesium hydroxide experienced a rapid initial mass 
loss, which was higher than the amount of magnesium hydroxide that they 
contained. Magnesium hydroxide has a rather low solubility in water, but with 
the high surface area and in the low concentrations present in this study, it was 
expected that most of the salt would dissolve quickly. The strong increase in 
local pH and the increased surface area created by the dissolution of the 
magnesium hydroxide were probably significant contributing factors to the 
mass loss of the polymer. 
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Figure 12. Mass loss of gas-foamed PLGA scaffolds with different filler content 
after immersion in Tris buffer solution (Publication I). Error bars indicate 
standard deviations. 

6.4. Magnesium release from gas-foamed scaffolds (I) 
Magnesium ion release from the magnesium-containing gas-foamed scaffolds 
was studied with ICP-OES (Publication I). Largely dose-dependent levels of 
magnesium ions were released into the Tris buffer from scaffolds with 
magnesium hydroxide or magnesium-containing bioactive glass (Figure 13). 
The release from scaffolds containing 13–93 was initially two to three times 
higher than from scaffolds containing NC–5, despite their largely similar 
magnesium content (5 wt.% vs 4 wt.%), indicating a significantly higher 
dissolution rate for glass 13–93. The magnesium release from scaffolds 
containing magnesium hydroxide occurred initially at a rapid rate, with 
substantially lower release levels after the first three weeks of degradation. 
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Figure 13. Magnesium release from gas-foamed PLGA scaffolds with 
magnesium-containing fillers into Tris buffer solution (Publication I). Error 
bars indicate standard deviations. 
 

The reason for the addition of magnesium into the scaffold structure was to 
promote bone healing in an environment where it may be compromised by 
antibiotic use. Quinolones, which are a commonly used class of antibiotics for 
prevention of bacterial infections (prophylaxis), can lower magnesium levels 
in bone tissues by forming magnesium complexes. This may have an adverse 
effect on bone regeneration (235). To compensate, magnesium may be 
administered either systemically or locally, and magnesium supplementation 
has been found to be favourable for chondrocytes treated with 
quinolones (235). In our study, magnesium was readily released with different 
release profiles, indicating that the negative effects of quinolone prophylaxis 
may be countered. However, the use of quinolones in surgical prophylaxis is 
decreasing because of the growing concerns of antimicrobial resistance (236). 

According to previous studies, magnesium is beneficial for bone healing by 
promoting bone marrow stromal cell proliferation and by increasing bone cell 
adhesion and stability (237–239). The role of magnesium ions in the bone 
healing cascade appears to be complex, with a favourable effect during the 
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early inflammatory stage, and possibly an inhibiting effect later in the 
regeneration process (240). The rapid early release of magnesium from 
magnesium hydroxide-containing scaffolds could therefore be particularly 
beneficial for the bone regeneration process, with a strongly diminishing 
release later during the scaffold degradation. 

In this study, the initial concentrations of released magnesium in the 
degradation medium were in the order of 100–700 mg/L for scaffolds with 
magnesium hydroxide and approximately 2–7 mg/L for those with bioactive 
glass. These concentrations translate to roughly 4–30 mM and 0.1–0.3 mM, 
respectively. A magnesium concentration of approximately 10 mM may be 
beneficial for bone forming cells, but significantly higher concentrations than 
that may be detrimental (238,239). Although the concentrations released from 
magnesium hydroxide-containing scaffolds seem superficially to have the 
correct order of magnitude, the in vivo conditions for cells and scaffolds differ 
significantly from in vitro experiments with simulated body fluids, and direct 
comparisons are challenging. 

6.5. Tissue regeneration in vivo (III) 
The capability of gas-foamed PLGA- and freeze-dried PLGA–bioactive glass 
scaffolds to repair osteochondral defects in comparison with commercial β-TCP 
and S53P4 bioactive glass granules was studied in vivo, with empty defects as 
negative controls (Publication III). The synthetic bone graft substitutes were 
inserted into rabbit femoral condyles for 12 weeks. The defect model was 
designed to provide information on the repair of bone tissue within an 
osteochondral defect, with a possibility to also study the potential (but unlikely) 
repair of cartilage tissue. The volume and structure of bone were examined with 
µCT, and histological analysis enabled identification of the quality of the 
tissues (Figure 14). 

Macroscopically, all defects appeared filled after the 12-week implantation 
time, with no significant depressions appearing at or near the defect site. The 
surface was uneven and differed in colour from the surrounding cartilage. 

Based on µCT analysis, the bone tissue seemed to grow from the edges 
towards the middle of the defect, with the volume between newly formed bone 
trabeculae consisting of connective tissue and bone marrow. The defects filled 
with gas-foamed PLGA or left empty exhibited growth of both bone and fibrous 
tissue, whereas the defects filled with freeze-dried PLGA–bioactive glass 
exhibited substantial fibrous tissue formation. 

Commercial β-TCP displayed the highest bone volume fraction, exceeding that 
of the non-operated contralateral knee by 14 percentage points. The µCT results 
for the trabecular thickness, trabecular spacing, and trabecular number, as well 
as the histological examination, indicate that there was ample bone growth 
within β-TCP and S53P4 granules, whereas the results for gas-foamed PLGA 
were largely similar to the defects left empty. The worst bone regeneration was 
surprisingly observed for the freeze-dried PLGA–bioactive glass scaffolds. 
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Figure 14. Best (a) and worst (b) tissue regeneration with different bone graft 
substitutes or with spontaneous repair after 12 weeks of in vivo implantation 
(Publication III), as visualised with µCT or through histological staining. A non-
operated contralateral control is also shown (c), as well as a close-up of bone 
growth for β-TCP substitute (d) with osteoids (arrows) and mineralised bone 
(arrowheads) marked. Scale bars 4 mm in (a)–(c) or 500 µm (d). 

 
The predominantly closed-cell porosity of the gas-foamed PLGA scaffolds 

probably contributed significantly to the unsatisfactory results, as the bone-
forming cells would have limited possibilities to enter inside of the scaffold. The 
significant shrinkage of the scaffold after implantation may also have 
contributed, as it may have detached the scaffold from the defect edges. These 
gas-foamed PLGA scaffolds with suboptimal pore structure and without any 
biologically active materials such as bioactive glasses were used because of the 
allegedly promising results in an earlier in vivo study with similar scaffolds. 
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However, the results of that study had not been published, and in later analysis 
it was found that the tissue regeneration results were not on the level as 
originally thought, and the regenerated tissue mainly consisted of fibrous scar 
tissue (results not published). 

Our initial hypothesis was that the freeze-dried PLGA scaffolds with bioactive 
glass fibres would be well suited for bone growth, due to their highly 
interconnected porosity and the bioactive properties of the glass fibres. Although 
the pore sizes were not optimal, there was previous in vivo evidence that bone 
growth within pores in this size range should be possible. Despite that, the 
unsatisfactory results may have mostly resulted from lack of suitable porosity. 
The porosity would probably not allow for vascularisation throughout the 
scaffold structure, which would inhibit tissue growth inside the scaffold. 
Additionally, absorption of water by PLGA would cause swelling of the structure, 
followed by an additional decrease in pore size, which could have a further 
negative impact on the tissue regeneration process. 

It was not confirmed whether there was significant HCA layer formation on 
the scaffold surfaces. The sizing of the glass fibres with polycaprolactone at least 
initially limits their dissolution rate, with a further limiting contribution from 
embedding the fibres in a freeze-dried PLGA matrix. It is possible that the 
reactivity of the glass was slow, with a delayed or possibly even totally inhibited 
formation of an osteoconductive HCA-layer on the scaffold surface. This would 
significantly reduce the biological benefits of incorporating bioactive glass in the 
polymer structure. 

The substantial bone growth within the defects that were left empty indicates 
that the defects were potentially close to the critical size limit. Over time, it is 
possible that the empty defects would have healed fully, at least with regard to 
bone tissue. The inadequate bone formation within the experimental scaffolds, 
coupled with the long 12-week repair time, should therefore not have resulted 
from the employed surgical technique. 

None of the tested materials adequately regenerated cartilage, which is 
consistent with previous studies on similar materials (241,242). To heal the 
entire osteochondral defect, a distinct layer for cartilage regeneration seems 
necessary. 

6.6. Influence of PLA stereochemistry (IV) 
Foam-replicated 13–93 bioactive glass scaffolds with interconnected porosity 
coated with amorphous PDLLA, semicrystalline PLLA, or stereocomplex PLA SC 
were investigated in vitro (Publication IV). The aim of the experiment was to 
explore differences in the degradation and mechanical properties of the coatings 
over a time period of 10 weeks. 

The porosity of the scaffolds was on average 76%, consisting of open 
interconnected porosity. The pore sizes were highly variable, with the majority 
of pores between 500 µm and 1500 µm (Figure 15). The polymer coating on the 
scaffolds was mostly located inside of the scaffold structure, with less coating 
closer to the outer edges. This was due to the coating technique that involved 
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gentle blowing of the scaffolds after the coating to open clogged pores, but 
simultaneously decreasing the amount of polymer close to the scaffold surface. 
The uncoated scaffolds seem to have smaller pore size than the coated ones, as 
the smallest pores of the coated scaffolds may have been obstructed by the 
polymer coating. 

 

 

Figure 15. Pore size distribution of foam-replicated bioactive glass scaffolds 
(Publication IV) as analysed with µCT. 
 

The PLA coating morphology was studied with DSC both before and after a 
10-week immersion in SBF. For PDLLA, the only transformation that could be 
observed was the Tg, indicating the purely amorphous nature of the polymer. For 
PLLA and PLA SC, both glass transition peaks and melting peaks were apparent, 
indicating their semicrystalline nature (Figure 16). The melting peak for PLLA 
before immersion at 183°C indicated homocrystallinity, whereas the melting 
peak for PLA SC before immersion at 225°C indicated stereocomplex 
crystallinity. For most PLA SC scaffolds, no peaks indicating homocrystal melting 
could be detected. The only exception was a melting peak for one 10-week 
PLA SC scaffold at 176°C, indicating a small quantity of homocrystallinity. 
Because the polymers were studied as coatings on glass scaffolds, no quantitative 
analysis could be made from the melting enthalpies with regard to the amount 
of crystallinity, as a significant and unmeasured amount of glass was present in 
the analysed samples. 
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Figure 16. DSC analysis results of 0-week foam-replicated bioactive glass 
scaffolds for PDLLA, PLLA, and PLA SC coatings (Publication IV). The curves 
illustrate the phase transitions of the different polymers. 
 

The pH of the solution peaked during the first three weeks of immersion 
(Figure 17), because of the ion exchange reactions at the glass surface that 
caused a decrease in the H+ concentration. The initial pH peak was significantly 
stronger for the uncoated scaffolds than for the coated scaffolds. While the pH 
peak is believed to contribute to the antimicrobial properties of the glass (216), 
it may also have harmful effects for the surrounding tissue (127). After the 
initial weeks, the pH values remained between pH 7.3 and 7.6. As the 
immersion solution was replenished every week to fresh SBF, the deviations 
from pH 7.4 were not cumulative in nature. 
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Figure 17. The evolution of pH of SBF solution for foam-replicated bioactive 
glass scaffolds with different PLA coatings or without coating (Publication IV). 
As the immersion solutions were replenished weekly, any deviations from the 
original pH 7.4 are not cumulative. 

 
Bioactive glass dissolution layers were observed with SEM-EDX (Figure 18). 

Calcium phosphate and silica-rich reaction layers on the bioactive glass surface 
were apparent for both uncoated and PLA-coated scaffolds at all time points, 
with significant thickening and increase in coverage of the layers over time. 
Notably, for coated scaffolds, the calcium phosphate precipitation formed 
mostly on the polymer surface. This phenomenon, which has been observed 
also in earlier studies (243–246), should provide a favourable surface for bone 
growth even where the bioactive glass would not be directly exposed to its 
surroundings. 
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Figure 18. Reaction layers on foam-replicated bioactive glass scaffolds after 10 
weeks of immersion in SBF solution (Publication IV) as cross-sectional SEM 
images: (a) uncoated glass scaffold, (b) glass scaffold with PDLLA coating, 
(c) glass scaffold with PLLA coating, and (d) glass scaffold with PLA SC coating. 
Arrows of different colours indicate calcium phosphate layer (white), silica-
rich layer (black), and polymer coating (grey). Scale bars 200 µm. 
 

The scaffolds were compression tested both before immersion in their dry 
state and after immersion in their wet state (Figures 19a, 19b). The uncoated 
glass scaffolds were brittle. The coatings improved the toughness of the glass 
scaffolds, with an approximately four-fold increase in toughness for coated 
scaffolds compared with uncoated scaffolds before immersion, and a two-fold 
increase after immersion. The coated scaffolds had also higher compressive 
strength than the uncoated scaffolds, but the difference was not as pronounced. 
Among the different PLA coatings, the toughness of PLA SC coatings was similar 
to the homocrystalline PLLA coatings, but significantly higher than for the 
amorphous PDLLA coatings. 
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The decrease in toughness and strength after wetting of the coated scaffolds 
may have resulted from two concurrent phenomena. The absorption of water 
into the polymer structure may have contributed with a plasticising effect on 
the amorphous part of the polymer chains, and water entering between the 
coating and the glass surface may have detached the coating from the glass.  

 

 

Figure 19. Properties of the PLA-coated bioactive glass scaffolds after 
immersion in SBF solution (Publication IV): (a) compressive toughness, 
(b) compressive strength, (c) absorbed water, and (d) mass loss. Error bars 
indicate standard deviations. 

 
It would have been possible to produce glass scaffolds with higher strength, 

for instance, by extending the sintering time, or by using sacrificial polymer 
templates with a different architecture. However, this could have reduced the 
porosity of the scaffolds. Additionally, the purpose of the tests was to evaluate 
differences between the different PLA morphologies, and stronger scaffolds 
could have overshadowed these differences. 

Water absorption levels differed between PLA SC and the other scaffolds 
(Figure 19c), with a significantly higher absorption for PLA SC. The mass loss was 
small for all scaffolds throughout the study duration, with the highest mass loss 
measured for uncoated scaffolds (Figure 19d). 

Stereocomplexation has not yet been widely utilised in medical device 
research outside of drug delivery applications (247). PLA SC has good 
mechanical strength and a significantly higher melting temperature than that 
of homocrystalline PLA, with potential for creating purely PLA-based highly 
crystalline mechanically robust structures with spatially varied properties. 
With well-tuned processing conditions and by utilizing, for instance, additive 
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manufacturing techniques, this could enable manufacturing of single- or multi-
material constructs with finely tuned mechanical properties. 

The modulus, strength, and ductility are central parameters to consider 
when designing scaffolds for bone regeneration. A soft scaffold can be easy to 
operate and fit into a defect, but it does not allow for weight-bearing after the 
operation. A stiff and strong scaffold may allow some load-bearing, but it may 
be more demanding to shape it to fit the defect, unless it is manufactured as a 
patient-specific implant according to three-dimensional imaging of the defect. 

The findings in this study demonstrate the potential for modification of 
scaffold properties with suitable coatings, not only with regard to the polymer 
type, but also to the stereochemical characteristics of the polymer. Already a 
small amount of coating, in this case approximately 3% compared to the glass 
scaffold mass, brought substantial differences to the scaffold properties. 
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7. Conclusions and future perspectives 

In the first two articles within the thesis, we studied the dimensional stability 
of PLGA-based gas-foamed and freeze-dried scaffolds in vitro. All gas-foamed 
and the purely polymeric freeze-dried scaffolds experienced significant 
shrinkage. However, embedded bioactive glass fibres acted as a skeleton within 
the structure of freeze-dried scaffolds and provided good dimensional stability 
without any substantial shrinkage. For both gas-foamed and freeze-dried 
polymer scaffolds, a pH stabilizing effect was achieved by adding bioactive 
glass into the scaffold structure. 

Local administration of magnesium into a bone defect site may promote 
bone regeneration. We studied the magnesium release from polymer-based 
gas-foamed scaffolds with a relatively easily soluble magnesium salt, 
magnesium hydroxide, and with two different magnesium-containing slowly 
resorbable bioactive glasses. The release of magnesium was up to two orders 
of magnitude higher and more rapidly decreasing for magnesium hydroxide 
than for the bioactive glasses. As there is evidence that magnesium 
supplementation may enhance bone growth especially early in the 
regeneration process, magnesium hydroxide may be a suitable, slowly 
dissolving salt for use in bone regeneration scaffolds. 

To study the ability of the developed PLGA-based scaffolds to heal 
osteochondral defects in vivo, we compared gas-foamed purely PLGA-
containing scaffolds and freeze-dried PLGA–bioactive glass composite scaffolds 
with clinically used β-TCP and bioactive glass S53P4. While the commercial 
materials efficiently regenerated bone tissue, the results from the experimental 
scaffolds were unsatisfactory. The largely closed porosity of the gas-foamed 
PLGA scaffolds, coupled with significant shrinkage of the structure, probably 
contributed negatively to the performance of these scaffolds. In contrast, the 
freeze-dried scaffolds with bioactive glass fibres had well interconnected 
porosity, and they were dimensionally stable. However, the pore sizes of these 
scaffolds were probably too small to enable vascularisation throughout the 
scaffold structure, which may be the explanation for their performance. With 
an improved pore size range, which may be possible to achieve by modification 
of the manufacturing parameters, the freeze-drying method could be an 
efficient method for producing highly porous bone regeneration scaffolds. 

PLA is an interesting biomaterial because, despite having the same chemical 
formula, different stereoisomeric forms of PLA can exhibit markedly different 
properties. In the final publication, we investigated these properties by coating 
porous foam-replicated bioactive glass scaffolds with either fully amorphous, 
homocrystalline, or stereocomplex PLA, and studied their mechanical 
properties and in vitro degradation behaviour. Despite constituting only 
3 wt.% of the glass scaffold mass, the coatings significantly enhanced the 
toughness and strength of the scaffolds, with a four-fold difference for the dry 
scaffolds prior to their immersion in SBF. The coated scaffolds would therefore 
be significantly easier to handle during surgery. The polymeric coating was 
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found to moderate the initial basic pH peak caused by glass dissolution, which 
would potentially reduce any negative impact to the surrounding host cells and 
tissues in vivo. Furthermore, the calcium phosphate layer resulting from the 
dissolution of the bioactive glass was primarily formed on the surface of the 
polymer coating, creating a favourable substrate for the adhesion of bone-
forming cells. 

It is important to consider the manufacturing techniques for medical devices 
such as scaffolds for tissue regeneration. While certain methods are well suited 
for research work, they may not be equally well suited for clinical use due to 
the regulatory requirements. For example, the foam replication method is an 
innovative process for manufacturing scaffolds with desirable porosity. 
However, the manual work that is required in the manufacturing of the green 
bodies, and the shifting of the dimensions during the sintering step, led to 
significant individual variation in the final scaffolds. This may be challenging to 
overcome from a regulatory perspective. Consistency in the production 
process, with minimal variation among parallels, is beneficial even in basic 
research. 

For potential clinical translation, focusing on the biological requirements for 
bone regeneration and conducting research with simple, reproducible 
structures is important. Thorough evaluation of the implants in clinically 
relevant in vivo models is also crucial. For instance, various additive 
manufacturing techniques, recently adopted for scaffold manufacturing, allow 
for precise control over the scaffold structure and even enable the creation of 
individually tailored implants based on the size and shape of the defects. 
Additive manufacturing also offers a better repeatability than several other 
manufacturing methods. Although promising, very few products are currently 
clinically available, and optimization of both design and material choices is 
necessary. With continued research and innovation, advanced bone 
regeneration implants have the potential to significantly improve the 
treatment of clinically demanding bone defects.  
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ABSTRACT: Magnesium is important for both bone growth and cartilage formation. However, the postoperative intake of antibiotics

such as quinolones may cause a reduction in magnesium levels in tissue. The addition of magnesium to scaffolds may therefore be

beneficial for the regeneration of osteochondral defects. In this study, porous composite scaffolds were produced by gas foaming of

poly(D,L-lactide-co-glycolide) (PLGA) rods with magnesium-containing bioresorbable glasses and magnesium hydroxide as fillers. The

in vitro hydrolytical degradation of the composite scaffolds in Tris buffer was followed over a 10-week period. Mg21 was released in a

controlled manner from the scaffolds with varying release profiles between the different materials. Higher glass content resulted in a

reduced mass loss compared to scaffolds with lower glass content. As a result of the foaming method, the scaffolds shrank initially,

without evidence that the addition of hydrophilic fillers would decrease the initial shrinkage. VC 2015 Wiley Periodicals, Inc. J. Appl. Polym.

Sci. 2015, 132, 42646.
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INTRODUCTION

Poly(a-hydroxy acids) such as poly(D,L-lactide-co-glycolide)

(PLGA) are biocompatible and biodegradable polymers, which

can beneficially be used for the regeneration of bone tissue.1,2

PLGA is hydrolytically unstable and the absorption of water into

the polymer matrix causes scaffold degradation and gives space

for tissue growth. The PLGA chains degrade in aqueous environ-

ments by random chain scission into acidic water-soluble low-

molecular-weight fragments.3,4 Bone growth is negatively

impacted by acidic pH5–7 and it has been suggested that it may

be advantageous to reduce the acidity of PLGA scaffolds for bone

regeneration.8 It has even been suggested that increasing the pH

from physiological values improves new bone formation.9

Composite materials of biodegradable aliphatic polyesters con-

taining bioresorbable glasses generally exhibit improved mechani-

cal properties compared to their constituents, and bioresorbable

glasses also have a neutralizing effect on the acidity which is

caused by the polyester degradation products.2,10,11 Composites

of biodegradable polymers containing bioresorbable glasses have

been widely studied and they effectively combine the flexibility

and degradation properties of polymers and the strength and

potential bioactivity of the inorganic glass phase.12,13

Magnesium deficiency has been shown to negatively impact

bone tissue and bone growth in animal models by increasing

the osteoclast number,14 reducing the bone mineral content and

the volume of bone,15,16 and inducing osteoporosis.17,18 There is

also clinical evidence of negative effects of magnesium defi-

ciency on bone tissue.18,19 In addition, magnesium deficiency

has been proven to have a negative effect on bone tissue around

osseointegrated implants.20,21

It has been found that the magnesium levels in tissue are

decreased by certain antibiotics, quinolones, which potentially

contributes to the formation of cartilage defects.22 This is of

special concern because quinolones are used in orthopedic sur-

gery to reduce the risk of infection.23 Supplementary magne-

sium reduces the quinolone-induced damage to chondrocytes.22

The bioavailability of quinolones can be reduced by coadminis-

tration with magnesium, which may encourage the use of differ-

ent administration routes for quinolones and magnesium.24

Magnesium and its alloys have been found to be suitable for the

production of orthopedic implants.25 Mesoporous magnesium

silicate has enhanced the efficiency of new bone formation in

bone defects in rabbits26 and magnesium-containing alloys have

been found to favor bone growth also in rats27 and guinea
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pigs.28 Magnesium ions enhance the proliferation of human

bone marrow stromal cells and support mineralization of the

extracellular matrix.29 Biomimetic scaffolds with added magne-

sium ions have been shown to favor osteochondral tissue regen-

eration in a clinical trial30 and the beneficial effects of

magnesium to chondrocyte proliferation and cartilage formation

have been proven in several studies as well.31–33 Pure magne-

sium corrodes to Mg(OH)2 in aqueous environments.34 The

addition of Mg(OH)2 to PLGA has been shown to neutralize

the acidic environment inside the scaffold.35 In several studies,

it has been proven that magnesium-doped bioresorbable glasses

are biocompatible, but because no undoped control groups have

been used, the potential osteogenic effects of magnesium release

from the glasses remain unproven.36

Shrinkage in physiological conditions is a typical but generally

unwanted characteristic for several different types of polymeric

structures and scaffolds used in biomedical applications. It has

been reported for polylactic acid fibres,37 microparticles,38 and

nanofibrous39 and gas-foamed40 scaffolds. Also foams produced by

particulate leaching have been observed to shrink.41,42 Shrinkage of

polymeric scaffolds occurs when stretched amorphous polymer

chains are able to relax when the internal energy of the polymer

matrix increases, e.g., through an increase in the temperature or a

decrease in the strength of intermolecular interactions.43 Shrinkage

of tissue regenerating scaffolds may result in displacement of the

scaffold, which can possibly lead to a detrimental outcome of the

regeneration process. Shrinkage also affects the pore structure of

the scaffold, possibly obstructing cell infiltration, e.g., during in

vitro cell culturing. In order to prevent these negative consequen-

ces, it would be desirable to inhibit the dimensional shrinkage of

scaffolds under in vitro or physiological conditions.

The aim of this study was to analyze the in vitro degradation

properties of porous scaffolds produced from PLGA in combi-

nation with magnesium-containing fillers. Mg21 release from

the scaffolds to the surrounding solution was studied because of

its potential beneficial effects for tissue growth in vivo. The

dimensional stability of the scaffolds was evaluated. Water

absorption, weight loss, pH of the surrounding medium, and

changes in molecular weight were also measured.

MATERIALS AND METHODS

Materials

Medical grade D-lactide and glycolide monomers were obtained

from Corbion (Purac, Gorinchem, the Netherlands). L-lactide

monomer (>99%) was purchased from Futerro (Escanaffles,

Spain). Tin(II) 2-ethylhexanoate (approx. 95%) and 1-decanol

(99%, distilled prior to use) were purchased from Sigma-Aldrich.

Low molecular weight polylactic acid (PLA) polymerized by poly-

condensation was supplied by the Laboratory of Polymer Technol-

ogy, Åbo Akademi, Finland. Magnesium hydroxide (�99.0%) was

purchased from Sigma-Aldrich (Helsinki, Finland). Bioresorbable

glasses 13–93 and NC–5 were supplied by BonAlive Biomaterials

Ltd (Turku, Finland), and their composition is shown in Table I.

Polymerization

PLGA with a D-lactide-to-L-lactide ratio of 1 : 1 and a lactide-

to-glycolide molar ratio of 7 : 3 was synthesized in inert

atmosphere by ring-opening polymerization. Briefly, 100 g

L-lactide (0.694 mol), 100 g D-lactide (0.694 mol), and 69 g gly-

colide (0.594 mol) that were freshly obtained and had been

stored at 2188C were weighed in a round bottle. The bottle was

heated at 1208C until all monomers were molten after which

803 mg tin(II) 2-ethylhexanoate (1.98 mmol) and 192 mg 1-

decanol (1.21 mmol) were added. The temperature was then

raised to 1508C for 5 h. After cooling to room temperature, the

product was dissolved in altogether 2 L dichloromethane and

precipitated in a sixfold amount of heavily stirred ethanol to

remove unreacted monomers and other possible impurities. The

polymer was dried in a vacuum oven (408C, <50 mbar) for

approximately 1 week until no residual solvent could be observed

in 1H-NMR. The dried polymer was manually cut to granules

with a diameter of approximately 5 mm.

Extrusion

The bioresorbable glasses 13–93 and NC–5 were ground from

fibers into particles of up to 50 mm in size with a Philips Mini-

Mill ball mill. PLGA and PLA granules as well as the glass and

the Mg(OH)2 particles were dried in a vacuum oven (408C,

<50 mbar) overnight before extrusion. The blends containing

PLGA and either PLA, 13–93, NC–5, or Mg(OH)2 were

extruded with a counter-rotating twin-screw extruder (Rheocord

System 40, Haake Buchler) into rods. The temperature profile

during extrusion was 75, 85, and 958C and the die temperature

was 958C. The screw speed was 120 rpm.

Fabrication of Porous Scaffolds

The extruded rods, with a diameter generally between 4.0–

5.5 mm, were cut into approximately 17-mm-long pieces and

placed into cylindrical PTFE molds with a diameter of 1.5 times

the diameter of the rod. The molds were placed in an autoclave

and the foaming was performed at room temperature. A CO2

pressure of 55 bar was applied on the rods for 22 h after which

the excess pressure was quickly released during a time span of

approximately 8 s. The molds with the expanded rods were

placed in an oven (808C, 45 s) after which the rods were kept

inside of their molds for an hour at ambient temperature and

pressure. The rods were stored in a desiccator until used in the

hydrolysis experiments.

The degree of expansion was calculated according to eq. (1):

Volumetric expansion ð%Þ5 Vexpanded2Vinitial

� �
=Vinitial

� �
3100%

(1)

Table I. The Composition (wt %) of Bioresorbable Glasses 13–93 and

NC–5

Oxide 13–93 NC–5

Na2O 6 17

SiO2 53 62

CaO 20 13

P2O5 4 2

MgO 5 4

B2O3 0 2

K2O 12 0
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where Vexpanded is the volume of the sample after expansion and

Vinitial is the volume of the scaffold before expansion.

The amount of bioresorbable glass in the glass composites was

determined gravimetrically, based on the residual weight of a

rod after burning it in open fire in a glass vial. The Mg(OH)2

content was determined in a similar manner by burning, but

corrected with the change in weight caused by the oxidation of

Mg from Mg(OH)2 to MgO. The amount of low-molecular-

weight PLA was determined by 1H NMR analysis.

In Vitro Hydrolysis

For in vitro tests, the foamed rods were cut into approximately

5-mm-long scaffolds which were measured to the nearest

0.01 mm using a caliper and weighed with an accuracy of

0.1 mg. The diameter of the foamed scaffolds varied approxi-

mately between 6 and 11 mm and the weight varied between 12

and 53 mg. The weight of the scaffolds was highly dependent

on the filler content and on the volumetric expansion in the

foaming process. The degradation tests of the porous scaffolds

were carried out in 0.1 M tris(hydroxymethyl)aminomethane

solution (Tris buffer) made from ultrapure (Millipore) water

adjusted to pH 7.42 with hydrochloric acid. The scaffolds were

immersed in syringes containing Tris buffer so that for each

3.5 mg of sample, 1 mL of buffer solution was added. The

syringes were then stored in an incubating orbital shaker

(Unimax 1010, Heidolph) at 378C for predefined time periods

(4 h, 1 d, 3 d, 7 d, 14 d, 21 d, 35 d, 49 d, and 70 d). At weekly

intervals, the buffer solution was replaced with fresh solution.

At the predefined time points, three samples of each scaffold type

were removed from the syringes, dried superficially with moisture-

absorbent paper, and characterized. The results shown in this arti-

cle represent average values for the three parallel samples.

Scaffold Characterization

After removing the scaffolds from the Tris buffer, their dimen-

sions and weight were measured. The scaffolds were subse-

quently freeze dried for 48 h. The dried scaffolds were weighed

again and the molecular weight was determined for each

scaffold.

The changes in diameter and length of the scaffolds were calcu-

lated according to eq. (2):

Change in dimension ð%Þ5 D=D0ð Þ3100% (2)

where D is the dimension in wet state after immersion and D0

is the dimension before immersion in Tris buffer.

The weight loss of the scaffolds was calculated according to eq.

(3):

Weight loss ð%Þ5 W=W0ð Þ3100% (3)

where W is the weight of the dried scaffold after immersion in

Tris buffer and W0 is the weight of the scaffold before

immersion.

Water absorption was calculated according to eq. (4):

Water absorption ð%Þ5 mwet 2mdry

� �
=mdry

� �
3100% (4)

where mwet is the mass of the sample in wet state after immer-

sion in Tris buffer and mdry is the mass of the sample after

drying.

The determination of the molecular weight of the polymers was

performed using gel permeation chromatography (GPC) with

an LC-10ATVP HPLC-pump (Shimadzu Corporation), an AM

GPC Gel 10 mm Linear colon (American Polymer Standards),

and a Sedex 85 light scattering detector (Sedere). The GPC

measurements were carried out at 408C at a flow rate of 1 mL

min21 with tetrahydrofuran as solvent and a sample concentra-

tion of 1 mg mL21. Polystyrene standards from Polymer Stand-

ard Service were used for calibration. The samples were filtered

with 0.22 mm PTFE filters before analysis.

The release of magnesium ions from the scaffolds was studied

using an inductively coupled plasma optical emission spectrom-

eter (ICP-OES) instrument (Optima 5300, PerkinElmer). The

bestowed buffer solution was diluted with ultrapure water in a

1 : 1 ratio and 4 drops of nitric acid per sample were added.

The samples were stored in closed vials in a refrigerator prior

to analysis.

Statistical Analysis

Analysis of variance (ANOVA) was performed using general lin-

ear models with SAS 9.2 software (SAS Institute Inc.). Two-

tailed linear models with an alpha-level of 0.05 were used.

Assumptions of linear regressions were studied by observing

normality of error distribution. Differences were considered sig-

nificant at p values <0.05.

RESULTS AND DISCUSSION

Scaffold Fabrication and Characterization

The compositions of the studied composites are shown in Table

II. In this study, the theoretical (aimed) composition values are

used in the text for clarity, but the measured values were used

in the statistical analysis.

The filler particles were uniformly distributed in the scaffold

matrix, as is shown in the scanning electron microscope (SEM)

images in Figure 1. The size distribution of the 13–93 and

NC–5 glass particles was broad and especially the smaller glass

particles were well-embedded into the matrix and pore walls.

The shape of the pores varied from clearly elongated to almost

Table II. The Theoretical and Measured Weight % of the Fillers and the

Measured Weight % of PLGA

Filler
Theoretical
filler content

Measured
filler content

Measured
PLGA content

13–93 10 11.5 88.5

13–93 20 20.9 79.1

13–93 35 35.0 65.0

NC–5 10 10.7 89.3

NC–5 20 20.3 79.7

NC–5 35 36.3 63.7

Mg(OH)2 10 11.7 88.3

Mg(OH)2 20 19.4 80.6

Mg(OH)2 35 34.6 65.4

PLA 20 18.7 81.3
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circular. The initial pore structure was predominantly closed

and the pore diameter was mainly between 50 and 300 mm.

The average degrees of expansion of the prepared composites

are shown in Figure 2. The volumetric expansion of the scaf-

folds in the foaming process varied from 460% to 2216%. The

expansion in length was between 190% and 360% for most

materials, whereas the diameter expansion was limited by the

PTFE molds and was typically between 70% and 100%. A

higher filler content (bioresorbable glasses or Mg(OH)2) signifi-

cantly decreased the degree of expansion (p< 0.0001, n 5 51).

The high expansion of PLA 20% scaffolds is explained by the

fact that the filler (i.e., the low molecular weight PLA) is similar

to the main matrix material (PLGA) and is in itself also

expandable by gas foaming. Expansion of pure PLGA rods is

comparable to the expansion of PLA 20% rods (approximately

2000% for similar samples).

Dimensional Change

The diameter of the scaffolds decreased significantly when they

were immersed in Tris buffer at 378C (Figure 3). The initial

shrinkage for most materials was approximately 30%, with the

range being from 22% to 44%. After the initial shrinkage, all

materials started to expand. At the last time point (49 days),

when the dimensions could reliably be measured, scaffolds con-

taining bioresorbable glass and PLA were close to their original

diameter or had exceeded it. At the same time point, the

Mg(OH)2-containing scaffolds had not regained their original

diameter. The poor recovery of the original dimensions of the

Mg(OH)2-containing scaffolds may be linked to their consider-

able weight loss. Similar to the decrease in diameter, a signifi-

cant reduction in length was observed for all samples when they

were immersed in Tris solution (data not shown). For all 13–

93- and NC–5-containing scaffolds, the maximum shrinkage in

length was approximately 40%. At 49 days, they had regained

their length to a large extent. Composite scaffolds with a filler

content of Mg(OH)2 20% shrank noticeably less than those

containing Mg(OH)2 10% and 35% and they also regained their

dimensions to a much greater degree. No obvious explanation

Figure 1. SEM images with 2503 magnification of cross-sections of (a) 13–93 20%, (b) NC–5 20%, (c) Mg(OH)2 20%, and (d) PLA 20% scaffolds after

1 day of immersion in Tris buffer.

Figure 2. The average expansion percentages of the composite materials

with different filler concentrations in the gas foaming process.
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to this phenomenon can be identified, as the expansion in the

length dimension of the 20% scaffolds was similar to the 10%

scaffolds and significantly greater than for the 35% scaffolds.

The least initial length shrinkage was observed for PLA 20%

scaffolds which showed a maximum shrinkage of 21%. At 49

days also they had regained their original length.

Regarding both diameter and length measurements, at 49 days

many scaffolds were already very soft and the reliability of the

measurements was worse than for scaffolds which had been

immersed for shorter times in Tris buffer. The diameter and the

length of the Mg(OH)2 35% scaffolds could not be measured at

49 days because all three parallel samples fell apart when remov-

ing them from the Tris buffer.

Gas foaming is a suitable method for the production of various

types of porous scaffolds because it does not involve the use of

solvents and the foaming process can be performed at ambient

temperature. However, in the foaming process, the polymer

chains become stretched. The initial shrinkage of the scaffolds

seems to be caused by the stress relaxation of stretched polymer

chains when they are exposed to elevated temperatures.37 For

the PLGA-based scaffolds used in this experiment, physiological

temperatures were enough to induce the shrinkage. The initial

shrinkage was not dependent on the expansion of the scaffolds

when the type and amount of filler were controlled (p 5 0.82,

n 5 30). PLA 20% scaffolds, which had the highest expansion

percentage of all scaffolds by a wide margin, shrank less than all

other types of scaffolds.

The volumetric changes for PLGA-based scaffolds with hydro-

philic fillers are in line with gas-foamed scaffolds of pure PLGA

having a similar physical structure tested earlier at our labora-

tory (results not shown here). It is evident that the addition of

hydrophilic fillers did not significantly improve the dimensional

stability of PLGA-based scaffolds. This may be attributable to

the fact that the relaxation forces of the polymer chains appear

higher than the countering forces induced by the water absorp-

tion of the scaffolds.

The shrinkage of porous scaffolds may at least partially be pre-

vented by increasing the crystallinity of the polymer matrix37,44

even though this could to some extent prevent expansion of the

scaffolds during the processing and it also affects the rate of

degradation.

Weight Loss

The degradation pattern of the scaffolds is important for the

regeneration of bone because the degrading scaffold provides

space for new tissue formation. Weight loss differed significantly

between Mg(OH)2-containing scaffolds and the other scaffolds

Figure 3. Change of normalized diameter of porous PLGA-based scaffolds with different amounts of magnesium-containing fillers.
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(Figure 4). The weight loss for Mg(OH)2-containing scaffolds

was very high during the first 2–3 weeks of immersion in Tris

buffer, with a 25% loss for Mg(OH)2 10% scaffolds and a 73%

loss for Mg(OH)2 35% scaffolds after 21 days. This is partly

attributed to the quick dissolution of the Mg(OH)2 particles, as

shown below in the analysis of the Mg21 release into the Tris

buffer. However, as the early weight loss for the Mg(OH)2-con-

taining scaffolds was considerably higher than the total amount

of Mg(OH)2 in the scaffolds, it is evident that also the weight

of the PLGA matrix decreased early during the immersion. A

reason for this pattern may be that the rapid dissolution of

Mg(OH)2 resulted in a significant pH increase in the buffer

solution (results not shown) which could increase the rate of

degradation through alkaline hydrolysis. A similar degradation

pattern has been observed in films consisting of poly(D,L-lactide)

and 30% MgO.45 The early weight reduction may also be attrib-

utable to the effect of an increased surface area because of dis-

solved Mg(OH)2 particles originating from within the matrix.

When the surface area increases, more of the soluble fragments

may leach out into the solution. By replacing Mg(OH)2 partly

or fully by, e.g., magnesium chloride (MgCl2), it may be possi-

ble to release similar amounts of magnesium and reduce the

early increase in alkalinity, which would reduce the early

degrading impact on the matrix.

The weight loss of the bioresorbable glass- and PLA-contain-

ing scaffolds followed a pattern reported earlier.46 Weight loss

was initially small until 35 days. At 49 days and 70 days, PLA

20% showed the most significant reduction in weight. Of 13–

93- and NC–5-containing scaffolds, those with more glass had

initially (during the first 21 days) a higher weight loss, but

showed after that a slower reduction in weight than the scaf-

folds with a smaller amount of glass. The higher initial

weight loss of scaffolds with a higher amount of glass has

been attributed to the early leaching of glass from the scaf-

folds.40,47 The reason for the slower weight loss later during

the hydrolysis seems to be the subdued autocatalytic effect

because of the higher pH induced by the neutralizing effect

caused by the glasses. Scaffolds which contained the more

rapidly resorbing 13–93 glass exhibited a smaller weight loss

than NC–5-containing scaffolds, even though the more

quickly dissolving 13–93 would intuitively elicit a higher

weight loss. The bulk of the weight loss is, however, tied to

the degradation of the polymer during the 70 day period,

and as 13–93 is more quickly dissolving than NC–5, it also

has more capacity to neutralize the medium and in that way

possibly reduce the rate of polymer degradation.

It has been shown that the addition of a slightly alkaline com-

ponent to PLGA decreases the rate of degradation of the

Figure 4. Change of normalized weight of porous PLGA-based scaffolds with different amounts of magnesium-containing fillers.
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polymers, whereas the addition of acidic components accelerates

the degradation process.48 The dissolution process of bioresorb-

able glasses creates a slightly basic environment, which as

expected slows down the degradation rate of aliphatic polyest-

ers.10 A drop in pH of 0.2 units has been shown not to affect

bone healing negatively,49 but greater changes significantly

reduce osteoblast activity and affect bone growth negatively.5–7

For bone regeneration, a pH-neutralizing filler in quickly

degrading PLGA-based scaffolds may be a favorable solution.

Water Absorption

Water absorption, as shown in Figure 5, increased over time for

all materials but did not show significant differences with regard

to the amount of added filler (p 5 0.15, n 5 259). The highest

rate of water absorption was observed for PLA 20% scaffolds,

with relatively steadily increasing amount of absorbed water

throughout the measurable 7-week period, with a maximum of

1074% at 49 days. The 13–93 10% scaffolds had an almost

equally high water uptake, with a maximum of 941% at 49

days. Throughout the study, the water absorption of Mg(OH)2

10% and 35% scaffolds was at very low levels compared to the

other materials. This correlates with the fact that their dimen-

sions did not recover from their initial shrinkage as much as

the other materials. The water absorption of the Mg(OH)2 20%

scaffolds was initially very high but supposedly because of the

considerable weight loss the water uptake increased relatively lit-

tle over time.

The differences in the water uptake were partly a result of dif-

ferent porosities of the scaffolds. The scaffolds which contained

13–93 or NC–5 were initially denser than especially the PLA

20% scaffolds. In this work, we have not differentiated the water

uptake in pores versus water uptake in the bulk matrix. This

contributes to effect that the water uptake levels for PLA 20%

appear higher than for the other scaffolds.

Mg21 Release

Figure 6 shows the release of Mg21 from the scaffolds into the

Tris buffer. The highest rates of Mg21 release were recorded

during the first 1–2 weeks of immersion after which the rate

leveled for most scaffolds. As the amount of magnesium in 13–

93 and NC–5 is only a small fraction of the total mass of the

glass, the Mg21 release for 13–93- and NC–5-containing scaf-

folds was approximately two orders of magnitude smaller than

for scaffolds with similar amounts of Mg(OH)2. The fact that

13–93 contains more magnesium coupled with its higher

resorption rate compared to NC–5 are the reasons for the

higher Mg21 release rate from 13–93 than from NC–5.

Figure 5. Change of normalized water uptake of porous PLGA-based scaffolds with different amounts of magnesium-containing fillers.
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With respect to antibiotics which cause magnesium deficiency

in tissue, the rate of Mg21 release may have the highest impor-

tance during the first weeks after the operation of the implant

into the body. The tissue ingrowth into the scaffold may benefit

from increased magnesium levels over longer periods of time.

Janning et al.50 demonstrated an enhanced bone growth using

slowly dissolving nonporous cylinders of Mg(OH)2 in a rabbit

model. The effect is attributed either to the local magnesium

Figure 6. Normalized 7 day Mg21 release rate (mg L21) into Tris buffer of porous PLGA-based scaffolds with different amounts of magnesium-contain-

ing fillers. Note different Y-axis scale for Mg(OH)2.

Table III. The Weight Average Molecular Weights (Mw) of the PLGA in the Composites Before and After Extrusion Processing (g mol21). Polydispersity

indices (PDI) Before and After Extrusion are Also Shown

Filler Mw before Mw after PDI before PDI after

13–93 10% 107,000 58,000 1.95 1.99

13–93 20% 112,000 74,000 1.86 1.88

13–93 35% 112,000 65,000 1.86 1.91

NC–5 10% 107,000 74,000 1.95 1.93

NC–5 20% 107,000 79,000 1.95 1.73

NC–5 35% 112,000 69,000 1.86 1.84

Mg(OH)2 10% 107,000 71,000 1.95 1.69

Mg(OH)2 20% 107,000 51,000 1.95 1.72

Mg(OH)2 35% 112,000 84,000 1.86 1.61

PLA 20% 107,000 46,000 1.95 3.77

PDI 5 Mw=Mn, where Mn is the number average molecular weight. The values for PLA 20% reflect a mixture of PLGA and low molecular weight PLA.

ARTICLE WILEYONLINELIBRARY.COM/APP

WWW.MATERIALSVIEWS.COM J. APPL. POLYM. SCI. 2015, DOI: 10.1002/APP.4264642646 (8 of 11)

http://onlinelibrary.wiley.com/
http://www.materialsviews.com/


concentration or to the local alkalosis. In that study, the release of

magnesium into tissue was not directly measured. In another

study, porous scaffolds, which were made of alloys containing

90% magnesium, were inserted in rabbit knees.51 Three months

after implantation, the scaffolds had largely degraded, and no sig-

nificant harm was observed in the neighboring tissues. Actually,

magnesium alloys have been shown to induce bone cell activation

and increase bone mass around implants.28 When compact mag-

nesium scaffolds were immersed in cell culture medium in a previ-

ous study,52 the release of magnesium from uncoated magnesium

scaffolds into the medium during the first 7 days was approxi-

mately 110 mg L21, which is approximately equal to the release

from Mg(OH)2 10% scaffolds during the first 7 days of immersion

in this study. However, results from in vitro corrosion tests of

magnesium alloys have been shown to correlate poorly with

results from in vivo studies with the same materials.53

Feyerabend et al.31 showed that Mg(OH)2 release has a benefi-

cial effect on chondrocyte proliferation, with an optimal con-

centration of magnesium at 10 mM, which corresponds to

243 mg L21. Magnesium levels equal to or higher than 15 mM

were found to negatively affect chondrocytes. Yoshizawa et al.29

showed osteogenic activity of bone marrow stromal cells to be

at optimal levels at a magnesium concentration of 10 mM. In

that study, the proliferation of the cells was slightly increased at a

concentration of 10 mM compared to the base concentration of

0.8 mM, but the proliferation rate was low at a concentration of

100 mM. The deposition of extracellular matrix was enhanced at

magnesium concentrations of 5 and 10 mM, and the protein

expression which represented osteogenic activity was highest at

10 mM. In vivo tests with Mg(OH)2 scaffolds show that even

apparently high magnesium levels may improve bone forma-

tion.50 The number of quinolone-treated chondrocytes decreased

less when they were cultured in magnesium-containing medium

as compared to culturing in a magnesium-free medium, and the

effect was more pronounced when the amount of magnesium

was tripled from the base amount of approximately 50–

60 mg L21,22 where the tripled amount equaled roughly 6.8 mM.

On the basis of the studies mentioned above, a magnesium con-

centration of 10 mM seems to be favorable for osteogenesis and

chondrocyte proliferation. This level is similar to the concentra-

tion in the Tris buffer of Mg(OH)2 20% and 35% scaffolds dur-

ing the first week of immersion in this study. The concentration

of magnesium is supposedly higher inside the scaffolds than in

the Tris buffer, and even the lower concentrations of magnesium

Figure 7. Change of weight average molecular weight (Mw) of porous PLGA-based scaffolds with different amounts of magnesium-containing fillers. The

PLA 20% scaffolds have a lower initial Mw because of the low molecular weight PLA used in the blend.
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ions released from the 13–93 and NC–5 scaffolds may therefore

be of biological significance. The results of the above mentioned

studies and this study are, however, not directly comparable, as

neither the scaffold structure nor the quality and quantity of

the immersion medium are standardized. Moreover, one cannot

fully compare in vitro and in vivo conditions.

Molecular Weight

The weight average molecular weights (Mw) of the composites

before and after extrusion processing are shown in Table III.

Mw decreased considerably, by 26–52%, during the melt extru-

sion. The Mw of PLA 20% was notably low and the polydisper-

sity index (PDI) was high after the extrusion because of the

added low Mw PLA to PLGA during the extrusion.

The changes in Mw during the immersion in Tris buffer for 70

days are shown in Figure 7. For 13–93- and NC–5-containing

scaffolds, the early degradation was slower for scaffolds with

more glass, but toward the end of the immersion, their rate of

degradation seemed to increase rapidly. The Mw of the

Mg(OH)2-containing scaffolds decreased less than the Mw of

the glass-containing scaffolds, even though the Mg(OH)2-con-

taining scaffolds showed a more rapid weight loss. This implies

that the early weight loss of the Mg(OH)2-containing scaffolds

was in addition to the Mg(OH)2 dissolution mainly caused by

the dissolution of fragments of the polymer matrix.

CONCLUSIONS

Mg21 was released in a continuous and controlled manner from

the scaffolds for an initial time span of at least 35 days. The

release from all magnesium-containing scaffolds peaked in the

beginning of the immersion in Tris buffer, which correlates with

the time when postoperative antibiotics may reduce magnesium

levels in tissue and affect tissue regeneration negatively.

Comparisons to studies in the literature (see discussion and

references above) indicate that the amount of released Mg21

from the Mg(OH)2 20% and 35% scaffolds may be sufficient to

elicit biological responses.

ACKNOWLEDGMENTS

The authors would like to thank the Finnish Funding Agency for

Technology and Innovation (Tekes) for their financial support

(Grant 3110/31/08). In addition, PU is grateful for the financial

support from Medicinska Underst€odsf€oreningen Liv och H€alsa

and the Swedish Cultural Foundation in Finland. Bioresorbable

glasses were kindly provided by BonAlive Biomaterials Ltd. Jarl

Hemming is thanked for his contribution to the molecular weight

analysis. The contribution of materials and expertise from Dr Saara

Inkinen is warmly acknowledged.

REFERENCES

1. Solchaga, L. A.; Temenoff, J. S.; Gao, J.; Mikos, A. G.;

Caplan, A. I.; Goldberg, V. M. Osteoarthritis Cartilage 2005,

13, 297.

2. Puppi, D.; Chiellini, F.; Piras, A. M.; Chiellini, E. Prog.

Polym. Sci. 2010, 35, 403.

3. Griffith, L. G. Acta Mater. 2000, 48, 263.

4. Siepmann, J.; G€opferich, A. Adv. Drug Deliv. Rev. 2001, 48,

229.

5. Kohn, D. H.; Sarmadi, M.; Helman, J. I.; Krebsbach, P. H. J.

Biomed. Mater. Res. 2002, 60, 292.

6. Lee, G.; Hwang, J.; Choi, J.; Park, H.; Cho, J.; Kim, K.;

Chae, H.; Kim, H. Int. J. Biochem. Cell Biol. 2011, 43, 1305.

7. Han, S.; Chae, S.; Choi, J.; Kim, E.; Chae, H.; Kim, H.

Immunopharmacol. Immunotoxicol. 2009, 31, 428.

8. Bergsma, E. J.; Rozema, F. R.; Bos, R. R. M.; Bruijn, W. C.

D. Oral Maxillofac. Surg. 1993, 51, 666.

9. Shen, Y.; Liu, W.; Wen, C.; Pan, H.; Wang, T.; Darvell, B.

W.; Lu, W. W.; Huang, W. J. Mater. Chem. 2012, 22, 8662.

10. Li, H.; Chang, J. Compos. Sci. Technol. 2005, 65, 2226.

11. Zargar Kharazi, A.; Fathi, M. H.; Bahmani, F.; Fanian, H.

Polym. Degrad. Stab. 2011, 96, 2055.

12. Rezwan, K.; Chen, Q. Z.; Blaker, J. J.; Boccaccini, A. R. Bio-

materials 2006, 27, 3413.

13. Boccaccini, A. R.; Erol, M.; Stark, W. J.; Mohn, D.; Hong,

Z.; Mano, J. F. Compos. Sci. Technol. 2010, 70, 1764.

14. Belluci, M. M.; Schoenmaker, T.; Rossa-Junior, C.; Orrico, S.

R.; de Vries, T. J.; Everts, V. J. Nutr. Biochem. 2013, 24,

1488.

15. Rude, R.; Gruber, H.; Norton, H.; Wei, L.; Frausto, A.;

Kilburn, J. Osteoporosis Int. 2006, 17, 1022–1032.

16. Rude, R. K.; Gruber, H. E.; Norton, H. J.; Wei, L. Y.;

Frausto, A.; Kilburn, J. Bone 2005, 37, 211.

17. Rude, R. K.; Gruber, H. E.; Wei, L. Y.; Frausto, A.; Mills, B.

G. Calcif. Tissue Int. 2003, 72, 32.

18. Rude, R. K.; Gruber, H. E. J. Nutr. Biochem. 2004, 15, 710.

19. Kanazawa, I.; Yamamoto, M.; Yamaguchi, T.; Yamauchi, M.;

Yano, S.; Sugimoto, T. Endocr. J. 2007, 54, 935.

20. Belluci, M. M.; Giro, G.; del Barrio, R. A. L.; Pereira, R. M.

R.; Marcantonio, E.; Orrico, S. R. P. Clin. Oral Implants Res.

2011, 22, 716.

21. Del Barrio, R. A.; Giro, G.; Belluci, M. M.; Pereira, R. M.;

Orrico, S. R. Int. J. Oral Maxillofac. Implants 2010, 25, 1125.

22. Egerbacher, M.; Wolfesberger, B.; Gabler, C. Vet. Pathol.

2001, 38, 143.

23. Trampuz, A.; Zimmerli, W. Drugs 2006, 66, 1089.

24. Nichols, R. L. Surg. Infect. (Larchmt) 2000, 1, 65.

25. Staiger, M. P.; Pietak, A. M.; Huadmai, J.; Dias, G. Biomate-

rials 2006, 27, 1728.

26. He, D.; Dong, W.; Tang, S.; Wei, J.; Liu, Z.; Gu, X.; Li, M.;

Guo, H.; Niu, Y. J. Mater. Sci. Mater. Med. 2014, 25, 1415.

27. Castellani, C.; Lindtner, R. A.; Hausbrandt, P.; Tschegg, E.;

Stanzl-Tschegg, S. E.; Zanoni, G.; Beck, S.; Weinberg, A.

Acta Biomater. 2011, 7, 432.

28. Witte, F.; Kaese, V.; Haferkamp, H.; Switzer, E.; Meyer-

Lindenberg, A.; Wirth, C. J.; Windhagen, H. Biomaterials

2005, 26, 3557.

29. Yoshizawa, S.; Brown, A.; Barchowsky, A.; Sfeir, C. Acta Bio-

mater. 2014, 10, 2834.

ARTICLE WILEYONLINELIBRARY.COM/APP

WWW.MATERIALSVIEWS.COM J. APPL. POLYM. SCI. 2015, DOI: 10.1002/APP.4264642646 (10 of 11)

http://onlinelibrary.wiley.com/
http://www.materialsviews.com/


30. Kon, E.; Filardo, G.; Perdisa, F.; Di Martino, A.; Busacca,

M.; Balboni, F.; Sessa, A.; Marcacci, M. J. Mater. Sci. Mater.

Med. 2014, 25, 2437.

31. Feyerabend, F.; Witte, F.; Kammal, M.; Willumeit, R. Tissue

Eng. 2006, 12, 3545.

32. Lee, C. H.; Wen, Z. H.; Chang, Y. C.; Huang, S. Y.; Tang, C.

C.; Chen, W. F.; Hsieh, S. P.; Hsieh, C. S.; Jean, Y. H. Osteo-

arthritis Cartilage 2009, 17, 1485.

33. Shimaya, M.; Muneta, T.; Ichinose, S.; Tsuji, K.; Sekiya, I.

Osteoarthritis Cartilage 2010, 18, 1300.

34. Witte, F.; Hort, N.; Vogt, C.; Cohen, S.; Kainer, K. U.;

Willumeit, R.; Feyerabend, F. Curr. Opin. Solid State Mater.

Sci. 2008, 12, 63.

35. Kang, J.; Schwendeman, S. P. Biomaterials 2002, 23, 239.

36. Hoppe, A.; G€uldal, N. S.; Boccaccini, A. R. Biomaterials

2011, 32, 2757.

37. Aou, K.; Kang, S.; Hsu, S. L. Macromolecules 2005, 38, 7730.
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Bone tissue engineering requires highly porous three-dimensional (3D) scaffoldswith preferable osteoconductive
properties, controlled degradation, and good dimensional stability. In this study, highly porous 3D poly(D,L-
lactide-co-glycolide) (PLGA) — bioactive glass (BG) composites (PLGA/BG) were manufactured by combining
highly porous 3D fibrous BG mesh skeleton with porous PLGA in a freeze-drying process. The 3D structure of
the scaffolds was investigated as well as in vitro hydrolytic degradation for 10 weeks. The effect of BG on the
dimensional stability, scaffold composition, pore structure, and degradation behaviour of the scaffolds was eval-
uated. The composites showed superior pore structure as theBGfibres inhibited shrinkage of the scaffolds. The BG
was also shown to buffer the acidic degradation products of PLGA. These results demonstrate the potential of
these PLGA/BG composites for bone tissue engineering, but the ability of this kind of PLGA/BG composites to
promote bone regeneration will be studied in forthcoming in vivo studies.

© 2015 Elsevier B.V. All rights reserved.

1. Introduction

Tissue engineering with highly porous three-dimensional (3D) bio-
degradable scaffolds has emerged as a promising method for bone tis-
sue regeneration [1–4]. Especially polymer based scaffolds together
with a ceramic phase acting as an osteoconductive component have
been widely studied for bone regeneration [1,5]. A highly porous struc-
ture with open and interconnected pores is required for optimal tissue
integration into the scaffolds after implantation [3]. For bone tissue en-
gineering, the scaffold should also provide temporary mechanical sup-
port, osteoconductivity, controlled degradation rate, biocompatibility
of the used materials and their degradation products, and be sterile [6].

Poly(lactide-co-glycolide) (PLGA) is themost studied biodegradable
synthetic polymer for biomedical applications. It is widely used as su-
tures and drug delivery devices as it degrades rapidly compared to

other biodegradable polyesters. Promising results have already been
demonstrated with PLGA and it has also been approved by FDA (Food
and Drug Administration) [7].

PLGA has beenwidely studied as tissue engineering scaffolds as well
because it demonstrates favourable cell adhesion and proliferation
properties [8,9]. Particularly, PLGA has been studied for use in porous
tissue engineering scaffolds because of its tuneable degradation rate,
good mechanical properties and processability [10]. Porous PLGA
scaffolds often suffer from low mechanical strength and lack the
osteoconductivity and hydrophilicity required for optimal bone tissue
engineering [11].

Acidic by-products which result from PLGA degradationmay lead to
harmful pH decrease in the implantation site. Bioactive glass (BG), on
the other hand, is hydrophilic by nature, possesses osteoconductive
properties, and has good compression strength making it a good candi-
date for bone tissue engineering. Also, BG is shown to buffer the acidic
degradation of PLGA [12]. This is why PLGA/BG composites are thought
to overcome the limitations of plain PLGA scaffolds for improved bone
regeneration.

Freeze-drying is a conventional method to fabricate porous tissue
engineering scaffolds. Many of the previously studied freeze-dried
polymer-bioactive ceramic scaffolds for bone tissue engineering have
been prepared of bioactive ceramic filler particles and either natural
polymers, such as collagen or chitosan [13–19], or synthetic polymers,
such as PLGA or PDLLA [12,20–22]. The use of fibrous bioactive ceramic
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filler in a freeze-dried polymer matrix for bone tissue engineering scaf-
folds has as far as we know not been reported previously.

The potential of bioresorbable glass fibre-reinforced composites for
load-bearing applications has been reported previously [23]. In the
present study highly porous freeze-dried PLGA/BG composites for
bone tissue engineeringwere prepared and studied. The aimwas to de-
velop highly porous three-dimensional composite scaffolds by incorpo-
rating porous PLGA with a highly porous BG fibre mesh skeleton in a
freeze-drying process. Two PLGA–BG composite scaffolds were com-
pared to two plain PLGA scaffolds. The manufactured scaffolds were
studied 10 weeks in vitro. The dimensional stability, scaffold composi-
tion (TGA), scaffold pore structure (SEM,microCT), contact angle, ability
of BG to buffer the acidic degradation products of PLGA, and degradation
rates (GPC, DSC) of the scaffolds were studied.

2. Materials and methods

2.1. Materials

Medical grade D-lactide and glycolide monomers (purity of rawma-
terials N99.5%) were purchased from PURAC Biochem bv (Gorinchem,
the Netherlands) and L-lactide monomer (N99%) from Futerro
(Escanaffles, Spain). Tin(II) 2-ethylhexanoate (approx. 95%), 1-decanol
(99%, distilled prior to use), dichloromethane (≥99.9%), and 1,4-dioxane
were purchased from Sigma-Aldrich (Helsinki, Finland).

Two compositions of bioresorbable melt-derived glass fibres
(Vivoxid Ltd., Turku, Finland), denoted as BG1 and BG2 of a system
Na2O–CaO–MgO–Al2O3–B2O3–P2O5–SiO2, were used as received as re-
inforcement for the composites. The fibres were coated fibres with a
sizing layer constituted of 3-glycidoxypropyltriethoxysilane and low
molecular weight polycaprolactone (PCL). The average diameter of the
fibreswas 13 μm. The compositions of BG1 and BG2 fibres are presented
in Table 1.

2.2. Methods

2.2.1. Polymerization
PLGA with a rac-lactide-to-glycolide ratio of 70:30 was synthesized

in an inert (argon) atmosphere by ring-opening polymerization. Briefly,
100 g L-lactide, 100 g D-lactide and 69 g glycolide were weighed into a
round bottle at room temperature (RT). Themonomerswere freshly ob-
tained and stored at−20 °C until use. The bottle was heated to 120 °C
and kept at this temperature until all monomers were molten. After
this, 0.1 mol-% of tin(II) 2-ethylhexanoate (initiator) and a molecular
weight defining amount of 1-decanol (co-initiator) were added under
initial heavy stirring. The temperature was raised to 150 °C and kept
constant for 5 h. The reactionmixturewas cooled to RT and subsequent-
ly dissolved in 2 L of dichloromethane and precipitated in a 6-fold
amount of ethanol under vigorous stirring to remove unreacted mono-
mers and other impurities. The polymer productwas dried in vacuumat
40 °C for approximately oneweek until no residual solvent could be ob-
served in 1H-NMR. The dried polymers were cut to granules.

2.2.2. Scaffold fabrication
Two different molecular weight PLGAs, poly(D,L-lactide-co-glycolide)

70/30 were manufactured for matrix polymer. The weight average

molecular weight (Mw) was 76 300 g/mol and 48 300 g/mol for PLGA1
and PLGA2, respectively.

BG1 and BG2 mesh were manufactured for the composite scaffolds.
The glass fibres were cut to staple fibres (length of ~10 cm) and carded
into mesh. Themeshwas cut with a puncher to produce samples with a
radius of 14 mm.

PLGA solutions of 3 and 5 wt.% were prepared by dissolving PLGA in
1,4-dioxane. The solutions were stirred vigorously overnight to form
uniform solution. For plain PLGA scaffolds, 5 wt.% PLGA solution was
poured into custom made Teflon sample moulds (diameter 15 mm,
height 3mm). For composite scaffolds, 3wt.% PLGA solutionwaspoured
into moulds after which the BG mesh was thoroughly immersed into
the solution. The samples were frozen at −30 °C for 24 h prior to 24 h
freeze-drying. The samples were held under vacuum at RT for a mini-
mum of 48 h and gamma sterilized at 25 kGy before characterization.
Table 2 shows the different (fabricated) scaffold types.

2.2.3. Microstructure evaluation
Themicrostructure of the scaffoldswas studiedwith a scanning elec-

tron microscope (SEM) (JEOL Ltd, Tokyo, Japan). The top surface and
cross-section of the scaffolds were imaged. The samples were sputtered
with gold prior to analysis. MicroCT imaging with MicroXCT-400 (Carl
Zeiss X-ray Microscopy, Inc., Pleasanton, USA) was used to analyse the
3D structure of the scaffolds. To determine the pore structure (porosity,
pore size, material thickness and pore size distribution) of the scaffolds,
Fiji [24] with BoneJ [25] plugin, MATLAB (MathWorks Inc., Natick, MA,
USA) and Avizo 9.0 software were used. BoneJ thickness function fits
spheres inside the structure. The value of each voxel will be the diame-
ter of the biggest sphere that includes the voxel. Obtained data can be
used to calculate e.g. the mean thicknesses and porosities for certain
size particles. Open porosities were calculated with a self-made
MATLAB programme. Open porosity is considered as the pores that
are accessible from outside of the scaffold. Open porosity has been cal-
culated for particles of different sizes by using thickness data. Pore size
distribution was determined by using Avizo. The tube voltage and
voxel size were 40 kV and 2.2 × 2.2 × 2.2 μm3, respectively. No filters
were used.

2.2.4. Contact angle measurements
Contact angle of the dry scaffolds prior to hydrolysis was examined

with a Theta optical tensiometer (Biolin Scientific, Västra Frölunda,
Sweden) device. The measurements were done with deionized water,
phosphate-buffered saline (PBS, pH 7.40) and with bovine blood (com-
mercially available) (n = 6 for each scaffold type with each different
solutions).

2.2.5. In vitro studies
In vitro degradation studies, timed at weeks 0, 2, 4, 6, 8 and 10, were

carried out using six parallel samples, each half the size of the original
freeze-dried sample (weight ca. 15 mg). PBS prepared as described by
Shah et al. [26], with the standard volume of 10 ml buffer per scaffold
(according to International Standard, ISO 15814:1999 [27]) was used.
The pH of the buffer was measured weekly, using a Mettler Toledo
MP225 pH metre (Mettler-Toledo GmbH, Schwerzenbach, Switzerland).
The buffer solution was changed fortnightly or weekly if pH exceeded
the given limits (7.35–7.45).

Table 1
Oxide compositions (mol-%) of the bioactive glass fibres (BG1 and BG2).

Glass SiO2 CaO MgO B2O3 Al2O3 P2O5 Na2O

BG1 68.7 ± 1.0 13.3 ± 0.2 4.4 ± 0.1 0.9 ± 0.1 0.3 ± 0.1 0.6 ± 0.1 11.9 ± 0.3
BG2 68.6 ± 1.0 9.3 ± 0.2 7.2 ± 0.1 1.8 ± 0.1 0.6 ± 0.1 12.5 ± 0.3
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2.2.6. Weight change
After the specified time intervals, the sampleswereweighed and the

weight change was determined both for wet samples and after drying
for dry samples. After weighing the wet samples, the samples were
rinsed with deionized water and gently dried with tissue paper and
then dried in a fume hood for two days and thereafter one week in a
vacuum before the dry weighing. The difference in wet and dry weights
after in vitro studies was calculated using the following equation:

Weight change ¼ We–Wbð Þ=Wb½ � � 100%;

where We is the sample weight after in vitro studies and Wb is the
weight at the beginning of the in vitro studies. Due to the degradation
of PLGA the plain PLGA scaffolds crumbled and were difficult to weigh
accurately after the longest hydrolysis times.

2.2.7. Dimensional change
At the beginning of and after the in vitro studies the dimensions of

the samples were measured and the diameter, radius, and thickness of
the samples were determined.

2.2.8. Gel permeation chromatography
The molecular weight determination of the polymers was per-

formed using gel permeation chromatography (GPC) with an LC-
10ATVP HPLC-pump (Shimadzu Corporation, Kyoto, Japan), an AM
GPC Gel 10 μm Linear colon (Mentor, Ohio, USA) and a Sedex 85 light
scattering detector (Sedere SA, Alfortville, France). The GPC measure-
ments were carried out at 40 °C at a flow rate of 1 mlmin−1 with tetra-
hydrofuran as solvent. Polystyrene standards from Polymer Standard
Service were used for calibration. The samples were filtered with
0.22 μm PTFE filters before analysis. The GPC analysis was conducted
as average of parallel samples, as the remaining average mass of the
studied scaffolds was too low for individual parallel measurements. Un-
fortunately, no data could be analysed from theweek 10 scaffolds of the
PLGA2 and PLGA2/BG2, as the remainingmass of those scaffoldswas too
low.

2.2.9. Differential scanning calorimetry
The glass transition temperature (Tg) of the sampleswasdetermined

with differential scanning calorimetry (DSC). The used instrument was
Q1000 (TA Instruments, New Castle, DE, USA) with the procedure:
heat to 200 °C, 20 °C/min, cool to 0 °C, 50 °C/min, and heat to 200 °C,
20 °C/min. All samples were measured in standard aluminium pans
under a dry N2 atmosphere and the given results are from the second
heating scan. The sample size was 5 mg (n = 2 for each scaffold at
each time point).

2.2.10. Thermogravimetric analysis
Thermogravimetric analysis (TGA) was used for analytic measure-

ment of component ratios of PLGA and BG in the composite scaffolds.
Q500 (TA Instruments, New Castle, DE, USA) device was used with the
method Hi-Res-Dynamic. The sample size was 10 mg and samples
were heated to 800 °C (n = 2).

2.2.11. Statistical analysis
Majority of the data are presented as mean ± standard deviation

(SD). The Mann–Whitney U test was conducted for the contact angle

results to findout the statistical differences between the results. The sig-
nificance level of p ≤ 0.05 was used.

3. Results

3.1. Structure of the scaffolds

The structure of the PLGA/BG composites was more homogenous
compared to the plain PLGA scaffolds (overall visual characterization).
In addition, larger macropores were detected in the plain PLGA scaf-
folds. The more detailed characterization with microCT and SEM re-
vealed highly similar overall pore structure of the PLGA component in
the plain and composite scaffolds (Figs. 1 and 2).

MicroCT studies showed the highly porous structure of the scaffolds
(Table 3) with porosity over 93%. The PLGA2/BG2 composites had the
highest porosity, 96%. The material thickness (i.e. pore wall thickness)
was higher for composite scaffolds than the parallel plain scaffolds.
The mean pore sizes (Table 3) varied between different scaffolds and
no clear difference could be noted between the parallel plain and com-
posite scaffolds. Themeanpore sizes of the studied scaffolds varied from
49 to 77 μm, and maximum pore sizes from 105 to 251 μm. The highest
pore sizes with mean pore size of 77 μm and maximum pore size of
251 μm was detected for the PLGA2/BG2 composites. Furthermore, the
PLGA2/BG2 composites showed broader pore size distribution (Fig. 3)
and higher amount of pores over the size of 100 μm compared to the
other scaffolds.

In Fig. 4 the total porosity and open porosity graphs for different
scaffolds are shown. The majority of the pore structure in the scaffolds
consists of open pores, as shown in the figure, indicating an inter-
connected pore structure. The PLGA1 and PLGA2/BG2 scaffolds had
a considerable amount of open pores even at sizes exceeding
100 μm.

3.2. In vitro hydrolytic degradation of the scaffolds

The acidic degradation products of PLGA were noticed during the
hydrolysis (as a decrease in pH value of the buffer). For PLGA1 and
PLGA2 the pH started to decrease and the pH exceeded the given limits
(7.35–7.45) after 4 weeks of hydrolysis (data not shown). After that
point, the buffer of the plain scaffolds was changed weekly. The pH of
the plain scaffolds reached the given limits (7.35–7.45) again at the
end of the hydrolysis, at week 10. The pH of the composites, PLGA1/
BG1 and PLGA2/BG2, stayed at the given limits. The pH values of the
plain PLGA scaffolds were lower than the pH of the PLGA/BG composite
scaffolds at all times. Therefore, the BG in the composites was shown to
neutralize the acidic degradation products of PLGA.

Plain PLGA scaffolds lost their initial structure already at the begin-
ning of the hydrolysis at week 2, due to severe collapse of their initial
porous structure (Fig. 5). At week 2, PLGA1 scaffolds showed denser
structure with shrunk pores, and the pore structure was completely
lost in the PLGA2 scaffolds. Unlike the plain PLGA scaffolds, the BG fibres
in the composites stabilized the structure of PLGA and the open porous
structure was maintained in composites during the hydrolysis (10
weeks) (Fig. 5). However, the initial opaque appearance of the
composites started to change into transparent after 2 weeks of hy-
drolysis, whereas the plain PLGA scaffolds retained their opaque
appearance until the week 8 (visual characterization, data not
shown).

Considerably better dimensional stability was shown for PLGA/BG
composites than for plain PLGA scaffolds during the10-weekhydrolysis.
The plain PLGA scaffolds suffered from severe shrinking and twisting
(visual characterization) during the hydrolysis. No considerable change
in radius of composite scaffolds was noticed during the hydrolysis,
whereas the radius of plain PLGA scaffolds decreased to some extent
(maximally −40%) (data not shown). The height of the scaffolds
increased constantly during the hydrolysis until week 8, after which

Table 2
The abbreviations of scaffolds (in bold) and their compositions (PLGA: poly(D,L-lactide-co-
glycolide), BG: bioactive glass).

Polymer scaffolds Composites

PLGA1 PLGA1 (5 wt.%) PLGA1/BG1 PLGA1 (3 wt.%) + BG1 mesh
PLGA2 PLGA2 (5 wt.%) PLGA2/BG2 PLGA2 (3 wt.%) + BG2 mesh
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the increase was as high as 80% and 100% for PLGA1 and PLGA1/BG1
scaffolds, and 45% and 50% for PLGA2 and PLGA2/BG2 scaffolds, respec-
tively. At week 10 the increase of height for PLGA1 and PLGA1/BG1

scaffolds were 40% and 60%, respectively, and 50% for PLGA2 scaffolds,
whereas the height of PLGA2/BG2 composites had decreased to the ini-
tial values.

PLGA1 PLGA2

PLGA1/BG1 PLGA2/BG2

Fig. 1. 3D reconstructions of microCT images of different scaffolds. PLGA in green and BG in blue; scale bars 250 μm.

PLGA1 PLGA1/BG1

PLGA2 PLGA2/BG2

Fig. 2. SEM images of the initial structure of the different scaffolds. Scale bars 100 μm.
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The weight of the scaffolds decreased gradually during the 10-week
hydrolysis. The difference between composite PLGA/BG and plain PLGA
scaffolds was moderate and the trend in weight loss was the same for
parallel composite and plain scaffolds. After week 6 the weight loss of
plain PLGA1 scaffoldswas however higher than the corresponding com-
posite (PLGA1/BG1). The overall weight loss after the 10-week hydroly-
sis was 63% for PLGA1 and 41% for PLGA1/BG1 scaffolds, whereas, the
overall weight loss was 59% for PLGA2 and 63% for PLGA2/BG2 scaffolds.

A first order law can be used to describe the core-accelerated bulk
degradation process by chain scission of ester bonds for poly(α-
hydroxyesters), specifically, the Mn decrease during ester hydrolysis
can be modelled as [28]:

1=Mn ¼ 1=M0
n x expkt

or in its linearized form:

ln Mn=M
0
n

� �
¼−kt;

whereMn (g/mol) is the number average molar mass of the polymer at
any time point,M0

n is the initial number average molar mass (g/mol), k
is the ester hydrolysis rate constant (per day) and t is the degradation
time (day). Assuming that the above model is also applicable to com-
posite degradation, the values of ln(Mn/M

0
n) as a function of t can be de-

scribed by a linear function. Both the plain PLGA scaffolds and the PLGA/
BG composites showedMn decrease according to thefirst order lawdur-
ing hydrolysis, with straight lines with good fits indicating core acceler-
ated bulk degradation (Fig. 6).

Weight averagemolecularweight (Mw) and number averagemolec-
ular weight (Mn) of the PLGA decreased constantly during the hydroly-
sis (Fig. 7). As seen in Fig. 7, the processing method and subsequently
the sterilization of the scaffolds affected the most the molecular weight
of the scaffolds. The PLGA1 with higher initial molecular weight lost its
molecular weight more severely after the processing and sterilization,
and the Mn of PLGA1 scaffolds decreased to the same level as that of
the PLGA2. After the highest drop in Mn values (after processing and
sterilization) the Mn values stayed relatively constant during the first
two weeks of hydrolysis after which the values decreased gradually.

The trend in the decrease of molecular weight (both Mw and Mn) was
similar for all scaffolds.

3.3. Wettability properties of the scaffolds

Contact angle values of the studied scaffolds varied from 92° to 118°
(Fig. 8), with only some variation between the different fluids. The
PLGA1 scaffolds showed significant difference in contact angle values
in water with respect to PLGA1/BG1 (p b 0.05), PLGA2 (p = 0.05) and
PLGA2/BG2 (p b 0.05) scaffolds. Also, PLGA1 showed relatively signifi-
cant difference with respect to PLGA2/BG2 scaffolds (p = 0.055) in
blood. There was no significant difference in contact angle values be-
tween PLGA/BG and plain PLGA scaffolds when measured in PBS.

The studied scaffolds had constant water absorption until week 8 in
hydrolysis (Fig. 9). The composites had a higher water absorption rate
during the first hydrolysis weeks than the plain PLGA scaffolds. After
week 4 the water absorption started to increase strongly for the plain
PLGA scaffolds and the plain PLGA1 had the highest water absorption
at the end of the hydrolysis.

3.4. Thermal properties of the scaffolds

The Tg values decreased the most during processing (from 51.9 to
42.0 °C for PLGA1), and during sterilization (from 47.3 to 37.5 °C for
PLGA2) (Fig. 10). After 2 weeks of hydrolysis the Tg values of plain
PLGA1 and PLGA2 scaffolds actually increased. After week 2, the Tg
values remained relatively constant during the hydrolysis.

The TGA studies showed BG content of 50.7 ± 5.2% in the PLGA1/
BG1 composites and 41.9 ± 3.0% in the PLGA2/BG2 composites
(Fig. 11). The difference in BG content between parallel samples was
moderate in the composites. Also, no major change in the BG content
in composites was noticed during the 10-week hydrolysis. However,
as the trend lines show in Fig. 11, the BG content was slowly increasing
in PLGA1/BG1 composites during hydrolysis and slowly decreasing in
PLGA2/BG2 composites.

4. Discussion

Freeze-drying is one of themost common techniques to prepare po-
rous scaffolds for tissue engineering [29]. In this study, the combination
of a highly porous BG fibre mesh skeleton inside a freeze-dried PLGA
matrix led to a highly porous composite structure with good intercon-
nection of BG fibres in the PLGA matrix. The overall pore structure of
the studied scaffolds was highly similar for all the studied scaffolds
(Figs. 1 and 2), except for the few larger macropores in the plain PLGA
scaffolds. The higher material thickness in the composite scaffolds was
most likely due to the embedded fibres in the structure (Table 3).

A highly porous scaffold structure is known to be important in tissue
engineering applications for the tissue ingrowth and for flow transport
of nutrients and metabolic waste. Natural bone tissue is highly porous

Table 3
Porosity, material thickness, and pore size of different scaffolds (microCT data).

Porosity
[%]

Material
thickness [μm]

Material
thickness max.
[μm]

Pore
size
[μm]

Pore size
max. [μm]

PLGA1 93 9 ± 3 24 69 ± 24 173
PLGA2 93 7 ± 2 18 49 ± 13 105
PLGA1/BG1 93 13 ± 5 30 53 ± 18 118
PLGA2/BG2 96 8 ± 3 20 77 ± 34 251

0.00E+00

1.00E+06

2.00E+06

3.00E+06
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Fig. 3. Pore size distribution of PLGA1, PLGA2, PLGA1/BG1, and PLGA2/BG2 scaffolds.
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(50–90% porosity) depending on the type of bone [2]. Also, it is known
that scaffold morphology affects the degradation of PLGA, as the scaf-
folds with higher porosity or smaller pores are found to degrade more
slowly than thosewith lower porosity or larger pores [10]. The optimum
pore size for bone tissue engineering scaffolds has been reported to be
~100 μm. However, lower porosity is thought to enhance osteogenesis
in vitro due to cell aggregation and suppressed proliferation [3]. There-
fore, the highly porous structure of the studied scaffolds with over 93%
porosity and with lower mean pore size (lower than 100 μm) together
with few larger pores (over 100 μm) could be a suitable structure for
bone or osteochondral tissue engineering with an in vitro cell culture
period before implantation.

It is known that the decrease in pH of biodegradable polyesters, like
PLGA, is due to acidic by-products leached out from the polymer during
degradation. The BG in aqueous solutions releases sodium, calcium,
phosphate and magnesium ions, which forms basic hydroxides in the
interphase, and therefore leads to higher local pH [23]. The acidic degra-
dation products of PLGA scaffolds have been reported previously and
bioceramics have been found to buffer the acidic degradation of PLGA
[11,12,30]. This phenomenon was also shown with the studied PLGA/
BG scaffolds as the BGwas shown to buffer the acidic degradation prod-
ucts of PLGA as the pH of the plain PLGA scaffolds dropped under the
given limit (7.35–7.45) after theweek 4, unlike the pH of the composite
scaffolds. The aliphatic polyesters are known to degrade hydrolytically
by cleavage of the hydrolytically unstable ester bonds. All the studied
scaffolds showed Mn decrease during hydrolysis with straight lines
with good fits (Fig. 5). Therefore, unlike with solid poly(L-lactide-co-
DL-lactide) (PLDLA)/BG composites reported previously [23], the stud-
ied porous scaffolds showed core-accelerated bulk degradation with
chain scission of ester bonds as the rate limiting step. The presence of
BG does not have significant influence on the degradation mechanism
of PLGA in porous PLGA/BG composite scaffolds, as was seen both in
the current study as well as reported previously [20], whereas the BG
had an influence in PLDLA/BG scaffolds compared in that same study.
The composite structure was found to affect the degradation rate of
the scaffolds as the Mn, Mw and ln(Mn/M0

n) figures show higher de-
crease in molecular weight values of plain PLGA scaffolds during the

hydrolysis until the week 8. After week 8 the plain PLGA scaffolds had
lost most of their mass and therefore the pH of the buffer solution also
remained normal levels.

It is essential for tissue engineering scaffolds to hold initial dimen-
sions during the time it takes the new tissue to form. The dimensional
stability of plain PLGA scaffolds was found to be inadequate as the
plain scaffolds lost their initial pore structure already at the beginning
of the hydrolysis (Fig. 5), a phenomenon which was also detected pre-
viously in a study of porous PLGA scaffolds manufactured by solvent
casting and pressure quenching with CO2 [31]. However, in the present
study the composite structure inhibited the dimensional changes of the
scaffolds. The loose horizontally aligned fibre network, however,
allowed some swelling of the PLGA component in the vertical direction
during the hydrolysis. The porous structure of the PLGA/BG scaffolds
remained intact until the end of the hydrolysis (Fig. 5).

Higher material thickness in porous PLGA scaffolds has been found
to lead to higher degradation rate, because the thicker pore walls en-
hance acid-catalysed hydrolysis as the diffusion of acidic degradation
products is inhibited [32]. Therefore, the higher material thickness in
PLGA1/BG1 composites is most likely due to the BG content as the deg-
radation of the PLGA component in PLGA1/BG1 composites is not en-
hanced when compared to PLGA1 scaffolds. The composite structure
with BG inhibited the weight loss of PLGA1/BG1 scaffolds, even though
the difference in weight loss between PLGA2 and PLGA2/BG2 scaffolds
was much more moderate. This could be due to higher BG content in
the PLGA1/BG1 compared to PLGA2/BG2 scaffolds (Fig. 11) and higher
material thickness of PLGA1/BG1 scaffolds (microCT data, Table 3).

A porous structure and hydrophilic properties are crucial for suc-
cessful cell seeding in tissue engineering scaffolds. The surface of the
scaffold is the first component that comes into contact with the biolog-
ical fluids. The contact angle of biomaterials is thought to affect the bio-
compatibility of the scaffolds. A material with contact angle values over
80° is considered hydrophobic [33]. PLGA is generally known to be hy-
drophobic and BG hydrophilic by nature. Therefore, BG can be thought
to improve the wettability characteristics of PLGA scaffolds. However,
the contact angles of the studied composite scaffoldswere not improved
compared to the plain PLGA scaffolds, and actually the plain PLGA1
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Fig. 4. Total porosity and open porosity graphs of the different scaffolds indicating highly interconnected pore structure in all scaffolds.
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scaffolds showed improved wettability with significantly lower contact
angle values (p ≤ 0.05) in water, compared to PLGA1/BG1, PLGA2 and
PLGA2/BG2. This wasmost likely due to the structure of the composites,

as BG fibres were embedded into the PLGAmatrix which covered the
BG mesh thoroughly (as also detected from microCT studies). Also,
the structure of the freeze-dried scaffolds was highly porous and
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Fig. 6. Fitting the number average molecular weight decrease according to the first order law during ester hydrolysis.
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Fig. 5. SEM images of the scaffolds after 2 weeks in hydrolysis and PLGA1 and PLGA1/BG1 scaffolds after 10 weeks in hydrolysis. Scale bars 100 μm.
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inhomogeneous which could have affected the contact angle results.
Furthermore, the parallel contact angle results varied highly, more
than 5° between the two measuring points of each droplet (the con-
tact angle measured at right and at left in one droplet), indicating a
highly uneven surface structure of the scaffolds. This might have
also be the reason why the standard deviation in the contact angle
results was high in almost all the results. The BG fibresmade the scaf-
folds even denser (as detected frommicroCT studies with higherma-
terial thickness) which decreased the initial wettability and lead to
higher contact angle values as well. Therefore, these results indicate
that the scaffolds can be thought as hydrophobic and no improved
hydrophilicity of the surface of the composite scaffolds was detected
compared to plain PLGA scaffolds. To improve the initial wettability
characteristics of the composite scaffolds the BG fibres should not
be totally covered by polymer. However, a low contact angle (high
wetting of the material surface) does not necessarily signify enhanced
biocompatibility, as excessively hydrophobic surfaces enhance cell af-
finity and reduce biocompatibility, but highly hydrophilic surfaces are
found to prevent cell–cell interactions [33].

Even though all studied scaffolds appeared to be equally hydropho-
bic in the contact angle measurements, the water absorption of the
composites was higher than of the plain polymer scaffolds during the
first weeks in hydrolysis. This phenomenon has also been reported by
Boccaccini et al. [12], who presented that incorporation of BG filler
into PLGA increases the capacity to absorb water during the initial incu-
bation period.

The manufacturingmethod, freeze-drying, and sterilization affected
the scaffolds' Tg and Mw values more than the 10-week hydrolysis. The
BG in the composite structures stabilized the degradation of the PLGA
component as Tg remained stable for PLGA/BG composites after process-
ing and sterilization, and also during the 10 week hydrolysis. The
gamma irradiation severely degrades the polymer component of the
scaffolds, indicating that the sterilization mechanism should be re-
evaluated.

The difference in BG content between the two different composites
was as high as 8.8% as a result of the mesh fabrication procedure,
where the amount of BG fibres in different meshes can vary due to het-
erogeneousmesh structure, which is typical for cardedmesh. The larger
amount of BG in the PLGA1/BG1 composites (compared to PLGA2/BG2)
could explain the highermaterial thickness in the scaffolds (as stated in
the weight change results), and lower pore size compared to plain
PLGA1 scaffolds (Table 3). Interestingly, even though the BG content
stayed relatively stable in composites during the 10-week hydrolysis,
the BG content was shown to slowly increase in PLGA1/BG1 and to
slowly decrease in PLGA2/BG2 composites. This indicates that the ma-
trix polymer PLGA1 was degrading at a slightly higher pace and the
PLGA2 at a slightly lower pace in the composites compared to the BG
filler fibres. This was also shown in the weight change results, where
the degradation of the scaffolds was decreasing in the rate of PLGA1
and PLGA2/BG2 N PLGA2 N PLGA1/BG1 between the different scaffolds.
The glass fibre diameter is reduced during hydrolysis in composites
(as also detected from SEM studies, Figs. 2 and 5). This can be explained
by the resorption mechanism of the glass fibres BG1 and BG2, as they
have previously been reported to go through surface erosion due to
the high surface to volume ratio of these thin fibres [34]. Therefore, it
can be assumed that the rate of degradation of PLGA and BG fibres
was relatively equal as the amount of polymer and BG content is equal
throughout the hydrolysis of 10 weeks.

We are subsequently performing in vivo studies with a rabbit model
to substantiate the suitability of this kind of PLGA/BG composite scaffold
for bone tissue regeneration. The in vivo results will be published in a
separate forthcoming paper.

5. Conclusions

Themanufactured PLGA/BGcomposites showed superior pore struc-
ture and dimensional stability during hydrolysis compared to plain
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PLGA scaffolds, which is essential for good tissue integration. The plain
PLGA scaffolds were found to be unsuitable as tissue engineering scaf-
folds, as the porous structure of those scaffolds was lost already after
the first weeks in hydrolysis. The buffering effect of BG in the compos-
ites improved the suitability of the PLGA/BG composites to be used in
bone tissue engineering. In addition, the PLGA/BG composites demon-
stratedhighwater absorption already at the beginning of the hydrolysis.
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Abstract

Deep osteochondral defects may leave voids in the subchondral bone, increasing the

risk of joint structure collapse. To ensure a stable foundation for the cartilage repair,

bone grafts can be used for filling these defects. Poly(lactide‐co‐glycolide) (PLGA) is a

biodegradable material that improves bone healing and supports bone matrix deposi-

tion. We compared the reparative capacity of two investigative macroporous PLGA‐

based biomaterials with two commercially available bone graft substitutes in the bony

part of an intra‐articular bone defect created in the lapine femur. New Zealand white

rabbits (n = 40) were randomized into five groups. The defects, 4 mm in diameter and

8 mm deep, were filled with neat PLGA; a composite material combining PLGA and

bioactive glass fibres (PLGA–BGf); commercial beta‐tricalcium phosphate (β‐TCP)

granules; or commercial bioactive glass (BG) granules. The fifth group was left

untreated for spontaneous repair. After three months, the repair tissue was evaluated

with X‐ray microtomography and histology. Relative values comparing the operated

knee with its contralateral control were calculated. The relative bone volume fraction

(ΔBV/TV) was largest in the β‐TCP group (p ≤ 0.012), which also showed the most

abundant osteoid. BG resulted in improved bone formation, whereas defects in the

PLGA–BGf group were filled with fibrous tissue. Repair with PLGA did not differ from

spontaneous repair. The PLGA, PLGA–BGf, and spontaneous groups showed thicker

and sparser trabeculae than the commercial controls. We conclude that bone repair

with β‐TCP and BG granules was satisfactory, whereas the investigational PLGA‐

based materials were only as good as or worse than spontaneous repair.

KEYWORDS

animal model, biomaterial, bone repair, intra‐articular, poly(lactide‐co‐glycolide)

1 | INTRODUCTION

Joint trauma may lead to deep osteochondral defects with

severe subchondral bone loss (van Dijk, Reilingh, Zengerink, & van

Bergen, 2010). The impairment of joint biomechanics and tissue

metabolism leads to dysfunction of the joint and increases the risk

of posttraumatic osteoarthritis and collapse of the joint structure

(McKinley, Borrelli, D'Lima, Furman, & Giannoudis, 2010). These

can lead to pain, swelling, and restricted movement of the joint

(Jackson, Lalor, Aberman, & Simon, 2001).

Due to the poor intrinsic repair capacity of cartilage and osteoar-

thritis as the potential consequence of cartilage lesions, various
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treatment options have been developed to preserve joints after dam-

age (Huey, Hu, & Athanasiou, 2012). The current surgical methods to

treat osteochondral defects include autologous osteochondral trans-

fer, fresh osteochondral allografts, autologous chondrocyte implanta-

tion, and arthroplasty (Seo, Mahapatra, Singh, Knowles, & Kim,

2014). The choice of a treatment option depends on the size, depth,

and location of the lesion as well as the age and previous treatments

of the patient.

In intra‐articular bone fractures and deep osteochondral defects,

both the articular cartilage and the underlying bone should be taken

into consideration when choosing the treatment method (Mano &

Reis, 2007). Large bone voids should be filled with bone grafts to pro-

vide the healing defect site with sufficient structural support, which is

a prerequisite for a successful cartilage repair. Autografts are the gold

standard of bone grafting. Due to the limited availability, donor site

morbidity, pain, and risk of infection and nerve injury (Arrington,

Smith, Chambers, Bucknell, & Davino, 1996), allografts harvested from

a cadaver have been used as an alternative source. However, allografts

are associated with the risk of immune reaction and disease transmis-

sion. Tissue‐engineered substitutes have been developed to overcome

these limitations (Oryan, Alidadi, Moshiri, & Maffulli, 2014).

An advantageous bone filler that could be used together with a

cartilage reparative construct remains to be developed. An optimal

bone filler in a deep osteochondral defect would provide the tissue

with mechanical support, be able to function as a carrier for reparative

cells, degrade gradually as neotissue forms, and enable cartilage repa-

ration (Oryan et al., 2014).

Several biomaterials have been studied for bone applications.

Bioceramics, calcium phosphates, such as osteoconductive beta‐

tricalcium phosphate (β‐TCP), have been used in clinical practice for

over 20 years (Ghazal, Prein, & Müller, 1992; Stahl & Froum, 1986).

β‐TCP resorbs by osteoclastic activity and is replaced by new bone

in vivo (Eggli, Muller, & Schenk, 1988). Friability and a limited osteo-

genic effect are the main problems encountered with β‐TCP (Liu &

Lun, 2012). Bioactive glasses (BGs) are silica‐based materials that pro-

mote bone formation and have been in clinical use since the 1980s

(Brauer, 2015; Keranen et al., 2011). Some BGs have shown antibacte-

rial properties, thus mitigating the risk of surgical infections (Lindfors

et al., 2010). BGs, like β‐TCP, are brittle, and thus their mechanical

properties are limited (Jones, 2013).

Bioabsorbable polymers have been actively studied as bone filler

materials. Aliphatic polyesters of alpha‐hydroxy acids are the most

commonly used, and poly(lactide‐co‐glycolide) (PLGA) is often

favoured in regenerative medicine due to its biocompatibility, rela-

tively rapid and controllable degradation, and existing approval for

clinical use by the U.S. Food and Drug Administration (Gentile, Chiono,

Carmagnola, & Hatton, 2014,Serino, Rao, Iezzi, & Piattelli, 2008).

Three‐dimensional scaffolds made of PLGA have been shown to sup-

port cell attachment and bone matrix deposition on the scaffold sur-

face and to promote bone healing compared with spontaneous

repair (Karp, Shoichet, & Davies, 2003; Kleinschmidt, Marden, Kent,

Quigley, & Hollinger, 1993). The acidic by‐products that form during

the degradation process as well as poor mechanical strength are the

main limitations of synthetic polymers (Garcia‐Gareta, Coathup, &

Blunn, 2015).

Results of the use of porous PLGA scaffolds in the repair of bone

defects have been promising (Pan et al., 2015). In our preliminary

study in rats (unpublished), there was an island‐like bone formation

inside the implanted PLGA in the absence of inflammatory cells. Thus,

we hypothesized that a porous plug‐like PLGA rod could meet the

requirements for a bone filler in osteochondral defects. We produced

a cylindrical scaffold by gas foaming (CO2) PLGA to be tested in vivo in

a rabbit model.

Although polymer scaffolds are biocompatible, they lack sufficient

bioactivity (Zeimaran et al., 2015). As BG has shown osteoconductive

properties (Gunn, Rekola, Hirvonen, & Aho, 2013), we hypothesized

that combining PLGA with bioactive glass fibres (BGf) would enhance

the regenerative capacity of the biomaterial. Therefore, we also pro-

duced a rod‐formed composite material combining PLGA with BGf in

a freeze‐drying process.

The purpose of this study was to evaluate the potential of two

investigational PLGA‐based biomaterials against two commercial bio-

materials, and lesions left without treatment, in the repair of the bony

part of deep osteochondral defects in a rabbit model.

2 | MATERIALS AND METHODS

A total of 40 female New Zealand white rabbits were obtained

from a commercial supplier (Harlan Laboratories B.V., Venray, the

Netherlands). The animals were 18 weeks old. They were housed in

individual cages, acclimatized for 1 week before the operations, and

their wellbeing was observed daily. The study was authorized by the

Finnish National Animal Experiment Board (ESAVI/3785/04.10.03/

2011) and conducted according to the ethical guidelines and regula-

tions of the Finnish Act on Animal Experimentation (62/2006). The

rabbits were randomized into five groups (n = 8 in each group). Four

groups received PLGA, PLGA–BGf, commercial BG, or commercial

β‐TCP as a bone substitute material (Figure 1a). The fifth group was

an untreated control group (spontaneous), which did not receive any

bone substitute material.

2.1 | Preparation of the biomaterials

PLGA polymers were produced at Åbo Akademi University. Medical

grade monomers of D‐lactide and glycolide were acquired from

Corbion (Corbion Purac, Gorinchem, the Netherlands) and L‐lactide

from Futerro (Escanaffles, Spain). The PLGA was polymerized in an

argon atmosphere by ring‐opening polymerization with 0.1mol‐%

stannous octoate as initiator and a molecular weight determining

amount of 1‐decanol as coinitiator. After polymerization, the polymer

was purified by dissolution in dichloromethane and precipitation in

ethanol. The PLGA had a lactide to glycolide ratio of 7:3 with equal

amounts of D‐ and L‐lactide and a weight average molecular weight

of 48 000 g/mol.

PLGA scaffolds were produced at Åbo Akademi University with

the gas foaming method. PLGA was first extruded into approximately

2.8 mm thick rods, which were cut to 16‐mm long pieces. The PLGA

pieces were then placed in custom‐made Teflon molds with an inner

diameter of 4.0 mm. The molds were placed in a chamber with a
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carbon dioxide pressure of 55 bar for 10 hr, then the pressure was

released rapidly in 5 s. The rods were to some extent soft with a

porosity of over 90%, which consisted of mainly closed pores. Scaf-

folds with the length of 8 mm and a mass of 24–27 mg were then

cut from the foamed rods and sterilized with gamma irradiation with

a dose of 25 kGy.

The PLGA–BGf composites were produced at Tampere Univer-

sity of Technology. Bioresorbable melt‐derived glass fibres (Vivoxid

Ltd., Turku, Finland), denoted as BGf, were composed of 68.6 SiO2,

12.5 Na2O, 9.3 CaO, 7.2 MgO, 1.8 B2O3, and 0.6 P2O5 (in mol‐%).

The average fibre diameter was 13 μm. The BGf was cut into staple

fibres of approximately 10 cm in length and carded into mesh. The

above described PLGA was dissolved in 1,4‐dioxane as 3 wt‐% solu-

tion. The 3 wt‐% PLGA solution was immersed into BGf carded mesh,

and the samples were frozen to −30°C for 24 hr prior to 24‐hr

freeze‐drying. The freeze‐dried PLGA–BGf composites were after-

wards cut with a puncher into samples with diameter of 4 mm, and

five parallel samples were placed on top of each other and glued

together with 3 wt‐% PLGA solution and freeze‐dried again as

described earlier. The height of the final sample was 8 mm, with a

porosity of 96% (Haaparanta et al., 2015). The samples were held

under vacuum at room temperature for a minimum of 48 hr and

gamma sterilized at 25 kGy.

PLGA and PLGA–BGf were compared with two commercial

bone substitutes, BG granules (BonAlive®, BonAlive Biomaterials

Ltd, Turku, Finland) and β‐TCP granules (Synthes® chronOS, Synthes

GmbH, Oberdorf, Switzerland), and with spontaneous repair.

BonAlive® granules are BG granules consisting of 53 SiO2, 23

Na2O, 20 CaO, and 4 P2O5 (in wt‐%). The BG granules had a diam-

eter of 0.5–0.8 mm. Synthes® chronOS granules are composed of

β‐TCP. The sizes of these granules were 0.5–0.7 mm, and the poros-

ity of the material was 60%.

2.2 | Surgical procedure

The rabbits were operated under general anaesthesia induced with

0.5 mg/kg (sc) medetomidine and 25 mg/kg (sc) ketamine. Preopera-

tive analgesia of 0.05 mg/kg (sc) of buprenorphine and 4 mg/kg (sc)

of carprofen was administered. All the animals received 40 mg/kg

(im) of cefuroxime preoperatively.

The animals were set on a supine position on the operating table.

A medial parapatellar arthrotomy was made to the right hind leg. The

patella was dislocated laterally, and the femoral condyles were

exposed. A single lesion through the articular cartilage of the medial

condyle was made with a hand‐operated drill. The lesion covered

almost the width of the femoral condyle, and the bony defect com-

prised a notable volume of the entire condyle with a diameter of

4 mm and a depth of 8 mm (as depicted in Figure 1b,c). The defect

extended into the bone marrow space. The lesions were filled with

the studied biomaterial or left empty for spontaneous repair. The

granular materials BG and β‐TCP were mixed with sterile water to cre-

ate a paste‐like composition prior to implantation. The PLGA and

PLGA–BGf samples were semirigid plugs, which were press‐fitted into

the lesion (Figure 1a). The incisions were closed in layers. After the

operation, 1 mg/kg (sc) of antipamexole was administered for reversal

of the sedative effects of medetomidine.

The animals were allowed free weight‐bearing and unrestricted

movement after the operation. Antibiotic prophylaxis of 40 mg/kg

(sc) of cefuroxime was continued three times a day for 3 days and

postoperative analgesia of 0.01 mg/kg (sc) of buprenorphine and

4 mg/kg (sc) of carprofen for 4 days.

The follow‐up time for each group was 12 weeks, whereafter the

animals were anaesthetized as described above and euthanized with

an overdose of pentobarbital (60 mg/kg, iv). The operated and

nonoperated contralateral knees were photographed, evaluated for

FIGURE 1 (a) A photograph of all the
investigated bone substitutes from left to
right: poly(lactide‐co‐glycolide) (PLGA),
poly(lactide‐co‐glycolide)–bioactive glass
fibres (PLGA–BGf), beta‐tricalcium phosphate
(β‐TCP), and bioactive glass (BG). The site of
the defect in the medial condyle of the femur
(b) and its depth into the bone tissue (c) are
indicated with a black line [Colour figure can
be viewed at wileyonlinelibrary.com]
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gross macroscopic appearance, detached, and stored in 10% buffered

formalin at +4°C for further processing.

2.3 | X‐ray microtomography

Quantitative analyses of the operated femoral condyles were carried

out with X‐ray microtomography (μCT) imaging. Bone growth into

the lesion and the subchondral bone morphology of the operated

and nonoperated contralateral knees were analysed with Zeiss Xradia

MicroXCT‐400 (Zeiss, Pleasanton, CA, USA). The samples were trans-

ferred to the temperature of the μCT device (+29°C) for 30 min before

the imaging to stabilize the set‐up. The μCT imaging parameters were

100 kV source voltage (no filtering), 100 μA current, 0.4× macro

objective, 2 binning, 800 projections, 360° projection angle, and

2.5 s exposure time. The cross‐sectional image stacks were recon-

structed using Zeiss Xradia XMReconstructor software (version 8.1,

Zeiss), resulting in a 22.6‐μm isotropic voxel size. The images were

postprocessed and visualized using Avizo Fire 8.1 (FEI Visualization

Sciences Group, Hillsboro, OR, USA) software. A cylindrical volume

of interest (VOI) with a diameter of 5 mm and a depth of 8 mm was

extracted. Subsequently, the VOI was denoised with the non‐local

means (NLM) filter (Buades, Coll, & Morel, 2005). The bone tissue

and the implanted biomaterials were segmented by global

thresholding. Manual correction was used to reduce segmentation

over/under flow.

Quantitative analysis was performed using BoneJ plug‐in (Doube

et al., 2010) in Fiji (Schindelin et al., 2012) software. The analysed

parameters were bone volume fraction (BV/TV), trabecular thickness

(Tb.Th), trabecular spacing (Tb.Sp), and trabecular number (Tb.N).

2.4 | Histological analysis

The femurs were carefully split into two using a jig saw. Undecalcified

samples were dehydrated in ethanol, cleared with xylene immersions,

and subsequently embedded in methyl methacrylate. The hardened

tissue blocks were cut into 5‐ to 10‐μm thick sections with a Leica

SM 2500 hard tissue slide microtome. The sections were stained with

Masson–Goldner trichrome stain and mounted with permanent

mounting medium. The sections were imaged with a Zeiss AxioImager

Z1 microscope system equipped with an AxioCam MRc5 camera and

Zen blue edition software (Carl Zeiss Microscopy GmbH, Göttingen,

Germany) to acquire mosaic images of the entire histological sections.

For histomorphometry, the Masson–Goldner trichrome stained

sections were imaged with an Olympus BX‐60 microscope with an

integrated Scion colour digital camera. ImageJ software was used for

measurements, and scaling was performed with UKAS calibrated aux-

iliary object glass with a 1‐mm scale. Semi‐automatic image analysis

with ImageJ was used for measuring the total surface area and the tra-

becular area of the defect. The qualitative assessment of the amount

of osteoid and lymphocytes was carried out with the naked eye.

Due to the low quantity of osteoid in the samples, quantitative assess-

ment of the amount of osteoid could not be made.

2.5 | Statistical analyses

Relative μCT values, where each parameter for operated knees was

compared with the corresponding nonoperated controls, were calcu-

lated and used to compare the groups with each other. Statistical anal-

yses were carried out using the permutation analysis of variance test

with Holm adjustment. The p‐values under 0.05 were considered sta-

tistically significant.

3 | RESULTS

3.1 | Animal experiment

Three animals (one each from groups PLGA, β‐TCP, and spontaneous)

died during the induction of anaesthesia, probably due to respiratory

arrest caused by the combination of ketamine and medetomidine

(Calasans‐Maia, Monteiro, Ascoli, & Granjeiro, 2009). Consequently,

these three animals were not included in the analyses. Otherwise,

the operations were carried out without complications, and all the ani-

mals recovered well.

3.2 | Macroscopic appearance

There were no signs of synovitis in the operated joints. All groups

showed macroscopic lesion filling up to the joint surface (Figure 2).

Repair tissue hypertrophy over the level of the surrounding cartilage

was detected in two of eight samples in PLGA–BGf group, in one of

six samples in PLGA group, and in one of eight samples in BG group.

No overgrowth was detected in the spontaneously healed or in β‐

TCP‐augmented groups. The surface of the neotissue in the defect

areas in each group was uneven and differed by colour from healthy

cartilage, but no deep tissue deficiencies were detected in the adja-

cent cartilage.

3.3 | Bone repair

Unresolved β‐TCP and BG were still seen in μCT imaging. The bone

and biomaterial could both be distinguished from the μCT images in

all the test groups. The relative bone volume fraction between the

operated and nonoperated knees (ΔBV/TV) was greatly increased in

the β‐TCP group, where it was higher than in the other groups

(p ≤ 0.012, Figure 3a, Table 1, Table S1). The relative trabecular thick-

ness (ΔTb.Th) was higher in groups PLGA, PLGA–BGf, and spontane-

ous than in the commercial controls β‐TCP and BG (p ≤ 0.035;

Figure 3b). All groups differed from each other (p ≤ 0.048) in relative

trabecular spacing (ΔTb.Sp) with the exception of PLGA and spontane-

ous groups, which did not show a statistical difference from one

another (Figure 3c). The trabeculae were sparsest in the PLGA–BGf

group (p ≤ 0.014).

The trabecular number (Tb.N) was close to the contralateral con-

trol in the β‐TCP and BG groups (Figure 3d). These commercial groups

did not differ from one another, but compared with the other groups,

their relative trabecular number (ΔTb.N) was significantly higher

(p ≤ 0.013).
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Table 1 summarizes the results of the μCT imaging in each group

in both the operated knees and the nonoperated contralateral control

knees of the same animals. All statistically significant differences in

ΔBV/TV, ΔTb.Th, ΔTb.Sp, and ΔTb.N are presented in Table S1.

3.4 | Repair tissue structure

The filling of the bony lesions seemed to migrate from the edges

towards the middle of the defect. Histological assessment of the sam-

ples showed that the areas that appear empty in μCT images consist

of connective tissue and bone marrow (Figure 4a,b).

In the PLGA and spontaneous groups, the defects were filled

partly with fibrous tissue and partly with mineralized bone surrounded

by scarce strands of osteoid (Figure 4a,b). The upper halves of the

defects were well repaired, but the bone structure in the lower halves

was sparse.

In the PLGA–BGf group, the bone defects were filled with fibrous

tissue (Figure 4a,b). The perimeter of the defect site featured newly

mineralized bone, but the surgically created defect itself showed no

bone tissue formation.

Osteoid was seen in most of the samples, where it was located

directly beneath the surface. Only one specimen in the spontaneously

healed group and one in the PLGA–BGf group had no osteoid

(Table 2). Osteoid was most abundant in the β‐TCP group, where it

encircled numerous small islands of mineralized bone (Figure 4d). Both

commercial controls showed comprehensive lesion filling with tissue

where mineralized bone and osteoid alternated with cell‐rich fibrous

tissue. Although the bone defect filling was satisfactory, there was a

connective tissue‐filled depression near the surface in β‐TCP and BG

groups (Figure 4a,b).

There was a low number of lymphocytes and macrophages in the

histological sections (Table 2). Most inflammatory cells were seen in

the PLGA group, where three of seven specimens showed 50–100

inflammatory cells on the slide, and in the PLGA–BGf group,

where two of eight specimens showed 50–100 inflammatory cells.

No other group showed an increase in the number of lymphocytes

or macrophages.

4 | DISCUSSION

In this study, the use of bone defect fillers in intra‐articular lesions was

evaluated in a rabbit model. Our goal was to find out whether these

fillers can be used in repairing the bony part of deep osteochondral

defects. As PLGA‐based scaffolds have been reported to produce

favourable results when used to repair bone defects (Pan et al.,

2015; Penk et al., 2013), we hypothesized that creating a rod‐like

PLGA‐based bone filler would enhance the repair of the deep bony

part of osteochondral defects and that combining BG with PLGA

would further improve the scaffold.

We thought that the PLGA‐based semi‐rigid bone substitutes

might have had additional advantage, as they could be constructed

into a two‐layer scaffold shaped to match the contours of the joint,

with bone substituting material in the deeper part and regenerative

cells for cartilage repair in the joint surface. This kind of a scaffold

could be used as a bioprosthesis to fill the entire osteochondral defect.

Although the gas‐foamed PLGA showed high porosity, the pores

were collapsed (Uppstu, Paakki, & Rosling, 2015). As high porosity is

needed for bone growth into the scaffold (Zeimaran et al., 2015), this

might provide an explanation for the results that were worse than

FIGURE 2 Photographs of two representative samples in each
group, showing the macroscopic appearance of the cartilage surface
where the drill hole was created. The groups are as follows: (a,b)
poly(lactide‐co‐glycolide) (PLGA), (c,d) poly(lactide‐co‐glycolide)–
bioactive glass fibres (PLGA–BGf), (e,f) beta‐tricalcium phosphate (β‐
TCP), (g,h) bioactive glass (BG), (i,j) spontaneous, and (k) a nonoperated
contralateral control. Scale bars: 2 mm (a–j) and 5 mm (k) [Colour
figure can be viewed at wileyonlinelibrary.com]
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expected. However, the use of gas‐foamed PLGA produced repair tis-

sue that did not differ from spontaneous healing, indicating that

although it did not have a major overall impact on the healing process,

the repair was not hampered by the material.

BG alone has been shown to work well in bone repair (Lindfors,

Heikkila, Koski, Mattila, & Aho, 2009) and to promote bone formation

in combination with polymers in vitro (Lu, El‐Amin, Scott, & Laurencin,

2003). In the present study, BG alone resulted in adequate bone for-

mation, but combining PLGA with BGf deteriorated the repair process.

PLGA–BGf had initially small pores and compact structure with very

little space for tissue ingrowth (Haaparanta et al., 2015). The BGfs

were densely embedded in the PLGA, which probably impaired the

interaction of BGf with the surrounding bone. As the composite mate-

rial has a longer degradation time than the PLGA alone, it might lead to

better structural support in load‐bearing applications (Gentile et al.,

2014) but delay the lesion repair (Haaparanta et al., 2015). We believe

these factors explain why the bone defects treated with the PLGA–

BGf composite scaffold were only filled with connective tissue and

why the bone structure remained nearly unchanged throughout the

3‐month long study period.

FIGURE 3 Quantitative results of X‐ray
microtomography showing the difference
between the operated and the nonoperated
contralateral knees in (a) bone volume fraction
(ΔBV/TV, %), (b) trabecular thickness (ΔTb.Th,
μm), (c) trabecular spacing (ΔTb.Sp, μm), (d)
and trabecular number (ΔTb.N, μm−1) in each
study group. The black square represents the
average value of the operated knees, and the
dash line represents the nonoperated knees.
The whiskers represent 95% confidence
intervals
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TABLE 1 Results of the X‐ray microtomography imaging in each group in both the operated knees and the nonoperated contralateral control
knees of the same animals

PLGA PLGA–BGf β‐TCP BG Spontaneous
Mean ± SE Mean ± SE Mean ± SE Mean ± SE Mean ± SE

Operated n = 7 n = 8 n = 7 n = 8 n = 7

BV/TV, % 33.6 ± 1.4 25.1 ± 3.6 46.0 ± 1.3 30.5 ± 1.7 37.1 ± 1.6

Tb.Th (μm) 354 ± 19 295 ± 18 225 ± 10 161 ± 9 364 ± 30

Tb.Sp (μm) 1050 ± 121 1984 ± 178 529 ± 26 632 ± 49 1144 ± 96

Tb.N (μm−1) 0.74 ± 0.05 0.46 ± 0.04 1.33 ± 0.04 1.30 ± 0.08 0.68 ± 0.05

PLGA PLGA–BGf β‐TCP BG Spontaneous
Mean ± SE Mean ± SE Mean ± SE Mean ± SE Mean ± SE

Nonoperated n = 7 n = 8 n = 7 n = 8 n = 7

BV/TV (%) 36.6 ± 0.8 32.6 ± 0.9 31.9 ± 1.5 32.6 ± 1.3 34.4 ± 2.0

Tb.Th (μm) 280 ± 10 228 ± 9 246 ± 12 226 ± 8 277 ± 19

Tb.Sp (μm) 589 ± 22 597 ± 27 695 ± 45 587 ± 19 595.0 ± 36.0

Tb.N (μm−1) 1.16 ± 0.04 1.22 ± 0.05 1.08 ± 0.05 1.24 ± 0.03 1.16 ± 0.05

Note. β‐TCP: beta‐tricalcium phosphate; BG: bioactive glass; BV/TV: bone volume fraction of the total tissue volume; PLGA: poly(lactide‐co‐glycolide);
PLGA–BGf: poly(lactide‐co‐glycolide)–bioactive glass fibres; Tb.N, trabecular number; Tb.Sp, trabecular spacing; Tb.Th, trabecular thickness. The values
are presented as mean ± standard error (SE).

FIGURE 4 An X‐ray microtomography (μCT) image and a Masson–Goldner trichrome‐stained histological section of (a) the best and (b) the worst
sample in each group, chosen according to the data obtained from the μCT imaging, as well as a nonoperated contralateral control (c). The close‐up
image of the best beta‐tricalcium phosphate (β‐TCP) section (d) shows the abundance of osteoid (arrow) in the perimeter of the mineralized bone
(arrowhead). Scale bars: (a–c): 4 mm, (d) 500 μm [Colour figure can be viewed at wileyonlinelibrary.com]
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Degradation of PLGA occurs through hydrolysis, which produces

lactic acid and glycolic acid, possibly lowering the pH of its surround-

ings (Gentile et al., 2014; Haaparanta et al., 2015). The inflammatory

reaction and autocatalytic process caused by the acidic environment

have been reported to promote bone reparative process (Mountziaris

& Mikos, 2008; Zeimaran et al., 2015), although contradicting results

have also been presented (Han et al., 2009,Shibutani & Heersche,

1993). In the present study, a slight increase in inflammatory cells

was seen in the PLGA and PLGA–BGf‐treated specimens but not in

the spontaneously healed group or in the groups treated with the

granular biomaterials. However, the minor inflammatory reaction

seen in the PLGA‐based treatment groups did not lead to enhanced

bone repair.

In this study, the β‐TCP group showed most osteoid, numerous

thin trabeculae, and extensive bone formation at 12 weeks. In a previ-

ous study in sheep (Mayr et al., 2015), β‐TCP resorption and bone for-

mation continued for a long time, with only 12% of the biomaterial

being resorbed after 24 weeks. In the present study in rabbits, the

12‐week follow‐up period shows bone repair in its early phase. It is

probable that with time, the bone would have been exposed to

remodelling to normalize the trabecular structure.

The bone volume fraction in the operated knees was close to

that of the nonoperated controls in the spontaneously healed group.

However, the trabeculae were thick and sparse in the spontaneously

healed knees, unlike in the groups treated with the commercial

granular bone substitutes β‐TCP and BG, thus demonstrating a worse

healing response than with the granular bone fillers. BG alone

showed bone trabecular parameters that were closest to those of

the nonoperated contralateral legs, indicating desirable overall repair

tissue quality.

The β‐TCP granules used in this study have been in clinical use in

bone defect repair for over 20 years (Altermatt, Schwobel, & Pochon,

1992). The clinical use of granular β‐TCP and BG in osteochondral

defect filling, however, has been scanty (Hupa & Hupa, 2010).

Granular structure enables easy and complete filling of misshapen

osteochondral lesions, without a need to surgically enlarge the lesion

to fit the shape of the scaffold. Granular bone fillers allow cell migra-

tion into the entire defect site, tissue ingrowth, vascularization, and

well‐functioning metabolism (Virolainen, Heikkila, Yli‐Urpo, Vuorio, &

Aro, 1997; Zerbo, Bronckers, de Lange, & Burger, 2005). In this study,

the commercial materials BG and β‐TCP showed satisfactory lesion fill-

ing and extensive bone formation, indicating that they have potential

to be used in deep osteochondral defect repair. The potential down-

side of granular materials is that the granules might loosen from the

surface. However, in this study, the articulating tibial surface showed

no signs of abrasion by the granules. Adding a cartilage reparative scaf-

fold on top of the bone repair would further secure the granules in

place while restoring the cartilage surface.

There is emerging evidence of crosstalk between articular carti-

lage and underlying subchondral bone that emphasizes the importance

of restoring the joint as a unit (Findlay & Kuliwaba, 2016). Survival of a

whole tissue graft in osteochondral grafting depends largely on the

integration of the graft bone into the host bone (Gross et al., 2008).

Despite the favourable bone repair with the commercial bone

substitute materials, the cartilage unit of the defect, which was left

untreated, was inadequately repaired in the present study. Even

though Masson–Goldner trichrome is not a cartilage staining method,

it gives a general view of the tissue repair. For the tissue section

analysed in the present study for detailed bone formation, it was evi-

dent that there was no or very minor cartilage formation over the

bone regrowth. Thus, none of the studied materials alone were suffi-

cient for the restoration of the entire osteochondral unit. Similar

results were obtained in a study where PLGA was combined with

hydroxyapatite‐β‐TCP (Fan et al., 2013) and in the work of Matsuo

and colleagues (Matsuo et al., 2015) in which osteochondral repair

was studied in a minipig model. A separate cartilage repair procedure

on top of bone repair is therefore needed to restore the chondral part

of the lesion.

The strength of this study is in its comparison of four different

bone fillers with each other and with spontaneous repair. The bone

defects were very large, creating a challenge both for the spontaneous

repair and for the treatment groups. This study was limited by the lack

of a healthy age‐adjusted control group with no surgical procedures. In

this study, it is possible that the operated limb carried less weight

than the contralateral control limb. However, this animal‐specific con-

trol was the same for every group, enabling comparison between the

study groups.

5 | CONCLUSIONS

Filling of the bony part of a deep osteochondral lesion with a biode-

gradable gas‐foamed PLGA scaffold resulted in insufficient repair.

Combining PLGA with bioactive glass worsened the repair result.

TABLE 2 Number of animals (n) in each study group that presented with abundant, moderate, little, or no osteoid or 0–50, 50–100, and over
500 inflammatory cells in qualitative assessment of histology. None of the samples were classified to have abundant amounts of osteoid. Most
inflammatory cells were seen in the PLGA and PLGA–BGf groups

Osteoid (n) Inflammatory cells (n)

Abundant Moderate Little No osteoid 0–50 50–100 >500

Group PLGA (n = 7) 0 2 5 0 4 3 0
PLGA–BGf (n = 8) 0 0 7 1 6 2 0

β–TCP (n = 7) 0 3 4 0 7 0 0
BG (n = 8) 0 1 7 0 7 0 0
spontaneous (n = 7) 0 1 5 1 7 0 0

Note. β‐TCP: beta‐tricalcium phosphate; BG: bioactive glass; PLGA: poly(lactide‐co‐glycolide); PLGA–BGf: poly(lactide‐co‐glycolide)–bioactive glass fibres.
The values are presented as mean ± standard error (SE).
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The commercial controls with β‐TCP and BG resulted in satisfactory

bone defect filling with more abundant osteoid and mineralized bone

tissue. Thus, these two bone substitute materials have the potential

to be used in deep osteochondral defect repair, given that the carti-

lage unit of the defect is repaired with adequate techniques.
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Abstract

The mechanical properties of polylactide stereocomplexes (PLA SC) have been primarily

studied through tensile testing, with inconsistent results, and the compressive proper-

ties of PLA SC compared to homocrystalline or amorphous PLA remain poorly under-

stood. In this study, we coated porous bioactive glass 13–93 scaffolds with

amorphous, homocrystalline, or stereocomplex PLA to investigate their mechanical and

degradation properties before and after immersion in simulated body fluid. The glass scaf-

folds had interconnected pores and an average porosity of 76%. The PLA coatings, which

were 10–100 μm thick and approximately 3% of the glass scaffold mass, covered the glass

to a large extent. The compressive strength and toughness of all PLA-coated scaffolds

were significantly higher than those of uncoated scaffolds, with approximately a fourfold

increase before immersion and a twofold increase after immersion. The compressive

strength and toughness of PLA SC-coated scaffolds were similar to those of scaffolds with

homocrystalline PLA coating, and significantly higher than for scaffolds with amorphous

PLA coating. All PLA coatings moderated the initial pH increase caused by the glass, which

could benefit surrounding cells and bone tissue in vivo after implantation.

K E YWORD S

bioactive glass, compressive testing, polylactide stereocomplex, scaffold, simulated body fluid

1 | INTRODUCTION

Polylactide (PLA) is a thermoplastic poly(α-hydroxyester) studied for

various biomedical applications, including tissue regeneration and drug

release.1–3 It is widely used in orthopedic applications in porous scaf-

folds and composite implants both as a continuous and a non-

continuous phase.4,5 In orthopedic fixation, PLA is used clinically for

example in plates, screws, and pins.6

The properties of PLA can be modified by altering its molecular

weight, structure, and stereochemistry. Structural modifications

include introducing branching, cross-linking, or tethering functional

groups via copolymerization.5 As the lactide dimer contains two chiral

carbon atoms, it can exist in three forms: L,L-, D,D-, and D,L-lactide. The

ability of PLA to crystallize and, therefore, its thermal and mechanical

properties depend on the stereoform of the monomers. Crystallization

generally occurs in PLA with an optical purity of at least 72%–75%,

while PLA closer to a racemic mixture of the two forms remains

amorphous.7,8

By blending poly(L-lactide) (PLLA) with poly(D-lactide) (PDLA), one

can form stereocomplex crystallites with strong stereoselective
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association between PLLA and PDLA.9,10 Stereocomplex PLA

(PLA SC) crystallites consist of PLLA and PDLA at a 1:1 ratio. PLA SC

can be formed in the presence of chains or chain segments of PLLA

and PDLA in solution, by cooling from melt, during polymerization, or

during hydrolytic degradation.11 Especially for PLA with a molecular

weight higher than 100,000 g/mol, stereocomplex crystallization can

be enhanced with synthesis of stereoblock-type PLA with blocks of

PLLA and PDLA within the same chain.12

PLA SC has a higher melting point (220–230�C) than homocrys-

talline PLA (170–180�C)13 and is hydrolytically14–16 and thermally17

more stable. However, its hydrolysis forms more acidic degradation

products,18 which may affect bone regeneration negatively.1 Compos-

ites with bioactive glass neutralize acidic degradation products.19,20

The degradation products of polyesters may even be used as positive

irritation to stimulate the formation of growth factors for enhanced

bone formation.21–24

PLA SC is often reported to have enhanced mechanical properties

compared to isomerically pure PLLA or PDLA.8,11,25,26 Although some

studies support these claims,27,28 others suggest similar or even

inferior29–31 tensile strength for stereocomplexes compared to other

PLA forms. The compressive properties of PLA SC have not yet been

extensively investigated. In one study, PLA with a small fraction of

stereocomplex crystallites exhibited greater compressive strength

than isomerically pure PLLA.32 In other studies, PLLA and PDLA

blended with D-mannitol33 or ethylene-glycidyl methacrylate copoly-

mer34 exhibited higher compressive strength than pure PLLA. How-

ever, in these papers, the materials were studied as foams with

different porosities for PLA SC compared to PLLA, complicating direct

comparisons of material properties.

Scaffolds for bone regeneration are typically composed of biode-

gradable materials, such as PLA, processed into porous structures.

When a scaffold is implanted into a bone defect, cells enter its pores,

adhere to the pore walls, and generate new tissue. As the tissue

grows, the scaffold degrades, ideally allowing the defect site to be

filled with new bone as the scaffold completely degrades.2 Although

PLA is biocompatible, it lacks biologically active cues, and it is fre-

quently combined with bioactive glasses for improved tissue growth.6

Bioactive glasses 45S5 and S53P4 can be favorably used to

regenerate bone tissue.35,36 They are clinically used as granules,

pastes, plates, and discs. Despite intense research on creating porous

three-dimensional (3D) scaffolds based on these glasses, no clinical

products exist yet.37 Several methods have been proposed for pro-

ducing porous scaffolds from melt-derived bioactive glasses, including

sintering of glass particles in a mold,38,39 solid free-form fabrication

techniques,40,41 and the foam replication technique.42 Each of these

methods require a sintering step to consolidate the glass particles into

the desired porous structure. The strong crystallization tendency dur-

ing thermal treatment poses challenges when manufacturing porous

scaffolds of 45S5 and S53P4. Extensive research has been conducted

to adjust the composition of bioactive glasses to better suit various

hot working processes. Bioactive glass 13–93 was found to allow ver-

satile hot working43,44 and is suitable for producing porous non-

crystallized scaffolds for tissue regeneration.39,45

Low compressive strength and fracture toughness are main

limitations of porous bioactive glass scaffolds.46,47 Although 3D

bioactive glass scaffolds have been designed for high compressive

strength, this is generally achieved by compromising porosity, pore size,

or pore interconnectivity.48 The mechanical properties of bioactive glass

scaffolds can be improved by coating them with biodegradable synthetic

or naturally occurring polymers, such as PLA, poly(lactide-co-glycolide)

(PLGA), polycaprolactone (PCL), poly(3-hydroxybutyrate) (P3HB), gelatin,

silk, alginate, collagen, or chitosan.49–51 Bioactive glass-based scaffolds

produced with the foam replication method and coated with polymers

typically exhibit compressive strength values of 1 MPa or below.49

In this study, we examined the impact of PLA coating morphology

on the compressive and degradation properties of porous bioactive

glass 13–93 scaffolds in a clinically relevant setting for bone regenera-

tion, both before and after immersion in simulated body fluid (SBF).

We used three types of PLA coatings with distinct morphologies:

amorphous poly(D,L-lactide) (PDLLA), homocrystalline PLLA, and a 1:1

stereocomplex mixture of PLLA and PDLA. Pore morphology, total

porosity, and the mass and thickness of the scaffold coatings were

measured, and the polymer coatings were analyzed with differential

scanning calorimetry (DSC). We immersed the scaffolds in SBF for

0, 2, 4, 6, or 10 weeks and measured mass loss, water absorption, pH,

and compressive properties at each time point. The findings in this

study provide insights into the selection of PLA-based coating stereo-

chemistry for biomedical implants, with the aim to optimize their

mechanical properties and degradation behavior.

2 | MATERIALS AND METHODS

2.1 | Materials

Medical-grade L-lactide, D-lactide, and D,L-lactide monomers (Corbion,

Gorinchem, the Netherlands) were used to polymerize PLA. Bioactive

glass 13–93, with a nominal composition of 53 SiO2, 6 Na2O, 12 K2O,

5 MgO, 20 CaO, and 4 P2O5 (all in wt %), was prepared by mixing Bel-

gian quartz sand with analytical-grade reagents Na2CO3, K2CO3,

MgO, CaCO3, and CaHPO4�2(H2O). The batch was melted in a plati-

num crucible at 1360�C for 3 h, cast, annealed, crushed, and remelted

to ensure homogeneity. The annealed glass block was crushed, milled,

and sieved to obtain a size fraction of 32–45 μm. All other chemicals

used in this study were of analytical or equivalent grade.

2.2 | Polymerization

PLLA, PDLA, and racemic PDLLA were synthesized by ring-opening

polymerization, following a previously reported procedure.20 Briefly,

0.1 mol % stannous octoate was used as an initiator, and 1-decanol as

a co-initiator. The polymerization was conducted in 200 g batches

under an argon atmosphere for 3 h at 150�C with initial stirring. The

polymer was subsequently dissolved in dichloromethane and carefully

precipitated in ethanol.
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2.3 | Production of glass scaffolds by foam
replication

Polyethylene glycol (35,000 g/mol) was dissolved in ethanol at a

concentration of 5 wt % at 40�C. Bioactive glass 13–93 particles

(7.5 wt % compared to ethanol) were dispersed into the solution in a

ball mill for 30 min. After milling, the mean particle size was 20.2 μm

as measured with laser light scattering. Cylindrical PU foams (20 mm

height, 18 mm diameter, and 15 pores per inch) were immersed in the

slurry. To ensure full penetration of the slurry into the foam,

the foams were manually compressed and released while still sub-

merged in the slurry. Excess slurry was carefully removed with com-

pressed air when removing the foams from the slurry. The slurry-

coated foams were dried at room temperature (RT) for a minimum of

3 days to create green bodies. To burn out the polymer and sinter the

glass, the green bodies were heated according to the following proce-

dure: heating from RT to 300�C at 1�C min�1, heating to 450�C at

0.8�C min�1, 30 min hold at 450�C, heating to 670�C at 0.8�C min�1,

and 120 min hold at 670�C, after which the scaffolds were slowly

cooled in the furnace to RT. The sintered glass scaffolds were stored

in a desiccator until further use. Figure 1 shows the PU sacrificial foam

before coating with the slurry, the slurry-coated green body, and the

bioactive glass scaffold after sintering.

2.4 | Coating of glass scaffolds with PLA

The glass scaffolds were coated with PLA using a dip-coating tech-

nique. The stereocomplex solutions were prepared by dissolving

0.75 g PDLA and 0.75 g PLLA in 25 g CHCl3 for a polymer concentra-

tion of 6 wt %. For the PDLLA and PLLA solutions, 1.5 g of either

PDLLA or PLLA was dissolved in 25 g CHCl3. The dry glass scaffolds

were immersed in the polymer solution in beakers for 3 min, during

which the beakers were placed in a vacuum oven, and the air pressure

was reduced to 600 mbar for 60 s to remove bubbles from the scaf-

folds. The scaffolds were removed from the solution and gently blown

with compressed air to open clogged pores. The polymer-coated scaf-

folds were dried overnight in a fume hood at RT, after which they

were further dried overnight at RT at <50 mbar pressure. After

coating and drying, the scaffolds were weighed again to determine

the mass of the polymer coating.

The crystallinity of the polymer was increased by heat-treating

the scaffolds. Preliminary tests were conducted to determine the opti-

mal conditions for stereocomplex formation. We found that heat

treatment at temperatures equal to or exceeding the melt tempera-

ture of homocrystalline PLA at 180�C significantly enhanced stereo-

complex formation compared to lower temperatures, which is in

agreement with previous studies.31,52 Consequently, the scaffolds

were heated under nitrogen atmosphere at 180�C for 60 min.

2.5 | Characterization of microstructure

The microstructure of the glass scaffolds was analyzed with μ-CT

(SkyScan 1072, SkyScan, Kontich, Belgium). Cross-sections of scaffolds

were analyzed by SEM (LEO Gemini 1530, Carl Zeiss, Oberkochen, Ger-

many) at a magnification of �30. To preserve the macrostructure, scaf-

folds were embedded in epoxy resin before being ground and polished

to expose the cross-section of the scaffold. EDX analysis (UltraDry

X-ray detector, Thermo Fisher Scientific, WI, USA) was used to identify

the reaction layers of the glass. The coverage of coating and reaction

layers on the glass surface was estimated visually from the SEM images.

2.6 | In vitro degradation

The in vitro degradation properties of the polymer-coated scaffolds were

studied in SBF using a 1:30 ratio of scaffold (in g) to SBF (in mL). SBF was

prepared using a standard procedure.53 The scaffolds, immersed in plastic

containers, were placed in a shaking incubator at 100 rpm at 37�C for

various durations (2, 4, 6, or 10 weeks). The 0-week scaffolds were ana-

lyzed without immersion in SBF. The pH of the immersion solution was

measured every week for at least three parallel scaffolds. The solution for

all scaffolds was replenished weekly to fresh SBF. The ratio between scaf-

fold mass and SBF volume was chosen based on the low surface area of

the scaffolds, the relatively slow reactivity of the 13–93 glass, and on the

weekly replenishing of the SBF solution.

A total of eight parallel scaffolds were immersed in SBF for each

time point and coating type. Five of the eight parallel scaffolds were

randomly chosen for compressive testing. The remaining three scaffolds

were superficially dried using tissue paper, weighed, freeze-dried,

weighed again, and subjected to other analyses. The percentage of

water absorption was calculated as the amount of water that was lost

during scaffold drying divided by the dried mass after immersion. The

mass loss was determined as the difference between the dry mass

before and after immersion, divided by the pre-immersion dry mass.

2.7 | Compressive testing

Compression tests were performed using an L&W Crush Tester

(Lorentzen & Wettre, Stockholm, Sweden). Five parallel scaffolds were

F IGURE 1 A polyurethane foam, a green body, and a final
sintered bioactive glass scaffold. The figure illustrates the volume
decrease of the scaffolds during the sintering step.
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compressed along their axis at a rate of 2 mm/min. The 0-week scaf-

folds were compressed in their dry state, while the 2–10-week scaf-

folds were compressed in their wet state immediately after removal

from the SBF. The toughness of each scaffold was estimated as the

strain energy density calculated from the integral of the stress–

strain curve up to 33% strain. The compressive strength was identi-

fied as the peak value up to 33% strain. The threshold level of 33%

was chosen to allow for sufficient data to be collected to account

for the slight variation in the structure and shape between parallel

scaffolds.

2.8 | Analysis of the polymer coating

The thermal properties of the polymer coating were analyzed using

DSC with a DSC Q1000 (TA Instruments) under a nitrogen atmo-

sphere. The samples were heated from 10 to 250�C at a rate of

10�C min�1. The glass transition temperature (Tg) was identified as

the half-height value, and the melting temperature (Tm) was deter-

mined as the maximum value of the endothermic peak. As the samples

for DSC analysis mainly consisted of bioactive glass with only a small,

undefined amount of PLA, specific melting enthalpies could not be

calculated. Thermal analysis was conducted in triplicate for all coated

0-week and 10-week scaffolds.

The number average molecular weight (Mn) and weight average

molecular weight (Mw) of the polymers were measured using gel per-

meation chromatography (GPC) with an LC-10ATVP HPLC pump

(Shimadzu Corporation, Kyoto Japan), an AM GPC Gel 10 μm linear

column (Mentor, Ohio, USA), and a Sedex 85 light scattering detector

(Sedere, Alfortville, France). Polystyrene samples with narrow molecu-

lar weight distributions were used as standards.

2.9 | Statistical analysis

Statistical analysis was performed using SAS 9.4 software (SAS Insti-

tute). Analysis of variance was conducted with linear and linear mixed

models. Post hoc tests were employed to explore differences among

the means of the coating groups while accounting for other explana-

tory factors in the model. In the statistical analysis of the pH of the

immersion solution, the individual scaffold number was designated as

a random factor to take into account multiple measurements per

individual scaffold over time. Differences were considered statistically

significant at p values <.05.

3 | RESULTS

3.1 | Structural analysis of the glass scaffolds

The foam replication method, using sacrificial polyurethane templates,

produced scaffolds with high pore interconnectivity and an architec-

ture resembling trabecular bone. The scaffolds had an average

porosity of 76%. Figure 2 displays the pore size distribution of

uncoated and coated glass scaffolds, measured with μCT as the aver-

age of two parallel scaffolds. Pore sizes were highly variable, predomi-

nantly between 100 and 1700 μm. On average, pore sizes of

uncoated scaffolds were smaller than those of coated scaffolds.

Coated scaffolds had fewer pores in the 50–1000 μm range and more

pores in the 1300–1700 μm range compared to uncoated scaffolds.

The cylindrical-shaped sintered glass scaffolds had an average height

of 9.9 mm and an average mass of 746 mg.

3.2 | Properties of the polymer coating

Table 1 presents the molecular weight data of the precipitated and

dried PDLLA, PLLA, and PDLA. The average mass of polymer coatings

was approximately 3% of the glass scaffold mass for all coatings.

According to SEM analysis (Figure 6), the pores within the coated

glass scaffolds were mostly covered with PLA coating, leaving approx-

imately 20% of the glass surfaces uncoated. Most of the coating was

located in the inner parts of the scaffolds, with less coating near the

glass scaffold edges. The coating thickness varied, typically ranging

between 10 and 100 μm.

DSC heating graphs for the scaffold coatings are shown in

Figure 3, and thermal transition data from the DSC experiments is

F IGURE 2 Pore size distribution of uncoated and coated
bioactive glass scaffolds.

TABLE 1 Molecular weights and dispersity (Đ) of PLA polymers
used in the coating of the 13–93 bioactive glass scaffolds as
measured with GPC, and the average coating mass as a percentage of
glass scaffold mass.

Mn Mw Đ Mass of coating (%)

PDLLA 33,000 56,000 1.7 2.6

PLLA 28,000 48,000 1.7 3.4

PDLA 26,000 43,000 1.7 3.2

Abbreviations: GPC, gel permeation chromatography; PDLLA, amorphous

poly(D,L-lactide); PDLA, poly(D-lactide); PLA, polylactide; PLLA, poly(L-lactide).
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summarized in Table 2. The thermal transition peaks in DSC were

weak because the analyses were performed with crushed scaffolds,

which primarily consisted of bioactive glass 13–93 (which does not

undergo any transitions within the temperature range of the analyses)

and only approximately 3 wt % of polymer. Distinct transitions in DSC

occurred at the Tg for PDLLA (amorphous), the Tm for PLLA (homo-

crystalline), and the Tm for PLA SC (stereocomplex). Additionally, PLLA

and PLA SC exhibited glass transitions, indicating their semi-crystalline

nature. Besides the transitions reported in Table 2, melting of homo-

crystals for PLA SC scaffolds was detected in one 10-week scaffold,

with a melting peak value of 176.1�C. Furthermore, there was a minor

cold crystallization peak for all 10-week PLLA scaffolds at approxi-

mately 93�C.

3.3 | Compressive properties

Compressive stress–strain curves of representative 0-week scaffolds

are presented in Figure 4. The toughness expressed as strain energy

density during the initial 33% compression of the scaffold height

before and after immersion in SBF is illustrated in Figure 5A. During

compressive testing, all scaffolds experienced progressive failure, as

parts of the scaffolds were continuously torn off, rather than the

whole scaffold cracking at once. The size of the torn-off parts was

smaller for uncoated scaffolds compared to coated scaffolds.

The toughness of the uncoated scaffolds remained unchanged

from the dry state before immersion through the 10-week-long

immersion in SBF (p = .88). In contrast, the toughness of all coated

scaffolds was significantly higher before immersion than after immer-

sion (p < .0001). Before immersion, no statistically significant differ-

ence was found between the three coatings (p = .89). The toughness

of coated scaffolds remained constant throughout the immersion

period, with no change from the 2-week time point until the 10-week

time point (p = .96). After 2–10 weeks of immersion in SBF, the

toughness of PLA SC-coated (p = .0012) and PLLA-coated (p = .042)

scaffolds was significantly higher than that of PDLLA-coated scaf-

folds. The difference between PLA SC and PLLA coatings was not sta-

tistically significant (p = .41).

Figure 5B displays the compressive strength before and after

immersing the scaffolds in SBF. The peak compressive strength in the

dry state before immersion was 0.74 MPa for uncoated scaffolds,

1.46 MPa for PDLLA, 1.56 MPa for PLLA, and 1.68 MPa for PLA

SC. After immersion, the compressive strength was slightly higher for

coated scaffolds than for uncoated scaffolds.

3.4 | In vitro bioactivity and degradation
properties

Figure 6 shows cross-sectional SEM images of 10-week scaffolds

which were dried and cast in epoxy resin. Reaction layers of the bioac-

tive glass, that is, silica-rich and calcium phosphate (CaP) layers, were

visible for all scaffolds after immersion in SBF.

The abundance and thickness of the CaP reaction layer increased

with immersion time in SBF. For uncoated scaffolds, a prominent CaP

F IGURE 3 DSC curves illustrating phase transitions of PDLLA,
PLLA, and PLA SC coatings before immersion in SBF. DSC, differential
scanning calorimetry; PDLLA, amorphous poly(D,L-lactide); PLA,
polylactide; PLLA, poly(L-lactide); SBF, simulated body fluid.

TABLE 2 Thermal transition points of PDLLA, PLLA, and PLA SC
before immersion and after 10 weeks of immersion in SBF presented
as averages ± SD.

Coating Transition 0 weeks (�C) 10 weeks (�C)

PDLLA Tg 60.5 ± 0.3 56.8 ± 0.7

PLLA Tg 68.0 ± 0.5 68.3 ± 0.2

PLA SC Tg 67.6 ± 0.6 71.5 ± 0.5

PLLA Tm 183.2 ± 0.9 173.1 ± 0.7

PLA SC Tm 225.2 ± 1.2 227.1 ± 0.7

Abbreviations: PDLLA, amorphous poly(D,L-lactide); PDLA, poly(D-lactide);

PLA, polylactide; PLLA, poly(L-lactide); PLA SC, polylactide

stereocomplexes; SBF, simulated body fluid.

F IGURE 4 Compressive stress–strain graphs for 0-week
scaffolds.
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layer was visible on the glass surface. For coated scaffolds, the

CaP layer primarily appeared on the polymer surface, with little CaP

on the glass beneath the coating. This was clearly seen also in areas

where the coating had detached from the glass surface: the CaP layer

had mainly formed on the coating and to a lesser extent on the glass

surface. The SEM images did not reveal any clear differences between

the CaP layer on the different coatings.

The SBF solution was replenished weekly to simulate in vivo condi-

tions in which released ions do not accumulate in the surrounding fluid

over time. During the first 3 weeks, the pH values for the immersion

solutions of all scaffolds were elevated due to the ion exchange reac-

tions occurring on the bioactive glass surface (Figure 7). At weeks 1 and

2, the pH of the immersion solution of the uncoated scaffolds was sig-

nificantly higher than that of coated scaffolds (p < .005). After the initial

3 weeks, pH values approached that of fresh SBF (7.4 at 37�C).

Figure 5C presents the water absorption of uncoated and coated

scaffolds. The water absorption of uncoated scaffolds and PDLLA-

and PLLA-coated scaffolds was between 5% and 11% at all time

points with no differences between the coatings. In contrast, the

water absorption of PLA SC scaffolds was significantly higher at all

time points, with average values ranging from 12% to 15%. From the

2-week to 10-week time points, water absorption remained

unchanged for all scaffold groups.

Mass loss for all scaffolds was small over the 10-week immersion

time (Figure 5D). Uncoated scaffolds experienced the greatest mass

F IGURE 5 Properties of uncoated and coated glass scaffolds. (A) Strain energy density before and after immersion in simulated body fluid
(SBF), calculated as the integral of the stress–strain curve for the initial 33% compression. (B) Compressive strength before and after immersion in
SBF, measured as the peak value for the initial 33% of compression. (C) Water absorption after immersion in SBF. (D) Mass loss after immersion
in SBF. Error bars in all graphs show standard deviations.

F IGURE 6 Cross-sectional SEM images of 10-week scaffolds:
(A) uncoated, (B) PDLLA coating, (C) PLLA coating, and (D) PLA SC
coating. Arrows indicate silica-rich layer (black arrow), CaP layer
(white arrow), and PLA coating (gray arrow). Scale bar = 200 μm.
PDLLA, amorphous poly(D,L-lactide); PLA, polylactide; PLLA, poly(L-
lactide); PLA SC, polylactide stereocomplexes.
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loss at all time points, significantly differing from coated scaffolds

(p = .014). After each immersion time, mass loss of PDLLA

scaffolds was higher than that of PLLA (p = .0027) and PLA SC

(p = .024) scaffolds. No statistically significant difference was found

between PLLA and PLA SC (p = .20).

4 | DISCUSSION

The tensile properties of PLA SC have been reported by several

authors,27–31 but its compressive properties require further investiga-

tion. In this study, we used PLAs with varying stereocompositions as

coatings for bioactive glass scaffolds in a clinically relevant bone

regeneration setting. We compared the mechanical and short-term

degradation properties of amorphous PDLLA, homocrystalline PLLA,

and a mixture of PLLA and PDLA that resulted in stereocomplex

crystallinity.

Compressive testing results showed significantly higher

toughness and strength for PLA-coated scaffolds than for uncoated

scaffolds. In the dry state before immersion in SBF, toughness differed

approximately fourfold, and in the wet state after immersion, by

approximately twofold. As the properties of uncoated scaffolds

remained unchanged from dry to wet states, the observed differences

in the coated scaffolds can be attributed to changes in the coating.

PLA is a slowly degrading polymer,54 and most changes in mechanical

properties during the study timeframe can probably be explained by

the plasticizing effect of water absorption into the polymer.55 Addi-

tionally, scaffold wetting may have affected the adherence of the

coating to the glass surface.

Scaffolds with semi-crystalline coating (PLLA and PLA SC) dis-

played greater toughness than those with amorphous coatings

(PDLLA). Although PLA SC averages were higher than PLLA, there

was no statistically significant difference between them. Earlier

studies have shown PLA SC tensile strength to be similar or higher

than that of isomerically pure PLLA, but wide variations in elongation-

at-break have been recorded, with values for PLA SC both above and

below PLLA.27–31 More detailed studies should be conducted to

determine the influence of factors such as crystal structure, percent

crystallinity, and molecular weight on the mechanical properties of

PLA SC compared to optically pure PLA.

It is crucial to optimize the mechanical properties of scaffolds for

tissue regeneration to ensure that they are suitable for the surgical

procedure. Surgically treated bone defects are often stabilized using

intramedullary nails, screwed plates, or external fixators.56 Even bone

void fillers with lower mechanical properties may be utilized for the

regeneration of load-bearing bone tissue, especially when the load is

supported by the fixation devices.57,58 In this study, the physical han-

dling characteristics of coated scaffolds were improved compared to

uncoated scaffolds, which were brittle and prone to breaking during

experimental preparation.

Highly porous glass scaffolds were prepared using the template

sintering technique. While creating glass scaffolds with lower overall

porosity or smaller pore size could have significantly increased com-

pressive strength,48 it might have reduced their suitability for bone

regeneration within the scaffold. Longer sintering times or higher sin-

tering temperatures could have enhanced the compressive properties

of the glass scaffolds by densifying the struts.59 Additionally, a thicker

coating or using a higher molecular weight polymer for the coating

could have resulted in higher compressive properties. The

compressive properties of the scaffolds analyzed in this study were

comparable to previously reported values for polymer-coated,

template-sintered scaffolds.49,60

The immersion solution was refreshed with new SBF weekly,

allowing the measured pH values to reflect reactions that occurred

during the previous week. The rate of ion exchange reactions in the

bioactive glass was high during the first 3 weeks of immersion, result-

ing in increased pH values and mass loss of the scaffolds. The peak

pH values were lower for coated scaffolds than for uncoated scaf-

folds. A pronounced pH peak immediately after immersion of bioac-

tive glass into an aqueous solution has been reported to contribute to

its antimicrobial effect.61–63 However, an increase in pH can nega-

tively impact cellular activity and potentially cause cytotoxic effects to

the surrounding tissue.64,65 It may therefore be beneficial to moderate

the initial pH peak for example using coatings, such as those used

in the present study. A slight increase in pH has been shown to

positively influence osteoblast activity and contribute to new bone

formation.66,67 Throughout this study, differences between the PLA

coatings were small. These findings are consistent with the results in

an earlier study, where minor differences in pH were observed

between films containing PLLA or a mixture of PLLA and PDLA during

immersion at 37�C in a buffered solution for up to 39 weeks.18

The amorphous CaP layer that forms on bioactive glass progres-

sively crystallizes into hydroxyapatite, promoting protein adsorption,

cell attachment and differentiation, and new bone formation.68 In this

study, a CaP layer formed also on the surface of the PLA coating,

F IGURE 7 pH values of simulated body fluid (SBF) solution of
uncoated and coated bioactive glass scaffolds. Immersion solutions
were replenished weekly to fresh SBF and deviations from pH 7.4 are
not cumulative. A total of 214 pH measurements were conducted for
all scaffolds, with a standard deviation of ±0.16 between parallel
samples.
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indicating that bone growth could be facilitated on the polymer

surface similarly to uncoated bioactive glass. This phenomenon has

been previously reported and is considered important for bone

regeneration potential.69–72

Throughout the 10-week immersion period in SBF, mass loss of

the scaffolds was small. Uncoated scaffolds consistently experienced

the greatest mass loss, indicating that the coating prevented mass loss

from the glass. However, the differences were small. Bioactive glass

13–93 is a slowly dissolving glass, and the rate of dissolution fits ear-

lier reported data well.73,74 The long degradation time of PLA also

contributed to the limited mass loss observed in the scaffolds during

the 10-week immersion.

DSC analysis revealed a high degree of stereocomplexation in

PLA SC coatings, evidenced by the absence of homocrystal melting

peaks for most PLA SC scaffolds. However, precise crystallinity mea-

surements were unattainable, as bioactive glass present in the sam-

ples obscured the individual polymer masses. The Tg values of both

PLLA and PLA SC were relatively high. For instance, the Tg value of

68�C for PLLA in both 0-week and 10-week scaffolds exceeded typi-

cal Tg values for PLA
11 but remained within the reported range.75 The

higher Tg values may result from the annealing process that was per-

formed after scaffold coating. Comparable Tg values have been

obtained by annealing76–78 and physical aging at 40�C.79 The 4�C Tg

increase observed in PLA SC during the 10-week immersion in SBF

may have resulted from volume relaxation leading to reduced segmen-

tal mobility of the polymer.80 Conversely, the appearance of a crystal-

lization peak at approximately 93�C for 10-week PLLA scaffolds may

have resulted from increased polymer chain mobility caused by chain

scission, resulting in a higher probability for crystal formation. Hydro-

lysis typically causes the degradation of amorphous regions first,

increasing the mobility of undegraded chain segments and increasing

crystallization potential.81 These different behaviors may result from

slower degradation of PLA SC compared to homocrystalline PLLA.14

The Tm decrease of PLLA during hydrolysis and the unchanged Tm of

stereocomplex crystallites have been reported previously.14,82

5 | CONCLUSIONS

We manufactured porous coated and uncoated bioactive glass scaf-

folds with potential applications in bone regeneration. Scaffolds with

a PLA coating showed higher toughness than uncoated glass scaffolds,

with an approximately fourfold increase in dry state and a twofold

increase in wet state after up to 10-week immersion in SBF. Homo-

crystalline PLLA and stereocomplex PLA SC coatings had the highest

average toughness with a significant difference to the amorphous

PDLLA coating after immersion. Crucially, all coatings improved the

handling characteristics of the scaffolds, which is essential for their

potential clinical use.

CaP precipitation and subsequent hydroxyapatite formation are

key indicators of glass bioactivity and important for cell attachment to

scaffold surfaces. In our study, a CaP layer formed on the surface of all

scaffolds after immersion in SBF. For uncoated scaffolds, the CaP layer

was present on the glass surface, while for coated scaffolds, it had pri-

marily formed on the surface of the PLA coating. Notably, the poly-

meric coating effectively moderated the initial potentially cytotoxic pH

peak originating from the surface reactions of the bioactive glass.

Our findings indicate that the properties of bioactive glass scaf-

folds can be significantly enhanced using thin PLA-based coatings. In

addition, using PLA stereocomplexes as coatings may offer additional

benefits by increasing the overall toughness of the scaffold structure.
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